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There are many different approaches to treating cancer. Besides surgery and chemotherapy, radiation therapy (RT) represents one of the mainstays [Arruebo 2011] with more than 50% of cancer patients receiving RT at some point during their treatment [Baskar 2012[START_REF] Hoskin | [END_REF][START_REF] Schardt | [END_REF]]. In Western countries, this fraction is even higher (about two thirds of cancer patients receive RT [Chen 2017, Nickoloff 2015]) and projections estimate that in 2025 more than 2 million people will require RT in Europe alone [Borras 2016].

Despite a history of over a century [START_REF] Bernier | [END_REF]], RT continues to advance and treatment outcomes have seen substantial improvements in recent years. While the overall survival rate a few decades ago was of the order of 30%, today tumour control can reach up to 80% in some cases of head and neck cancers [Chen 2017]. Moreover, the fraction of cancer survivors in the USA that have received RT has seen an increase from 24% in the year 2000 to 29% in 2016 [START_REF] Bryant | [END_REF]].

Nevertheless, many cancer types still respond poorly to radiotherapeutic treatments either due to fast recurrence or because of inherent resistances [Chen 2017]. Among other examples, this is the case for hypoxic tumours and other radioresistant tumours like osteosarcomas, chordomas or chondrosarcomas [Meyer 2019]. A particularly poor prognosis exists for high-grade gliomas which can still be treated only palliatively [Gil 2011, Grotzer 2015] and for which the median survival after diagnosis can be as low as 10 to 15 months [Jansen 2015, Wen 2008].

Other critical issues are normal tissue tolerance and radiation-induced adverse effects which remain as the main factors limiting the efficacy of RT [Chen 2017]. For instance, almost all brain tumour patients receiving RT will develop some form of long-term cognitive deficits [Dilmanian 2019] and in particular paediatric patients are known to be severely affected by such consequences [Merchant 2009]. Research in RT is therefore focussed on further increasing the rates of tumour control while simultaneously improving the sparing of normal tissue.

An important milestone in this context has been the development of proton and heavy-ion therapy over the last 60 years. Compared to the conventionally used X-and γ-rays, protons (and more generally ions) exhibit a more localised dose distribution which allows a more conformal irradiation of the target and sparing of healthy tissue, especially behind the tumour. Moreover, heavy ions are characterised by an increased biological effectiveness which makes them suitable candidates for the treatment of hypoxic and other radioresistant tumours [Baumann 2016, Garibaldi 2017].

Another possibility to improve normal tissue sparing was discovered when Zeman et al. investigated the effects of intense cosmic rays on astronaut brains [Zeman 1959, Zeman 1961]. It was found that the tolerance dose of healthy tissue could be drastically increased when very small beam sizes (≤ 100 µm) were used. These effects are exploited in mircobeam radiation therapy (MRT) [Slatkin 1992] which uses irradiation fields composed of arrays of intense micrometre-scale beams (typical diameters ranging from 25 to 100 µm) spaced apart by gaps of 200-400 µm [Mazal 2020]. In contrast to the laterally uniform dose distributions delivered with conventional RT, microbeams produce a heterogeneous pattern of alternating regions of high dose (peaks) and low dose (valleys) which has been shown to increase the dose tolerated by healthy tissue while simultaneously achieving substantial tumour damage [Dilmanian 2002].

However, MRT exhibits several practical disadvantages owing in particular to its very challenging technical requirements (high dose rate and mechanical precision) which make this technique unsuitable for the implementation at hospitals. As a response, minibeam radiation therapy (MBRT) was proposed [Dilmanian 2006] which is based on the same principle as MRT but uses larger beam sizes (typical beam diameters 0.3 to 1.0 mm) and spacings at the millimetre scale. Indeed, minibeams allow to maintain a significantly increased dose tolerance compared to standard broad beam irradiation [Deman 2012, Prezado 2012, Prezado 2015] and MBRT has been successfully performed with more widespread and cost-effective equipment [Prezado 2017a]. Moreover, the larger beam sizes make it easier to simultaneously achieve strongly modulated dose profiles in normal tissue and homogeneous dose distributions in the tumour by interlacing multiple minibeam fields [Deman 2012].

While MBRT was initially only performed with low-energy X-rays, minibeam radiation therapy with protons [Prezado 2013] and other ions [Dilmanian 2012, Dilmanian 2015a] has been recently proposed. Especially proton minibeam radiation therapy (pMBRT) could already demonstrate high levels of skin and brain tissue sparing [Girst 2016b, Lamirault 2020, Prezado 2017b[START_REF] Zlobinskaya | [END_REF] as well as a significant increase of the therapeutic index for glioma [Prezado 2018, Prezado 2019] in several preclinical studies. However, in order to fully exploit the potential of MBRT in general and pMBRT in particular, several technical challenges related to small-field dosimetry as well as the optimal implementation at a clinical centre still need to be overcome.

A key aspect in this regard is the generation of the minibeams. Today's proton therapy facilities are not designed to deliver the required submillimetric beam sizes and up to now all experiments at clinically relevant energies had to rely on mechanical collimators for minibeam generation. While mechanical collimation is a straightforward method and in principle universally applicable, it also suffers from several disadvantages: The method is inherently inefficient and inflexible as most of the beam is blocked and a custom collimator may be required for every new patient and irradiation pattern. Moreover, the collimator represents a source of secondary neutrons which pose a potential risk for patients and medical staff. A solution to all of these issues could be minibeam generation through magnetic focussing.

Following a similar principle as pencil beam scanning (the state-of-the-art technique in proton therapy), magnetically focussed and scanned minibeams could offer an efficient and versatile tool to further enhance tissue sparing, reduce neutron contamination and pave the way for 3D intensity-modulated treatment planning in pMBRT. Moreover, magnetic focussing would allow to use the entire beam for dose deposition in the target, thereby maximising the dose rate and reducing the treatment time. This could furthermore open up possibilities for a future combination of pMBRT and so-called FLASH therapy [Favaudon 2014], a recently proposed radiotherapeutical approach that uses ultra-high dose rates (≥ 40 Gy/s) and exposure times of a few hundred microseconds to increase both normal tissue sparing and tumour control.

The central subject of this thesis is therefore the question how magnetically focussed proton minibeams can be generated in a clinical context.

In the following, a brief summary is given of the work performed during the PhD thesis.

Summary

The main work performed during this PhD concerned the question how magnetically focussed proton minibeams can be generated in a clinical context. As the starting point of these investigations, it was considered if a modern pencil beam scanning (PBS) nozzle1 could be suitable for this task. For this, a model of an existing clinical PBS nozzle was created and subsequently used to study its focussing capabilities. Important aspects in this context were the adequate modelling of the beam at the nozzle entrance and the correct simulation of the focussing quadrupole magnets present in the nozzle. The results showed that the PBS nozzle in its current state does very likely not allow the generation of magnetically focussed minibeams. In order to identify the limiting parameters, several modifications of the nozzle geometry were considered which were again evaluated with respect to their focussing capabilities. Two principle factors could be isolated: the presence of too much air in the beam path and a too long distance between the focussing magnets and the target.

Based on these results, a new, optimised nozzle design was developed. The design was subsequently evaluated using beam models of four different clinical and preclinical proton therapy facilities, showing that it is suitable to generate magnetically focussed minibeams under clinically relevant conditions. Moreover, a comprehensive benchmarking study of the nozzle performance was conducted in order to establish the beam parameters required for minibeam generation and first dosimetric simulations were performed.

After the question of the minibeam generation, it was also considered if 4 He ions could be used in MBRT as an alternative to protons. Due to their increased charge and mass, helium ions exhibit improved dosimetric qualities (dose distribution and energy transfer) compared to protons without involving the risks pertaining to heavier ions which is why they could represent an optimal compromise. In order to evaluate this hypothesis, a dosimetric comparison of proton and helium-ion minibeams was performed.

Finally, a study was conducted comparing mechanical collimation and magnetic focussing (using the new nozzle design) for the generation of proton minibeams. The comparison included dosimetric aspects (dose distributions in a water phantom) as well as aspects of the irradiation efficiency and neutron production and was performed both for proton and helium ions.

This manuscript is organised in the following way: The first three chapters introduce the basic principles of radiation therapy (chapter 1), spatially fractionated radiation therapy, to which MRT and MBRT belong (chapter 2), as well as general notions of particle beam physics, beam focussing and beam delivery (chapter 3). An emphasis is put in all three chapters on proton and ion therapy.

The fourth chapter describes the materials and methods used for the studies performed during my PhD (chapter 4). This chapter also presents preliminary studies comparing different softwares and methods used to simulate the propagation of particle beams in magnetic fields.

The central work of my PhD is summarised in the following four chapters, with one chapter each presenting the studies of the PBS nozzle model and its modifications (chapter 5), the development and study of the new nozzle design (chapter 6), the comparison of proton and helium ion minibeams (chapter 7) and the comparison of the different minibeam generation techniques (chapter 8).

Summary

Finally, the conclusions and perspectives are presented (chapter 9), a list of the publications and presentations produced during my PhD is given (chapter 10) and the main results of the thesis are once again summarised in French language (chapter 11).

Chapter 1

Radiotherapy

This chapter introduces the basic principles and general aspects of radiotherapy with a focus on charged particle therapy. First, the fundamentals of modern radiotherapy are explained (section 1.1) and the underlying physical (section 1.2) and biological aspects (section 1.3) are presented. Then, a brief summary of the history of radiotherapy is given (section 1.4.1) followed by an overview of the state-of-the-art methods (section 1.4.2) and a dedicated section on radiotherapy with protons and other ions (section 1.5). The chapter concludes with a presentation of perspectives and novel radio-therapeutical strategies (section 1.6).

Fundamentals of radiotherapy

Radiotherapy or radiation therapy (RT) is the medical use of ionising radiation1 with curative or palliative intent, usually in the context of malignant cancers. It is based on the ability of ionising radiation to damage biological systems and exploits the fact that normal cells are generally better at repairing this damage than cancerous cells [START_REF] Gerber | [END_REF]]. Since damages can be induced in both healthy and cancerous tissues, the basic principle of RT consists in finding an optimal balance between the tumour control probability (TCP) and the normal tissue complication probability (NTCP) [Bloomer 1975, Holthusen 1936].

As functions of the absorbed dose (see section 1.2.2 for the definition), the TCP and NTCP are described by sigmoidal curves, as illustrated in Figure 1.1. At low and high doses, the dose-response changes only little but a steep increase is observed at intermediate dose values. The NTCP usually increases at slightly higher dose values than the TCP, thus giving rise to an interval where the TCP is much higher than the NTCP. This interval, called the therapeutic window, corresponds to the therapeutically exploitable doses and indicates if a tumour can be effectively treated: a wider window means that the treatment is more likely going to be safe for the patient [START_REF][END_REF]].

While the therapeutic window represents a qualitative concept, a more quantitative measure is given by the therapeutic index (also called therapeutic ratio) which is defined as the ratio of the doses leading to two distinct endpoints. Usually, these endpoints are a 50%-probability for complications and a 50%-tumour control probability. In this case, the corresponding doses are labelled as TD 50 and ED 50 , respectively, and the therapeutic index is given by TI = TD 50 ED 50 .

(1.1)

There are a variety of approaches to widen the therapeutic window and improve the therapeutic index including fractionation schemes, the administration of drugs acting as radio-protectors or radio-sensitisers, modulation of the immune response and the use of molecular-targeted agents [START_REF] Chargari | [END_REF]]. Sections 1.4.2 and 1.6 discuss some of these aspects in more detail.

The process leading up to a radiotherapeutical treatment can be grouped into three steps:

1. The radiation oncologist decides which RT modality (see below) to use and prescribes the dose and fractionation schedule [START_REF] Jaffray | [END_REF]]. Fractionation refers to the practice of performing the RT treatment in multiple sessions and splitting up the total dose into smaller fractions with the aim of increasing the tumour response while simultaneously decreasing the normal tissue toxicity. A typical fractionation plan consists (depending on the tumour) of 15-32 daily fractions of 1.8-2 Gy which are delivered over a period of three to seven weeks, five days a week [START_REF] Deloch | [END_REF], RCR 2019].

The rationale for such a temporal fractionation scheme is summarised by the five R's of radiotherapy [Steel 1989, Withers 1975]: repair, redistribution, reoxygenation, repopulation and radiosensitivity. By fractionating the dose, normal tissue gets the chance to repair sublethal damage and surviving cells can redistribute over cell-cycle phases, thereby decreasing the proportion of cells in resistant phases. Furthermore, hypoxic tumour areas can get reoxygenated increasing their response to radiation (see also section 1.3.2) and fast-proliferating cells can start repopulating damaged sites.

The radiosensitivity of a cell is influenced both by its oxygenation level and phase in the cell-cycle and the radiosensitivity of a tumour can change over the course of a fractionated treatment plan [Alfonso 2019].

2. The position of the patient during the treatment is determined and the tumour as well as the surrounding tissues are imaged [START_REF] Jaffray | [END_REF]]. While imaging was traditionally done using simple radiographies, nowadays more refined techniques like computed tomography (CT) and in certain cases also magnetic resonance imaging (MRI) and positron-emission tomography (PET) can be employed [Citrin 2017].

3. The acquired images are used for the treatment planning which starts with the radiation oncologist outlining the target volume. A radiologic technologist, dosimetrist or medical physicist then develops the irradiation plan, ensuring on the one hand that the prescribed dose is delivered to the target while on the other hand minimising the dose given to the surrounding healthy tissue [START_REF] Jaffray | [END_REF]]. Today, this optimisation process is usually done with a dedicated software, the treatment planning system (TPS).

The treatment plan must take into account uncertainties of the tumour position arising from daily variations in the patient setup, organ motion occurring during the treatment and inherent uncertainties concerning the tumour extent and dose delivery methods. Thus, a safety margin around the tumour is usually included in the irradiated volume. Concretely, the International Commission on Radiation Units and Measurements (ICRU) distinguishes four different volumes in this context [START_REF]ICRU Report 78: Prescribing, Recording, and Reporting Proton-Beam Therapy[END_REF]:

• The gross tumour volume (GTV) which is given by "the gross palpable, visible, or clinically demonstrable location and extent of the malignant (or otherwise) growth". A complete surgical resection removes the entire GTV.

• The clinical target volume (CTV) which is defined as "a tissue volume that contains the GTV(s) and/or subclinical malignant disease at a certain probability level".

• The internal target volume (ITV) for which the delineation is optional and which is defined as the "volume that includes the CTV plus an allowance for the internal component of uncertainty". Internal uncertainty components are e.g. physiologic movements and variations of the size or position of the CTV within the patient.

• The planning target volume (PTV) which "surrounds the CTV with additional margins to compensate for different types of variations and uncertainties of beams relative to the CTV".

Figure 1.2 summarises these concepts and illustrates the relations of the volumes to one another.

After the radiation oncologist and medical physicist have reviewed and approved the treatment plan, the actual irradiations can begin. Depending on the type of the radiation source and the way that the dose is delivered, one distinguishes four main modalities of RT which are each briefly presented in the following paragraphs.

Brachytherapy

Brachytherapy is a form of RT where a radioactive source is placed inside or right next to the tumour. This allows for the delivery of very high and conformal doses in a short period of time which makes it especially suitable for the treatment of small, localised tumours [van Dyk 2008]. The radioactive source may be placed onto a tissue surface (surface/plaque brachytherapy), or inserted into a body cavity (intracavitary), lumen (intraluminal), blood vessel (intravascular) or directly into body tissue (interstitial). The application can be permanent (seed implantation) or temporary, involving the removal of the source after the treatment (afterloading). In the case of seed implantation, the source is chosen such that the radioactivity vanishes after several weeks or months [START_REF] Pearce | [END_REF]].

Brachytherapy is used to treat a variety of tumours including prostate, breast, cervical and oesophageal cancers. It can be performed with α-, β-and γ-emitters and typical radionuclides are 192 Ir, 137 Cs, 125 I and 106 Ru. The ICRU distinguishes low-dose rate brachytherapy (0.4-1 Gy/h), medium-dose rate brachytherapy (1-12 Gy/h), high-dose rate brachytherapy (> 12 Gy/h) and pulsed-dose rate brachytherapy where the dose is delivered in short pulses [START_REF]ICRU Report 89: Prescribing, Recording, and Reporting Brachytherapy for Cancer of the Cervix[END_REF].

Radiometabolic therapy

Radiometabolic therapy, also referred to as internal radiotherapy or systemic radiotherapy, uses orally or intravenously administered radioactive drugs to achieve localised irradiation of small and disseminated tumours. These so-called radiopharmaceuticals consist of a radionuclide that is attached to a carrier agent with a high affinity for cancerous cells such as somatostatin analogues or monoclonal antibodies. This causes the molecules to accumulate at cancer sites throughout the entire body, allowing for a systemic treatment and in situ irradiation of the cancer cells [Britz-Cunningham 2003]. Radionuclides used for this irradiation modality can be α-emitters like 255 Ac, β-emitters like 186 Re or 90 Y or γ-emitters like 111 In [START_REF] Rubini | [END_REF], Ting 2010].

Radiometabolic therapy is especially suited for the treatment of metastasising tumours. Compared to other systemic treatments, such as chemotherapy which can cause high toxicity in normal tissue, it represents a much more selective method [Vuillez 2005]. Typical examples of radiometabolic therapy are the treatment of thyroid cancer with 125 I and bone cancer with 89 Sr or 186 Re.

Intraoperative radiotherapy

Intraoperative radiotherapy (IORT) is a technique where the tumour bed is irradiated either during or directly after the surgical resection of the tumour bulk. The rationale for this method is that the tumour periphery often contains undetected cancer cells which can cause a recurrence of the tumour. IORT allows to give a high dose directly to these areas thereby reducing the chances of a tumoral regeneration. Typical doses are of the order of 10-20 Gy and are usually delivered in one fraction.

IORT is performed either using low-energy X-rays (50 kV) or high-energy electron beams (3)(4)(5)(6)(7)(8)(9)(10)(11)(12) delivered with designated linear accelerators [Herskind 2017]. Treatments using X-rays involve the insertion of spherical or flat applicators which ensure an isotropic dose distribution in the target region. Irradiation with electron beams requires a surgical preparation of the excision cavity in order to bring all the tissue into the field of the beam [Sedlmayer 2014].

Many different types of cancers can be treated with IORT including various forms of carcinomas, gynecologic malignancies and bladder cancers. Recently, it has also been applied to head and neck cancers, prostate carcinomas, intra-thoracic malignancies, and brain tumours [Krengli 2004] as well as breast cancer where it has shown to provide very low recurrence rates [Sedlmayer 2014].

External beam radiotherapy

External beam radiotherapy (EBRT) uses a radiation source outside of the body to irradiate the tumour through the skin. It represents the oldest and most common form of RT with almost 90% of radiotherapy patients receiving this type of treatment [START_REF] Gerber | [END_REF]]. In general, any type of ionising radiation can be considered for EBRT, including photons (Xand γ-rays), electrons, neutrons, protons and heavier ions but also more exotic particles like pions [START_REF] Kligerman | [END_REF]] and anti-protons [Bassler 2008].

Today, most EBRT treatments use megavoltage X-rays generated with compact linear accelerators, commonly abbreviated as linacs. A linac accelerates charged particles (typically electrons) to a kinetic energy of several MeV before stopping them in a metallic target. The deceleration process in the target produces the therapeutic X-rays through bremsstrahlung which are then further manipulated (shaped and collimated) according to the treatment plan. Linacs often also provide an option to remove the stopping target and irradiate directly with the electron beam [Khan 2014].

Another, mainly historical, approach for photon-based EBRT uses radioactive sources such as 60 Co and 226 Ra which are installed in a sourcehead and pointed at the patient. The sourcehead features a shielding mechanism and usually also a collimation system both of which allow to control the exposure of the patient and to vary the size and shape of the beam [Khan 2014].

Therapeutic photon beams typically possess fairly broad energy spectra and one usually states the electric potential (applied inside the X-ray tube or linac) instead of the beam energy. Depending on the voltage, one distinguishes orthovoltage (100-500 kV), supervoltage or intermediate-energy (500 kV to 1 MV) and megavoltage (≥ 1 MV) X-rays [Attix 2004, Khan 2014]. Increasing the energy of photons leads to better tissue penetration and improved dose distributions especially for deep-seated lesions. Therefore most treatments today use megavoltage X-rays of 4 or 18 MV [Mohan 2017]. Orthovoltage Xrays, which reach their dose maximum already at very shallow depths, are still sometimes used to treat skin cancers and superficial lesions. However, it has become more common to use electrons for such cases as they yield higher entrance doses and exhibit a rapid distal fall-off of the dose (see section 1.2.2).

A rapid dose fall-off behind the tumour can be advantageous for normal tissue sparing. This is one of the main motivations for the use of protons and heavier ions in RT. Albeit accounting for less than 1% of RT treatments worldwide [Mohan 2017], especially proton therapy represents another well-established form of EBRT. Protons and ions exhibit a very localised dose distribution (see section 1.2.2) allowing for a more conformal irradiation which makes them good candidates for treating tumours in close proximity to sensitive structures and paediatric cancers. On the other hand, RT with proton and ion beams requires a more complex infrastructure with large accelerators, beam transport systems and often heavy gantries (see sections 3.2 and 3.3) which makes these techniques very costly. Therefore, the number of facilities offering proton and ion therapy is still comparatively low, although continuously increasing: While there were only 29 proton and ion therapy facilities worldwide in 2008 [START_REF] Trikalinos | Appendix F, Centers That Perform Particle Beam Treatment (Worldwide)[END_REF]], this number has increased to more than 100 in 2020 [PTCOG] and more than 20 new facilities have opened in Europe alone during the last decade [Grau 2020].

Lastly, also neutrons are applied in a radiotherapeutical context. Despite its beginnings dating back to the 1930s, the value of neutron therapy is, however, still being debated and only very few centres around the world currently offer this modality [Davis 2016]. As uncharged particles, the dose distributions of neutrons resemble those of X-rays and the motivation for neutron therapy lies mostly in their enhanced biological effectiveness (a tumouricidal dose delivered with neutrons is only about one third of the corresponding dose delivered with photons) [NT]. Neutron therapy is therefore mainly used for very large lesions and radioresistant tumours.

In order to better understand the individual advantages and disadvantages of the different types of radiation used in EBRT, one must consider the physical processes underlying the interactions between ionising radiation and matter as well as the effects it has on biological systems. An overview of the most important concepts is presented in the following two sections.

Physics of ionising radiation

The term ionising radiation refers to any type of radiation that possesses enough energy to not only excite atoms but also ionise them, i.e. cause the liberation of one or more of their electrons. Through both processes, excitation and ionisation, energy can be transferred from the radiation to the absorbing medium. Depending on the mechanisms involved in this energy transfer, one distinguishes directly and indirectly ionising radiation [Attix 2004]. Directly ionising radiation consists of fast charged particles that directly transfer their energy via many small Coulomb-force interactions while indirectly ionising radiation refers to uncharged particles (photons and neutrons) that cannot interact via the Coulomb force and instead liberate charged particles from the atoms in few large interactions. The resulting charged particles then deposit their energy in the aforementioned way.

The quantification of the energy transfer from the radiation to the absorbing material lies at the heart of radiotherapy physics and dosimetry. In the following, first the interactions of ionising radiation with matter are described, focussing on the main types relevant for modern RT (i.e. photons, charged particles and neutrons). Then, some of the most common concepts used to describe the energy transfer are introduced and differences between the radiation types are illustrated. Finally, the last part of this section is dedicated to the physics of charged particle radiation.

Interactions of ionising radiation with matter

The dominant forces governing the physics of ionising radiation in matter are the electromagnetic and strong interactions. The weak interaction, albeit being responsible for some types of radioactive decay and thus taking part in the creation of ionising radiation, has usually a negligible effect in this context. Depending on the potential of the radiation type to interact electromagnetically or strongly, different phenomena can arise which are presented below.

Interactions of X-and γ-rays with matter

The terms X-ray and γ-ray both describe photons with energies ≥ 100 eV, the distinguishing factor being only the origin of the radiation: While X-rays are emitted by accelerated charged particles or orbital electrons transitioning between two energy levels, γ-rays stem either from nuclear de-excitation processes or matter-antimatter annihilations [Attix 2004]. There are four main types of interactions between photons and matter:

• Coherent scattering: Coherent scattering (also called classical, Rayleigh or Thomson scattering) is an elastic process (i.e. without energy transfer) where the incoming photon is simply redirected by scattering off of an orbital electron. This interaction is most probable for low-energy photons and materials with a high atomic number [Khan 2014]. It occurs mainly at diagnostic energies 50 keV where it accounts for only about 5% of the X-ray interactions [Bushberg 1998]. Coherent scattering can therefore be mostly neglected in a therapeutical context.

• Photoelectric effect: The photoelectric effect describes the absorption of the incoming photon by an orbital electron which in turn gets ejected from the atom. If the ejected electron stems from an inner shell, a vacancy is created that is subsequently filled by an electron from an outer orbital leading to the emission of a so-called characteristic X-ray or an Auger electron. The photoelectric effect can only occur when the photon energy E is greater or equal to the binding energy of the electron. Its cross-section scales approximately as Z 3 /E 3 (Z being the atomic number) which means that this interaction mode becomes more important for low-energy photons and high-Z materials like heavy metals [Khan 2014]. In water, the photoelectric effect is predominant up to photon energies of about 30 keV.

• Compton effect: The Compton effect is the most important interaction in RT, representing the dominant mode in water and soft tissue for photon energies between 30 keV and 24 MeV. It can occur when the photon energy is much larger than the atomic binding energy such that the electrons can be considered free during the interaction. The photon scatters off the electron whereby it transfers enough energy to eject it from the atom. Because the electrons are viewed quasi-free, the probability for Compton scattering does not depend on Z but only on the electron density [Khan 2014].

• Pair production: In the pair production process, the photon vanishes by giving up all its energy to produce an electron-positron pair. A minimum photon energy of E = 2m e = 1.022 MeV (m e being the electron mass) is required for this to happen. Pair production can occur when an incoming photon interacts with the electromagnetic field of a nucleus so that its cross-section depends on the atomic number of the absorbing material. In soft tissue, it becomes the predominant mode of interaction for energies ≥ 30 MeV and thus plays a subleading role in RT [Bushberg 1998].

Figure 1.3 summarises the relative importance of these interaction modes by plotting the respective mass attenuation coefficients 2 in soft tissue as functions of the photon energy.

Apart from these four modes, photonuclear interactions are also possible where the photon gets absorbed by the nucleus, leading to its excitation and the subsequent emission of a neutron or an alpha particle. However, this process only starts occurring in the MeV-regime with a relative contribution of less than 5% compared to pair production [Attix 2004]. It is therefore usually neglected in dosimetry and only considered in the context of radiation protection. 2 The mass attenuation coefficient µ/ρ is related to the interaction cross-section σ by µ ρ = σ u A , where u is the atomic mass unit and A the mass number [Hubbell 1999]. FIGURE 1.3: Mass attenuation coefficients of photons in soft tissue (Z ∼ 7) as a function of the photon energy. Taken from Bushberg [Bushberg 1998].

Interactions of neutrons with matter

Like photons, neutrons are also indirectly ionising particles, however, as uncharged hadrons they almost exclusively interact with atomic nuclei via the strong force 3 . There are two main interaction mechanisms: nuclear scattering and absorption [START_REF] Heilbronn | Neutron properties and definitions (supplement)[END_REF]]. The scattering can be elastic or inelastic where in the latter case the energy transferred to the nucleus can lead to its excitation or even disintegration. In absorption reactions, the neutron becomes part of the nucleus, a so-called compound nucleus, which is often in an excited state and de-excites by emitting one or multiple charged (protons, other ions) or uncharged (neutrons, γ-photons) secondary particles [START_REF] Heilbronn | Neutron properties and definitions (supplement)[END_REF]].

In tissue, a high-energy neutron beam (kinetic energy ≥ 20 MeV [START_REF] Heilbronn | Neutron properties and definitions (supplement)[END_REF]]) deposits most of its energy via recoil protons following scattering interactions. This process is most efficient when the nucleus of the absorbing material has the same mass as the neutron, i.e. for hydrogenous materials [Khan 2014]. About 30% of the tissue dose can be attributed to secondaries produced in nuclear disintegration reactions [Khan 2014].

Interactions of charged particles with matter

Charged particles used in RT are directly ionising and therefore mainly interact in the form of ionisation and excitation of orbital electrons. These processes usually account for most of the energy losses, although radiative losses (bremsstrahlung) are also possible. Apart from these inelastic interactions, elastic electromagnetic collisions such as nuclear scattering and, in the case of electron beams, also electron-electron scattering can occur. Furthermore, so-called non-elastic interactions 4 are possible which are mainly relevant for protons and other ions.

The different interaction modes give rise to several phenomena specific to clinical beams of charged particles [Gottschalk 2018, Newhauser 2015]:

• Stopping: The charged particles are slowed down by frequent inelastic scattering events with the orbital electrons in which they transfer most of their kinetic energy.

The energy loss can be considered quasi-continuous and ultimately leads to the stopping of the beam.

• Bremsstrahlung: As already mentioned above, bremsstrahlung (mainly due to deflection by the electromagnetic field of the nucleus) can also cause energy losses. While theoretically possible for any type of charged particle, bremsstrahlung in the context of RT is most important for electrons which have a much smaller mass than protons or ions where it can usually be neglected [Khan 2014, Newhauser 2015].

• Multiple Coulomb scattering (MCS): The particles are deflected in repeated, elastic, electromagnetic interactions which causes individual particles to follow zig-zag trajectories and particle beams to broaden. This process mainly involves scattering off of atomic nuclei but in materials with a low atomic number scattering can also take place with orbital electrons. Due to their smaller mass, electrons are much more affected by this than protons which in turn are more affected than heavier ions.

• Nuclear reactions and fragmentation: Hadronic particles can also undergo nonelastic interactions with the nuclei which, despite being comparatively rare, can have important effects. Such a process removes the primary particle5 from the beam and leads to the excitation of the nucleus as well as the subsequent emission of one or more secondary particles (e.g. proton, neutrons, ions, γ-rays). Especially heavier ions may also undergo nuclear reactions which can result in the partial or complete disintegration of the target nucleus and the projectile ion (fragmentation) [START_REF] Schardt | [END_REF]].

These phenomena and in particular electronic stopping have important implications which distinguish RT with charged particles from conventional RT with photons and which are mainly reflected in the substantially different dose-deposition profiles, as discussed below.

Dose distributions and dosimetric quantities

As a consequence of the physical interactions described in the previous section, ionising radiation can deposit energy in the irradiation object (i.e. a phantom or the patient's body). A prerequisite for RT is the accurate knowledge of the magnitude and distribution of these energy depositions. The central quantity in this context is the absorbed dose (often just referred to as dose) which measures how much energy deposited per unit mass remains locally at a given point.

The ICRU report 85 [START_REF]ICRU Report 85: Fundamental quantities and units for ionizing radiation[END_REF] defines the absorbed dose as

D = dε dm , (1.2)
with dε denoting the mean energy imparted by the ionising radiation to a matter of mass dm. The unit of the dose is gray (Gy), where 1 Gy = 1 J kg -1 . FIGURE 1.4: Depth-dose distributions (normalised to maximum) in a water phantom for different therapeutically relevant particle types and beam energies. Water is often used as a surrogate for human tissue as it possesses similar dosimetric qualities.

As a consequence of the different interaction processes presented in the previous section, the dose distributions of photons, neutrons and charged particles exhibit very different characteristics. This is illustrated in Figure 1.4 which shows the depth-dose distributions of several therapeutically used types of radiation.

The depth-dose curves of the uncharged radiation species (photons and neutrons) are characterised by an initial buildup region where the dose quickly grows from a low entrance value to its maximum before starting to decrease exponentially. The dose buildup is caused by electrons that are liberated near the surface and which deposit their energy as they travel up to several millimetres into the irradiated object before stopping. Due to primary photons or neutrons being scattered out of the beam or getting absorbed, the fluence (defined in equation (1.8) below) in the beam decreases which in turn decreases the number of ionisation events and ultimately leads to an exponential decay of the dose [Khan 2014].

The depth of the dose maximum increases with the beam energy and for clinical (megavoltage) photon beams usually amounts to 1-2 cm. An import disadvantage of the depth-dose distribution of uncharged particles is their long exponential tail which almost always results in non-targeted organs receiving a low-dose bath. On the other hand, the low entrance dose can be beneficial for skin sparing.

A dose distribution that is more conformal to the target can be obtained with charged particles due to the fact that they stop at a certain depth causing the dose to drop to zero. Electron beams yield a relatively high entrance dose and show a comparatively slow fall-off. The beam energy determines the position of the maximum and steepness of the fall-off in the sense that a higher-energetic beam takes on its maximum at a greater depth and exhibits a stretched-out distal edge. Importantly, also the high-dose region becomes wider which can be exploited for the treatment of extended targets at shallow depths.

Proton beams exhibit a low entrance dose that stays nearly constant at shallow depths The beams all started out with the same size (about 1 cm full width at half maximum). b) Measured penumbrae of γ-ray, X-ray and proton beams, taken from ICRU report 78 [START_REF]ICRU Report 78: Prescribing, Recording, and Reporting Proton-Beam Therapy[END_REF].

before peaking in a pronounced maximum known as the Bragg peak. The Bragg peak is characterised by a steep slope of the proximal edge and a rapid decay to zero at its distal edge. It represents the central feature of proton therapy and allows for high conformity in the dose deposition. The position of the Bragg peak depends on the beam energy and its width and sharpness are related in particular to the spread of the particle energies.

Heavier ions, such as the considered carbon ions, yield a very similar dose distribution, albeit with a sharper Bragg peak and generally a smaller entrance dose (provided the dose maximum is the same). The main difference compared to protons is the presence of a region beyond the Bragg peak, the so-called fragmentation tail, where the dose does not immediately drop to zero but remains at a low level that only gradually decreases. The physical mechanisms giving rise to the different features of the proton and ion depth-dose profiles are further discussed in the next section.

Apart from the depth profiles, the lateral distribution of the dose also plays an important role for the target conformity of the dose. A central concept in this context is the penumbra which is usually defined as the regions in a lateral cross-section of the beam where the dose decreases from 80 to 20% of the maximum dose [START_REF]ICRU Report 78: Prescribing, Recording, and Reporting Proton-Beam Therapy[END_REF]. A smaller penumbra is usually preferable as it allows to produce sharper dose gradients and thus to deliver more conformal dose distributions.

Proton beams generally yield narrower penumbrae than photon beams, however only up to intermediate depths of about 17 cm [START_REF]ICRU Report 78: Prescribing, Recording, and Reporting Proton-Beam Therapy[END_REF], and beams of heavier ions in turn exhibit smaller penumbrae than proton beams. Figure 1.5 illustrates these points by comparing the evolution of the penumbrae of different photon, proton and carbon ion beams.

While the dose relates to the total energy deposited at a given point in the target, other dosimetric measures are concerned with the average energy transferred by individual particles. Two of the most important quantities in this context are the stopping power and the linear energy transfer (LET).

The stopping power quantifies the retarding forces that charged particles experience when traversing a medium and that ultimately cause them to stop. One distinguishes the linear stopping power S = dE dl , (1.3) which was introduced to reduce the strong dependence on the density ρ of the absorbing material [START_REF]ICRU Report 85: Fundamental quantities and units for ionizing radiation[END_REF]. The linear and mass stopping power are usually stated in MeV mm -1 and MeV cm 2 g -1 , respectively, or similar units [PSTAR]. Since the change in energy is negative, it is often customary to multiply the right-hand side of equations (1.3) and (1.4) by a factor of -1 to retrieve a positive quantity.

The stopping power can be expressed as the sum of three independent components representing losses due to ionisation and excitation of orbital electrons (electronic stopping power), emission of bremsstrahlung (radiative stopping power) and elastic Coulomb interactions where recoil energy is imparted to the nucleus (nuclear stopping power) [START_REF]ICRU Report 85: Fundamental quantities and units for ionizing radiation[END_REF].

While the stopping power considers the total amount of the energy lost by a particle, regardless of where this energy is finally deposited, the (restricted) LET has been introduced as a concept that only takes into account the locally remaining energy losses. The motivation for this is that the energy transferred during an ionisation event may be high enough for the ejected electron to become ionising itself (a so-called δ-ray) which may lead to a considerable fraction of the energy imparted by the primary particle being deposited far from the site of the initial interaction.

The LET is therefore defined as

LET ∆ = dE ∆ dl , (1.5)
where dE ∆ is the mean energy lost by the charged particles due to electronic interactions in traversing a distance dl, minus the mean sum of the kinetic energies greater than ∆ of all the electrons released by the charged particles [START_REF]ICRU Report 85: Fundamental quantities and units for ionizing radiation[END_REF]. The variable ∆ can be thought of as a threshold where only particles with a kinetic energy ≤ ∆ are included in the LET. This threshold energy can be translated into a maximum range of the δ-rays underlining the aspect of locality.

LET values are typically expressed in keV µm -1 and it is customary to distinguish low LET (0-10 keV/µm) from high LET values (> 10 keV/µm). This distinction is useful as high LET is generally related to an increased biological effectiveness of the radiation (see section 1.3.1). As a general rule, the LET of radiation increases as its kinetic energy decreases which is illustrated in Figure 1.6a for the example of protons.

Examples of low-LET radiation include megavoltage photons6 (3 MeV) and electrons (1 MeV) which yield LET values of 0.25-0.3 keV/µm as well as protons at energies 10 MeV. Low-energy electrons (1 keV) and protons (100 keV) on the other hand can be considered high-LET particles yielding values of 12.3 keV/µm and ∼ 100 keV/µm, respectively [Girdhani 2013, Podgorsak 2005]. Moreover, neutrons and heavier ions can reach very high LET values up to 160 keV/µm [Baiocco 2016, Kantemiris 2011].

The notion of LET as defined above only makes sense for monoenergetic beams. However, especially in proton and heavy ion therapy, it is often required to superpose beams of multiple different energies (see section 1.5) which motivates the definition of the dose-averaged LET defined as

LET D (x) = ∑ i ∞ 0 S i el (E)D i (E, x)dE ∑ i ∞ 0 D i (E, x)dE , (1.6)
where S i el E is the unrestricted electronic stopping power of an ion of type i with a kinetic energy E and D i (E, x) is the respective dose at the point x [Karger 2017]. For proton therapy, typical values of LET D are ∼ 2 keV/µm in the entrance region and 8-12 keV/µm in the Bragg peak [Grassberger 2011, Kantemiris 2011] while the corresponding values for carbon ion beams range from ∼ 10 keV/µm to 80-100 keV/µm [Kantemiris 2011, Karger 2017, Tsujii 2007] (see also Figure 1.6b).

Charged particle radiation

The dose distributions presented at the beginning of the previous section illustrated that important dosimetric distinctions exist between neutral and charged types of radiation but also between electrons, protons and heavier ions. In order to understand how these differences arise, it is instructive to consider again in more detail the interactions between charged particles and matter.

Bragg peak

The distinct dosimetric feature of protons and other ions is the Bragg peak which describes the localised and sharply peaked maximum in their depth-dose distributions. The emergence of the Bragg peak is closely related to the way in which the energy transfer of a charged particle changes inside an absorbing medium. This can be understood by considering the electronic mass stopping power for which a formula was developed by Bethe [Bethe 1930] and Bloch [Bloch 1933]:

S ρ = 4πN A r 2 e m e c 2 Z a A Z 2 p β 2 ln W m I -β 2 - δ 2 - C Z with W m = 2m e c 2 β 2 1 -β 2 , (1.7)
where N A ≈ 6.022 • 10 23 is Avogadro's number, r e is the classical electron radius, m e is the electron mass, c is the speed of light, Z a and A are the atomic number and weight of the absorbing material, Z p is the charge of the projectile, β = v/c is the projectile velocity normalised to the speed of light and I is the mean excitation potential of the absorbing material. The terms involving δ and C represent electron density and shell corrections, respectively, and are negligible at therapeutic energies. The variable W m can be interpreted as the maximum possible energy loss in a single collision with an electron [Gottschalk 2018].

The term z 2 /β 2 in equation (1.7) states that the stopping power increases when the charge of the projectile increases or its velocity decreases. Figure 1.7 illustrates this by graphing the stopping power of protons and other ions as a function of the kinetic energy. As a consequence of the inverse dependency on β, the particles will lose more and more energy as they slow down, causing a sharp increase of the dose and giving rise to the proximal edge of the Bragg peak.

The distal edge of the Bragg peak on the other hand is related to the fluence which decreases as the particles come to a stop. The fluence states how many particles pass through a given area and it is defined as

Φ = dN da , (1.8)
where dN is the number of particles incident on a sphere of cross-sectional area da [START_REF]ICRU Report 85: Fundamental quantities and units for ionizing radiation[END_REF]. Figure 1.8a illustrates the evolution of the fluence in the absorbing medium for the example of a 160-MeV proton beam in a water phantom.

Over the first several centimetres, the curve is characterised by a gradual descent which corresponds to primary particles being removed from the beam due to nuclear reactions. In a 160-MeV proton beam, about 20% of primaries are affected by such interactions [Gottschalk 2012]. Beyond a certain depth, however, the primary protons start coming to a complete stop after having been slowed down in many small collisions with orbital electrons. This results in a steep decrease of the fluence which ultimately drops all the way to zero. As this slowing down is a stochastic process, not all protons stop at the same depth which gives rise to a sigmoidal distribution that is responsible for the distal edge of the Bragg peak.

In summary, the interplay of the increasing stopping power and the decreasing fluence produces the characteristic Bragg peak shape in the depth-dose curves of protons and other ions (Figure 1.8b). While the stopping of electrons in matter mostly takes place in the same way, they are also much more affected by MCS and often deflected at much larger angles than protons or ions. As a result, the Bragg peak of electron beams gets smeared out laterally and cannot be seen in the depth-dose profile. 

Range and straggling

An important property of charged particle beams is that they can come to a complete stop in matter. The depth at which half of the primary particles have come to rest, neglecting losses due to nuclear interactions, is called the mean projected range or just range [Newhauser 2015]. Figure 1.8a illustrates this definition. According to another approach, the range is defined as the depth of the distal point in the Bragg peak where the dose reaches 80% of the maximum. It can be shown that both definitions are equivalent [Gottschalk 2018].

Integrating the inverse of equation (1.7) with respect to the energy from some initial energy to a final, non-zero energy (the integrand diverges at zero) provides a means for the theoretical calculation of the range. This method assumes that all energy losses are included in the stopping power and that the particles travel along straight lines. The resulting quantity is called the continous-slowing-down approximation (CSDA) range and usually represents a very good substitute for the mean projected range.

Differences between both notions arise from fluctuations of energy losses and the fact that in reality charged particles experience many deflections resulting in a zigzag path. The mean projected range will thus always be slightly smaller than the CSDA range. For a 100-MeV proton beam in water, the ratio between the two, also known as detour factor, is only about 0.9987 [START_REF] Berger | [END_REF]]. It should be noted that the CSDA range is typically obtained through integration of the inverse mass stopping power which includes the mass density. Thus, it is usually stated in units of g cm -2 .

Range is an average quantity and only defined for charged particle beams. Because of stochastic variations in each particle-electron interaction (and to a lesser degree because of deflections due to MCS), not all particles stop at the same depth, resulting in a sigmoid shape of the distal fall-off in the fluence curve. This phenomenon is called range straggling or energy straggling and it represents an important factor for the shape of the Bragg peak.

Range straggling becomes more important as the range increases, but decreases for higher particle masses. Concretely, it can be shown that the ratio of the straggling width σ R and the range R can be expressed as

σ R R = 1 √ m f E mc 2 , (1.9)
where m is the particle mass, E the particle energy and f a slowly varying function depending on the absorber material [START_REF] Schardt | [END_REF]]. This implies that the sharpness of the Bragg peak can be increased by using beams of heavier ions.

Lateral scattering

The lateral shape of a charged particle beam propagating in a dense medium is governed by Coulomb scattering off of atomic nuclei (and in the case of electron beams also orbital electrons). As explained before, this is especially important for electron beams where MCS inhibits the formation of a pronounced Bragg peak. For protons and heavier ions, individual nuclear Coulomb scattering events often have a negligible effect, however, the accumulation of many small deflections causes the beam to widen as it propagates in the medium.

A complete theory of multiple scattering for fast charged particles was developed by Molière [Moliere 1947, Moliere 1948], however, it is often sufficient to consider Highland's formula [Highland 1975] which approximates the angular distribution of the beam particles by a Gaussian distribution. This approximation can be shown to cover about 98% of the beam particles [Gottschalk 2012] and furthermore provides an easy way to estimate the standard deviation of the angular spread σ θ by

σ θ = 14.1 MeV pv Z p d L R 1 + 1 9 log 10 d L R [rad], (1.10) 
where p is the particle momentum, v the particle speed, Z p the projectile charge, d the thickness of the target and L R the radiation length of the target material which can be found in according tables [START_REF] Schardt | [END_REF]].

An important implication of this equation is that beams of heavier particles broaden less as they propagate through matter and thus exhibit sharper penumbras. This can be seen for instance in Figure 1.5a which shows that the width of the penumbra, despite starting at the same size, grows more slowly in the case of the carbon ion beam than in the case of the proton beam.

Nuclear reactions and fragmentation

As stated before, non-elastic nuclear interactions are very important for proton and ion beams, not only because they remove primary particles from the beam which has a decreasing effect on the dose, but also because they are responsible for a wide spectrum of secondary particles. Nuclear reactions induced by proton beams for example can produce secondary protons, deuterons, tritons, 3 He and 4 He ions as well as heavier ions but also neutrons which are very important with respect to radiation protection and radiogenic late effects. While secondary protons can contribute as much as 10% to the absorbed dose, all other ions combined usually account for less than 1% [Newhauser 2015]. Furthermore, specific γ-rays can be produced in nuclear reactions which provides a means to monitor beam properties inside the patient during the treatment [Draeger 2018].

The main difference of heavier ions compared to protons lies in their potential to create nuclear fragments through nuclear spallation reactions in the absorbing medium or through fragmentation of the primary ion. These fragments are usually lighter than the primary particles but travel at the same velocity, so that their ranges in the medium are much longer than those of the original ions. This gives rise to a low-dose fragmentation tail beyond the Bragg peak (see curve corresponding to carbon ions in Figure 1.4) as well as additional small dose depositions laterally to the primary beam [START_REF] Schardt | [END_REF]]. Even though the probability for ions to undergo nuclear interactions is much smaller than that for electronic interactions, nuclear fragmentation becomes a very important factor at large penetration depths and for very heavy ions. Figure 1.9 illustrates this for the example of 20 Ne ions in water. Just before the Bragg peak, secondary and tertiary fragments account for roughly half of the total dose while the fragmentation tail behind the Bragg peak (reaching up to 40% of the entrance dose) is entirely due to fragments.

Due to the dosimetric disadvantages and side affects related to the fragmentation tail, the use of very heavy ions like neon and silicon in RT has been stopped. Instead, lighter ions like helium have regained interest as further discussed in sections 1.5 and 2.5.2.

Following the physical considerations presented above, the next section focusses on the effects ionising radiation can have on biological systems, addressing general aspects as well as more specific concepts that are important for RT in general and particle therapy and MBRT in particular.

Radiobiology

The effects of ionising radiation on living organisms are very complex and represent an ongoing field of research. Biological systems are affected by radiation on the molecular, cellular and tissue level and relevant time scales extended from 10 -18 s (the time it takes a high-speed electron to traverse a DNA molecule) to many years (appearance of late health effects like cancer) [START_REF] Joiner | Introduction: the significance of radiobiology and radiotherapy for cancer treatment[END_REF]]. Ionising radiation interacts with matter primarily through ionisation and excitation of atoms which can lead to the breakage of chemical bonds and alteration of molecules that can ultimately have biological repercussions.

A crucial target in mammalian cells is the genome encoded in the DNA. The DNA can experience many different types of radiation-induced lesions such as base damages, DNA-DNA or DNA-protein crosslinks, single-strand breaks (SSB) and most importantly doublestrand breaks (DSB). For 1 Gy of absorbed dose, a cell nucleus will sustain roughly 10 5 ionisations, 10 4 DNA base damages, 300-1000 SSBs, and 20-70 DSBs [START_REF] Paganetti | The Physics of Proton Biology[END_REF]]. Unrepaired damages of the DNA can cause complications during cell division and result in cell death while incorrectly repaired DNA may elicit malignant mutations and cancers. DSBs and clustered lesions are especially hard to repair and are believed to be the main cause for irradiation-induced cell death [Girdhani 2013[START_REF] Paganetti | The Physics of Proton Biology[END_REF][START_REF] Wouters | [END_REF]. Newer studies, however, suggest that the radiation responses of cells and organisms are indeed much more complex [Prise 2005]. For instance, lesions of the plasma membrane have been shown to induce cell death independently of DNA damage [Liauw 2013, Maier 2016].

The effects caused by ionising radiation are grouped into two categories depending on the location of the initial interaction: Direct effects occur if the radiation interacts directly with the DNA molecule or any other component critical to cell survival while indirect effects can result from interactions with other cellular atoms or molecules, most notably water which accounts for about 80% of the cell matter [Podgorsak 2005]. The most important process in this context is the creation of free radicals7 through water radiolysis, leading to the production of so-called reactive oxygen species (ROS) like the hydroxyl ( • OH) radical, superoxide radical O • - 2 and hydrogen peroxide (H 2 O 2 ) [START_REF] Azzam | [END_REF]]. ROS are very reactive molecules that can break up chemical bonds and, by diffusion, spread throughout the cell, causing damage to the DNA, RNA or other cellular components like proteins and lipids [START_REF] Hur | [END_REF]]. ROS can also activate intercellular communication mechanisms, thus spreading oxidative stress to unirradiated, neighbouring cells. Moreover, ionising radiation can stimulate the activity of nitric oxide synthase resulting in an increased production of reactive nitrogen species (RNS) which can induce cellular damage similarly to ROS [START_REF] Azzam | [END_REF]].

Irradiation of a cell can lead to a variety of outcomes. DNA damage response consists of a set of interconnected signalling pathways, involving the recruitment of damage-sensing enzymes and the activation of several different repair mechanisms [START_REF] Wouters | [END_REF]]. The cell cycle is often arrested to help maintaining genomic stability and facilitate DNA repair. If the damage can be completely repaired, the cell cycle will continue normally. Improper repair on the other hand will lead to cell death via apoptosis (orderly, programmed cell death), mitotic catastrophe (death due to premature or inappropriate induction of cell division), necrosis (passive cell death due to external factors), autophagy (programmed cell death involving the digestion of certain cell components) or the onset of premature senescence [Maier 2016].

On the tissue level, effects can occur soon after the irradiation (acute effects) or after several months or years (late or chronic effects) [Barnett 2009]. Acute effects can develop especially in rapidly proliferating tissue like the skin or intestinal cells and are often reversible. Typical acute responses include inflammation, oedema and in severe cases bleeding and denudation of epithelia or haemopoietic tissue. In contrast, late effects are typically associated with slowly proliferating tissue and may be irreversible. Examples include fibrosis, atrophy, ulceration, stenosis and even the appearance of (secondary) cancers [Podgorsak 2005]. Figure 1.10 summarises all of the effects and processes mentioned above.

Radiobiology is a complex field and its application to RT has brought fourth several specific concepts. Some of the most important concepts in the context of particle therapy and MBRT will be introduced in the following subsections.

Relative biological effectiveness

The fate of an irradiated cell is not only determined by the number of radiation-induced damages but also by their spatial distribution. Compared to isolated damage sites, densely clustered lesions are more difficult or even impossible to repair, making them more likely to induce cell death pathways [Joiner 2009a]. A quantitative measure for this density is given by the LET which describes the locally remaining part of the energy transferred by the radiation.

For every gray of absorbed dose, low-LET particles (e.g. X-rays) produce of the order of 1000 tracks in a single cell while high-LET particles (e.g. carbon ions or low-energy protons) typically yield less than 10 tracks [START_REF] Paganetti | The Physics of Proton Biology[END_REF]]. Nevertheless, a nearly equal number of ionisations is observed in both cases which means that high-LET particles exhibit much higher ionisation densities within each track. Figure 1.11 illustrates this by comparing the density of DSBs for various types of low-and high-LET radiation.

As a consequence, less dose is necessary to achieve a given biological endpoint with high-LET radiation than with low-LET radiation. In a sense, high-LET radiation is more effective which motivates the definition of the relative biological effectiveness (RBE) given by RBE = dose required to produce a given biological effect with the reference radiation dose required to produce the same effect with the radiation under consideration .

(1.11)

Historically, the reference radiation was 250-kVp X-rays but nowadays it is recommended to use 60 Co γ-rays [IAEA 2008, Podgorsak 2005].

In addition to the radiation type, the RBE depends very much on the biological endpoint under consideration as well as the type of irradiated tissue, the dose, dose rate and fractionation of the dose [Podgorsak 2005]. Figure 1.12 shows how the RBE evolves as a function of the LET for different endpoints. The RBE is ≈ 1 at low LET before rising sharply for values larger than 10-20 keV/µm. It takes on its maximum for a LET of about 100 keV/µm and decreases again for higher values. In this very-high LET regime, more energy is deposited than actually needed to produce a sufficient number of DSBs, resulting in a decreased dose-efficiency (overkill effect) [Joiner 2009a]. Typical values of the RBE are listed in Table 1.1.

The role of oxygen

The presence or absence of oxygen in a cell has shown to have a profound effect on the response to ionising radiation. Comparing cells irradiated with X-rays under well The RBE is 1 per definition. X-rays (4 MV)

1 [Williams 1978] X-rays (250-300 kV) 1.1-1.5 [Williams 1978[START_REF] Willers | [END_REF]]electrons (10 MeV) 0.95-1 [Amols 1986, Williams 1978] protons 1.1 [ICRU78, Paganetti 2014] The use of a generic value of 1.1 in proton therapy has proven to be a reasonable approximation [Tommasino 2015]. However, the data acquired in in vivo and in vitro experiments exhibits a fairly large spread and the notion of a constant RBE is currently much debated [Lühr 2018, Paganetti 2019[START_REF] Willers | [END_REF]]. carbon ions 2-3 [Karger 2017[START_REF] Schardt | [END_REF] The definition of an RBE for carbon ion therapy is more complex and different centres follow different approaches [IAEA 2008]. Values in the literature can range from ≈ 1 to 6.9 [Choi 2012, Karger 2017]. oxygenated and hypoxic conditions, it was found that a much lower dose was needed in the first case than in the latter case to obtain the same fraction of surviving cells (see Figure 1.13) which means that hypoxic cells are generally more radioresistant. This motivated the definition of the oxygen enhancement ratio (OER) which is defined as [Horsman 2009] OER =

dose required to produce a given biological effect under hypoxic conditions dose required to produce the same effect under normoxic conditions .

(1.12)

The common explanation for this effect is that oxygen is needed to chemically stabilise the DNA damage caused by free radicals [Horsman 2009, Liauw 2013]. This implies that the oxygen effect is especially important for low-LET radiation which causes DNA damage mainly via indirect action. Indeed, the OER of X-rays and electrons is found to be about 2-3 times higher than that of high-LET radiation like α-particles. Generally, the OER lies between 1 and 3 for high-and low-LET radiation, respectively [Podgorsak 2005].

Tumours often naturally develop hypoxic regions. As they grow beyond a size of 1-2 mm, they need to generate new blood vessels, however, neovascularisation often lags behind which results in the creation of necrotic regions in the tumour surrounded by hypoxic areas [Liauw 2013]. Furthermore, irradiation with large single doses will primarily kill oxic cells thereby increasing the hypoxic fraction within the surviving tumour cells [Horsman 2009]. The concept of reoxygenation is therefore an important aspect for an effective RT treatment. It should be noted that irradiation with high-LET particles causes more direct DNA hits and is consequently less affected by these problems. This represents an important argument for the use protons and other ions in the treatment of hypoxic tumours [Scalliet 2018].

Volume effects

The radiobiological volume effect is defined by "the relationship between the radiation doses that cause the same probability of a certain acute or late normal tissue damage and FIGURE 1.13: Schematic cell survival curves for irradiation with x-rays (A), neutrons (B) and α-particles (C) in well oxygenated (dashed lines) and hypoxic (solid lines) conditions. At a given survival probability, the OER is given by the ratio of the doses required in hypoxic and well oxygenated conditions. Taken from Podgorsak [Podgorsak 2005].

the irradiated proportion or the irradiated volume of the investigated tissue or organ" [Hopewell 2000]. In particular, it was observed in several experiments that the dose leading to a given endpoint of radiation-induced damage starts to increase sharply as the irradiated volume drops below a certain threshold. Figure 1.14 shows examples of this for the irradiation of pig skin (a) with a damage endpoint of 50%-probability for acute or late skin reactions, for the irradiation of rat spinal cord (b) and an endpoint of 50%-probability of white matter necrosis, and for the clinical irradiation of human lungs (c) where the reduction of local lung function is graphed as a function of normalised total dose.

The main mechanism responsible for the increase in dose tolerance at small irradiation volumes is suspected to be the migration of surviving clonogenic cells from the borders of the irradiated volume [Hopewell 2000]. Indeed, it is known that bone marrow, after complete sterilisation of the stem and precursor cells in a given region, can be fully repopulated by haematopoietic stem cells moving in from unirradiated parts [START_REF] Dörr | [END_REF]].

It should be noted that the structural tolerance of tissue is independent of the irradiated volume and rather determined by cellular parameters associated to the tissue-specific radiosensitivity. Contrary to this, the functional tolerance of organs can show a pronounced volume effect which depends on the tissue organisation and the reserve capacity of the organ. In this context, it can be useful to distinguish parallel and serially organised organs: Organs that are (largely) organised in parallel (e.g. lung, kidney, liver) may be pictured as consisting of independently functioning subunits8 and can therefore show a marked volume effect. Serially organised organs (e.g. spinal cord, oesophagus, intestine) on the other hand are structured such that the function of the entire organ depends on each individual subunit, hence the presence of high-dose regions and dose hot spots is more critical for complications than the irradiated volume [START_REF] Dörr | [END_REF], Withers 1988]. 

Non-targeted effects

While it was believed up until the late 1980s that biological effects induced by ionising radiation can be ascribed to direct interactions with the DNA [Mothersill 2019], more and more experiments reveal that in certain cases cellular responses are also observed in tissues that were not directly or just barely exposed to the radiation. Such phenomena where radiation effects cannot be explained as a direct result of energy deposition in the DNA are referred to as non-targeted effects (NTE) [Mothersill 2013]. NTEs represent an active field of research that encompasses multiple different phenomena. A classification proposed by Blythe and Sykes [Blyth 2011] distinguishes abscopal effects, bystander effects and cohort effects.

The term abscopal effect ("abscopal" meaning "away from the target") refers to radiationinduced responses in unirradiated tissues "distinctly outside of an irradiated volume" [START_REF] Asur | High dose bystander effects in spatially fractionated radiation therapy[END_REF]. A typical example of an abscopal effect is the spontaneous tumour regression in metastases far from the irradiated site, occurring several month after the actual treatment. This is observed in particular in the wake of stereotactic ablative RT, where high doses are delivered to small target volumes [Siva 2015].

Inflammatory as well as immune responses have been suggested as possible actors participating in abscopal effects. A potential mechanism in this context could be the irradiation-induced release of cytokines which have been correlated to inhibition of tumour growth as well as tumouricidal properties [Siva 2015]. Moreover, the release of fragments of irradiated tumour cells could act similar to a vaccination and lead to the activation of anti-tumour T cells and anti-tumour responses of the immune system [START_REF] Farias | [END_REF]].

Bystander effects are signal-mediated responses in unirradiated cells located close to an irradiated volume [START_REF] Asur | High dose bystander effects in spatially fractionated radiation therapy[END_REF], Wang 2018]. The first modern report of a radiationinduced bystander effect is attributed to Nagasawa and Little [Nagasawa 1992] who, after irradiating Chinese hamster ovary cells with alpha particles, observed sister chromatid exchanges in 30% of the cells while only 1% had been directly exposed. Since then, various biological endpoints have been observed in this context, including cell death, apoptosis, DNA damage, induction of mutations and alteration of the microRNA profile [Desouky 2015].

Two main mechanisms have been identified as taking part in the mediation of radiationinduced bystander effects: so-called gap-junction intercellular communication (which requires cell-to-cell contact) and the secretion of diffusible signalling molecules (which allows intercellular communication over longer distances) [START_REF] Asur | High dose bystander effects in spatially fractionated radiation therapy[END_REF], Griffin 2012]. Furthermore, the involvement of other factors such as the proteins p53, cyclogenase-2 and serotonin as well as ROS and RNS produced in the irradiated cell has been suggested [Mothersill 2019].

Finally, cohort effects describe the "overall radiobiological response in irradiated cells which is not a consequence of direct energy deposition in the target cell but rather due to communication between cells within an irradiated volume" [START_REF] Asur | High dose bystander effects in spatially fractionated radiation therapy[END_REF]]. This includes in particular effects in cells that have been irradiated but where the received dose is not sufficient to explain the extent of the effect. In contrast, bystander effects are mostly found in unirradiated cells [Wang 2018].

Cohort effects are less studied but are thought to involve the same mechanisms as bystander effects. They may be especially important for irradiation with heterogeneous doses where cells in low-dose regions and high-dose regions influence each other, leading to enhanced radiation effects in the low-dose regions [Wang 2018]. This makes them relevant for RT techniques working with spatial modulation of the dose which will be discussed in chapter 2.

Having introduced the basic physical and radiobiological concepts, the following sections will give an overview of the historical development of RT and briefly present the state-of-the-art as well as current developments.

Historical overview and state of the art

After surgery, RT represents the second oldest form of cancer therapy still in use today. Despite the long history, radiotherapeutical techniques and strategies continue to evolve with new developments being guided for example by recent advances in radiobiology. This section presents a short overview of the historical development of RT and radiobiological principles and briefly explains the most important state-of-the-art modalities. A presentation of novel approaches and recent developments in RT is given at the end of this chapter in section 1.6.

Historical overview

The history of RT has always been closely related to the progress of science and technology. After the discovery of X-rays by Röntgen in November 1895 [START_REF] Röntgen | Ueber eine neue Art von Strahlen[END_REF]] and even before that of natural radioactivity by Becquerel in March 1896 [START_REF] Becquerel | Sur les radiations invisibles émises par les sels d'uranium[END_REF]] and the Curies in 1898 [START_REF] Curie | Sur une substance nouvelle radio-active, contenue dans la pechblende[END_REF]], the first clinical application of ionising radiation was reported to have taken place already in January 1896 when Grubbé used X-rays to treat an ulcerated breast cancer [START_REF] Grubbé | Priority in the Therapeutic Use of X-rays[END_REF]]. During the first half of the 20th century, technical advances were mainly concerned with improving the control and output of X-ray generators, leading for instance to the invention of the hot-cathode tube by Coolidge [Coolidge 1913] in 1913 and the development of orthovoltage X-rays in the 1920s [START_REF] Bernier | [END_REF]]. The first treatment using γ-rays emitted from radium sources was performed in 1901 by [START_REF] Danlos | Note sur le traitement du lupus érythémateux par des applications du radium[END_REF]] shortly followed by the first irradiations of tumours through body cavities, representing the beginnings of brachytherapy, taking place around 1910 [START_REF] Bernier | [END_REF]].

Already in 1900, Stenbeck cured a patient with skin cancer by delivering small, daily doses, thereby laying the foundations of fractionated RT. However, the advantages of fractionated treatment were not fully recognised until the 1930s when Coutard demonstrated what would later become known as the dose-time factor [Coutard 1934]. A relationship between oxygenation levels and radiosensitivity could be shown by Petry already in 1923 [Petry 1923] and by Mottram in 1936[Mottram 1936] but quantitative studies appeared only in 1953 [Gray 1953]. The invention of the cell-survival assay in 1956 by Puck and Marcus [START_REF] Puck | [END_REF]] boosted the evolution of radiobiological principles explaining the benefits of dose fractionation, culminating in 1975 with Withers' Four R's of Radiotherapy (repair, redistribution, reoxygenation and repopulation) [Withers 1975] which Steel later extended by the fifth R (radiosensitivity) [Steel 1989].

The development of microwave technology in England, before and during the Second World War, led to the installation of the first clinical linear accelerator at Hammersmith Hospital in London in 1948 [START_REF] Fry | [END_REF]]. This machine, capable of generating 4-MeV electrons, presented a substantial improvement of the previously used orthovoltage X-rays and was soon matched by the installation of a 6-MV accelerator at Stanford University Hospital in 1956. Even higher energies could be obtained with the betatron which had previously been developed by Kerst in the 1940s [Kerst 1946]. Up until the 1960s, they were used to irradiate deep-seated tumours in the lung and pelvic region, however, betatrons have since fallen out of use due to their comparatively low beam current. Concerning the application of γ-rays, the 1950s and 60s saw the advent of artificial radionuclides like 60 Co, 137 Cs and 192 Ir which opened up new opportunities in EBRT and brachytherapy [START_REF] Bernier | [END_REF], Green 1952].

Neutron therapy was introduced by Stone already in 1938 [START_REF] Stone | The Treatment of Cancer with Fast Neutrons[END_REF]] while the radiological use of protons was first suggested in 1946 in a seminal paper by Wilson [Wilson 1946]. The first treatment with proton beams was performed in 1954 at Lawrence Berkeley Laboratory [Tobias 1958] where, from 1975 to 1993, irradiations were extended to heavier particles such as helium, carbon, neon and silicon ions [Castro 1988]. Other important centres in the advancement of proton therapy were for example the Harvard Cyclotron Laboratory (first proton radiosurgery treatment in 1961 [Kjellberg 1962] and first treatments of larger tumours in the 1970s [Koehler 1977]) and Paul-Scherrer Institute (PSI) in Switzerland (development of the spot scanning technique for proton beams in the 1990s [Pedroni 1995]). Heavy ion therapy was continued from the 1990s onwards at the Heavy Ion Medical Accelerator (HIMAC) in Japan and by the Gesellschaft für Schwerionenforschung (GSI) in Germany (development of active beam scanning for heavy ions [Haberer 1993]).

Proton and heavy ion therapy require comparatively large facilities comprised of complex systems for beam acceleration and transport which is why the first centres were often extensions of (former) physics laboratories. The first hospital-based proton therapy facility opened in 1990 in Loma Linda, California and the first commercial proton therapy system appeared in 2001 [START_REF] Bernier | [END_REF], Mohan 2017].

Another important factor in the evolution of RT was the advent of novel imaging techniques like computed tomography (CT) and magnetic resonance imaging (MRI) in the 1970s [START_REF] Bernier | [END_REF]]. These systems drastically increased the precision with which the tumour size and location could be determined, thus paving the way for improved treatment planning and delivery of more conformal dose distributions. Notable developments in this context were the introduction of multi-leaf collimators (MLC) and intensity-modulated radiotherapy in the 1980s enabling the shaping of X-ray beams and dose distributions (see also next subsection). Finally, better understanding of the radiation response pathways of cells has led to the development of agents enhancing the treatment response and therapeutic approaches combining RT with chemo-and immunotherapy [Chen 2017, Citrin 2017].

State of the art

Today, RT represents one of the most common forms of cancer therapy with about 60% of solid-tumour patients receiving some type of radiotherapeutical treatment [START_REF] Deloch | [END_REF]]. Although RT can be used as an exclusive treatment, it is often performed in conjunction with a surgical resection of the tumour bulk (RT can be performed before, during or after operation) or together with chemotherapy (which can be performed sequentially or concurrently). In chemoradiotherapy, specific drugs are administered with the intent of enhancing the radiosensitivity of cancer cells (e.g. by increasing radiation-induced cellular damage, inhibiting repair mechanisms or affecting cell-cycle redistribution [Herscher 1999]), decreasing radiation-induced damage in normal cells or treating metastases which have not been irradiated.

Advances in RT are usually concerned with the improvement of the therapeutic index, which can be achieved firstly by exploiting physical and biological effects that increase the damage in cancerous cells or decrease normal tissue toxicity, and secondly by enhancing the irradiation conformity to the target and reducing the dose deposited in healthy tissue. A decisive factor in this context was the increasing spread and availability of CT and MRI techniques at the end of the last century which made it possible to drastically improve the precision with which the tumour location and size could be determined. This in turn enabled the development of 3D-conformal RT as well as the other state-of-the-art techniques presented below:

• Intensity-modulated radiotherapy: One of the most important techniques today is intensity-modulated radiotherapy (IMRT) which splits up the irradiation field into multiple smaller beamlets that can each be individually adjusted in intensity and angle [Bucci 2005]. This allows for the delivery of more complex, non-uniform dose distributions and thus the achievement of a high degree of conformity to the target volume. The beamlets can be generated with multi-leave collimators irradiated with larger fields or by using narrow pencil beams that are scanned across the target. IMRT has become a mainstream technique offered by most major RT centres around the world and it currently represents the most advanced form of conformal EBRT [Podgorsak 2005].

There are special forms of IMRT called intensity-modulated arc therapy (IMAT) or volumetric-modulated arc therapy (VMAT) which offer reduced treatment times by using a technique where the beam intensity and aperture of the treatment head are continuously modulated as the treatment head rotates around the patient [Teoh 2011].

Another similar but independently developed approach is tomotherapy [Mackie 2006].

• Image-guided radiotherapy: An important contribution to the uncertainties considered in the treatment planning process comes from variations in the daily patient setup. As a consequence, error margins around the target volume must be enlarged which inevitably leads to the irradiation of healthy tissue. The idea behind imageguided radiotherapy (IGRT) is to reduce these uncertainties by imaging the patient (typically via CT) just before or even during the treatment. A typical example of an IGRT system is a linac with an integrated CT scanner [Podgorsak 2005, Teoh 2011].

• Adaptive radiotherapy: Modern RT treatments are usually delivered over the course of several (up to 7) weeks. During this time, the patient's body may undergo significant changes (e.g. weight loss or tumour shrinkage) which modify the geometry of the target volume. The precision and dose conformity of IMRT techniques have made it possible to react to these changes by readjusting the treatment plan according to daily patient images. The term adaptive radiotherapy refers to all such methods involving re-planning of the patient during the treatment period [Morgan 2020].

• Four-dimensional techniques: Another factor contributing to the error margin around the tumour volume is organ motion during the treatment. An important example in this context is the movement of the thorax throughout the respiratory cycle. With the advent of four-dimensional CT imaging, it has become possible to consider these temporal anatomical changes in the planning process for IMRT, resulting in four-dimensional conformal radiotherapy. Other four-dimensional approaches consist in irradiating only during inhalation or exhalation using breath hold techniques or respiration-gated radiotherapy [Citrin 2017[START_REF] Gui | Four-dimensional intensity-modulated radiation therapy planning for dynamic tracking using a direct aperture deformation (DAD) method[END_REF]].

• Stereotactic irradiation (SI): SI refers to techniques irradiating with multiple, noncoplanar beams that converge in a very small target volume. The high precision of SI requires a positioning accuracy of about 1 mm which is achieved through immobilisation of the target, e.g. using stereotactic frames. SI is used to treat small tumours, particularly in the brain, and stereotactic techniques exist both for EBRT as well as for brachytherapy. External SI can be grouped into stereotactic radiotherapy9 where the dose is delivered in multiple fractions as in conventional RT but over a shorter period of time (1-2 weeks) [Citrin 2017] and stereotactic radiosurgery where the full dose is delivered in a single session [Podgorsak 2005]. Examples of SI applications include the Gamma Knife system which works with a confocal arrangement of multiple 60 Co sources placed around a hemispherical helmet and the Cyberknife system which uses a miniaturised linac mounted on a robotic arm [START_REF] Gerber | [END_REF]].

• Proton and ion therapy: Another approach to improve the dose conformity is to use charged particles like protons or ions instead of the conventional X-and γ-rays. As discussed in section 1.2, protons and ions exhibit a specific depth-dose distribution which allows to achieve a more targeted dose deposition and a significant sparing of healthy tissue behind the tumour. In particular proton therapy has therefore become a routinely prescribed treatment for tumours located close to sensitive structures (e.g. tumours of the eye or of the skull base) and for paediatric cancers [DEGRO]. Moreover, the track structure and energy transfer of protons and ions is different from those of photons which can provide advantages in terms of biological effectiveness.

Due to their central role for this thesis, a more detailed presentation of proton and ion therapy is given in the next section.

Proton and ion therapy

The idea of using heavy charged particles10 for RT dates back at least to the 1940s and Robert Wilson's seminal paper in which he laid the foundations for proton therapy (PT) [Wilson 1946]. Since the first treatment in 1954, PT has evolved a lot and represents today a well-established form of RT that can be used to treat virtually any type of cancer that is treated with photons. The use of heavier ions was first explored at the Lawrence Berkeley Laboratory where, up until the 1990s, therapeutic irradiations were performed with various ion species including helium, carbon, neon, silicon and even argon [Castro 1995]. While especially the latter presented a promising alternative for the treatment of hypoxic tumours, it was found that very heavy ions (Z ≥ 10) can cause severe toxicities in normal tissue as a consequence of their important fragmentation tails and very high LET [Durante 2019, Grau 2020]. That is why at present only carbon ions ( 12 C) are used at medical facilities [PTCOG], although the application of 16 O ions has been newly considered for special cases (such as hypoxic environments and low doses 4 Gy) [Sokol 2017]. As a compromise between protons and heavy ions, helium ions ( 4 He) might present an interesting candidate that has recently regained a lot of attention [Grün 2015, Kempe 2007, Knäusl 2016, Krämer 2016, Ströbele 2012, Tessonnier 2018] and which will be considered in more detail in chapter 7.

While the historical motivation for proton and ion therapy was, as stated before, mainly based on the high dose conformity that can be achieved, more recent experiments have shed light also on other advantageous properties, in particular regarding distinct radiobiological effects. The subsections below briefly review the physical and biological rationale for proton and ion therapy and also present clinical as well as financial aspects.

Physical aspects

The defining feature in the depth-dose distributions of heavy charged particles is the Bragg peak which arises from the fact that charged particles can stop in absorbing materials (cf. section 1.2.3). Due to the stopping, no dose (or for the case of heavier ions only a small dose) is deposited beyond the maximum which represents an important difference compared to photons. The latter exhibit an exponentially falling depth-dose curve which leads to low doses being deposited in healthy tissue all along the direction of the beam (a so-called low-dose bath).

In contrast to this, heavy charged particles allow for a much more targeted delivery of the dose as well as an important increase in normal tissue sparing. This implies that for proton and ion RT the total dose given to the patient will generally be lower but also that the dose deposited in the tumour, which is often limited by normal tissue toxicities, may be increased [Durante 2019]. It should, however, be noted that advanced X-ray techniques like IMRT can achieve comparable levels of dose conformity albeit under the constraint FIGURE 1.15: Different treatment plans for a patient with an oropharynx carcinoma (target volume indicated by orange and magenta lines). Left: Irradiation with photons using volumetricmodulated arc therapy (VMAT). Centre: Irradiation with protons using intensity-modulated proton therapy (IMPT) with pencil beam scanning. Right: Irradiation with carbon ions using intensity-modulated ion therapy (IMIT) with raster scanning. With photons, a low-dose bath is given to the whole neck which can be avoided with protons and carbon ions. The visually highest dose conformity is achieved with carbon ions, however low-dose fragmentation tails (blue lobes in upper-right image) can be observed extending e.g. into the spinal cord. Taken from Eekers et al. [Eekers 2016]. that a higher number of fields, delivered from many different directions is required. These considerations are illustrated in Figure 1.15 which presents a comparison of treatment plans for state-of-the-art X-ray therapy (VMAT) with plans for proton and carbon ion therapy.

While the Bragg peak is beneficial for targeted dose delivery and normal tissue sparing, it is not adapted to treat a longitudinally extended lesion. It is therefore usually necessary to superpose multiple Bragg peaks by combining proton beams of different ranges. By adjusting the intensity of each of these monoenergetic pristine Bragg peaks, one can obtain a quasi-homogenous dose plateau over the whole depth of the tumour, a so-called spread-out Bragg peak (SOBP), as illustrated in Figure 1.16. However, this also entails a substantial increase of the total entrance dose relative to the dose maximum.

Increasing the charge of the particle, i.e. using heavier ions, increases the sharpness and height (relative to the entrance dose) of the Bragg peak which in turn can enhance longitudinal dose conformity. This is a consequence of the relative stopping power scaling with the square of the particle charge and the range straggling being inversely proportional to the mass (cf. equations (1.7) and (1.9) in section 1.2.3). The relative range straggling of 12 C ions is about 3.5 times lower than that of protons which in practice, however, can be counterproductive for the generation of smooth SOBPs. In certain cases, it may therefore be beneficial to artificially widen the Bragg peak, e.g. with the help of ripple filters, in order to reduce the required number of pristine Bragg peaks and shorten the treatment time [Kanai 2012[START_REF] Schardt | [END_REF].

While the high longitudinal dose conformity obtainable with protons and ions can generally be considered favourable, it also means that the dose distributions are generally more affected by uncertainties of the target location (e.g. inherent uncertainties from imaging, patient setup, organ motion) and imperfect knowledge of the anatomy along the beam path. Inhomogeneities in the tissue density represent an important source for range uncertainties which can result in shifts of the Bragg peak position by several millimetres. Thus, it is often preferred to use the lateral edge of the beam for target volumes located FIGURE 1.17: Differences between proton and carbon ion beams: a) Dose distributions of several carbon ion and proton beams in water. Especially for longer ranges, carbon ions yield a much more localised dose distribution than protons, both laterally and at the Bragg peak. However, they also exhibit a non-negligible dose deposition beyond the Bragg peak (fragmentation tail) which is not the case for protons. The length of the fragmentation tail is energy-dependent. Taken from Suit et al. [Suit 2010]. b) Calculated beam broadening in a typical setup for proton and carbon ion beams of various energies. Taken from Schardt et al. [START_REF] Schardt | [END_REF]].

close to sensitive structures [START_REF] Lu | [END_REF]].

Regarding the lateral dose distribution, another crucial difference between proton and heavy ion beams is that the latter are much less affected by lateral scattering which results in a substantial reduction of the beam broadening as well as sharper penumbras [Mohamad 2018]. From Highland's formula (1.10), it can be computed that the angular beam spread of carbon ions in water is about three times smaller than that of protons [START_REF] Schardt | [END_REF]]. This can also be seen in Figure 1.17b which compares the evolution of the width of proton and carbon ion beams in a typical clinical setup for different energies.

Aside from these dosimetric advantages of heavy ions, an important drawback is given by the increased cross-section for nuclear reactions. As explained in section 1.2.3, these can produce lighter nuclear fragments which in turn give rise to non-negligible dose depositions beyond the Bragg peak (see e.g. Figures 1.15 and 1.17a). For carbon ion therapy, these fragmentation tails are mainly composed of boron, beryllium, lithium, helium and in particular protons and must be explicitly included in the treatment planning in order to avoid dose hot-spots in normal tissue and critical structures [Suit 2010].

A useful consequence of the fragmentation reactions, on the other hand, is the generation of radioactive isotopes, as e.g. the β + -emitters 10 C and 11 C which can be exploited for PET techniques to perform in situ range monitoring [START_REF] Schardt | [END_REF]].

Biological aspects

Like photons, protons are generally considered to be low-LET radiation, exhibiting values ≤ 5 keV/µm at therapeutical energies (except near the end of their range where the LET can rise up to about 100 keV/µm [Girdhani 2013]). In a clinical context, protons are therefore treated as radiobiologically similar to photons and a constant RBE of 1.1 is usually assumed. However, this practice is currently much debated as it is known that the RBE of proton beams varies a lot across the SOBP and depends strongly on many other factors like the total dose, cell type and biological endpoint under consideration [Lühr 2018[START_REF] Paganetti | Relative biological effectiveness (RBE) values for proton beam therapy. Variations as a function of biological endpoint, dose, and linear energy transfer[END_REF].

Indeed, protons produce much denser ionisation clusters than photons which leads to an increased number of direct damages in the cell nucleus as well as more complex DNA lesions. Such lesions are harder to repair and thus more likely to induce cell death [Girdhani 2013]. Moreover, irradiation with protons has been shown to elicit other gene expressions and induce different cell signalling pathways than X-rays, increase the production of ROS (near the end of the range), inhibit angiogenesis 11 (whereas photons are known to promote angiogenesis) and in some cases lead to a reduction of inflammatory responses [Girdhani 2013, Tommasino 2015]. These effects may be explained by temporal and spatial differences between the track structures of proton and X-rays beams (protons exhibit a faster and denser dose deposition) but also the rare inelastic nuclear interactions that protons can undergo [Girdhani 2013].

Heavier ions (Z ≥ 5) can yield much higher LET values than protons (≥ 100 keV/µm [Kantemiris 2011]) as well as a drastically increased RBE. Depending again on the biological endpoint, irradiated cell line, fractionation scheme and exact LET value, the RBE of carbon ions was found to vary from 1.04 to as much as 5.04 (with typical values ranging from 1.5 to 3.2) [Karger 2017]. Such a high RBE may be useful in particular for the treatment of radioresistant tumours, however, it may also produce severe toxicities in healthy tissue and thus requires special consideration during treatment planning [Durante 2019, Kanai 2012].

High-LET particles have also been shown to elicit enhanced and broader immune responses [Durante 2016]. Moreover, immune cell death is induced already at lower doses compared to photonic radiation [Malouff 2020]. Thus, the combination of e.g. carbon ion therapy and immunotherapy (see next section) may present a promising new approach.

Another advantage of high-LET radiation is the substantially reduced OER: While the OER of low-LET radiation like X-rays (but also protons) is around 3, it can drop to a value of about 2 for a LET of ∼ 100 keV/µm and 1-1.2 for values ≥ 200 keV/µm [Suit 2010]. Concretely, an OER of the order of 1 means that there is practically no difference in effectiveness when irradiating hypoxic or normoxic tumour cells. This has been the main motivation behind the clinical application of heavy ions like neon and silicon, as the treatment of hypoxic tumours continues to be one of the main challenges in conventional RT [Castro 1995].

Clinical and financial aspects

Despite the many physical and biological advantages, less than 1% of RT patients worldwide are treated with protons or other ions [Mohan 2017]. Until the end of 2019, over 200.000 patients have been treated with heavy charged particles of which 85% received proton and 13% carbon ion therapy [Durante 2019]. This relatively small number of patients is due to several reasons: Firstly, there are still comparatively few facilities that offer particle therapy. As of July 2020, there were 92 operational centres offering proton therapy and 12 offering carbon ion therapy, located mostly in the USA, Japan and Western Europe. However, some 35 new centres are planned, in particular in East Asia, but also in Argentina, Saudi-Arabia, Thailand and India (according to data provided by the Particle Therapy Co-Operative Group [PTCOG, PTCOGb]).

Secondly, the cost of proton and ion therapy is much higher than that of conventional RT. While a machine for X-ray RT costs around $3-5M, a proton therapy facility may cost as much as $25-50M and a carbon ion therapy facility can even exceed $100M. In the latter two cases, another $ 20-40M must often be added for housing of the accelerator, beamline and equipment [Nickoloff 2015]. Thus, particle therapy facilities typically have several treatment rooms which increases their footprint and imposes restrictions for potential locations. The development of single-room solutions therefore represents an important line of research [START_REF] Schippers | [END_REF]].

Furthermore, the maintenance and quality assurance are more expensive which usually results in higher operational costs. An estimation of the price per irradiation fraction in 2010 found that proton therapy and carbon ion therapy are on average 3.2 and 4.8 times more expensive than conventional photon therapy [Peeters 2010]. While it can be expected that the costs for particle therapy will go down as the technology advances, this may be a long and gradual process [START_REF] Schippers | [END_REF]].

Finally, there is still no empirical evidence indicating a clear superiority of RT with heavy charged particles compared to state-of-the-art photon therapy. While both proton and carbon ion therapy have demonstrated excellent tumour control in many cases [Malouff 2020, Mohan 2017], the lack of randomised clinical trials makes it complicated to establish an objective comparison [Doyen 2016, Mohamad 2018]. The potential benefits of particle therapy are often considered too small to outweigh the much higher cost.

Nonetheless, there are a number of cases where protons are considered superior to photons and where proton therapy is routinely prescribed. Typical examples include the treatment of uveal and iris melanoma, chordoma and chondrosarcoma, paediatric tumours as well as tumours of the skull base [DEGRO, Doyen 2016]. Carbon ion therapy on the other hand is still at a comparatively early stage and considered an "experimental treatment" for most tumour sites [Mohamad 2018], despite having shown good results in many different cases, such as high risk prostate cancer, non-small-cell lung cancer, tumours in the skull base, head and neck region and adenocarcinomas [START_REF] Schardt | [END_REF]]. In contrast to protons, carbon ions are only reluctantly prescribed for paediatric tumours out of concern for adverse side effects as well as an increased risk for secondary cancers. Good candidates, on the other hand, are most likely bone and soft tissue sarcomas as well as high-grade gliomas which are typically very radioresistant [Malouff 2020, Mohamad 2018].

Apart from the established techniques discussed in the previous two sections, many new avenues are currently being explored that could further improve the outcome of radiotherapeutical treatments. A selection of some emerging approaches is presented in the following section.

Perspectives and current developments

Recent advances in the understanding of radiation effects on biological systems and in particular the immune system have spawned the exploration of multiple new approaches for RT. Many of these novel strategies have shown promising results in preclinical studies (i.e. in in vitro experiments and in animal models) but are not yet being used to treat patients. Other approaches have already been applied in a clinical context but only in comparatively few cases. An overview of some selected concepts is presented below:

• Combining radiotherapy and immunotherapy: A much researched subject is the combination of RT with immunotherapy (IT) which describes a therapy approach that exploits the ability of the body's immune system to recognise and destroy cancer cells [Ishihara 2017]. Approaches to IT are for example the inhibition of immune checkpoints, T-cell transfer therapy and the administration of monoclonal antibodies, cancer vaccines or other immune system modulators [NIH]. A possible combination of RT and IT was motivated by the observation that ionising radiation can invoke local and systemic immune responses which include immunosuppressive responses as well as promotion of anti-tumour immunity and tumour-cell death [Garibaldi 2017[START_REF] Weichselbaum | [END_REF]. Notable examples in this context are the ability of ionising radiation to modify the tumour microenvironment which can potentiate local effectiveness of IT or elicit radiation-induced abscopal effects (cf. section 1.3.4). There are indications that a delivery of 1 to 3 fractions of 8 to 10 Gy could be ideal for the induction of immune responses [Buchwald 2018] but more research is needed to confirm this. Many clinical trials are currently ongoing which will help to further determine how the synergetic potential of RT and IT can be optimally exploited [Arina 2020].

• Gene signatures and personalised treatment: Precision medicine represents an emerging field which seeks to adjust medical treatments specifically to the individual patient, taking into account a person's environment, lifestyle and also genes [NIHb].

In the context of RT, this refers in particular to the identification of biomarkers (expression of genes, proteins and metabolites) in order to predict the outcome of a treatment or the risks for toxicities [Garibaldi 2017]. So far, gene signatures have been identified for instance related to the prognosis of RT for cervical cancer [Xie 2019] and breast cancer [Cui 2018] and a genome-based model for the individualisation of the therapeutical dose has been proposed [Scott 2017].

• Nanoparticles: The application of nanotechnology in RT also offers several interesting approaches to improve the therapeutic index. For instance, the loading of tumours with nanoparticles containing high-Z isotopes like gold and gadolinium can be used to enhance the effectiveness of irradiation with X-rays, exploiting the fact that the cross-section of the photoelectric effect scales as Z 3 (cf. section 1.2.1) [Delorme 2017]. Another suggested mechanism promoting radio-sensitisation is the use of metal ions as a catalyst for ROS which can increase the oxidative stress in cancer cells. Silver nanoparticles as well as iron oxide and titanium dioxide nanoparticles have been investigated in this context [Song 2017]. Moreover, molecules like liposomes, albumins and graphene nanotubes could be used as carriers to deliver radio-sensitising drugs or therapeutic radioisotopes to the tumour sites throughout the body while other nanoparticles like cerium oxide acting as free-radical scavengers could be used as radio-protectors in normal tissue [Song 2017].

• FLASH radiotherapy: FLASH RT [Favaudon 2014] is an approach where the therapeutical dose is delivered in a very short amount of time (of the order of milliseconds as opposed to several minutes in conventional RT) and thus at an exceedingly high dose rate (≥ 40 Gy/s in contrast to a few cGy/s for conventional methods) [START_REF] Reindl | [END_REF], Symonds 2019]. Irradiating animals in this way has proven to yield the same or higher tumour control while leading to less or no normal tissue damage, a phenomenon referred to as the flash effect [Patriarca 2018, Symonds 2019]. While the radiobiological basis for this effect is still not fully understood, an explanation may lie in the rapid depletion of oxygen at high dose rates which creates a transient hypoxic environment and thus reduces radiosensitivity [Vozenin 2019]. Another advantage of this technique is the short irradiation time itself which bypasses problems related to internal organ motion during treatment and shortens the total treatment time.

FLASH RT represents a very recent development with the first human patient having been treated only in 2019 [Bourhis 2019]. It can be performed both with photon and particle irradiation.

• Spatially fractionated radiation therapy (SFRT): SFRT describes a group of therapeutical strategies where, in contrast to the homogeneous dose distributions delivered in conventional RT, the dose exhibits a strong spatial modulation. This results in areas of high dose (usually called peaks) alternating with areas of low dose (usually called valleys) which can reduce the toxicity of high-dose radiation while maintaining a tumouricidal effect [Billena 2019]. Next to the techniques of micro-and minibeam radiation therapy, already mentioned in the introduction, SFRT also includes GRID and lattice therapy. More details are given in the next chapter.

In summary, it can be concluded that, in contrast to the advances of the last decades which mainly concerned improvements of the dose conformity (dose-precision-driven RT), current developments are focussed on enhancing the differential effect that RT has on normal and cancerous cells by exploiting recent radiobiological insights (effect-driven RT). A particularly promising approach in this context is proton minibeam radiation therapy which represents the central subject of this thesis and which, along with SFRT in general, will be discussed in the following chapter.

Chapter 2

Spatially fractionated radiation therapy

Spatially fractionated radiation therapy (SFRT) describes a radiotherapeutical approach that uses a strong spatial modulation of the dose to create alternating regions of high and low dose in order to increase the tolerance of normal tissue. Despite the first treatments dating back to the early 20th century, SFRT remains rarely employed compared to conventional RT which is based on laterally homogeneous irradiation fields.

This chapter describes the fundamental concepts of spatial fractionation (section 2.1), discusses radiobiological (section 2.1.1) and dosimetric aspects (section 2.1.2) and presents the different forms of SFRT (sections 2.2 to 2.5). An emphasis will be put on RT with microand minibeams (section 2.4), MBRT with protons (section 2.5.1) and other ions (section 2.5.2) as well as the generation of minibeams (section 2.5.3).

Fundamentals of SFRT

The initial motivation for spatial fractionation of the dose was to increase the sparing of normal tissue by reducing the proportion of the irradiated volume receiving high doses. The method was first applied by Köhler in 1909[Köhler 1909] in order to reduce skin toxicities that arose when treating deep-seated tumours with orthovoltage X-rays which, at that time, had not enough energy (60-70 kV) to properly penetrate the body [Billena 2019]. Köhler achieved intensity modulation by tightly taping an iron wire mesh (wire diameter 1 mm, hole size 2-2.5 mm) onto the patient's skin and pressing the X-ray tube against it1 [START_REF] Laissue | [END_REF]]. In this way, a 10-20 times higher dose (compared to conventional homogeneous fields) could be administered without leaving permanent skin damage [Marks 1952].

This first form of SFRT was used until the 1950s but fell into oblivion with the advent of megavoltage X-rays which provided better skin sparing and allowed to obtain more favourable dose distributions for deep-seated tumours. Following its rediscovery in the 1970s [Barkova 1971, Muth 1977], SFRT has been properly revived in the 1990s with the development of modern GRID radiation therapy [Mohiuddin 1990] as well as a few other techniques. Today, one distinguishes

• GRID radiation therapy

• lattice radiation therapy (LRT)

• microbeam radiation therapy (MRT)

• minibeam radiation therapy (MBRT) which can be performed with X-rays as well as electrons, protons and other ions. In SFRT, the total irradiation field can be thought of as the sum of many small beamlets which are spaced apart to form areas of high dose (peaks) and areas of low dose (valleys). The individual techniques can generally be distinguished by the width and spacing of the beamlets as well as the geometrical shape of the irradiation pattern (see Table 2.1 and Figure 2.1). A crucial quantity in SFRT is the peak-to-valley dose ratio (PVDR) which measures the relative difference of the dose deposited in the peak and valley regions. Together with the valley dose, it is considered to be an important indicator for the normal tissue sparing potential: High PVDR2 and low valley doses are required to ensure the preservation of normal tissue [Guardiola 2017]. Indeed, it was observed that radiation-induced toxicities in normal tissue rather depend on the valley dose and not on the peak doses [Dilmanian 2002, Smyth 2018]. However, further research is needed to clarify these aspects.

With increasing depth in the target, the PVDR usually decreases because of beam broadening and dose depositions of scattered radiation and secondary particles in the valleys. It is therefore customary to consider the PVDR as a function of the depth z:

PVDR(z) = D peak (z) D valley (z) . (2.1)
The exact value of the PVDR depends on many different parameters such as the beam energy [Prezado 2009a] and divergence, the size, arrangement and generation method of the beamlets and crucially the spacing between the beamlets, which is typically stated as the centre-to-centre (c-t-c) distance (see Figure 2.1). For X-ray beams, the PVDR also depends on the total field size since scattered photons can travel several centimetres and traverse multiple peak and valley regions [START_REF] Martínez-Rovira | Monte Carlobased dose calculation engine for minibeam radiation therapy[END_REF]. Spatial fractionation of the dose has shown to significantly increase the dose tolerance and sparing of normal tissue [Deman 2012, Laissue 2001, Prezado 2017b, Smyth 2016] while yielding tumour control rates that are comparable to or even better than those obtained with conventional homogeneous irradiation [Bouchet 2016, Dilmanian 2002, Prezado 2019, Zwicker 2004]. Important increases of the therapeutic index have already been proven in particular with MRT and MBRT (see section 2.4 below). Nonetheless, modern SFRT represents a fairly young discipline and several questions, concerning e.g. the underlying biological mechanisms, still need to be fully elucidated. The following sections will summarise the current knowledge.

Underlying mechanisms

The radiobiological mechanisms underlying the effects observed with SFRT techniques are not yet completely understood and represent and active field of research. The participation of several different actors has been proposed, including the dose-volume effect (section 1.3.3), non-targeted effects (section 1.3.4) as well as modulation of the tumour microenvironment [Billena 2019, Yan 2020].

Bystander and cohort effects 3 have been reported after irradiation with X-ray GRID [START_REF] Asur | Spatially fractionated radiation induces cytotoxicity and changes in gene expression in bystander and radiation adjacent murine carcinoma cells[END_REF], Kashino 2009] and microbeams [Fernandez-Palomo 2013, Lobachevsky 2015]. Effects promoting tissue repair as well as (tumour) cell killing appear to play a role in this context. For instance, Smith et al. reported potentially anti-tumourigenic, proapoptotic proteome responses following irradiation with microbeams [Smith 2013] while Butterworth et al. observed an increased cell kill (compared to predictions based only on the scattered dose) in the out-of-field regions (valleys) [Butterworth 2011]. Moreover, it has been suggested that cytokine release and other cell-signalling pathways could stimulate tissue restoration in normal tissue [Dilmanian 2007]. Interestingly, microbeam-induced bystander effects were also observed between irradiated and unirradiated animals that were kept in the same cage [Mothersill 2014, Smith 2018].

Abscopal effects were reported following irradiation with GRID [Peters 2007], LRT [Kanagavelu 2014] and MRT [Fernandez-Palomo 2015, Fernandez-Palomo 2016]. In the studies by Peters et al. and Kanagavelu et al., tumours were implanted in the left and right hind flanks of mice which were subsequently treated with SFRT. A delay in tumour growth in both flanks could be observed, even when only one of the flanks was irradiated.

Activation of the immune system, which is thought to be the mechanism behind abscopal effects, has also been suggested as an explanation for the superior tumour control of MRT (compared to broad beam irradiation) observed in glioma-bearing rats [Bouchet 2016].

Regarding MRT and the extremely small dimensions of microbeams, another proposed mechanism responsible for the high normal tissue dose tolerances has been termed microscopic prompt tissue repair effect. This effect describes the fast regeneration of capillary blood vessels in the path of the minibeam with the help of undamaged angiogenic cells from the valley regions [Bouchet 2015, Dilmanian 2005]. In this context, a differential response of normal and tumour vasculature could be demonstrated: While normal microvasculature and arteries showed high dose tolerances when irradiated with microbeams [START_REF] Serduc | In vivo twophoton microscopy study of short-term effects of microbeam irradiation on normal mouse brain microvasculature[END_REF] Sanden 2010], a preferential effect of MRT on blood vessels in the tumour was observed in multiple studies [Bouchet 2010, Bouchet 2015[START_REF] Fontanella | [END_REF]]. Moreover, microbeam irradiation was found to reduce the proliferation of tumour cells in the peaks as well as the valleys, manifesting itself in a "rapid intermixing of lethally irradiated cells with undamaged cells within the tumour" which was not seen in normal tissue [Crosbie 2010].

The preferential effect of microbeams on tumoural blood vessels was furthermore shown to cause local hypoxia in the tumour while simultaneously maintaining sufficient perfusion of normal vasculature [Bouchet 2013]. Similarly, in the context of GRID therapy, it has been suggested that the debulking effect could be caused by a reduced blood supply to the tumour, following the vascular damage induced by the comparatively high doses (> 10 Gy/fraction) [Yan 2020]. On the other hand, a study by Griffin et al. [Griffin 2012] found that tumour hypoxia was reduced in the two weeks after MRT irradiation with peak doses of 150 Gy (although this effect was not observed for peak doses of 75 Gy).

In conclusion, while many studies have already shown the direct or indirect participation of the aforementioned effects, systematic and comprehensive mechanistic investigations are needed to complete the picture and to quantify the importance of parameters like beamlet size and spacing. A prerequisite for this is the accurate assessment of the spatial modulation of the dose which, as explained in the next subsection, represents a challenging task in itself.

Dosimetric aspects

Another important subject of current research and developments in SFRT is dosimetry. Compared to the homogeneous dose distributions obtained with conventional broad beams, the high degree of spatial modulation of the dose in SFRT imposes several challenges on experimental dosimetry: Firstly, the spatial resolution of the dosimeter must be good enough to distinguish peak and valley regions (which is particularly challenging for MRT and MBRT) and secondly the dynamic range of the dosimeter should be large enough to accurately measure the low valley doses as well as the high peak doses [Meyer 2019].

Ionisation chambers, which represent the gold standard for absolute dosimetry in standard RT, cannot be considered for SFRT due to their poor spatial resolution [Meyer 2019]. Instead, the first biological MRT studies resorted to Monte Carlo simulations to approximate the lateral dose distributions [Dilmanian 2002, Laissue 2001] while nowadays relative dosimetry4 in MRT and MBRT is usually performed using radiochromic films [Crosbie 2008, Girst 2015, Prezado 2012, Peucelle 2015b]. The irradiated films are scanned for the analysis (e.g. using a microdensitometer or a conventional flatbed scanner) which means that the final spatial resolution is determined by the scanning device. An important aspect to keep in mind when working with radiochromic films is the compromise between a good sensitivity at low doses and the ocurrence of saturation effects at high doses. It is therefore often necessary to irradiate two sets of films and assess peak and valley doses independently [Bartzsch 2015, Livingstone 2016].

An alternative to films are cross-calibrated diamond detectors, such as the mircoDiamond detector by PTW5 which has already been used in several experiments [Guardiola 2020, Livingstone 2016[START_REF] Meyer | [END_REF]. The sensitive layer of this cylindrical detector has a thickness of 1 µm and a radius of 1.1 mm [Livingstone 2016] which allows to achieve micrometre resolution along one direction but only a comparatively coarse resolution of 2.2 mm in the orthogonal direction. It should be noted that this detector contains only a single diamond crystal so that extended dose profiles have to be recorded sequentially. This means that the resolution of the dose profiles also depends on the mechanical precision of the stepping mechanism positioning the detector.

Besides films and diamond detectors, radiosensitive polymer [McErlean 2016] and gel [Dilmanian 2008] have been explored for 3D dosimetry in MRT while thermoluminescent dosimeters were employed to record the transversal and longitudinal dose profiles of GRID therapy [Meigooni 2002]. Moreover, the use of MOSFET6 [Siegbahn 2009] and silicon diode microdosimeters [De Marzi 2018, Rosenfeld 2016, Tran 2018] has been reported and even a scintillator-photomultiplier detector was used for MBRT with protons to infer the deposited dose by measuring the particles exiting the target [Girst 2016b, Sammer 2019b]. A more detailed overview of the different approaches for SFRT dosimetry can be found for example in Bartzsch et al. [Bartzsch 2020].

Apart from experimental dosimetry, another crucial aspect is the dose prescription. Guidelines for tolerance doses have been developed for conventional RT techniques and might therefore not be directly applicable to SFRT. Similarly, concepts that can help to predict radiobiological effects, like the linear-quadratic (LQ) model and the biologically effective dose, are based on temporally fractionated, homogeneous irradiation [Schültke 2017]. Moreover, the lack of a generally accepted formalism for reporting spatially fractionated doses (especially in MBRT and MRT) makes it difficult to compare different experimental results [START_REF] Meyer | [END_REF]].

Doses delivered with micro-and minibeams are commonly reported by individually stating the peak and valley doses (as well as the PVDR), however, it should be noted that the exact definition of the considered peak and valley regions may vary from case to case. Other quantities considered in this context include the average dose [Girst 2015, Prezado 2017a, Prezado 2018], the dose prominence [Lansonneur 2020] and the equivalent uniform dose (EUD) [START_REF] Meyer | [END_REF]]. While the dose prominence follows the concept of the topographical prominence and measures "how much a peak stands out from the surrounding signal baseline" [Lansonneur 2020], the EUD is defined as "the uniform dose that, if delivered over the same number of fractions as the non-uniform dose distribution of interest, yields the same radiobiological effect" [START_REF] Meyer | [END_REF]].

It should be noted that the calculation of EUD requires an approximation of the cell survival after irradiation which is usually obtained using the LQ model. However, as already mentioned above, this model has been developed in the context of conventional RT and indications from radiosurgery suggest that the LQ model is inappropriate for the prediction of effects following high-dose irradiations ( 10 Gy/fraction) [START_REF] Kirkpatrick | [END_REF]]. Moreover, as the LQ model only considers clonogenic cell survival, the effects of other potential actors governing the outcome of spatially fractionated irradiations (i.e. NTEs, fast repair of microvasculature, etc.) are not taken into account. Thus, further research will be essential in ascertaining the appropriate quantities and methods for dose prescription and specification in SFRT.

Having introduced the general aspects and challenges of SFRT, the next sections will be dedicated to more detailed presentations of each of the four techniques listed in Table 2.1.

GRID therapy

GRID therapy represents the most commonly reported form of SFRT and comprises the greatest body of clinical evidence [Billena 2019]. Based on the method proposed by Köhler, modern GRID therapy with megavoltage X-rays was developed in the 1990s by Mohiuddin et al. [Mohiuddin 1990, Mohiuddin 1996]. It works by creating a two-dimensional irradiation pattern of spots of intense beam exposure alternating with shielded areas receiving less or no radiation (Figure 2.2a). While GRID therapy is usually performed with Xray beams, the use of other particles like protons [Gao 2018[START_REF] Henry | [END_REF], carbon ions [START_REF] Tsubouchi | [END_REF]] and electrons [Martínez-Rovira 2015, Meigooni 2002, Tamura 2017] has also been evaluated.

An important advantage of X-ray GRID therapy is that it can be performed at basically any existing RT facility [START_REF] Asur | High dose bystander effects in spatially fractionated radiation therapy[END_REF]]. Starting from a beam generated with a conventional linear accelerator, the grid pattern is obtained by blocking or attenuating parts of the broad beam. This can be done in multiple ways, for example by using a perforated collimator block made from brass or cerrobend, by sequential creation of the pattern using a multileaf collimator or through hybrid collimation using both block and multileaf collimators [Billena 2019].

Depending on the collimation technique, PVDR values for 6-MV X-ray beams at a depth of 10 cm can range from 3.7 to 6.2 [START_REF] Almendral | Feasibility of a simple method of hybrid collimation for megavoltage grid therapy[END_REF], Ha 2006, Meigooni 2006]. Slightly lower values are observed for 18-MV beams which are better suited for deepseated lesions but exhibit more scattering [Buckey 2010]. Typical dimensions of the peak and valley regions range from 1 to 2 cm and a Monte Carlo study found that the therapeutic ratio and normal tissue sparing can be maximised for a hole diameter of 1-1.25 cm and center-to-center distance of 1.7-1.8 cm [Gholami 2017].

GRID is typically performed in 1 to 3 daily fractions of 3-20 Gy (peak dose) [START_REF] Poh | [END_REF]] and usually followed or preceded by conventional EBRT [Yan 2020]. Moreover, combinations of chemotherapy, IMRT and GRID therapy have been evaluated [Peñagarícano 2010]. While GRID therapy was historically used in particular for palliation and reduction of bulky tumours, there have also been applications for definitive treatments, for example of head and neck carcinomas [Huhn 2006]. Theoretical models indicate furthermore that especially the treatment of radioresistant tumours could benefit from this technique [Gholami 2016b].

Concerning palliation, response rates of over 70% (pain reduction and mass effect) were achieved in patients with bulky tumours using X-ray GRID [Mohiuddin 1999[START_REF] Neuner | [END_REF]] while good control rates could be obtained with a combination of GRID and EBRT or chemotherapy for locally advanced soft tissue sarcomas [Mohiuddin 2014] and neck squamous cell carcinomas [Peñagarícano 2010]. Moreover, Mohiuddin et al. reported the first successful treatments of patients with proton GRID [Mohiuddin 2020].

An important shortcoming of conventional GRID therapy is that it modulates the dose only in two dimensions and thus provides limited dose conformity (cf. Figure 2.2a). One way to mitigate this problem could be the application of IMRT principles and the combination of GRID therapy with helical tomotherapy (TOMOGRID) [START_REF] Zhang | [END_REF] or VMAT [Gholami 2016a]. Moreover, a reduction of the lateral scattering and thus improvement of the PVDR could be obtained by lowering the X-ray energy spectrum [ Martínez-Rovira 2017b]. Another approach could be to combine spatial fractionation in normal tissue with dose homogenisation in the tumour by using protons (see also section 2.5.1) or by interlacing multiple fields [Martínez-Rovira 2015]. However, a fully three-dimensional optimisation of the dose modulation is only obtained in lattice therapy.

Lattice radiation therapy

Lattice radiation therapy (LRT) represents a three-dimensional extension of GRID therapy where small localised dose hotspots, called vertices, are created using multiple noncoplanar beams that converge at different locations in the tumour (Figure 2.2b). The name stems from the fact that the vertices can be pictured as the intersection points of a three-dimensional lattice (although the arrangement of the individual beams does not necessarily have to exhibit a regular symmetry) [START_REF] Wu | [END_REF]].

The high-dose regions typically have a spherical shape with a diameter of 1-2 cm and are spaced at a center-to-center distance of about 2-4 cm. Depending on the size of the tumour, their number typically ranges from 2 to 20 and the dose in the vertices is usually 3 to 6 times higher than in the rest of the target volume [START_REF] Amendola | [END_REF], Blanco Suarez 2015[START_REF] Wu | [END_REF]].

Like GRID therapy, LRT can be performed with conventional RT equipment that is otherwise used for MLC-based IMRT or aperture-modulated arc therapy. Furthermore, radiosurgery systems like the CyberKnife may be considered and LRT with charged particle beams using pencil beam scanning nozzles (see section 3.3.2) has been suggested [START_REF] Wu | [END_REF]].

Despite being a comparatively recent technique, quite a lot of work on LRT has already been done during the last years. For example, LRT has been used for more than 20 patients suffering from tumours in the thorax, abdomen, pelvis, head and neck, and extremities [Blanco Suarez 2015] and excellent tumour control paired with low toxicities could be shown for several larger lesions such as ovarian carcinosarcoma [Blanco Suarez 2015] and non-small-cell lung cancer [START_REF] Amendola | [END_REF]].

Micro-and minibeam radiation therapy

An important drawback of GRID and lattice therapy is related to the size of the beamlets (or dose hotspots) which require a relatively large beamlet spacing in order to keep the valley doses low and maintain a high PVDR. This limits the application of this technique to bulky tumours and imposes constraints on the level of dose conformity that can be achieved. Moreover, while GRID and LRT allow the delivery of tens of gray in one fraction without causing normal tissue toxicity, much higher doses can be administered using beam widths at the sub-millimetre or even micrometre scale.

This fact was first discovered in the late 1950s by Zeman and Curtis [Zeman 1959, Curtis 1967] who investigated the dose tolerance of murine brain tissue as a function of the beam size. Irradiation with 1-mm, 75-µm and 25-µm-wide beams of 22.5-MeV deuterons showed that the threshold leading to a specified lesion7 could be increased from 250 Gy to 750 Gy and 10 kGy, respectively [Meyer 2019] (see also Figure 2.3).

Similar tissue sparing effects were observed by Straile and Chase in the 1960s when they irradiated mouse skin with 150-µm-wide X-ray beams [Straile 1963]. However, it was not until the late 1980s and early 1990s that the concept of modern microbeam radiation therapy (MRT) with synchrotron-generated X-rays was developed by Slatkin et al. [Slatkin 1992]. MRT uses quasi-parallel arrays of extremely narrow beamlets (widths range from 25 to 100 µm and c-t-c distances are usually between 200 and 400 µm [Bartzsch 2020]) which are generated from wider beams using metallic single-or multislit collimators [Slatkin 1995a, Dilmanian 2002] or special beam choppers [Prezado 2009b]. Typical values of the PVDR range from 20 to 50 and peak doses used in MRT experiments are usually between 100 and 1000 Gy [Bartzsch 2020].

The advantages of microbeams could be demonstrated in many experiments with small animals like rodents [Slatkin 1995b, Laissue 1998, Dilmanian 2002, Laissue 2013] but also insects [Schweizer 2000] and birds [Dilmanian 2001]. However, due to technical challenges, MRT is still at a preclinical stage and as of 2020 no human patients have been treated with microbeams [Bartzsch 2020]. The enormous potential of MRT for normal tissue sparing but also tumour control has been shown in numerous studies. For instance, Laissue et al. [Laissue 2001] found that weanling piglet cerebellum (used as surrogate for human infant cerebellum) could be irradiated with 20-and 30-µm-wide planar microbeams at target peak doses of 260 Gy (corresponding to 600 Gy at the entrance) without the piglets developing behavioural, radiological or other motoric damage. Other authors reported tolerances to microbeam irradiation for doses of 160 Gy in duckling embryo brain [Dilmanian 2001], 250 Gy in rat spinal cord [Laissue 2013] and up to 1000 Gy in mouse brain [Serduc 2008] and rat leg [Zhong 2003]. Moreover, Dilmanian et al. showed that MRT can be used to efficiently treat murine sarcoma [Dilmanian 2003] and to increase the median survival time of glioma-bearing rats from 34 days (broad beam irradiation) to 170 days [Dilmanian 2002]. A compilation of even more experimental results can be found for example in Smyth et al. [Smyth 2016].

While the extreme dimensions of microbeams allow to obtain such staggering dose tolerances as mentioned above, they also impose extreme technical requirements for the implementation of MRT. Exceedingly high dose rates of 100-10,000 Gy/s are needed to prevent blurring of the minibeam pattern by cardiosynchronous pulsations [Mazal 2020] and very low beam divergences as well as energies in the low-kilovolt regime (< 200 keV) are necessary to reduce lateral scattering and preserve a sharp penumbra which is required to maintain low valley doses and high PVDRs [Prezado 2009a]. At present, such conditions can only be achieved at a few large synchrotron light sources and MRT has been realised at only a few centres around the world including the National Synchrotron Light Source at Brookhaven National Laboratory in Upton, USA, the European Synchrotron Radiation Facility (ESRF) in Grenoble, France, the SPring-8 in Sayo, Japan, the Australian Synchrotron in Melbourne, Australia and the Canadian Light Source in Saskatoon, Canada [Bartzsch 2020].

The translation of MRT to a clinical environment currently represents one of the major challenges and requires in particular the development of new, more compact microbeam sources. Several different projects have been proposed in this context, such as the Munich Compact Light Source [START_REF] Burger | [END_REF]] (which applies the principle of inverse Compton scattering and uses a laser-based accelerator) or the laser-stimulated photo-cathode RF-Gun proposed by Yoshida et al. [Yoshida 2012]. Other approaches include carbon nanotube cathodes [Hadsell 2013] and compact line-focus X-ray tubes [Winter 2020].

Potential targets for a clinical application of MRT are e.g. malignant tumours in the brain and in or close to the spinal canal, lung cancers and sarcomas or chondrosarcomas [Schültke 2017]. Moreover, the treatment of non-cancer diseases like epilepsy, trigeminal neuralgia and Parkisonism has been suggested [Meyer 2019]. However, before the first human patient can be treated, robust solutions to other practical issues like dosimetry, treatment planning and patient positioning will have to be found [Bartzsch 2020].

Another approach to mitigate the technical challenges pertaining to MRT consists in increasing the width of the beamlets. This is the idea behind minibeam radiation therapy (MBRT) [Dilmanian 2006] which uses beam widths ranging from 200 µm to about 1 mm, and c-t-c distances between 600 µm and several millimetres. Beams of these sizes have shown to be less affected by dose smearing due to cardiosynchronous pulsations [Manchado de Sola 2018] which helps to relax requirements on the dose rate. Moreover, higher X-ray energies can be used [Prezado 2009a], offering a better sparing of the skin and superficial tissues while maintaining a distinct peak-and-valley pattern. This makes MBRT accessible for implementations with more conventional and less expensive X-ray equipment [Bazyar 2017, Prezado 2017a], giving it an important practical advantage over MRT.

Despite the larger beam sizes, many experiments found that MBRT can still lead to substantial increases of the doses tolerated by normal tissue (compared to homogeneous irradiation). Rat brain for instance was shown to be able to withstand single-fraction peak doses of over 100 Gy when delivered with 600 to 700-µm-wide beams [Deman 2012, Dilmanian 2006, Prezado 2015] while mouse skin demonstrated resistances up to 150 Gy for irradiation with arrays of 250-µm minibeams [Bazyar 2017] and three out of four rats completely recovered8 after 400 Gy peak doses had been delivered to the spinal cord with up to 0.68-mm-wide beams [Dilmanian 2006].

Moreover, in vitro experiments with rat and human glioma cell lines showed the potential of X-ray minibeams to cause significant amounts of clonogenic cell death [Guardiola 2018] and the life span of glioma-bearing rats receiving MBRT treatment was found to increase by more than 200% compared to the untreated control group [Deman 2012, Prezado 2012]. However, like MRT, minibeams are still at a preclinical stage and up to now no human patient has been treated with MBRT. Potential clinical applications are similar to those mentioned above for MRT.

An important aspect of MBRT is the possibility to combine spatial fractionation of the dose in healthy tissue (proximal to the tumour) with a homogeneous dose coverage of the target. For X-rays, this is achieved by interlacing multiple minibeam arrays incident from different (orthogonal) directions [Dilmanian 2006, Deman 2012, Prezado 2012] or by using higher-energetic orthovoltage minibeams which, due to beam divergence, merge at a given, adjustable tissue depth [Dilmanian 2019, Prezado 2017a]. Both approaches are schematically shown in Figure 2.4.

Besides X-rays, MBRT has also been explored with different types of particle radiation like electrons [Dos Santos 2020, Martínez-Rovira 2015], protons and other ions. In particular the use of the latter two presents several advantages and has therefore been the subject of many recent studies, as discussed in the following section.

Minibeam radiation therapy with heavy charged particles

Since a few years now, the use of protons and other ions for MBRT has generated a lot of interest and spawned an increasingly active field of research. On the one hand, the superior dose distribution and biological advantages of heavy charged particles (cf. section 1.5) may allow to further enhance the normal tissue sparing potential of minibeams and increase the therapeutic index for several tumours. On the other hand, charged particles can be manipulated by electromagnetic fields, thus opening up new possibilities for the generation of minibeams through magnetic focussing.

Along these lines, proton minibeams have been studied the most which may partly be attributed to the higher number of proton therapy facilities. However, also the use of heavier particles such as neon ions is being reconsidered in the context of MBRT and at the other end of the spectrum light ions like helium ions are investigated as a potential alternative to protons.

The following subsections will present each of these approaches in more detail. Moreover, the issues related to the optimal generation of charged particle minibeams, which represents the central topic of this thesis, will be introduced.

Proton minibeam radiation therapy

Proton minibeam radiation therapy (pMBRT) was first proposed in 2013 [Prezado 2013] and represents the most evolved form of MBRT with charged particles. Aside from the more localised dose distribution in the Bragg peak, the main argument for pMBRT consists in the multiple Coulomb scattering experienced by the protons which leads to a significant broadening of the minibeams (of the order of a few millimetres in a clinically relevant context). As a consequence, it becomes possible to combine a pronounced spatial fractionation of the dose and high PVDR in healthy tissue with a laterally homogeneous dose distribution in the tumour, using only a single field of minibeams. This represents an important advantage over X-ray MBRT where multiple interlacing fields are usually needed to achieve target dose homogenisation which is both more error-prone and technically more difficult. Figure 2.5 illustrates this by comparing identical single-field configurations (0.7-mm-wide beams, c-t-c distance 3.5 mm) of proton minibeams (100 MeV) with X-ray (375 keV9 ) and carbon ion minibeams (190-MeV/nucleon).

However, a downside of the beam broadening is the fact that the valleys between the proton minibeams fill up more quickly leading to a comparably rapid decline of the PVDR. Moreover, the lateral scattering also causes a degradation of the peak depth-dose profile, in the sense that a significantly lower Bragg-peak-to-entrance dose ratio (BEDR) is observed than for broad beam conditions. This effect can be influenced by the shape of the minibeams (see section 2.5.3 below) and becomes more pronounced as the width of FIGURE 2.5: Comparison of proton, X-ray and carbon ion minibeams in a water phantom for a clinically relevant situation (target depth 7.5 cm) using identical initial conditions (0.7-mm-wide beams, c-t-c distance 3.5 mm). At shallow and intermediate depths, distinct spatial fractionation and high PVDRs are achieved in all cases. However, only the proton minibeams broaden enough to laterally homogenise at the target depth. The green and red dots/lines indicate the positions where the peak and valley profiles were sampled. The depth-dose profiles were recorded in 0.2 × 0.2 × 1-mm 3 voxels.

the minibeams decreases (cf. the works of Peucelle [Peucelle 2016] and Martinez-Rovira et al. [Martínez-Rovira 2015]).

The explanation for this phenomenon lies in primary protons being scattered away from the minibeam centre which decreases the fluence in the peak region and thus leads to a reduction of the dose depositions. In broad beams, the number of protons scattered away from the centre is compensated by an equal amount of in-scattered particles, resulting in a constant fluence. While the dose maximum of broad beams is assumed at the Bragg peak and thus in the target region, the maximum of the minibeam peaks occurs already close to the entrance which can cause undesirable dose hotspots at the skin and in superficial tissues. However, it should be noted that these high doses are restricted to very narrow regions and thus a positive net effect in terms of normal tissue sparing may nonetheless be expected.

The first implementation of pMBRT at a clinical centre was realised in 2014 at the Institut Curie Proton Therapy Centre (ICPO) in Orsay, France [Peucelle 2015b]. In this experiment, multislit brass collimators were used to create arrays of planar minibeams (cf. section 2.5.3) from a passively scattered 100-MeV proton beam and water-equivalent dose distributions were measured using radiochromic films. Two collimator geometries with slit widths of 400 and 700 µm and c-t-c distances of 3.2 and 3.5 mm, respectively, were considered yielding beam sizes at the entrance of the films10 of 1 and 1.25 mm and a PVDR of about 8.

Similar setups were used in the subsequent biological experiments at ICPO, involving the irradiation of healthy rat brains [Prezado 2017b] as well as rats with high-grade gliomas [Prezado 2018, Prezado 2019]. While the rats irradiated with standard PT (single fraction, 25 Gy) exhibited severe moist desquamation, permanent epilation and substantial brain damage, rats receiving pMBRT (single fraction, 58 Gy peak dose, 25 Gy average dose) showed no skin damage, only reversible epilation and significantly reduced brain damage [Prezado 2017b]. Moreover, long-term follow-up of the glioma-bearing rats showed an increased dose tolerance and survival rates of up to 67%, compared to 22% for treatment with standard PT [Prezado 2019] while healthy rats irradiated with proton minibeams showed no significant cognitive deficiencies in the 10 months following irradiation [Lamirault 2020].

Other preclinical studies were performed at the SNAKE11 facility in Munich, Germany, where 20-MeV proton beams were used to irradiate human skin models [START_REF] Zlobinskaya | [END_REF], Girst 2015] and in vivo mouse ear models [Girst 2016b, Sammer 2019b]. The authors reported a greater cell viability as well as reduced inflammatory responses and genetic damage compared to homogeneous irradiation [START_REF] Zlobinskaya | [END_REF]]. Furthermore, mouse ears irradiated with broad proton beams exhibited significant ear swelling, erythema and desquamation whereas no swelling or skin reactions were observed with minibeams [Girst 2016b]. While these studies demonstrate the skin sparing potential of pMBRT, it should be noted that the range of 20-MeV protons is very short (∼ 4.6 mm [Sammer 2019b]) which makes it difficult to translate the results to a clinically relevant context.

Aside from biological studies, another focus of current research in pMBRT concerns the generation of the minibeams. This topic will be discussed in more detail in section 2.5.3.

Minibeam radiation therapy with ions

As already stated above, the main shortcoming of proton minibeams is related to the comparatively large amount of lateral scattering which leads to a significantly reduced BEDR as well as an early increase of the valley doses. The use of ions like carbon and oxygen could present an interesting alternative to protons, as they are less affected by MCS and thus exhibit slower beam broadening and a superior BEDR (cf. Figure 2.5). Consequently, ion minibeams maintain a high degree of spatial fractionation at intermediate depths and produce more favourable peak depth-dose distributions which could further increase the sparing of healthy tissue proximal to the tumour. Moreover, as discussed in section 1.5, they provide certain radiobiological advantages related to a higher LET and increased RBE.

On the other hand, in order to obtain a homogeneous dose distribution in the target, one must either drastically reduce the minibeam spacing (this results in an important decrease of the PVDR as will be shown in chapter 7) or, as in the case of X-rays, use multiple interlacing fields. The latter approach was implemented by Dilmanian et al. [Dilmanian 2012] who used four orthogonal fields of carbon ion minibeams to ablate a target volume in a rabbit brain. After irradiation, "substantial focal target damage with little damage to the surrounding brain" [Dilmanian 2012] was observed and the rabbit behaved normally during the 6-months follow-up period.

Dosimetric evaluations of MBRT with carbon and oxygen ions have furthermore been performed both theoretically [González 2017[START_REF] Tsubouchi | [END_REF] and experimentally [Martínez-Rovira 2017a], showing favourable dosimetric features in both cases. Another study considered the LET and RBE of carbon minibeams as a function of the depth in a water phantom [Debrot 2019] and found a 10-30% increase of the RBE (for 10% cell survival) in the plateau region compared to broad beam conditions.

The use of even heavier ions ( 20 Ne, 28 Si, 40 Ar and 56 Fe) for MBRT has also been investigated [González 2018, Peucelle 2015a], showing that a fairly large c-t-c distance of about 3.5 mm is to be preferred in order to reduce valley contamination due to lighter nuclear fragments and that beam widths ≥ 400 µm are needed to maintain a reasonably high BEDR in the peak depth-dose profile. Moreover, neon ions were found to provide the best balance between high PVDR in normal tissue and a combination of high LET and low OER in the target region.

First biological experiments with 20 Ne ions, comparing minibeams and broad beams, were already performed at HIMAC in Japan by our group. The study comprised in vitro (human foreskin fibroblasts) and in vivo (mouse legs) irradiations and found both a higher proportion of cell death (in vitro) induced by minibeams as well as a clear gain of neon MBRT in terms of normal tissue sparing (in vivo).

As already mentioned in section 1.5, an important disadvantage of carbon and heavier ions consists in the non-negligible dose depositions distal to the Bragg peak in the fragmentation tails and the increased LET in normal tissue proximal to the Bragg peak. Moreover, the RBE of heavy ions can vary considerably between the tumour and normal tissue, making the prediction of biological doses and the calculation of treatment plans more complicated [Tessonnier 2018].

An interesting alternative might therefore be the use of light ions, such as helium and lithium, which exhibit much lower cross sections for nuclear reactions and lower variation of the RBE than heavier ions but still provide an important advantage over protons in terms of lateral scattering and BEDR [Tessonnier 2018]. In particular helium ions, despite exhibiting a significantly lower LET than heavier ions, can still offer both an improved RBE (up to 1.6 in the Bragg peak) and OER (at 10% cell survival, the OER of helium ions is 2.6 compared to 2.9 for protons) [Knäusl 2016].

Regarding the use of such light ions for MBRT, it appears that little research has been done so far. The only publication in this context (by Dilmanian et al. [Dilmanian 2015a]) reports the results of a basic Monte Carlo study considering proton, deuteron, triton, helium and lithium ion minibeams. While possible applications for paediatric brain and head and neck tumours as well as for hypofractionated treatments of lung and liver tumours are briefly discussed, the study is limited to a juxtaposition of the beam broadening rates and focusses in particular on proton minibeams.

As one of the main subjects of my PhD, I therefore performed the first thorough dosimetric comparison of proton and 4 He ion minibeams.

Minibeam generation

A crucial aspect in MBRT is the generation of the minibeam as it determines not only the shape and size of the beamlets but also strongly influences the PVDR [Lee 2016] and neutron contamination [Guardiola 2017] which in turn may have important implications for tissue sparing. When stating the size of a minibeam, one typically refers to the full width at half maximum (FWHM) of the transversal beam profile which usually is well described by a Gaussian distribution (see section 3.1.1). In MBRT, two distinct minibeam shapes are distinguished (Figure 2.6):

• Planar minibeams are characterised by a narrow profile (FWHM 1 mm) along one direction and a larger extension (∼ 5 mm to a few centimetres) along the orthogonal direction. Multiple planar minibeams are grouped into one-dimensional arrays which are usually generated with multislit collimators [Dilmanian 2015a, Guardiola 2017, Lee 2016, Peucelle 2015b].

• In contrast, pencil-shaped minibeams exhibit a roughly circular cross-section with a (sub-)millimetric FWHM along every direction. They are organised in twodimensional grid-like arrangements and can be generated with pinhole collimators [Tobola-Galus 2018, Charyyev 2020] as well as magnetic focussing [Girst 2016a, Sammer 2019b].

Compared to planar minibeams, pencil-shaped beams allow a more flexible optimisation of the minibeam configuration and generally provide a better spatial fractionation in healthy tissue including a higher PVDR12 (see section 6.4). In particular, a study by Sammer et al. [Sammer 2017] found that the largest c-t-c distances and the best tissue sparing could be achieved with a hexagonal grid of pencil-shaped minibeams (the other evaluated configurations were a square grid of pencil-shaped minibeams and an array of planar minibeams).

On the other hand, planar minibeams yield less degraded peak dose distributions and higher BEDRs than pencil-shaped minibeams of the same width. This is because the planar minibeam resembles a broad beam along its long direction, meaning that at least part of the primary particles scattered away from the centre of the peak region is compensated by particles scattering in from the edges of the long side of the planar beam.

Up to now, all MBRT experiments with protons and ions of clinically relevant energies (i.e. ≥ 70 MeV/nucleon) have been performed with planar minibeams generated using multislit collimators with slit widths ranging from 300 to 700 µm and slit spacings between 1 and 3.5 mm (center-to-center distance) [Meyer 2019]. Different implementations have been evaluated where the collimator was either placed at the end of a passive beamline [Peucelle 2015b] or at the exit of a pencil beam scanning nozzle [De Marzi 2018] (see section 3.3.2 for more details on delivery techniques). The motivation for the latter was to improve the inherently low dose rates of passive-scattering techniques and to enable intensity modulation within the minibeams.

An important advantage of minibeam generation with mechanical collimators is that this technique is compatible with virtually every modern particle therapy system and can therefore be readily implemented at any existing therapy centre [Dilmanian 2015b]. On the other hand, collimators are inherently inefficient and wasteful (a minibeam collimator can reduce the dose rate by nearly one order of magnitude [Charyyev 2020]), inflexible (a custom collimator may have to be fabricated for each case) and introduce a source of secondary neutrons close to the patient. Due to their high RBE (depending on the energy about 5-100 [Brenner 2008, Schneider 2016]) and the difficulties related to neutron shielding, the production of secondary neutrons in the treatment room is particularly undesirable. Although their contribution to the biologically effective dose in the patient has been estimated to be 1% [Guardiola 2017[START_REF] Schardt | [END_REF], neutrons can also lead to the activation of the equipment which may pose a risk for the staff working in the therapy centre.

The design of an ideal minibeam collimator is generally rather complex and several optimisation studies have been published in this context [Charyyev 2020, Guardiola 2017, Lee 2016, Tobola-Galus 2018]. In order to minimise the valley dose and maximise the PVDR, the collimator should be thick (∼ 7-10 cm for clinical proton beams) and located close to the irradiation object [Guardiola 2017, Lee 2016] (Guardiola et al. recommend an air gap of 2-5 cm between the collimator exit and the target entrance [Guardiola 2017]). Moreover, the PVDR evidently increases as the width of collimator slits (diameter of the holes) is decreased and the c-t-c distance between the slits or holes is increased. However, a compromise must generally be found if the aim is to obtain dose homogenisation at the Bragg peak depth. Lee et al. reported the optimal parameters for a 50-MeV proton beam to be a slit size of 0.3 mm and a c-t-c distance of 1 mm [Lee 2016].

Guardiola et al. furthermore considered different collimator materials, evaluating tungsten, brass, iron and nickel [Guardiola 2017]. While tungsten provided the highest PVDR, it also exhibited the highest yield of secondary neutrons. Although the contribution of the biologic neutron dose (including corrections due to a higher RBE) to the total dose could be shown to be less than 1% (the analysis was performed for 100-MeV protons), brass was ultimately found to be the best compromise, offering a lower neutron yield, acceptable PVDR, cheaper material price and easier procedures for slit fabrication.

A potential solution to all the shortcomings and complexities related to collimators may be the generation of charged particle minibeams through magnetic focussing. Indeed, magnetic focussing allows to use the entire beam for dose deposition in the target which allows to maximise the dose rate and reduce the treatment time. Moreover, the absence of a collimator keeps the neutron contamination to a minimum and results in a decrease of the valley doses and increase of the PVDR [Peucelle 2016]. Finally, magnetically focussed and scanned minibeams represent a very flexible tool for dose delivery that can pave the way for three-dimensional intensity-modulation techniques in charged particle MBRT.

So far, the only facility having implemented magnetic focussing for pMBRT is the SNAKE microprobe in Munich [Datzmann 1999]. However, the maximum beam energy at this installation is limited to 20 MeV [Girst 2016b] which is too low for most clinical applications. The current challenge is therefore to find a way to produce magnetically focussed minibeams in a clinical context (i.e. with beam energies ≥ 70 MeV/nucleon) and preferably using already existing particle therapy technology.

While it is difficult to define the exact beam size required for MBRT, the current experimental data indicates that the FWHM should be < 1-1.5 mm in order to maximise the therapeutic index [Dilmanian 2015b, Lamirault 2020, Prezado 2018, Sammer 2019a, Zeman 1959]. However, today's proton therapy facilities, whether they use passive scattering or pencil beam scanning techniques, are not designed to deliver beams with a submillimetric FWHM. The currently smallest pencil beams have a size of 4-5 mm FWHM [Pedroni 2011] (see also chapter 5) which is still at least half an order of magnitude too large. One of the primary goals of this thesis was therefore to investigate how the generation of magnetically focussed submillimetric minibeams could be achieved, considering clinically relevant beam energies as well as the requirements related to an integration at a clinical centre.

In order to illustrate the challenges of generating magnetically focussed minibeams, it is first necessary to introduce the basic principles of particle beam dynamics and beam focussing. This will be done in the following chapter which also presents the techniques used in modern proton and ion therapy for beam acceleration and delivery.

Chapter 3

Particle beam physics, accelerators and beam delivery

One of the main questions investigated in this thesis concerns the optimal generation of proton minibeams in a clinical context. In particular, it will be evaluated how minibeams can be obtained using magnetic focussing and how such a technique compares to the approaches of mechanical collimation used so far. This chapter therefore introduces the relevant concepts of particle beam physics and beam focussing (section 3.1). Furthermore, it presents an overview of clinically used particle accelerators (section 3.2) and beam delivery systems (section 3.3).

Beam dynamics

This section introduces some basic principles of beam dynamics that will be required for the studies presented in this thesis. It should be noted that the following concepts do not take into account space charge effects as they are negligible for the considered applications1 . A more complete discussion of particle beam physics can be found in various textbooks [Humphries 1990, Reiser 2008, Rosenzweig 2003, Wiedemann 2015, Wille 2000].

Describing a particle beam

A particle beam is an ensemble of many particles, each described by six phase space coordinates (x, y, z, p x , p y , p z ), that all share the property p z p x , p y , i.e. their momentum is predominantly pointing in some common longitudinal direction [Reiser 2008]. Ideally, all particles of the ensemble would follow the same predefined trajectory called the design trajectory or design orbit [Rosenzweig 2003]. In practice, however, individual particle trajectories will exhibit some deviation.

It is customary to define at every point along the design trajectory a co-moving Cartesian coordinate system normal to the local tangent and centred at the design trajectory as illustrated in Figure 3.1. The horizontal and vertical axes of this coordinate system are referred to as x and y while the position along the design trajectory is typically labeled with s. The z-direction is pointing tangentially to the design trajectory. In this frame of reference, each particle of the beam will have a coordinate (x 0 , y 0 ) corresponding to its horizontal and vertical offset from the reference trajectory and its momentum (p x , p y , p z ) will in general deviate slightly from the optimal momentum p = (0, 0, p) which follows the design trajectory. Since in a particle beam it usually holds that p x , p y p z and p z ≈ p, the horizontal and vertical deviation angles are very small and can be expressed as

p x p z = tan θ ≈ θ, p y p z = tan φ ≈ φ, (3.1) 
which is known as the paraxial approximation.

When the beam energy stays constant, it is customary to express the transverse momenta as

p x = p x p z p z = x p z ≈ x p, p y = p y p z p z = y p z ≈ y p, (3.2) 
where x and y are the horizontal and vertical slopes of the particle trajectory. It is then common to consider the so-called trace space coordinates (x, x ) and (y, y ) instead of the phase space coordinates [Rosenzweig 2003]. Moreover, by equation ( 3.2) the slopes can be considered equivalent to the respective deviation angles

x = p x p z ≈ θ, y = p y p z ≈ φ, (3.3)
so that the values of x and y are commonly stated in angular units like rad or mrad.

Particle beams are an inherently stochastic concept. In practice, the distributions of the xand y-coordinates as well as the x -and y -coordinates are often well-described by Gaussian distributions. Quantities like the transversal size of the beam or the beam divergence2 must therefore be defined using statistical measures describing the widths of the respective Gaussians. Common choices are the standard deviation σ or the full width at half maximum (FWHM). The latter can be related to the first via

FWHM = 2 √ 2 ln 2 σ ≈ 2.355 σ. (3.4)
Both definitions will be used throughout this manuscript.

Considering now for example the xx -trace space, a plot of the particle coordinates of such a Gaussian beam will yield an elliptically shaped cloud for which one can define a contouring ellipse with extrema corresponding to σ x and σ x , as illustrated in Figure 3.2 (note that the same construction can be done for the yy -trace space). The ellipse is referred to as the trace-space ellipse or beam ellipse [Reiser 2008] which can be mathematically described by

x T A -1 x = 1, (3.5) where x = x x ∈ R 2 and A = a 11 a 12 a 12 a 22 with a 11 = σ 2 x , a 22 = σ 2
x and a 12 ∈ R. As indicated in Figure 3.2, it is customary to further define [Brown 2013]

x max = σ x = √ a 11 , x max = σ x = √ a 22 and r xx = a 12 √ a 11 a 22 , (3.6)
where r xx is the correlation coefficient which can range from -1 to +1. Figure 3.3 illustrates how the beam ellipse changes for different values of this correlation coefficient. For a value of ±1, the beam ellipse becomes a straight line, implying a perfectly linear correlation between the slopes and particle positions. A beam with this property (called a laminar beam) can be very easily focussed as will be discussed in section 3.1.3. It should be remarked that a common alternative to the quantities introduced above is given by the Courant-Snyder notation which is defined as

A = ε β -α -α γ and γx 2 + 2αxx + βx 2 = ε (3.7)
and where πε corresponds to the area of the beam ellipse. The parameters α, β and γ are called Courant-Snyder or Twiss parameters and ε is the emittance of the beam (see next subsection) [Brown 2013]. Throughout this thesis, however, only the parameters defined in equation (3.6) will be used. The beam ellipse is often slightly tilted, where a positive tilt (r xx > 0) corresponds to a diverging beam while a negative tilt (r xx < 0) indicates a converging beam. In contrast, an upright ellipse (r xx = 0) indicates either a local maximum or minimum of the beam size (a local minimum is called beam waist). A converging beam propagating freely in a drift space will become a diverging beam after passing through its waist (see Figure 3.4). This evolution is reflected in the beam ellipse which performs a clockwise rotation moving from a negative tilt to a positive tilt. It should be noted that in free propagation the particle momenta do not change which means that the extension of the beam ellipse along the x -axis (and analogously the y -axis) stays constant. To refocus a converging beam that has passed through its waist, one must apply an external force as described in section 3.1.3.

Lastly, it should be noted that in practice the kinetic energy of the beam particles, even in a monoenergetic beam, exhibits a certain spread. For the beams considered in this thesis, this energy distribution can be considered Gaussian and the energy spread will refer to the according standard deviation.

Beam emittance

An important quantity indicating the quality of a beam is its emittance which provides a measure related to the volume that the beam occupies in phase or trace space. Although the exact definition may vary from one author to another, a common practice is to set the emittance equal (up to a factor of π) to the area of the phase or trace space ellipse FIGURE 3.4: A converging beam will become a diverging beam after taking on its (locally) smallest size at the beam waist. This is reflected by the beam ellipse which rotates from a negative to a positive tilt. containing a certain fraction of all particles (often 95%). One distinguishes two transversal emittances ε x and ε y for the xx -and yy -spaces, respectively, and a third longitudinal emittance may also be considered in certain contexts [Buon 1992]. The emittance is usually given in units of mm•mrad, sometimes factoring out π from the value, i.e. the emittance is stated e.g. as ε = 1.23 π mm mrad [Reiser 2008].

The emittance can also be interpreted as a measure of the spread of the beam particles in phase or trace space which is reflected in another commonly used definition called root-mean-square emittance (rms emittance)

ε rms,x = (x -x) 2 (x -x ) 2 -(x -x)(x -x ) 2 = x 2 x 2 -xx 2 , (3.8) 
where • denotes the arithmetic mean over all beam particles [Reiser 2008]. This statistical definition illustrates that the emittance decreases when either the positional or angular particle spread decreases or, as expressed by the term xx 2 , when the correlation between

x and x increases. The advantage of the rms emittance is that it provides a concise and unambiguous definition taking into account all beam particles. However, in the case of particle distributions with long tails, such as Gaussian distributions, it is often more meaningful to define an emittance that only considers the central fraction of the beam in trace space, ignoring regions far from the centre which contain only few particles. Throughout this thesis, the emittance will therefore refer to the area of the ellipse outlined in Figure 3.2, including only particles within ±1σ (the same convention that is used in the GATE simulation framework, see section 4.1.2), so mathematically

ε x = πσ x σ x 1 -r 2 xx and ε y = πσ y σ y 1 -r 2 yy . (3.9)
It should furthermore be noted that the factor of π will be included in the emittance values, so it will be stated ε = 3.86 mm mrad instead of ε = 1.23 π mm mrad.

The emittance in trace-space as defined above is also referred to as the geometric emittance whereas the emittance defined in phase-space (i.e. xp x and yp y ) is called normalised emittance [Wiedemann 2015]. Both are related via

ε n = βγε, (3.10)
where ε n is the normalised emittance, ε the geometric emittance, γ the Lorentz factor and β = v c the speed of the beam particles normalised to the speed of light. The advantage of the normalised emittance is that it is independent of the beam energy, making it more suitable for the comparison of beams before and after acceleration or deceleration. For the applications presented in this thesis, however, the beam energy can be assumed to stay constant (during beam transport), so that it will suffice to consider the geometric emittance.

An important property of the beam emittance is that it is conserved under ideal conditions i.e. when the interaction between beam particles can be neglected and forces acting on the beam are conservative [Wille 2000]. This is a consequence of Liouville's theorem for which proofs can be found in various textbooks [Reiser 2008, Wiedemann 2015]. To be precise, Liouville's theorem states that the particle density in phase space is conserved under the influence of conservative forces (and thus by extension also the phase-space volume if the number of particles stays constant). In practice, several different phenomena such as steering and focussing errors, scattering, space-charge effects and injection errors can lead to emittance growth [Möhl 2003].

The emittance has several important implications in particular regarding beam focussing (see next subsection) as well as the design of the beam transport system. A smaller beam emittance is generally preferred as it allows to construct transport lines with a narrower cross-section which are more light-weight and less expensive [Farr 2018b]. Several methods of emittance reduction have been developed, such as ionisation cooling [Johnson 2007], electron cooling [Budker 1976], laser and stochastic cooling [CERN 1994], which are mainly applied in particle physics experiments. In the context of particle therapy, the emittance is usually controlled using so-called slits (actual collimating slits), e.g. as part of the energy-selection system [Datzmann 1999, Rizzoglio 2017] which will be discussed in more detail in section 3.2.2.

Beam focussing

Charged particle beams can be manipulated and steered with electromagnetic fields. The movement of a charged particle in an electromagnetic field is governed by the Lorentz force

F = q( E + v × B), (3.11) 
where q is the unit charge, E and B refer to the electric and magnetic field, respectively, and v is the velocity of the particle. At relativistic particle speeds (v ≈ c), it is technically much more challenging to exert a given force with an electric field than with a magnetic field (a magnetic field of 1 T has the same effect as an electric field of 300 MV/m), so that most modern beam accelerators and transport systems (including applications for proton and ion therapy) use magnets for beam guidance [Wille 2000].

In particular, multipole magnets are commonly employed for different specific purposes: Dipole magnets, often in the form of sector magnets, are used to bend the beam and change its direction while quadrupoles are used for beam focussing (see below) and FIGURE 3.5: Trigonometric considerations leading to the focussing condition (3.12). In the paraxial approximation, the deflection angle α is very small, so tan α ≈ α. Note that f is fixed while x varies for every beam particle. Adapted from Wiedemann [Wiedemann 2015].

sextupoles to correct chromatic aberrations3 [Wiedemann 2015]. Higher-order multipoles, such as octupoles, can be used to compensate field errors but are rarely applied in practice [Wille 2000].

A key aspect of the studies presented in this thesis is the focussing of particle beams. In order to build a focussing magnetic lens, the field has to exert a Lorentz force on the particles which causes a net movement towards the central trajectory. In the ideal case, where all particles are traveling parallel to the central reference trajectory (i.e. the beam divergence is zero), the beam can be focussed down to a single point by a lens satisfying the condition

α(x) = -arctan x f ≈ - x f , (3.12) 
where α denotes the deflection angle, x the distance from the central trajectory and f the focal length (note that the paraxial approximation was invoked in the last step). The trigonometric considerations leading to this equation are illustrated in Figure 3.5. The condition (3.12) is more generally valid for so-called laminar beams. A laminar beam is characterised by the fact that the transverse velocities of the beam particles are linearly proportional to the displacement from the central trajectory and a central feature of laminar beams is that they can always be transformed into a parallel beam through an appropriate lens (and thus can always be focussed to a single point) [Humphries 1990]. The perfect linear correlation of particle positions and velocities implies in particular that the phase-space ellipse becomes a straight line of thickness zero and that the emittance as defined in equation (3.9) vanishes. In contrast to this, a beam with finite emittance cannot be focussed into a single point due to the statistical distribution of the transverse momenta (or slopes) of the beam particles [Humphries 1990]. A positive emittance means that the beam contains particles propagating at multiple different slopes x for every spatial coordinate x. It is therefore impossible to define a single deflection angle α(x) such that all particles end up in the same focal point. Instead, the focussing lens can only change the average particle motion.

Figure 3.6 illustrates the effect that the beam emittance has on the size of a focussed beam: A large emittance (due to a large beam divergence or small correlation coefficient) means that the beam particles are less ordered and more difficult to focus. Thus, the beam size at the focal point is large compared to a beam with a smaller emittance. Such a small emittance can be achieved either by reducing the beam divergence (approximating the case of a parallel beam) or by increasing the correlation of angular and positional FIGURE 3.6: Importance of the beam emittance for focussing. The blue boxes represent linear focussing lenses (e.g. a quadrupole magnet). In the top row, the beam divergence changes and the correlation coefficient is kept constant (r = 0) while the bottom row presents cases with different correlation coefficients at a constant divergence (σ x = 10 mrad). The beam size σ x was always 4 mm and the same focussing power (focal length) was used in all cases. The x-and y-axis are in units of cm. spread (approximating the general case of a laminar beam). Note that an increase of the correlation means that r approaches either +1 or -1 while a small correlation means that r ≈ 0. It should furthermore be noted that the emittance also depends on the extent of the positional spread, i.e. the beam size. However, the initial beam size is not as important for beam focussing since even a very wide beam can be focussed to a single point as long as it satisfies the condition of a laminar beam.

Another important quantity determining how well a non-laminar beam can be focussed is the focal length. As illustrated in Figure 3.7, a lens with a short focal length allows to obtain a smaller beam size at the focal point than a lens with a long focal length. The reason for this is that a lens, as stated before, can only change the average particle motion so that initial angular deviations (due to a finite beam divergence or imperfect correlation of angular and positional spread) are preserved and translated into spatial deviations of the point where the beam particles cross the beam axis. The amount by which the focal point is missed scales with the propagation distance and is thus amplified for longer focal lengths and reduced for shorter focal lengths [Humphries 1990].

The deflection angle of a particle in a magnetic field is proportional to the integral of the azimuthal component of the magnetic field B ϕ along the particle path s α ∝ B ϕ ds.

(3.13)

If the field strength experienced by the particle does not significantly change between entering and exiting the magnetic field (e.g. in a short field), the integral can be approximated as B ϕ , with being the path length in the magnetic field [Wiedemann 2015]. From equation ( 3.12), one can thus infer the condition of a magnetic focussing lens

x ∝ B ϕ (3.14) which states that either the strength or the length of the magnetic field must increase linearly with the distance from the central trajectory.

A very common choice for magnetic focussing lenses are quadrupole magnets. The field of an ideal magnetic quadrupole is given by

B(x, y, z) =    gy gx 0    , (3.15) 
where g = ∂B x dy = ∂B y dx is the field gradient [Wiedemann 2015]. One readily checks that the field strength indeed increases linearly with the distance d from the central trajectory

B = B(x, y, z) = (gy) 2 + (gx) 2 = g x 2 + y 2 = gd. (3.16)
Considering the associated scalar field potential V(x, y, z) = gxy, one finds that the magnetic equipotential surfaces exhibit hyperbolic cross sections. Therefore, a quadrupole magnet can be constructed using four poles of alternating polarities created by pole shoes with hyperbolically shaped tips [Wille 2000] as illustrated in Figure 3.8. The figure shows the magnetic field lines as well as the resulting Lorentz force exerted on a positively charged particle travelling into the image plane.

A single quadrupole always focusses in one direction and defocusses in the orthogonal direction. In order to obtain a configuration that focusses in all transversal directions, one must combine multiple quadrupoles with different focussing planes. The simplest approach for this is a pair of quadrupoles (a doublet) of equal lengths but with orthogonal focussing planes [Wille 2000]. However, other combinations containing higher numbers of quadrupoles such as triplets, quadruplets, quintuplets, sextuplets and even octuplets can be considered [Dymnikov 2012].

Quadrupole magnets are usually realised as electromagnets consisting of an iron core and copper coils wrapped around each pole shoe (Figure 3.9a). In such a design, the focussing strength (field gradient) can easily be manipulated by changing the coil current [Ghaith 2019]. However, the maximum field strength is limited to about 2 T (field at the pole tips) due to saturation effects [Wille 2000]. Higher fields can be achieved with superconducting electromagnets or by using permanent magnet quadrupoles (Halbach cylinders, see Figure 3.9b) [McAuley 2018] as well as hybrid quadrupoles [Ghaith 2019].

Sequences of alternating focussing and defocussing quadrupoles are routinely used in particle physics for example in synchrotron accelerators (see section 3.2.3) to increase the stability of the particle orbits (so-called strong-focussing [START_REF] Courant | Theory of the alternating-gradient synchrotron[END_REF]). Furthermore, focussing systems comprised of quadrupole multiplets are applied in micro-and nanoprobes [Dymnikov 2012, Sie 1986] which can produce beam sizes at the micro-and nanometre scale and which are used e.g. for chemical analysis of materials but also for radiobiological experiments [Datzmann 1999, Girst 2016a]. In the context of proton and ion therapy, doublets and triplets of quadrupole magnets are used for beam refocussing as part of the beam transport system and the nozzle [Farr 2018a, McAuley 2019, Pedroni 2011] and even single quadrupoles have been considered to create focussed elongated proton beams for applications in proton radiosurgery [McAuley 2013, McAuley 2015].

Another field configuration satisfying condition (3.14) is that of a uniform current flowing through a cylindrical conductor [Wiedemann 2015]. The first focussing device based on this idea was the plasma lens proposed in the 1950s by Panofsky and Baker [Panofsky 1950] which consisted of a hydrogen-filled glass cylinder through which an electric arc was struck. The arc ionises the hydrogen and creates an axial current parallel to the beam that provides the required focussing magnetic field. The plasma lens was successfully used to focus a 350-MeV proton beam, however, it could only operate in a pulsed mode due to current collapse and required very high currents and voltages [Luckey 1960]. To mitigate these issues, the wire lens design was proposed which approximates the required field configuration by a hexagonal array of longitudinal conducting wires running parallel to the beam axis [Luckey 1960].

Recently, plasma lenses have regained a lot of interest, in particular in the context of compact accelerators and laser-driven accelerators [START_REF] Lindstrøm | Overview of the CLEAR plasma lens experiment[END_REF]] (see section 3.2.4). The principle described by Panofsky and Baker is now referred to as an active plasma lens in contrast to a passive plasma lens which either exploits the focussing effect of the self-generated magnetic field of relativistic particle beams (overdense plasma lens) or uses other net focussing effects arising from reorganisation of the plasma following interactions with the beam particles (underdense plasma lens) [Katsouleas 1990].

Another special type of plasma lenses is the Gabor lens [Gabor 1947] where the focussing force does not originate from a magnetic field but from the electric field of a trapped non-neutral plasma (electron cloud) [Palkovic 1990]. The plasma is confined longitudinally by an electric field and radially by a solenoidal magnetic field and the focal strength of the lens is determined by the plasma density which can be manipulated via the trapping forces (i.e. via the anode potential and the solenoid field strength) [Meusel 2013]. A curious property of a Gabor lenses is that it can only be used to focus positively charged particle beams [Palkovic 1990]. Gabor lenses have recently been proposed for applications in proton and ion therapy as part of a laser-driven accelerator system [Kurup 2019[START_REF] Pozimski | [END_REF].

Another common choice for the focussing of charged particle beams (in particular low-energy beams with high divergence [Hofmann 2013]) are solenoid magnets. They are employed for example in the low-energy section of accelerators or in electron microscopes [Kumar 2009]. The magnetic field inside a solenoid is radially uniform and thus actually not suitable for focussing. Instead, a focussing effect is achieved only in the entrance and the exit region of the solenoid where the field strength smoothly varies between zero and the maximum value [Reiser 2008]. A solenoid magnet can thus be considered a second-order focussing lens [Hofmann 2013].

The smoothly varying fields at the boundaries of a magnet are called fringe fields and are observed for every real magnet [Wiedemann 2015]. An example illustrating the longitudinal fringe fields of a quadrupole magnet is shown in Figure 3.10. It can be seen that the field exhibits a sigmoidal rise and fall such that the full field strength is only reached in a small region inside the magnet. A useful hard-edge approximation can nonetheless be obtained by considering the effective length of the quadrupole which is defined as

l = 1 g 0 z 2 z 1 g(z) dz, (3.17) 
where g 0 is the nominal peak field gradient of a quadrupole extending from z 1 to z 2 [Reiser 2008].

The different types of focussing magnets mentioned above each have their own advantages and disadvantages. Quadrupole magnets are comparatively simple from a technical point of view and provide a stronger focussing (shorter focal length) than solenoids4 at beam energies above a few MeV [Hofmann 2013]. Moreover, unlike solenoids, quadrupoles are linear beam optics elements which means that horizontal and vertical particle motions can be considered individually. On the other hand, quadrupole multiplets exert alternating focussing and defocussing particles whereas a continuous focussing effect, simultaneously along all directions, can be achieved with solenoid lenses [Humphries 1990].

Plasma lenses also focus symmetrically and can reach extremely high field gradients at the kT/m and even MT/m scale (modern permanent magnet quadrupoles only reach up to ∼ 600 T/m). This allows to construct much shorter lenses which in turn can reduce issues related to chromaticity [Chiadroni 2018]. However, plasma lenses such as Gabor lenses are technically much more challenging (cf. the results reported by Posocco et al. [Posocco 2016]). Nonetheless, several studies of different plasma lenses have recently been published [Chiadroni 2018[START_REF] Lindstrøm | Overview of the CLEAR plasma lens experiment[END_REF], Marocchino 2017, Zeng 2019] and a growing number of applications may be expected in the near future.

Following the introduction of the basic principles of beam physics and beam focussing, the next two sections will describe how clinical particle beams are accelerated and delivered.

Particle accelerators

Particle accelerators are machines that use electromagnetic fields to increase the kinetic energy of (beams of) electrically charged particles. Over the course of the 20th century, many different acceleration concepts have been developed and applied to different branches of physics, chemistry, medicine and engineering.

All acceleration processes are based on the Lorentz force, given by equation (3.11). Using this equation, the change in kinetic energy can be expressed as (3.18) which shows that only the force component related to electric fields can be used to accelerate particles [Wiedemann 2015]. While such a field can in principle be either electrostatic or -dynamic, most accelerators today work with time-varying fields. A key concept in this context is the use of resonant cavities and electric fields oscillating at radiofrequency (RF). Due to electrical breakdown effects, potential gradients in electric fields are usually limited to a few MV/m [Wiedemann 2015]. Thus, in order to reach higher energies, particle accelerators either consist of a series of multiple accelerating elements which the beam traverses once (single-pass scheme) or of a closed-loop arrangement of a few accelerating elements which are traversed many times (multi-pass scheme). The latter generally allows a more efficient use of the accelerating elements but raises the issues of beam injection, cycling and extraction [Flanz 2013].

∆E kin = F d s = q( E + v × B) d s d s= vdt = q E d s + q ( v × B) v =0 dt,
For applications in hadron therapy, an accelerator should yield a stable and preferably continuous beam at maximal energies of about 250 MeV in the case of protons and 430 MeV/nucleon in the case of carbon ions. Recent trends in this domain mainly concern the reduction of the size, weight and price of the accelerators, especially regarding the development of affordable single-room facilities. Moreover, research is dedicated towards the reduction of treatment times through higher beam currents and faster switching between beam energies [Myers 2019, Owen 2016].

Today, X-ray and electron therapy are almost always performed using linear accelerators whereas therapeutical proton and carbon ion beams are accelerated using cyclotrons and synchrotrons with typical beam energies (as already stated above) ranging from 70 to 250 MeV for protons and up to 430 MeV/nucleon for carbon ions [Mohan 2017, PTCOG]. The following subsections briefly discuss each of these accelerators and also present some newer concepts that have been proposed for applications in RT.

Linear accelerators

The first particle accelerator in a modern sense was the linear accelerator (commonly abbreviated as linac) built by Wideröe in 1928[Wideröe 1928]. While in principle any machine using accelerating sections arranged in a straight line can be called linear accelerator, regardless of the acceleration being achieved with electrostatic or electrodynamic fields, today this term usually only refers to accelerators working with RF fields.

A schematic of Wideröe's accelerator, illustrating the general linac principle, is shown in Figure 3 Today, instead of using electrode tubes, the acceleration is typically done using resonant cavities and travelling or standing microwaves. Taken from Wiedemann [Wiedemann 2015].

electric field is applied that accelerates the injected particles through an alternately attractive and repulsive force. While the general principle has stayed the same, today's linacs usually use travelling or standing microwaves and RF cavities instead of drift tubes.

In order to provide an efficient acceleration, the frequency of the oscillation and the passage of the particles must be synchronised. This is achieved by varying the length of the tubes according to

L i = v i T rf = v i f rf , (3.19) 
where L i is the length of tube i, v i the speed of the particles in tube i and T rf and f rf are the period and frequency of the oscillating electric field, respectively [Wiedemann 2015]. As the particles pick up energy and become faster, they have to travel a longer distance to the next gap to arrive at the same time as the accelerating phase of the RF field.

While linacs can theoretically reach arbitrarily high energies, in practice, the output energy is limited by the maximally achievable potential gradient (up to about 30 MV/m at 3 GHz [Wuensch 2002]) and the number of sequential cavities, i.e. the length of the linac. The most powerful linacs, like the Stanford Linear Accelerator, were able to accelerate electrons to several tens of GeV and measured more than 3 km [Loew 1984].

In RT, linacs represent the most common accelerator type. They mainly serve to accelerate electron beams which can either be used directly for electron therapy or for the production of bremsstrahlung X-rays by inserting a target made of a high-Z material into the beam path. While the electron beams are more or less monoenergetic with typical energies ranging from 6 to 25 MeV [Schippers 2012], linac-produced X-rays cover a broader spectrum with an average energy approximately one third of the maximum electron energy [Khan 2014].

Due to their small mass, electrons reach relativistic velocities already at comparatively low energies so that their speed can be considered almost constant for the most part of the acceleration. This greatly simplifies the design of an electron linac which, by condition (3.19), can consist of multiple cavities of equal dimensions. In contrast to this, clinical proton and ion beams exhibit a much more important increase of the particle speed during acceleration, requiring a more complex structure and possibly a segmentation into multiple stages and pre-accelerators [Schippers 2012]. Moreover, assuming an accelerating gradient similar to that used in electron linacs, a proton linac reaching clinically relevant energies would need to have a length of about 20 m (twice that length for heavier ions) which presents an important practical constraint for the use in particle therapy facilities [Degiovanni 2017[START_REF] Schippers | [END_REF].

Nonetheless, linear accelerators could offer many advantages for particle therapy, including the possibility for very fast pulse-by-pulse modification of the beam energy and beam intensity, small emittances, easy beam injection and extraction, and lower radiation protection requirements [Amaldi 2010, Myers 2019]. At the moment, there are several teams working on applications for proton and carbon ion therapy, developing pure linear acceleration design as well as hybrid approaches like cyclinacs. A cyclinac consists of a cyclotron acting as a pre-accelerator that injects the beam into a second-stage linear accelerator where the beam is further accelerated to the target energy.

Notable examples of current developments are the cyclinacs LIBO [Amaldi 2004] and CABOTO [Verdú-Andrés 2013] designed for proton and carbon ion therapy, respectively, the all-linear accelerators TOP-IMPLART [START_REF] Picardi | [END_REF]] and LIGHT [START_REF] Ungaro | [END_REF]], as well as the TULIP project [START_REF] Benedetti | [END_REF]] which proposes a 230-MeV proton linac mounted on a gantry.

Cyclotrons

Only a few years after Wideröe's linac, the first cyclotron was built by [START_REF][END_REF]Livingston in 1931 [Lawrence 1932]. In its most basic form, it consists of two hollow electrode chambers separated by a small gap which are placed in a uniform magnetic field created by two electromagnets located over and under the chambers (see Figure 3.12). Due to the shape of the chambers resembling that of a capital "D", they are often referred to as dees.

At the start of the acceleration process, the particles are injected into the centre of the gap between the dees where an alternating potential difference between the two chambers creates the accelerating field. As the particles begin to move, the magnetic field bends their trajectories such that they periodically pass through the gap, gaining more energy each time. This in turn increases the radius of the orbit causing the particles to spiral outwards until they reach the edge of the magnet where they are extracted.

In order to achieve an efficient acceleration, the frequency of the oscillating potential must be synchronised with the passage of the particles through the gap. This leads to the condition

f cyclotron = qB 2πmγ h, (3.20) 
where q and m are the charge and mass of the particle, B is the magnetic field strength, γ the Lorentz factor and h an integer called harmonic number [Wiedemann 2015]. For the acceleration of clinical protons, the cyclotron frequency usually lies between 50 and 100 MHz and typical values of B range from 2 to 3.5 T, although superconducting magnets yielding up to 9 T are also being considered [Jongen 2010b, Schippers 2012].

As long as the Lorentz factor stays more or less constant, i.e. γ ≈ 1, f cyclotron can remain fixed which implies, however, that the achievable beam energies of this simple design are restricted to the non-relativistic regime. For proton beams this corresponds to a maximum energy of 20-30 MeV [Schippers 2012]. One approach to reach higher energies thus consists in adapting the cyclotron frequency and slowing down f cyclotron as γ increases. This is the idea behind so-called synchrocyclotrons which have been popular until the second half of the 20th century. A drawback of this method is that it produces pulsed beams where particle bunches exit the accelerator at the rate of the modulation frequency (typically around 1 kHz) [Schippers 2012].

More modern machines, called isochronous cyclotrons, overcome this issue by keeping f cyclotron constant and varying the magnetic field B instead. In order to satisfy equation (3.20), B must increase as γ increases, i.e as the radius of the particle trajectory increases. This can be achieved by decreasing the distance between the magnet poles towards the edge of the accelerator or by exploiting saturation effects in the iron yoke [Schippers 2012]. An advantage of this approach is that the final beam is quasi-continuous.

The output energy of a cyclotron is determined by the size and strength of its magnet which are often limited by its cost and weight. The magnetic field is usually kept constant which results in a fixed output energy and the need of a so-called energy selection system (ESS) outside of the accelerator to control the beam energy. Such systems typically use an adjustable degrader that scatters and attenuates the beam. The degrader is usually made from graphite and consists of several wedges that can move in and out of the beam path. Alternatively, it can be designed as a rotating wheel of blocks of different thickness. While degradation of the beam can lower its energy, it also significantly increases the energy spread. The desired energy must therefore be filtered out using a combination of a deflecting dipole magnet and a moveable slit collimator.

The main advantages of cyclotrons are their relative simplicity, comparatively small footprint and their ability to produce quasi-continuous beams at output currents of more than 300 nA [Flanz 2013]. Shortcomings are mostly related to the ESS which introduces beam losses and deteriorates the emittance. Moreover, components that scatter or block the beam become radioactivate during operation which results in more complex requirements in terms of radioprotection and decommissioning.

In a medical context, cyclotrons are presently used only with protons where the (maximum) output energy typically ranges from 220 to 250 MeV [PTCOG]. Nonetheless, a cyclotron capable of accelerating ions up to 12 C to a maximum energy of 400 MeV/nucleon has recently been developed [Jongen 2010a] and is planned to start operation at the new particle therapy centre in Caen, France by 2023 [PTCOGb].

Other advances mainly concern the reduction of the size and weight of cyclotrons through the use of superconducting magnets. An interesting example in this context is the Mevion S250 proton therapy system which features a superconducting in-room synchrocyclotron that weighs less than 20 t and which can therefore be directly mounted onto a gantry [Farr 2018b, Prusator 2017]. 

Synchrotrons

The synchrotron concept was first proposed in the 1940s by Veksler [Veksler 1945] and McMillan [McMillan 1945] with the first machine having been built by [START_REF] Goward | [END_REF][START_REF] Goward | Experimental 8 Mev. Synchrotron for Electron Acceleration[END_REF]]. Today, it represents the main workhorse of high energy physics and the currently most powerful accelerator in the world, the LHC at CERN, is a synchrotron that can reach beam energies of several TeV. Apart from this, synchrotrons are used to accelerate clinical proton and ion beams (as of 2020, all carbon ion therapy centres use synchrotrons [Owen 2016, PTCOG]) and electron synchrotrons can be used to generate high-intensity X-rays for various biomedical applications (e.g. at ESRF in Grenoble or SOLEIL in Saint-Aubin).

A synchrotron consists of an evacuated beam pipe that forms a closed, ring-like arrangement (a so-called lattice) containing one or more RF acceleration cavities as well as several dipole, quadrupole and sextupole magnets. As mentioned in section 3.1.3, the dipole magnets bend the beam orbit into a closed loop while quadrupole and sextupole magnets are used for beam focussing and correction of chromatic aberrations. A schematic of a synchrotron lattice used for proton therapy is shown in Figure 3.13.

In contrast to cyclotrons, the beam does not start directly in the synchrotron lattice itself but instead gets injected from a pre-acceleration system which for medical applications typically consists of the ion source and one or two linear accelerators [Schippers 2012]. For the main acceleration process, the beam circulates many times (∼ 10 6 revolutions) inside the synchrotron, gaining energy each time it traverses an RF cavity.

The path length in a synchrotron is constant for every revolution. Thus, the field strength of the magnets must be ramped up as the beam energy increases. While this allows to accelerate the beam directly to the desired target energy, it also implies that only one particle bunch at a time can be accelerated. Synchrotrons thus operate with pulsed beams that are ejected in so-called spills [Schippers 2012]. A spill starts with the injection of the particles from the pre-acceleration system, followed by the main acceleration which ususally takes about 0.5 s. Once the target energy is reached, the beam is slowly and continuously extracted over a period ranging from 0.5 to 5 s, leaving enough time to perform scattering or scanning techniques in the treatment room. Finally, the magnets are ramped down and residual particles are decelerated and dumped in order to reset the synchrotron for the next spill [Schippers 2012]. The whole process is schematically summarised in Figure 3.14.

Compared to cyclotrons, clinical synchrotrons exhibit several advantages: Due to the fact that the beam energy can be controlled directly, without the need for an ESS, synchrotrons generally produce beams with lower emittances and reduced energy spreads. Moreover, they can deliver a more uniform output current across the full energy range and do not require beam collimators which, compared to cyclotron facilities, leads to a significant reduction of radioactivity levels [Hiramoto 2007]. On the other hand, synchrotrons have considerably larger footprints with lattice diameters ranging from 5 to 40 m, not including potential extra space requirements for the pre-accelerator. The minimum radius of the accelerator ring is constrained by the maximum design energy and the strength of the bending dipoles. The latter cannot really be improved with superconducting magnets as these are not suitable for fast ramping [Owen 2016, Schippers 2012].

Recent developments for clinical synchrotrons mostly concern the slow repetition rate related to the second-long spills. Approaches to overcome this limitation include energy-adjustment (reduction) during extraction as well as concepts for fast-cycling synchrotrons yielding a spill frequency of 15-30 Hz [Myers 2019, Owen 2016]. Another approach is to exploit the slow extraction scheme for respiratory-gated radiotherapy [START_REF] He | [END_REF], Tsunashima 2008].

Novel concepts for acceleration of clinical particle beams

Fixed-field alternating gradient accelerators

The term fixed-field alternating gradient accelerator (FFAG or FFA) refers to a general design concept that, despite being around since the 1950s, has only recently gained attention for applications in hadron therapy [Myers 2019, Sheehy 2017]. Similar to synchrotrons, FFAGs consist of a closed circular lattice of bending magnets and use modulation of the RF frequency during acceleration. However, instead of ramping up the bending magnets as the particle energy increases, the field remains constant throughout the whole acceleration process. In order to ensure stable particle orbits at all energies, FFAGs must therefore use magnetic field configurations with strong radial gradients that are arranged as an alternating sequence of focussing and defocussing magnets [Craddock 2008]. Additionally, the polarity of the magnetic fields typically also alternates, i.e. a magnet bending the beam inwards is followed by an outward-bending magnet.

Depending on the shape of the particle orbits, and thus the requirements on the magnetic fields, one distinguishes two types of FFAGs: scaling, where a complex field configuration leads to similarly shaped ("scaling") orbits at all energies, and non-scaling, where simpler linear field gradients are used and the shape of the particle orbits is allowed to vary [Sheehy 2017]. Figure 3.15 illustrates these concepts.

The main advantages of FFAGs are their large acceptance, both in terms of energy and emittance, and their use of fixed magnetic fields which makes them suitable for superconducting technology [Owen 2016]. FFAGs present a more flexible accelerator than cyclotrons that can readily accelerate also heavier ions and reach higher beam energies while simultaneously offering much faster repetition rates than synchrotrons of up to 1 kHz. Taken together, these points allow for high beam intensities combined with very fast energy switching and possibly even change of ion species between beam pulses [Sheehy 2017].

Disadvantages of FFAGs are mainly related to their large size and weight (in particular for scaling FFAGs), their comparatively complex design and construction requirements and challenges related to the beam injection and extraction [START_REF] Schippers | [END_REF]]. Although several machines have been built for demonstration purposes, there are presently no clinical facilities using FFAGs and most design and prototyping projects have been discontinued [Myers 2019, Owen 2016].

Dielectric wall accelerators

A dielectric wall accelerator (DWA) is a special form of a linear accelerator consisting of high-gradient insulator disks alternating with thin sheets made of a conductive material that are connected to high voltage switching units (so-called Blumleins). When the particle beam is injected into the accelerator, short laser pulses trigger photoconductive switches to turn on the Blumleins at the right time, thus creating a fast moving electric field that accelerates the particles [Myers 2019]. Figure 3.16 schematically summarises this concept.

The use of high-gradient insulators makes it possible to achieve field gradients of up to 100 MV/m which, compared to traditional linacs, allows to significantly reduce the length of the accelerator. A DWA could accelerate clinical proton beams over a distance of only about 2 m which would open up new possibilities e.g. for proton accelerators mounted onto robotic arms [Flanz 2013]. While a first prototype constructed in the early 2010s has shown to reach gradients of 20 MV/m, research activity has since been discontinued [Myers 2019]. 

Laser-driven particle acceleration

Similar to DWAs, laser-driven acceleration also seeks to increase acceleration efficiency through the use of very high field gradients which in this case can theoretically exceed 1 GV/m [Owen 2016]. For the approach of target normal sheet acceleration, the backside of a thin target foil is illuminated with short pulses of a powerful laser which creates a plasma field and causes the electrons to emerge from the front surface of the foil. This creates an intense electrostatic field which pulls out and accelerates the actual beam particles (typically protons). Another approach, called radiation pressure acceleration, uses larger laser fields to turn the entire foil into a plasma.

A crucial advantage of laser-driven systems is that conventional particle beam transport lines involving heavy electromagnets could be replaced by much lighter laser-guiding solutions. Such optical systems are easier to align, require less radiation shielding and could open up the possibility for lighter and smaller gantry designs. On the other hand, there are still many technical problems to overcome, in particular regarding the large energy spectrum of the emerging particles as well as the generation of clinically relevant beam energies and intensities [Myers 2019].

A promising project in this context is the Laser-hybrid Accelerator for Radiobiological Applications (LhARA) which is currently being developed at Imperial College London, UK [START_REF] Aymar | [END_REF], Kurup 2019]. This machine is designed to accelerate protons as well as heavier ions in two stages delivering maximum proton beam energies of 15 and 127 MeV, respectively. First simulations have shown that LhARA could provide beams with exceptionally small emittances which makes this accelerator concept particularly attractive for the generation of clinical proton minibeams (see also section 6.2).

Delivery of clinical particle beams

After the acceleration of the beam, a critical part of proton and ion therapy is the delivery of the dose to the patient. This includes the physical transport of the beam to the treatment room but also the method of administering the prescribed dose. This section presents the different stages of a clinical beam delivery system and describes the common delivery techniques used in modern proton and carbon ion therapy. 

Beam delivery systems

A clinical beam delivery system consists of several stages: First, the beam must be transported to the treatment room which is the job of the beam transport system. The treatment room then often contains (or is contained in) a gantry which allows to rotate the beam around the patient and irradiate from different angles. Finally, in the last stage of the delivery system, the so-called nozzle, the beam is shaped and adjusted according to the treatment plan. The following paragraphs describe each of the three stages in more detail.

Beam transport systems

The beam transport system (BTS) connects the accelerator to the beam outlet in the treatment room where the patient is irradiated. Hadron therapy facilities usually have only one accelerator which is very large and heavy and which, for reasons of radiation protection, needs to be housed in a separate, well-shielded bunker. Thus, in order to economically optimise its use, there are often multiple treatment rooms which are all supplied by the same accelerator [Owen 2016]. An example of such a multi-room facility is shown in Figure 3.17.

The main purpose of the BTS is therefore to distribute the beam using switch yards and transport it to the currently active treatment room. This is done in an evacuated beam pipe and with a series of dipole magnets to change the beam direction. Moreover, quadrupole magnets may be used for longer transport lines to refocus the beam and maintain a small transversal size. An important requirement for beam transport is achromaticity, i.e. tolerance to small deviations from the design beam energy, which is best achieved using symmetric beam optics wherever possible [Schippers 2013].

When a cyclotron is used as the accelerator, another task of the BTS is to modify the beam energy via an ESS as described in section 3.2.2. Moreover, the beamline often features multiple beam diagnostics checkpoints where beam properties like the position, size, current and halo are measured and beam losses can be monitored. Devices used in this context include mainly air-or nitrogen-flushed ionisation chambers to determine position-, size-and intensity-related quantities or insertable multileaf faraday cups to measure the beam energy and momentum spread [Dölling 2007]. 

Gantries

In EBRT, gantries are often employed to move the radiation outlet around the patient and thus enable irradiation from different angles. Such a gantry consists of an arm that can rotate about a horizontal axis and a treatment head or nozzle at the end of the arm, from which the final beam emerges. As the gantry rotates, the treatment head or nozzle is always pointing at a fixed position along the rotational axis which is known as the isocentre [Khan 2014].

The comparatively small and lightweight electron linacs used for conventional X-ray or electron therapy are often mounted directly onto the gantry arm. At its end, one or multiple bending magnets deflect the beam into the treatment head and towards the patient. In the treatment head, the electron beam can either be further collimated for electron RT or collided into a an X-ray target for conventional photon RT [Khan 2014]. The entire gantry measures only a few metres and usually fits into the treatment room.

Gantries for particle therapy are generally much larger and only contain the beam tube and nozzle. This is due to the significantly greater mass of protons and ions which require stronger magnets and larger bending radii [Myers 2019]. At the entrance of the gantry, the beam arrives in a direction parallel to the rotational axis of the gantry from which it is bent away by an initial magnet. The beam may then travel for a further distance before being bent towards a direction perpendicular to the gantry axis, pointing at the isocentre [Schippers 2013]. This principle is illustrated in Figure 3.18 which shows a schematic of such a gantry along with the typical dimensions arising for proton therapy.

An important factor contributing to the radius of a particle therapy gantry is the source-to-axis distance (SAD) which describes the distance from the isocentre to the virtual beam source located at the position of the scanning magnets [START_REF] Schippers | [END_REF]]. In particular for delivery techniques using magnetic beam scanning (see next section), an SAD of at least ∼ 1.5-2.5 m is usually required to maintain a small beam inclination even at the largest scanning angles and to achieve reasonably large field sizes. Typical proton gantries therefore exhibit an overall radius of 4-5 m and a length of 8-10 m while gantries for heavier ions can require radii of 7.5 m and lengths of up to 19 m [Myers 2019[START_REF] Schippers | [END_REF].

Current advances in gantry design mostly deal with the reduction of the footprint, volume and weight, for example through the use of superconducting magnets or by limiting the range of the gantry rotation angle [Pearson 2014[START_REF] Schippers | [END_REF]]. This could reduce the cost of the gantry and thus make it more affordable also for smaller particle therapy centres. Other developments concern the increase of the energy acceptance of the gantry, e.g. using the alternating-gradient concept (cf. FFAG accelerators, section 3.2.4) [Wan 2015]. Lastly, there are also plans for a fixed, toroidal gantry that uses static magnetic fields [Felcini 2020]. Instead of mechanically rotating the gantry, the irradiation angle is chosen depending on the point where the beam enters the gantry which can be adjusted using simple scanning dipole magnets.

Nozzles

The final part of a clinical proton or ion beamline consists of several elements that shape and prepare the beam for the treatment and monitor the beam parameters. Together, these elements form the so-called nozzle [Schippers 2013]. Depending on the exact beam delivery technique (see next section), a nozzle can be more or less complex and may contain very different components.

Nozzles used for scattering techniques usually contain one or more scatterers, collimators, elements used for energy modulation (e.g. range modulator wheels or ridge filters) as well as range shifting components (range shifters and compensators). Collimators and range compensators typically need to be placed as close as possible to the patient in order to maintain a neat field edge and sharp penumbras. They are therefore often mounted on an retractable snout which gives more flexibility to adapt the collimator position depending on the patient anatomy and tumour location.

Scanning nozzles mainly consist of different magnets for beam focussing (quadrupole magnets) and scanning (dipole magnets), however, there are designs where the magnets are located further upstream in the gantry, allowing to reduce the gantry radius while maintaining a long SAD [Pearson 2014, Pedroni 2004].

Some manufacturers also offer so-called universal nozzles which allow to switch between passive scattering and pencil beam scanning techniques [De Marzi 2019b, Lin 2013]. In all cases, monitoring devices for the dose rate and beam position must be present to ensure the accuracy and safety of the irradiation. Ionisation chambers are usually used for this since they perturb the beam only minimally and simultaneously provide data on its position as well as the beam flux from which the dose rate can be inferred.

Finally, modern nozzles often also include devices for in-room imaging like X-ray equipment for radiographies [Rana 2019] or more elaborate cone beam computed tomography solutions [Landry 2018]. Moreover, research is currently being devoted to MRIguided approaches which may require the integration of an MRI-scanner into the nozzle [START_REF] Oborn | [END_REF], Schellhammer 2018].

Beam delivery techniques

The beam arriving from the accelerator to the treatment room is generally not suitable for direct delivery of the treatment plan: Firstly, the lateral beam profile usually follows a Gaussian distribution with a standard deviation of the order of one centimetre which is too small for the irradiation of bigger targets and secondly, the energy spread of the beam particles is too small to generate SOBPs. Thus, the beam must first be prepared for the dose delivery for which two main strategies are distinguished: The beam is either laterally widened, flattened and collimated to fit the cross-section of the tumour (passive scattering) or the beam is magnetically scanned across the target volume (active scanning). Moreover, there exist hybrid techniques combining aspects of both scattering and scanning which are, however, rarely used in practice. The following paragraphs discuss each of these techniques in more detail. 

Passive scattering

The idea behind passive scattering is to enlarge, flatten out and trim the beam in order to homogeneously irradiate the whole cross-section of the tumour. For this, the beam is broadened laterally by scatterers made of high-Z materials. Scattering can happen in one or two stages (single scattering or double scattering) where the first scatterer is typically a flat foil made of lead or tantalum while the second scatterer can have a more elaborate shape. The scattered beam is then routed through a collimator in order to trim off the edges and retain only the laterally homogenous part of the beam. Figure 3.20 illustrates this concept and shows different scattering mechanisms.

Single scattering with flat scatterers has the advantage that very sharp lateral penumbras can be obtained. However, the scattered beam still has a Gaussian profile and therefore only the central part of it can be used for the treatment. Consequently, this technique is comparatively inefficient and yields only relatively small field sizes of 7 cm. It is mainly used for intracranial surgery and to treat ocular tumours [Slopsema 2012].

A way to increase the efficiency as well as the field size is double scattering, where a flat first scatterer spreads the beam out onto a second scatterer with a more complex shape. Several layouts exist for the second scatterer. Most frequently used are contoured scatterers which have an increased thickness towards the centre in order to enhance scattering of the central protons. The differences in thickness lead to variations in energy loss which must be compensated in order to maintain a homogeneous range across the entire cross-section of the beam. This is achieved by adding an appropriately shaped layer of low-density materials (plastic) which can attenuate the beam without introducing much extra scattering.

Another approach uses dual ring scatterers which consist of a flat central scattering disk made from high-Z material surrounded by a thicker scattering ring made from a low-Z material. This produces a wide central Gaussian inside an annulus-like distribution which also yields a uniform profile at the patient. Yet another method works with occluding rings, where protons from the centre of the beam are blocked instead of scattered. While this also leads to a uniform lateral profile, it reduces the beam flux and is therefore less efficient [Slopsema 2012]. Figure 3.20 illustrates the mentioned scattering techniques.

Different techniques are conceivable to create the SOBP and ensure a longitudinally homogeneous irradiation of the tumour. Adjusting the energy at the accelerator level, so-called energy stacking, is the most straightforward concept, but it is rarely applied in passive scattering due to technological challenges. The most commonly used approach 127 Beam Delivery Using Passive Scattering generating high production of secondary neutrons, spreading using a flat scatterer (single scattering) is limited to small fields with a diameter typically not exceeding ~7 cm. Besides its simplicity, the advantage of a single flat scatterer over more complex scattering techniques is the potential for a very sharp lateral penumbra. Most of the scattering occurs in a single location limiting the angular diffusion of the beam. Especially if the scatterer is placed far upstream of the final collimator, a very sharp lateral penumbra can be achieved. The field size limitation and sharp dose falloff make single scattering ideal for eye treatments (2-8) and intracranial radiosurgery (9).

Typically the scatters are made of high-Z materials, such as lead or tantalum, providing the largest amount of scattering for the lowest energy (range) loss. A scattering system that allows variation of the thickness of the scattering material can be used to maintain scattering power for varying proton energy. An example of such a system has a binary set of scatterers (with each scattering foil double the thickness of the previous) that can be independently moved in or out of the beam path.

Contoured Scatterer

A better efficiency can be achieved by scattering more of the central protons to the outside and creating a flat profile (Figure 5.1B). The shape of a contoured scatterer, thick in the center and thin on the outside, has been optimized to do this (10,11). Typically a flat scatterer (first scatterer) spreads the beam onto the contoured scatterer (second scatterer) that flattens out the works with range modulator (RM) wheels which are fast rotating disks made of low-Z materials with steps of varying size and thickness (Figure 3.21a). Each step of the wheel corresponds to one pristine Bragg peak where the thickness of the step defines the desired range while its width determines the intensity of the peak. When the wheel spins, larger steps let more particles pass giving that Bragg peak a bigger weight in the SOBP.

RM wheels produce sequentially constructed SOBPs while simultaneous construction can be achieved with ridge filters (Figure 3.21b). Ridge filters are parallel or spiral arrangements of bars with a tapered, stepped profile. Protons incident near the tip have to transverse more material, get attenuated more and consequently contribute to the most proximal Bragg peaks while protons passing between the ridges will form the most distal peak.

Finally, in order to limit unnecessary irradiation of normal tissue, the beam edges are laterally cut off with a collimator or aperture. These are several centimetre-thick slabs of brass or cerrobend with openings machined into them matching the cross section of the tumour. The beam can furthermore be conformed to the distal edge of the tumour using a range compensator made of low-Z materials like wax or lucite to attenuate certain parts of the beam (Figure 3.21c). Both, collimator and range compensator must be created specifically for each tumour and irradiation angle. In order to minimise deterioration of the beam penumbras, they are mounted on the so-called snout which is then brought very close to the patient's skin. Multileaf collimators which are commonly used in X-ray RT may present a more flexible alternative to rigid collimators. However, in practice they are rarely applied for particle therapy as they tend to slightly degrade both the beam penumbra and dose distribution [Daartz 2014]. The geometry of a typical double scattering nozzle is summarised in Figure 3.19.

Active scanning

Active scanning is a more recent technique where the idea is to sequentially irradiate the tumour with small beams which are moved across the target volume. These beams are often called pencil beams which is why this method is also commonly referred to as pencil beam scanning or particle beam scanning (PBS). The transverse scanning of the beam can in principle be accomplished through mechanical motion, magnetic deflection or a combination of the two [Flanz 2012]. In practice, however, it is almost always done using a pair of dipole magnets that deflect the beam along the horizontal and vertical direction, respectively. Movements in the longitudinal direction, i.e. adjustment of the Bragg peak depth, are usually done by changing the beam energy at the level of the accelerator (or ESS), although the use of RM wheels or ridge filters is possible.

As a consequence, PBS nozzles are much simpler than scattering nozzles and principally consist only of a pair of quadrupole magnets for refocussing of the beam followed by a pair of dipole magnets for beam scanning. Additionally, a PBS nozzle often includes one or more ionisation chambers which are used to monitor the beam during treatment. In some cases such as superficial tumours, it may further be beneficial to also use range shifters, ridge filters or range compensators [Flanz 2012]. Figure 3.22 shows a schematic of a generic PBS nozzle.

The major advantages of PBS nozzles are the flexibility and precision they provide. In contrast to passive scattering which uses patient-specific collimators and range compensators, usually no custom hardware is required for PBS. Due to the absence of beam scatterers and collimators, this technique is also more efficient and causes less activation in the nozzle components making this technique favourable from the standpoint of radioprotection. Moreover, the delivery of very complex and three-dimensionally conformal dose distributions is possible, enabling so-called intensity-modulated proton therapy (IMPT). For this, the target volume can be broken down into a grid of small voxels according to which the dose is optimised and adjusted. The spatial resolution of these voxels is defined by the size of the pencil beam. Typical beam widths range from 5 to 20 mm FWHM at the skin which increase by a few millimetres as the beam propagates in the patient [De Marzi 2019b, Pedroni 2004].

While active scanning offers many advantages compared to passive scattering, it comes at the cost of irradiating the tumour sequentially which makes this method more susceptible to target motion. A common approach to mitigate such issues is called repainting where the full dose is delivered in multiple iterations of scans across the whole tumour, averaging out imprecisions and fluctuations due to periodic organ motion.

Uniform scanning and beam wobbling

Some facilities use hybrid solutions that combine aspects of both scanning and scattering, as shown in Figure 3.23. For uniform scanning the beam is first broadened with a single scatterer before being laterally scanned across the target with dipole magnets. This happens with a constant frequency and without changing the beam intensity as to create a uniform, quasi-rectangular dose distribution [Zheng 2017]. Beam wobbling works the other way around, using magnets to replace the first scatterer and to spread the beam out onto a flat scattering foil. For this, a pair of high-frequency wobbling magnets is used to move the beam around in a circular orbit across the surface of the scatterer, thus generating a pseudostationary broad beam [Noda 2016]. In both cases, modulation of the Bragg peak position is achieved with passive methods using RM wheels or ridge filters. In these first three chapters, the basic concepts of RT and beam physics were introduced and some of the characteristic features of proton and ion therapy were discussed. Moreover, the principles of SFRT were described and the motivation for MBRT with heavy charged particles as well as the challenges related to minibeam generation were explained. The following chapters will present the work I performed during my PhD, starting with an overview of the materials and methods.

Chapter 4

Materials and methods

This chapter describes the tools and settings used in the studies conducted during my PhD thesis. It is divided into three parts: First, a general introduction of the Monte Carlo method is given (section 4.1.1), the softwares used to perform the simulations are briefly presented (section 4.1.2) and the simulation settings are described (section 4.1.3). Then, several core concepts related to the beam size and the term minibeam are defined (section 4.2) and lastly, a few preliminary studies are presented which were conducted to test the simulation softwares and to determine the best way for representing magnetic fields (section 4.3).

Monte Carlo simulations

The Monte Carlo method

Monte Carlo (MC) methods form a class of problem solving techniques that use statistical sampling to determine a numerical result. Usually, this involves a mathematical model with one or more probability density functions from which values are randomly sampled [Harrison 2010]. The method is often applied for problems where analytical treatment is very complex or even impossible or in cases where experiments are impractical, not feasible or too expensive. The term "Monte Carlo" refers to the casino of the same name in Monaco and was given in reference to the inherently random quantities utilised by this method.

The concept of the modern MC method was developed by Ulam and von Neumann in the 1940s and was originally used to investigate neutron diffusion in atomic bombs [Eckhardt 1987]. Instead of explicitly solving analytical equations, their idea was to simulate the histories of many individual particles and to record certain properties and behavioural aspects along the particle trajectories. Each primary particle starts with initial values (position, velocity, energy, etc.) that were randomly sampled from a predefined distribution. The particle is then transported through a given geometry in several steps separated by collision events or the crossing of material interfaces. Parameters like the distance of free propagation, type of collision and collision outcome (e.g. scattering, absorption or production of secondary particles) but also changes of particle properties (e.g. energy loss), are all determined according to an underlying physical model which usually involves several probability distributions. The simulation of a particle ends when it leaves a predefined volume, when it gets absorbed or when its energy falls below a certain threshold. A complete particle history includes the primary particle as well as all associated secondary particles (and tertiary particles, etc.) that are created along its trajectory.

The aim of MC simulations is usually to determine the values of stochastic quantities (e.g. dose, size of a scattered beam, probability for certain reaction products to occur) by accumulating the data for a large number of simulated particles. It should be noted that while the MC method does not yield exact solutions, its result will approach the true value as the number of simulated particles is increased (provided that the underlying model and input values are valid and an appropriate random number generator is used).

Today, MC simulations are routinely applied in many different fields including various branches of physics, engineering, climate modelling, computer graphics and finances [START_REF] Carmona | [END_REF], Kajiya 1986, Mitchell 2017]. In medical physics, they are used for instance to simulate dose distributions, aspects of radioprotection, beam transportation and radiation detection as well as for the simulation of radiation emission devices [Amato 2013, Rogers 2006]. Since their first applications in the 1960s and 70s [Berger 1963, Berger 1975], MC simulations have become a central tool for research and development in medical physics as well as treatment planning. An example further underlining its importance is the formation of a task group on MC treatment planning commissioned by the American Association of Physicists in Medicine [Chetty 2007].

Today, several different MC codes are applied in medical physics. The most commonly used softwares include EGS [Nelson 1985], MCNP [Forster 1985], FLUKA [Böhlen 2014] and Geant4 [START_REF] Agostinelli | [END_REF]] with two popular Geant4 derivatives for medical physics being GATE [START_REF] Jan | GATE V6: a major enhancement of the GATE simulation platform enabling modelling of CT and radiotherapy[END_REF]] and TOPAS [Perl 2012].

Softwares

The main part of the studies presented in this thesis was performed with the Geant4-based simulation frameworks TOPAS and GATE. Auxiliary simulations were carried out with pure Geant4 as well as the commercial software Lorentz-3M. The following paragraphs briefly present each of these softwares and explain for which studies they were used.

Geant4

Geant41 is an open-source toolkit for MC simulations of the passage of particles through matter, including aspects of particle transport and interactions. It is widely used in high energy and nuclear physics as well as space and radiation physics [START_REF] Agostinelli | [END_REF]]. In the context of medical physics, it is applied in particular for particle beam physics, (micro-)dosimetry and radioprotection studies [Allison 2016]. The Geant4 simulations presented in this work were performed with version 10.03.p02.

Geant4 is designed in a modular way in order to increase flexibility and facilitate customisation. It follows the object-oriented programming paradigm and is organised according to classes. The simulation hierarchy distinguishes several core classes (nonexhaustive list) [START_REF] Agostinelli | [END_REF], Allison 2016]:

• A track is a "snapshot of a particle at a particular point along its path" [Allison 2016] and instances of this class can store particle properties like the current energy, momentum, position and mass.

• A trajectory represents a collection of tracks along the path of the particle.

• A step represents the evolution or change of a particle between two associated endpoints. It updates a track and stores the change in track properties.

• A process is the abstract class for any physical interaction (including simple transportation) that a particle can undergo. A step is limited by the process requiring the shortest interaction length in spacetime.

• A hit is the snapshot of a particle in a sensitive volume which is used to emulate detectors and enable the measurement of particle properties.

• A digitisation represents a detector output and can be created from one or more hits or other digitisations.

• An event represents the basic unit of a simulation and can contain information on primary vertices and particles, hits, digitisations and trajectories.

• A run is a series of events and represents the analogy of a basic experiment. A run starts with the execution of the "BeamOn" function and during a run the detector geometry and physics settings cannot be changed.

A Geant4 simulation is a C++ program that calls functions from the Geant4 library. For every simulation, the user is required to specify at least the simulation geometry (including sensitive volumes for detectors), a particle source and a so-called physics lists which describes all physical processes that should be considered in the simulation. The geometry is contained in a world volume and can be built with predefined primitive solids or by importing models created with another CAD2 software. A geometrical component must have a material assigned to it which can be chosen from a database of predefined materials or constructed by specifying its chemical composition (element or isotope content) and physical properties (density, temperature, physical state, etc.). Furthermore, electric of magnetic fields may be attached to individual volumes as well as the world volume.

An important part of a Geant4 simulation is the construction of the physics list which defines all particles and interaction processes available in the simulation. It must be chosen according to the simulated scenario and relevant energy regime in order to provide the best compromise between accuracy and performance. While Geant4 allows the integration of custom processes, it already includes a comprehensive collection of reference physics lists, compiling state-of-the-art particle physics models and cross-sections covering an energy range from 0.1 keV to 10 PeV [Allison 2016]. These lists are organised in different modules describing for instance electromagnetic interactions, elastic and inelastic hadronic interactions, particle decays and particle capture processes.

Validation and regression tests of new versions of the toolkit are regularly performed by the Geant4 collaboration and a central repository compiling the results is available online [Geant4 val, Wenzel 2015]. Moreover, benchmarking and validation studies were performed for applications in radiation therapy [Bolst 2017, Chen 2019, Dudouet 2014, Grevillot 2010, Lazarakis 2018, Makarova 2017, Pinto 2016, Poon 2005, Pshenichnov 2008, Thiam 2008[START_REF] Wulff | [END_REF][START_REF] Jarlskog | [END_REF]] and the Geant4 Medical Physics Benchmarking Group is currently developing an automatised testing system for medical physics applications [Geant4 MSBG].

During my thesis, I used pure Geant4 only in the context of the preliminary simulations evaluating the different models for quadrupole magnets (section 4.3) where the Geant4 simulations served as a reference to which the results of the TOPAS simulations could be compared.

GATE

GATE (Geant4 Application for Emission Tomography) 3 is an open-source software developed and upgraded by the OpenGATE collaboration that is based on Geant4 and dedicated to MC simulations in medical imaging and radiotherapy [START_REF] Jan | GATE V6: a major enhancement of the GATE simulation platform enabling modelling of CT and radiotherapy[END_REF], Sarrut 2014]. The GATE simulations presented in this work were performed with GATE version 8.0 and Geant4 version 10.03.p01.

GATE extends the Geant4 toolkit by several features that are frequently used in simulations in medical physics, most notably the concept of actors which represent classes that enable interactions with the simulation. Common examples are actors for measuring and recording particle properties such as the deposited dose, the LET or the production of secondary particles. Moreover, GATE provides a user interface where simulations can be defined through simple macro files specifying the geometry, particle source, physics list and desired output data (actors). Compared to pure Geant4, this significantly facilitates the construction of simulations as it is no longer required to write and compile a complete C++ program.

Validation tests performed for Geant4 can mostly be considered applicable to GATE as well, due to the shared physics and simulation kernel. Apart from the aforementioned tests, there have been several studies dedicated to GATE applications for hadron therapy [Grevillot 2012, Grevillot 2015[START_REF] Jan | GATE simulation of 12C hadrontherapy treatment combined with a PET imaging system for dose monitoring : A feasibility study[END_REF], Padilla-Cabal 2020[START_REF] Resch | [END_REF], Robert 2013[START_REF] Zarifi | [END_REF]].

During my thesis, I used GATE for the studies comparing helium and proton MBRT (chapter 7) which also involved the assessment of LET profiles. The choice of GATE was motivated by the fact that the framework includes a general actor to record LET distributions whereas the analogous module in TOPAS only measures the LET of primary and secondary protons.

TOPAS

TOPAS (TOol for PArticle Simulation)4 is another Geant4-based MC simulation platform targeted at applications in radiation therapy [Perl 2012]. It was originally developed by a collaboration of the SLAC National Accelerator Laboratory, the Massachusetts General Hospital and the University of California at San Francisco and is currently distributed by TOPAS MC Inc. While user licenses are free for educational and research purposes, the source code is not freely available. The majority of simulations presented in this work were performed with TOPAS using versions 3.1.p3 and 3.2.p2.

Similar to GATE, TOPAS extends Geant4 by several actor classes (which are called scorers in TOPAS) as well as a high-level macro language that lets the user define simulations by specifying the geometry, particle source, physics list and actors. A distinct feature of TOPAS is the possibility to include electromagnetic fields and restrict them to individual components of the simulated geometry. In contrast to this, the latest stable version of GATE (8.2 as of the writing of this manuscript) only allows the definition of electromagnetic fields extending throughout the entire world volume. For the studies presented in this thesis, it was important to properly simulate the effects of magnetic quadrupoles and dipoles which motivated the choice of TOPAS for the majority of the simulations. As for GATE, validation tests of Geant4 can also be considered applicable to TOPAS but there are several studies specifically aiming at validating TOPAS [Huang 2018, Liu 2019, Perl 2012[START_REF] Perl | Formal quality control for a proton Monte Carlo system in radiation therapy[END_REF][START_REF] Shin | [END_REF], Testa 2013].

TOPAS was used in the preliminary studies evaluating the different quadrupole models (section 4.3) and for all simulations presented in chapters 5, 6 and 8.

Lorentz-3M

Lorentz-3M5 is a commercial software that can compute magnetic field configurations according to user-defined boundary and initial conditions. The user can design geometries using CAD tools (or import an existing geometry in a CAD format), set materials of individual volumes and define electric currents flowing through selected parts of the geometry. In contrast to the previously described codes which are based on the MC method, Lorentz uses boundary element methods [Constanda 2016] and finite element methods [Reddy 2006] to solve Maxwell's equation for given initial and boundary conditions and compute the resulting three-dimensional configuration of the magnetic field.

Moreover, Lorentz-3M allows to simulate the trajectories of charged particles in these fields using solvers for ordinary differential equations (supported solvers are three different Runge-Kutta methods as well as the Burlish-Stoer algorithm). It should be noted that particle-matter interactions are not considered in these simulations.

For this thesis, Lorentz was used to create a model of the quadrupole pair of the PBS nozzle at ICPO and to compute magnetic field maps for multiple quadrupole configurations (see section 4.3.1 for more details). Furthermore, proton trajectories were simulated to provide a reference for the initial comparison of the different quadrupole models (section 4.3).

Simulation details

This section presents general aspects of the Monte Carlo simulations performed with TOPAS and GATE. In particular, physics settings are listed and the used particle source types are explained.

Physics settings

The physics settings used for the GATE and TOPAS simulations were based on the recommendations and settings reported in the literature. For simulations performed with GATE, the physics settings followed those of Grevillot et al. [Grevillot 2010, Grevillot 2011] up to corrections related to the newer versions of GATE and Geant4. Concretely, the list builders emstandard_opt3 and QGSP_BIC_HP were used for electromagnetic and hadronic physics processes, respectively. The range cut for all particles was 1 mm in the world volume and 0.02 mm in the irradiation targets (cf. the values reported by Guardiola et al. [Guardiola 2020]).

For the TOPAS simulations, the physics settings were similar to the default settings which in turn are based on the recommendations for proton therapy simulations of Zacharatou [START_REF] Jarlskog | Physics Settings for Using the Geant4 Toolkit in Proton Therapy[END_REF]. The modular physics list type was used including the modules g4em-standard_opt3, g4h-phy_QGSP_BIC_HP, g4decay, g4ion-binarycascade, g4h-elastic_HP and g4stopping. The module g4radioactivedecay was added for the studies comparing the different minibeam generation techniques (chapter 8) as beam interactions in collimators and neutron production were considered. Analogous to the values reported by De Marzi et al. [De Marzi 2019b], the parameters EMRangeMin and EMRangeMax were set to 100 eV and 230 MeV, respectively, and the range cut for all particles was 0.05 mm, except for simulations of dose distributions (chapters 6 and 8) where the range cut was reduced to 0.01 mm to account for the small voxel sizes in the phantom. In both GATE and TOPAS simulations, the ionisation potential of water and air were 75 eV and 85.7 eV, respectively [Grevillot 2010, Guardiola 2020, Seravalli 2012].

Lastly, it should be noted that the default settings for the step integrator of magnetic fields were used in TOPAS simulations. A comparison of simulations performed with the default settings, ten times more precise settings and ten times rougher settings showed no discernible differences in beam focussing for the considered beam conditions.

Particle sources

TOPAS and GATE offer multiple particle source types which differ in the way that the initial particle properties are calculated and in the parameters required to define the particle source. As discussed in section 3.1.1, a particle beam is typically well-described by assuming that both, the particle position (x and y) and slopes of the particle momenta (x and y ), follow Gaussian distributions.

In TOPAS, such a beam can be generated using the emittance source type6 with the distribution attribute set to BiGaussian. In this mode, the emittance source requires the specification of six parameters (the corresponding quantities introduced in section 3.1.1 are given in parantheses):

• SigmaX: the standard deviation of the Gaussian describing the horizontal spread of the particles (σ x ).

• SigmaXPrime: the standard deviation of the Gaussian describing the angular spread of the particle slopes in the horizontal plane (σ x ).

• CorrelationX: the coefficient describing the correlation between x and x in trace space (r xx ).

• SigmaY: the standard deviation of the Gaussian describing the vertical spread of the particles (σ y ).

• SigmaYPrime: the standard deviation of the Gaussian describing the angular spread of the particle slopes in the vertical plane (σ y ).

• CorrelationY: the coefficient describing the correlation between y and y in trace space (r yy ).

Almost all TOPAS simulations presented in this work were performed using the emittance source type. The only exception are the simulations of the broad beam and collimator case (C+BB) in chapter 8 which required a uniform spatial distribution of the beam particles and which were performed using the beam source type7 . This source type allows to set the following parameters:

• BeamPositionDistribution: the distribution describing the spread of the particle positions; the option flat was used which produces a uniform distribution.

• BeamPositionCutoffShape: defines the shape given by the beam boundaries; a rectangular shape was used.

• BeamPositionCutoffX: the spatial extent of the beam along the x-axis (maximum x-coordinates).

• BeamPositionSpreadX/BeamPositionSpreadY: the spread of the spatial distribution (only relevant for Gaussian distribution).

• BeamAngularDistribution: the distribution describing the spread of the slopes of the particle momenta; a Gaussian distribution was assumed.

• BeamAngularSpreadX: the standard deviation of the Gaussian describing the angular spread of the particle slopes in the horizontal plane (σ x ).

• BeamAngularSpreadY: the standard deviation of the Gaussian describing the angular spread of the particle slopes in the vertical plane (σ y ).

• BeamAngularCutoffX/BeamAngularCutoffY: maximum allowed values of x and y , respectively.

The GATE simulations were all performed using the PencilBeam source type 8 which is very similar to the emittance beam source in TOPAS and which requires the specification of eight parameters:

• setSigmaX: the standard deviation of the Gaussian describing the horizontal spread of the particles (σ x ).

• setSigmaTheta: the standard deviation of the Gaussian describing the angular spread of the particle slopes in the horizontal plane (σ x ).

• setSigmaY: the standard deviation of the Gaussian describing the vertical spread of the particles (σ y ).

• setSigmaPhi: the standard deviation of the Gaussian describing the angular spread of the particle slopes in the vertical plane (σ y ).

• setEllipseXThetaEmittance: the beam emittance in xx -trace space (ε xx ).

• setEllipseXThetaRotationNorm: the rotation of the beam emittance in xx -trace space which corresponds to the sign of the correlation coefficient r xx ; possible values are "positive" for convergent beams and "negative" for divergent beams.

• setEllipseYPhiEmittance: the beam emittance in yy -trace space (ε yy ).

• setEllipseYPhiRotationNorm: the rotation of the beam emittance in yy -trace space which corresponds to the sign of the correlation coefficient r yy ; possible values are again "positive" and "negative".

In addition to the spatial and angular beam parameters mentioned above, every particle source in TOPAS and GATE also requires the specification of the particle type, beam energy and energy spread. The exact parameter values used for each simulation are mentioned in the respective chapters.

Beam size definitions

This section presents several definitions related to the beam size that are used throughout this thesis. In particular, the term minibeam is defined and the methods of beam size assessment and minimisation used in the MC studies are described.

Minibeam definition

There is no fixed definition of the minimum or maximum size of a minibeam in the literature. The FWHM typically ranges from 0.3-1 mm [Dilmanian 2015a, Meyer 2019], although smaller beam sizes of about 0.1-0.2 mm have also been referred to as minibeams [Girst 2016b]. Previous pMBRT experiments reported significant levels of normal tissue sparing as well as an increase of the therapeutic index for gliomas at a FWHM 1.1 mm near the target entrance [Lamirault 2020, Prezado 2017b, Prezado 2018, Prezado 2019]. This implies that the main intent of MBRT (to enhance the tolerance dose of normal tissue) can be definitely achieved with submillimetric beams which motivates the following definition applied throughout this thesis:

A minibeam is a beam where the FWHM of the transversal profile along the direction of its narrowest extension is ≤ 1 mm.

Another important aspect in this context is the beam divergence. A beam that satisfies the minibeam condition at a given point but then quickly broadens due to an excessive beam divergence will not be useful for applications in MBRT. Figure 4.1 compares the broadening of 100-MeV planar proton minibeams (width 1 mm FWHM, height 1 cm) in a water phantom for different values of the divergence ranging from 1 to 50 mrad. A beam energy of 100 MeV corresponds to a range of 7.7 cm (i.e. the worst-case scenario of a brain tumour located at the centre of the skull) and was also considered in the aforementioned experiments. The spacing of the minibeams (c-t-c distance 3.5 mm in all cases) was adjusted to result in approximate lateral dose homogenisation at the Bragg peak depth for divergences of 1 to 5 mrad.

The figure illustrates how a high minibeam divergence increases the beam broadening rate which in turn leads to an earlier rise of the valley dose as well as a decrease of the BEDR. For a divergence ≥ 25 mrad, homogenisation of the peak and valley doses occurs already at depths 5 cm and for a divergence for 50 mrad the BEDR of the peak profile drops below 1. In contrast to this, the minibeams with divergences ≤ 15 mrad exhibit lateral homogenisation starting at the proximal edge of the Bragg peak and a BEDR > 1.4.

It should be noted that the depth at which lateral homogenisation occurs in the highdivergence cases could be improved by increasing the c-t-c distance of the minibeams. Moreover, the exact values of the homogenisation depth and BEDR depend strongly on the beam energy, minibeam size and shape (planar or pencil-shaped). Nonetheless, the comparison presented in Figure 4.1 suggests that the minibeam divergence in the optimal case should be < 10 mrad with values up to 15 mrad being tolerable. On the other hand, minibeam divergences ≥ 25 mrad should be avoided for pMBRT.

Beam size assessment

As explained in section 3.1.1, the (transversal) size of a beam is a statistical concept that describes the distribution of the particle positions around the beam axis. Since this distribution can be assumed to be Gaussian9 for the beams considered in this thesis, the beam size will be stated either in terms of the standard deviation or the FWHM of the Gaussian.

The data obtained from experimental or simulated beam measurements comprises the xand y-coordinates of the particles, either in form of a list or as a two-dimensional histogram. The standard deviations of the particle distributions can be determined by fitting the (x, y)-data pairs with a two-dimensional Gaussian or by performing two onedimensional fits of the xand y-coordinates, separately. From experience, the second method is more accurate and numerically more stable which is why it was considered in all cases presented in this thesis.

There are generally two ways to extract one-dimensional profiles from the twodimensional data: Firstly, by considering a line profile diametrically across the beam spot and running through its centre and secondly by projecting the data onto an axis. The latter approach tends to be statistically more robust as more data points are considered. In general, care must also be taken regarding a possible rotation of the beam spot with respect to the beam axes which can lead to wrong results when assessing the one-dimensional beam profiles (see Figure 4.2). For the data evaluated in this thesis (measurements and simulations), rotations of the beam spot were found to be negligible.

All beam sizes presented in this thesis were assessed by fitting the projections of the beam data onto the coordinate axes (approach depicted in Figure 4.2c). Concretely, σ x was computed via a Gaussian fit of the x-coordinate data and σ y analogously with the y-coordinate data. Throughout this manuscript, the xand y-axes will be synonymously referred to as the horizontal and vertical axes or directions, respectively. Moreover, a shorthand notation for the associated beam sizes will be used: horizontal FWHM: hFWHM = 2.355 σ x vertical FWHM: vFWHM = 2.355 σ y

Beam size minimisation

One of the main topics of this thesis is the investigation of the focussing limits of a clinical PBS nozzle with the aim of generating minibeams. Mathematically, this means that the beam size at the target entrance needs to be minimised. In line with the aforementioned concepts, two minimisation approaches will be considered corresponding to planar and pencil-shaped minibeams (see section 2.5.3), respectively: unidirectional minimisation where either only the horizontal or only the vertical beam profile is minimised, and symmetric minimisation where the target is to obtain a minimal beam extension along all directions while keeping a more or less circular cross-section of the beam.

In order to quantitatively assess a minimum and compare different beam sizes, an according scalar quantity must be defined. For the unidirectional minimisation approach this quantity can simply be the horizontal or vertical beam size measure, i.e. σ x or hFWHM and σ y or vFWHM. The case of the symmetric minimisation is a little more complex as the quantity is required to take into account the two-dimensional beam spot extension as well as the eccentricity of the beam spot to assure a circular cross-section. A quantity taking both horizontal and vertical extent simultaneously into account is the area of the beam spot. However, a very eccentric ellipse might still yield a small area due to a very small size in only one of the directions. This problem can be fixed by multiplying the beam spot area with a weighting factor based on the ratios of the major and minor axes of the ellipse. Such a quantity is given for instance by

Ω := σ x σ y σ x σ y + σ y σ x = σ 2 x + σ 2 y . (4.1)
In summary, there are three different definitions for beam size minimisation considered throughout this thesis:

1) Beam with minimal extent in horizontal direction: minimise hFWHM.

2) Beam with minimal extent in vertical direction: minimise vFWHM.

3) Beam with minimal eccentricity-weighted beam spot area: minimise Ω.

While the first and second definitions are considered separately for numerical analysis, the final value of the unidirectional minimisation will be the smaller of the two results. The final value for the symmetric minimisation will be the result according to the third definition.

Magnetic field modelling

A central aspect when studying the minibeam generation with magnetic focussing is the adequate simulation of magnetic fields and the motion of particles therein. Concretely, magnetic quadrupole fields are considered for beam focussing while magnetic dipole fields are used to laterally deflect the beam in the context of scanning techniques. In TOPAS, electromagnetic fields can be assigned to any geometry component by setting the Field parameter. For magnetic fields, the are three options:

• The DipoleMagnet option is used to simulate an ideal magnetic dipole. This option requires the definition of the direction of the magnetic field vector via the parameters MagneticFieldDirectionX, MagneticFieldDirectionY and MagneticFieldDirectionZ as well as the specification of the field strength via MagneticFieldStrength.

• The QuadrupoleMagnet option is used to simulate an ideal magnetic quadrupole, as defined by equation (3.15). The strength of the quadrupole is determined by specifying the field gradients MagneticFieldGradientX and MagneticFieldGradientY (which were equal for the considered quadrupole magnets). The orientation of the focussing plane can be chosen by rotating the field-containing geometry component about the z-axis.

• The MappedMagnet option can be used to simulate arbitrary magnetic fields. As the only parameter, it takes the path to a field map file containing a tabular description of the magnetic field. Each row of the table corresponds to a sampling point and includes the x, y and z coordinate of the point as well as the components B x , B y and B z of the magnetic field at that point. During the simulation, the magnetic field components at a given point are determined by trilinear interpolation of the values at the nearest sampling points in the table.

This implies that generally two methods can be used to simulate quadrupole magnets in TOPAS, namely the QuadrupoleMagnet option and the MappedMagnet option. While the QuadrupoleMagnet option is straightforward and flexible, requiring simply the specification of the field gradient, it only describes an idealised, pure quadrupole field that is not observed in reality. Indeed, fringe fields around the entrance and exit planes of the magnet as well as aberrations close to the pole shoes may have a non-negligible effect for the particle motion and must generally be taken into account [Muratori 2015]. These effects are usually approximated using field maps which are constructed either from measurements or from models created with dedicated softwares (e.g. Lorentz-3M, Opera or COMSOL). The MappedMagnet option in TOPAS therefore allows for a more realistic quadrupole simulation, however, it first requires the computation of an accurate field map which can be cumbersome and time-consuming.

In order to determine the best compromise, comparative simulations were performed to evaluate the differences in beam transport and focussing obtained with either method. Moreover, a short study was carried out to verify the accuracy of the beam transport in magnetic fields in TOPAS. Due to the lack of experimental data, this was done by comparing simulations performed with different softwares (TOPAS, pure Geant4 and Lorentz-3M). Indeed, initial tests with TOPAS version 3.1.p2 revealed a faulty behaviour in certain cases where magnetic fields were simulated using the MappedMagnet option. A cooperative effort with the developer team of TOPAS led to the discovery of two bugs in the source code which were fixed accordingly. All subsequent simulations were carried out with patched versions of TOPAS (version 3.1.p3 and version 3.2.p2 as discussed in section 4.1.2).

Field map generation with Lorentz-3M

The field maps required for simulations with the MappedMagnet option were created with the software Lorentz-3M based on a model of the quadrupole pair in the PBS nozzle at ICPO (see section 5.2.1 for more details on the nozzle geometry). A CAD model of the magnet yoke of the quadrupole pair was created according to blueprints provided by the nozzle manufacturer and imported into Lorentz-3M. Around each pole shoe, a volume corresponding to a hollowed, truncated, four-sided pyramid with rounded edges was added to approximate the coil windings. The magnetic field configuration was computed starting from an electric current in the coils which was simulated using the volume current feature in Lorentz-3M. For each quadrupole, the current intensity was the same in all four coils but the current direction was opposite in neighbouring coils. diameter between the tips of the pole shoes was 50 mm and the air gap between the yokes was 55 mm.

The two quadrupoles are geometrically identical but have orthogonal focussing planes and different focussing strengths. This was achieved using opposite current directions (a clockwise current in a coil in Q1 becomes a counter-clockwise current in the corresponding coil in Q2 and vice versa) and by applying different current intensities in the coils of either quadrupole. The magnetic field strength was regulated via the current intensity for which theoretical values were chosen leading to a focal length of about 2 m for proton beams with energies between 100 and 220 MeV.

For each configuration of the coil currents, the field maps were created by sampling the magnetic field components B x , B y and B z at different points in a volume of 100 mm × 100 mm × 287 mm passing through the centre of the quadrupoles. The sampling points formed a regular cuboidal grid and different sampling resolutions were considered:

• High resolution: 101 × 101 × 145 sampling points corresponding to a resolution of (∆x, ∆y, ∆z) = (1.00, 1.00, 1.99) mm.

• Medium resolution: 15 × 15 × 29 sampling points corresponding to a resolution of (∆x, ∆y, ∆z) = (7.14, 7.14, 10.25) mm.

• Low resolution: 11 × 11 × 15 sampling points corresponding to a resolution of (∆x, ∆y, ∆z) = (10.00, 10.00, 20.50) mm.

• Ultra low resolution: 3 × 3 × 5 sampling points corresponding to a resolution of (∆x, ∆y, ∆z) = (50.00, 50.00, 71.75) mm.

Comparison of simulation softwares

Basic beam focussing simulations were performed with Lorentz-3M, TOPAS and pure Geant4 in order to validate the accuracy of the particle transport in magnetic fields in TOPAS. The simulation setup comprised a proton beam of 50,000 primary particles propagating through an evacuated drift space and traversing the pair of magnetic quadrupoles presented in the previous section.

Besides the computation of the magnetic field configuration, Lorentz-3M also allows to simulate the trajectory of charged particle beams in these fields. Thus, the model created to generate the field maps could directly be used to compute reference values for the beam focussing simulations. In TOPAS and Geant4, no geometry components were simulated but only the field of the quadrupole pair for which the MappedMagnet option with the field maps computed with Lorentz-3M were used. This was necessary to create equal conditions as beam simulations in Lorentz-3M do not take into account particle-matter interactions. Moreover, the beam parameters were adjusted as to pass through the aperture of the quadrupoles without intersecting the pole shoes or coils. The magnetic field in the TOPAS and Geant4 simulations was assigned to an evacuated volume with dimensions of 100 mm × 100 mm × 287 mm and the high resolution was used (see next subsection for a detailed discussion of the map resolution).

The TOPAS simulations were executed first and a phase space file10 was recorded directly behind the beam source. This phase space file was subsequently used to define the beam sources in the Lorentz and Geant4 simulations, thereby assuring identical beams being simulated with each of the three softwares.

The Geant4 simulation was programmed following the "purging_magnet" example provided by the developers of Geant4 [Larsson 2004, Padilla-Cabal 2020]. The basic idea consists in writing a function that for a given set of coordinates (x, y, z) returns the components of the magnetic field at that point by performing a trilinear interpolation of the values stored in the field map. In all three softwares, the propagation of the particles in the magnetic field is computed using numerical methods to integrate the corresponding equation of motion derived from the Lorentz force defined in equation (3.11). For the simulations performed with Lorentz-3M, the RK4 algorithm 11 with a time step size of 0.1 ns was chosen while the default settings were used for simulations with TOPAS (ClassicalRK4 method for the integrator stepper, field step minimum 1.0 mm and field delta chord 0.1 mm) and Geant4 (ClassicalRK4 method for the integrator stepper, field step minimum 0.01 mm and field delta chord 0.25 mm).

The simulations were performed for six clinically relevant energies ranging from 100 to 220 MeV and the transversal beam sizes, σ x and σ y , were considered for comparison. The beam size was assessed at several different positions along the beam axis: -155 mm (position of the source), -70 mm (just before Q1), 73 mm (halfway between Q1 and Q2), 215 mm (just after Q2), 35 cm, 75 cm, 125 cm, 175 cm and 200 cm. The origin of the coordinate system was chosen to coincide with the centre of the first quadrupole as this facilitated modelling in Lorentz-3M. Figure 4.4 shows the resulting beam sizes as a function of the position along the beam path.

Table 4.1 compiles the mean and maximum deviations relative to the results obtained with Lorentz-3M. On average, the different techniques agree within 2% with the largest deviation being less than 9%. The cause for these small differences may be found in the slightly different parameters used for the numerical integration algorithm. It may nonetheless be concluded that the simulation of transportation of particles in magnetic fields with TOPAS is equivalent to that of the other softwares and may therefore be considered suitable for the studies conducted during my thesis.

Comparison of quadrupole models in TOPAS

The basic beam focussing simulations were repeated with TOPAS in order to evaluate differences between the MappedMagnet and QuadrupoleMagnet options. The same geometry described above was simulated for the MappedMagnet case and different field map resolutions were evaluated (high, medium, low and ultra low resolution). For the QuadrupoleMagnet case, two evacuated volumes were used as containers for each of the quadrupole fields. The volumes were rectangular boxes with dimensions of 200 mm × 200 mm × 114 mm separated by a gap of 33 mm. The length of 114 mm corresponds to the effective length of the quadrupoles in the PBS nozzle at ICPO as specified by the nozzle manufacturer. The second box was rotated about its z-axis by 90 degrees in order to obtain a quadrupole focussing in the vertical direction and the field gradients were determined from field maps considering the sampling points corresponding to the quadrupole centres. The default settings for the integrator stepper were used for all cases. Generally, the agreement between the three techniques is good, however, small deviations are observed which are more pronounced for the lower beam energies and for the values of σ y . At far distances from the quadrupoles (100-200 cm), the beam sizes obtained with the Quadrupole-Magnet option tend to be smaller than those simulated with the other methods. This implies a slightly greater focussing strength which may be a consequence of the effective quadrupole length being overestimated by a few millimetres or the field gradient being slightly too strong. Curiously, the reference beam sizes obtained with Lorentz-3M are always between those of the two TOPAS approaches and in some cases (e.g. σ x for the 100-MeV beam) show a better agreement with the QuadrupoleMagnet options. An overview of the relative deviation between the two methods and Lorentz-3M is given in Figure 4.6 shows the comparison of the beam sizes simulated with the MappedMagnet option using field maps with different resolutions. A very close agreement is found between the results for the high, medium and even low resolution cases. Notable deviations are observed only for the crude approximation provided by the ultra-low-resolution field map. The respective deviations (relative to the simulations with the high resolution field map) are listed in Table 4.2b. These results suggest that fringe field and aberration effects play only a subleading role for the focussing applications considered in this thesis and that they may neglected. Moreover, this also implies that the idealised field description of the QuadrupoleMagnet option may be considered sufficiently accurate.

In conclusion, only minor deviations were found between the different softwares and quadrupole magnet models which become smaller as the beam size decreases. Taking into account that the QuadrupoleMagnet option presents a much more flexible and computationally faster method, this method was chosen for all subsequent simulations. Moreover, it can be expected that a more detailed simulation of the magnetic fields would not substantially change the conclusions of the studies presented in the following chapters.

Chapter 5

Generating magnetically focussed minibeams with a clinical PBS nozzle

The generation of proton minibeams represents one of the central challenges in pMBRT at the moment. As explained in section 2.5.3, the current approach using mechanical collimators suffers from several important disadvantages (inefficiency, inflexibility, neutron production) which prevent the exploitation of the full potential of pMBRT. A solution to all of these shortcomings could consist in the generation of proton minibeams through magnetic focussing. This would maximise the irradiation efficiency, as the entire beam could be used for dose deposition in the patient, and facilitate the calculation of irradiation plans incorporating three-dimensional intensity modulation. The question that shall be investigated in this chapter (as well as the next one) is how the generation of magnetically focussed minibeams could be realised at a clinical centre.

Today's proton therapy facilities have not been designed to deliver minibeams, i.e. beams with a lateral FWHM 1 mm. In fact, the initial problem in PT (which motivated the development of passive scattering) was the opposite, namely to widen the beam and produce a flat irradiation field with a width of several centimetres. In contrast to this, more modern PBS systems use focussing magnets to create narrow pencil beams that are magnetically scanned across the target volume. While this technique could in principle be suitable for pMBRT, current pencil beams are characterised by a FWHM of at least a few millimetres. The reason for this is that treatment plans usually involve laterally homogenous dose distributions which can be delivered faster and more easily when the beam size is not too small.

Considering the values reported in the literature, the smallest pencil beams used for PBS still have a size (FWHM at the isocentre) of about 4.7 mm at beam energies of 200 MeV and 8 mm at 100 MeV [Pedroni 2011]. More commonly, however, the FWHM ranges from roughly 7-10 mm at 200 MeV to about 12-16 mm at 100 MeV [De Marzi 2019b, Huang 2018[START_REF] Pidikiti | Commissioning of the world's first compact pencil-beam scanning proton therapy system[END_REF], Saini 2016] with some authors reporting beam sizes exceeding 20 and even 30 mm at energies ≤ 100 MeV [START_REF] Kang | [END_REF], Vilches-Freixas 2020]. A reduction of the beam size by one order of magnitude would therefore be necessary to generate magnetically focussed minibeams.

The studies presented in this chapter investigate if a modern PBS nozzle could be suitable for this task. For this, a computer model of the PBS nozzle at the proton therapy centre of Institut Curie in Orsay, France was created and its focussing limits were evaluated. It could be shown that the PBS nozzle in its current form does most likely not allow the generation of magnetically focussed minibeams. In order to identify the limiting parameters, several modifications of the nozzle geometry were considered for which the focussing limits were assessed as well. All simulations presented in this chapter were performed with TOPAS version 3.2.p2. This chapter begins with an introduction of the proton therapy centre in Orsay (section 5.1) which is followed by a description of the nozzle modelling process (section 5.2). Then, the beam size minimisation simulations are presented that were performed to evaluate the focussing capacities of the PBS nozzle in its current state (section 5.3) as well as those achievable with the modified nozzle geometries (section 5.4). Finally, the nozzle model and the results of the minimisation studies are discussed (section 5.5).

Institut Curie Proton Therapy Centre

The proton therapy centre of Institut Curie in Orsay (ICPO) is one of currently three centres in France offering proton therapy (the other centres being located in Nice and Caen). Since its opening in 1991, more than 10,000 adult and paediatric patients have been treated at ICPO. The facility is equipped with an isochronous cyclotron (C235 from the Belgian company Ion Beam Applications, IBA) and three treatment rooms. Two of the treatment rooms (called Y1 and Y2) have horizontal fixed beamlines which are dedicated to treatments of intracranial and ophthalmic malignancies at maximum beam energies of 201 and 76 MeV, respectively. The third room contains an isocentric 360-degrees gantry which enables the irradiation of other tumour sites like the thorax and pelvis. A plan of the facility is shown in Figure 5.1. The cyclotron delivers a maximal current of 500 nA at a frequency of 106 MHz and the ESS is designed for beam energies between 70 and 230 MeV. The gantry features an IBA ProteusPLUS universal nozzle1 which allows to perform double scattering techniques as well as PBS. The switch between the two beam delivery modes is executed by an automatic system. The starting point for the studies presented in this chapter was a model of the ProteusPLUS nozzle at ICPO in PBS mode which served as a basis for beam minimisation simulations. The following section presents details of the nozzle geometry and describes the modelling process.

Nozzle modelling

The model of the PBS nozzle was constructed in two main steps: First, the nozzle geometry (including magnetic fields) was specified according to blueprints and data provided by the manufacturer and secondly the virtual beam source was defined using beam size measurements performed at ICPO. The following subsections discuss each of these steps in more detail.

Nozzle geometry

As stated above, the model was based on the PBS mode of the ProteusPLUS universal nozzle installed in the gantry room at ICPO. The defining feature of the universal nozzle is that it allows to switch between passive scattering and PBS beam delivery mode. Consequently, it contains components for either method. For this study, only the nozzle elements present in PBS mode were modelled (a schematic is shown in Figure 5.2). The dimensions and materials of each component are summarised in Table 5.1.

As described in section 3.3.2, the main functional elements of the PBS nozzle are the quadrupole doublet (Q1 and Q2) which allows refocussing of the beam and the scanning dipole magnets (SM1 and SM2) which are used to deflect and move the beam across the target. It should be noted that the simulations of the PBS nozzle presented in this chapter all considered undeflected beams travelling in a straight line. Accordingly, the field strengths in the scanning dipole magnets were zero.

The two ionisation chambers (IC1 and IC22 ) provide information about the beam size, position and intensity and serve to monitor the beam quality at the nozzle entrance as well as after manipulation by the quadrupole and dipole magnets. The snout, which is mounted onto the snout holder (SH), serves as a bearing for apertures, range shifters or range compensators which may be used in passive scattering as well as PBS. Since the aim of this study was to explore the generation of minibeams without collimators, the snout was simulated empty and the snout holder and snout can therefore be considered equivalent to an air-filled drift space.

The dimensions and material of the individual components were inferred from data sheets and blueprints provided by the manufacturer. The virtual beam source was attached to the vacuum window (VW) which can be regarded as the entrance to the nozzle. In PBS delivery mode, the beam mostly propagates in vacuum or air as most nozzle components are hollow. Interactions of the beam with other materials occur only in the vacuum window, IC1 and IC2 which were therefore modelled with greater detail.

The quadrupole magnets Q1 and Q2 were modelled as evacuated boxes containing only the respective magnetic fields. This approximation is justified by the geometry of the real nozzle where the quadrupole shoes are arranged around an evacuated beam pipe in which the beam propagates. The length of each box was 11.4 cm, corresponding to the effective length of the quadrupoles indicated by the nozzle manufacturer. The field strengths B 1 and B 2 of the quadrupoles could be read off from monitoring screens during operation of the nozzle. Table 5.2 summarises their values for different beam energies.

The quantities B 1 and B 2 refer to the magnetic field strength at the pole tips of the quadrupoles. However, the QuadrupoleMagnet option in TOPAS expects a field gradient as the input parameter. Using the aperture radius a of the quadrupoles (i.e. the distance between the pole tips and the beam axis), the gradient g could be calculated as

g = B p a , ( 5.1) 
where B p = B 1 , B 2 is again the field strength at the pole tips. The aperture was 2.5 cm, as inferred from blueprints provided by the manufacturer. Lastly, the field orientation of the quadrupole pair in the PBS nozzle at ICPO could not be directly determined from the provided data and was therefore assessed during the beam source fitting process (see next subsection). It was found that Q1 focusses in the vertical plane and Q2 in the horizontal plane. Note that in TOPAS the orientation of the focussing plane of each quadrupole is determined by specifying the rotation of the container volume about its longitudinal axis. In its default configuration (unrotated volume), the QuadrupoleMagnet option creates a quadrupole field that has a focussing effect in the horizontal plane and a defocussing effect in the vertical plane.
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Beam modelling

The main purpose of the nozzle model was to accurately simulate the beam size at the isocentre, taking into account the focussing effect of the quadrupole magnets. Aside from an adequate representation of the quadrupoles, this required the parametrisation of the beam at the nozzle entrance (i.e. upstream of the quadrupoles). The virtual beam source was modelled using an instance of TOPAS' emittance source in bi-Gaussian mode which was attached to the vacuum window (VW). As stated in section 4.1.3, this source type requires the definition of seven parameters (besides the beam energy and particle type), namely the energy spread ∆E, the beam size parameters σ x and σ y , the beam divergence parameters σ x and σ y and the correlation coefficients r xx and r yy .

The beam source parametrisation was constructed for thirteen energies between 100 and 220 MeV (see Table 5.3), corresponding to the typical energy range used for treatments in the gantry room at ICPO. Due to the close proximity of the first ionisation chamber (IC1) and the vacuum window, beam sizes measured with IC1 were used to approximate the source parameters σ x and σ y . IC1 is an air-flushed ionisation chamber that uses two separate layers of horizontally and vertically wired sensors to measure the horizontal and vertical beam extension and position, respectively. The sensors are 25-µm-thick tungsten wires that are equally spaced apart by 3.5 mm. The measurements are compiled in Table B.1 in appendix B.

While the beam size could be determined directly in this way, restricted access to the beam pipe made it impossible to measure the remaining parameters at the nozzle entrance. Instead, the divergences, correlation coefficients and energy spread were inferred using a best-fit approach which consisted in the simulation of many different beam parametrisations and the comparison of simulated and measured beam sizes at different positions around the isocentre. This method was chosen because measurements at the isocentre could be performed more easily and because the final purpose of the model was to investigate the beam size at these positions.

The beam size was measured for the aforementioned thirteen energies between 100 and 220 MeV and at five different positions (isocentre, ±20 cm and ±40 cm with respect to the isocentre). The measurements were performed using a portable scintillator-based detector (Lynx by IBA Dosimetry3 ) with an effective spatial resolution of 0.5 mm [Placidi 2018]. The results are compiled in Table B.2 in appendix B.

As mentioned at the end of the previous section, another parameter that was determined during the fitting process was the orientation of the quadrupole fields. Due to geometric constraints inferred from the blueprints, only two possible configurations had to be considered: Q1 focussing horizontally with Q2 focussing vertically and vice versa.

The range for the source parameter values to be considered during the fitting process could be estimated based on the experiences of the staff working at ICPO as well as on previous studies involving a MC model of the facility [Peucelle 2016]. Along with the aforementioned two quadrupole configurations, the following values were evaluated: ∆E 0.5%, 1.0% and 2.5% σ x /σ y (in mrad) 0.1, 0.2, 0.3, 0.4, 0.5, 0.75, 1.0, 1.25, 1.5, 2.0, 2.5, 3.0, 3.5 and 4.0 r xx /r yy -1, -0.95, -0.9, -0.8, -0.7, -0.6, -0.5, -0.4, -0.3, -0.2, -0.1, 0.0, 0.1, 0.2, 0.3, 0.4, 0.5, 0.6, 0.7, 0.8, 0.9, 0.95 and 1.0

The fact that a higher number of values was evaluated for small divergences and extreme correlation coefficients (|r xx |, |r yy | ≈ 1) is related to the importance of these parameters for the beam emittance which, as explained in section 3.1.3, strongly influences the beam focussing capabilities. All possible combinations of these values were simulated for each of the thirteen beam energies, under the constraint that every parametrisation satisfies σ x = σ y and r xx = r yy which allowed to drastically reduce the total number of simulations. This equality condition is a consequence of the assumption that the horizontal and vertical beam parameters are uncoupled and evolve independently of each other which is justified for linear beam optics like dipoles and quadrupoles [Reiser 2008].

In order to quantify how well a given configuration approximated the beam at ICPO, the deviation between the simulated and measured beam sizes was computed as the mean squared error (MSE) over the five positions around the isocentre. This was done separately for the horizontal and vertical beam size:

MSE h = 1 5 5 ∑ i=1 (σ x,i -σx,i ) 2 MSE v = 1 5 5 ∑ i=1 σ y,i -σy,i 2 (5.2)
where σ i and σi are the simulated and measured beam sizes at positions i, respectively.

In the following, only the main results of the beam modelling simulations are presented. A more detailed description can be found in appendix B.

No discernible differences (in terms of MSE) were observed between the three considered values for the energy spread which suggests that the exact value is not very important for the transverse beam dynamics. This justified a general choice of ∆E = 1% which is Lastly, an additional step was required to ascertain the remaining parameters. Three parametrisations with slightly different values for σ x , σ y , r xx and r yy were defined and subsequently evaluated in additional validation simulations. Details on this validation study as well as the criteria used to compare the different parametrisations are also described in appendix B. The final beam source parametrisation is listed in Table 5.3.
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Figure 5.3 shows a comparison of the simulated and measured beam sizes at the five positions around the isocentre. Averaged over all considered beam energies and positions, a good agreement within 1.2% for σ x (max. deviation 2.6%) and 2.7% for σ y (max. deviation 7.8%) is observed. While an even better agreement may be achievable through further optimisation of the beam source parameters, it can be assumed that the final model sufficiently well reproduces the beam sizes measured at ICPO. Indeed, this is confirmed by the reasonably small uncertainties4 of the minimum beam sizes presented later in this chapter.

A few remarks should nonetheless be made regarding the beam divergences and correlation coefficients of the final beam model. Firstly, the values of σ x found for energies above 120 MeV are all very small (< 0.5 mrad) and likely an underestimation as such divergences would imply very low emittances ≤ 3 mm mrad. However, typical values for isochronous cyclotrons, such as the C235 installed at ICPO, are of the order of 15 mm mrad [Garonna 2011, Myers 2019] and thus significantly larger. Secondly, it should be noted that the maximal correlation (r xx = 1) obtained for 200 and 220 MeV cannot be considered realistic as this would correspond to laminar beam conditions and entail a vanishing emittance. However, this is unlikely to be achieved with the considered acceleration and beam transport system which contains several sources for beam scattering (ESS, vacuum windows, etc.) and thus emittance growth. The implications of these observations are further discussed in section 5.5.

Beam size minimisation with current nozzle geometry

The model developed in the previous section was used to determine the focussing capabilities of the PBS nozzle at ICPO. Three beam energies (100, 150 and 200 MeV) were considered and both symmetrical and unidirectional beam size minimisation were evaluated. In the following, a detailed explanation of the beam size minimisation method is given (section 5.3.1) and the results for the current nozzle geometry are presented (section 5.3.2) and discussed (section 5.3.3).

Method of beam size minimisation

In the first step, the PBS nozzle was considered in its current state, i.e. without modifications of the nozzle geometry. Under these constraints, the only parameters influencing the size of the focussed beam are the configuration of the quadrupole magnets and the position at which the beam size is considered (i.e. the focal length). Thus, in order to determine the minimum achievable beam size, it was sufficient to simulate the beam propagation for an exhaustive set of quadrupole configurations and assess the beam size at different positions downstream of the nozzle exit.

The quadrupoles Q1 and Q2 are conventional electromagnets with an iron core which can reach a maximum field strength of about 2 T [Wille 2000]. Therefore, 51 distinct field strengths incrementing from 0 to 2 T in steps of 0.04 T were evaluated for each quadrupole (or equivalently 51 distinct field gradients from 0 to 0.8 T/cm, in steps of 0.016 T/cm). Moreover, two orientations of the quadrupole fields were considered:

• Q1 focussing vertically and Q2 focussing horizontally (this orientation is currently implemeneted at ICPO)

• Q1 focussing horizontally and Q2 focussing vertically (this orientation could be realised by inverting the polarity of the coil currents)

Concerning the target position, the current setup at ICPO allows to bring the entrance plane of the target about 40-45 cm closer to the nozzle exit (with respect to the current isocentre) when the snout is fully retracted. In the other direction, the target may be moved up to 1 m farther away from the nozzle exit, however, it can be expected that a larger distance between the target and nozzle exit will have a negative effect on the focussing capabilities. Thus, target positions ranging from -40 to +40 cm relative to the current isocentre were considered.

In summary, the beam size was minimised by simulating 51 × 51 × 2 distinct quadrupole configurations and assessing the beam sizes at multiple different positions in the range -40 ≤ z ≤ +40 cm relative to the original isocentre. At each position, the minimum configuration was then determined by calculating the three measures introduced in section 4.2.3 (hFWHM, vFWHM and Ω) and localising the respective minima across all simulated configurations.

Figure 5.4 illustrates this process by plotting each of the three measures as a function of B 1 and B 2 for the example of z = 0 cm. It shows the results obtained with either orientation of the focussing planes as well as for each of the three considered beam energies. In the plots, each pixel corresponds to a distinct combination of field strengths (B 1 , B 2 ) and the pixel colour indicates the magnitude of the respective beam size measure. The largest sizes are depicted in black, intermediate sizes are light grey or white and the smallest sizes are red (note that the colour scale is not linear). The minimum configuration in each panel is marked by a red circle.

A prominent white curve can be seen in each of the hFWHM and vFWHM plots. For a given value of B 1 (or equivalently B 2 ), these curves indicate the corresponding value of B 2 (B 1 ) leading to an optimal unidirectional focussing. Evidently, the overall minimum configurations (red circle) must also lie on these curves. For the cases where Q1 focusses horizontally, the minimum hFWHM occurs for very low field strengths whereas the minimum vFWHM occurs near the edge of the considered range of values (i.e. for B 1 ≈ 2 T). The situation is inverted when Q2 focusses vertically. Note that in the cases where the minimum FWHM is obtained for a value of B 1 close to 2 T, it may be possible to further reduce the beam size by allowing even higher field strengths. Such evaluations are presented in the next subsection.

A very different picture is obtained, considering the Ω measure and symmetric beam size minimisation. The configurations corresponding to the smallest values of Ω are found to occur at low to intermediate field strengths (B 1 , B 2 < 1 T) and to be tightly clustered around a region satisfying B 1 ∼ B 2 . More precisely, it can be deduced that the minimum-Ω configuration coincides with the intersection point of the optimum configuration curves observed in the hFWHM and vFWHM plots. Furthermore, it can be seen that Ω consistently increases at higher field strengths which implies that the considered range was chosen sufficiently large and that the symmetrically minimised beam size cannot be made smaller by further increasing the strength of the magnetic fields. This is in contrast to the unidirectional minimisation where the aforementioned curves illustrate the possibility to obtain a small hFWHM or vFWHM also for larger values of B 1 (or B 2 , respectively). From Figure 5.4, it is therefore not directly apparent what field strengths are required to reach the unidirectional minimum.

Comparing the cases where Q1 focusses horizontally or vertically, one notes that the bending direction of the curves in the FWHM is inverted when the orientation of the focussing plane of Q1 is inverted, whereas the effect on Ω seems to be very small. More noticeable is the fact that the minimum-Ω configuration is reached at increasingly higher field strengths as the beam energy rises. This is due to the fact that the magnetic rigidity of the beam increases with the energy (or more precisely the momentum) which implies that higher magnetic fields are necessary to achieve the same amount of deflection. Analogously, the optimum configuration curves in the hFWHM and vFWHM plots become straighter with increasing beam energy. 

Results

Figure 5.5 shows the minimum beam sizes obtained at all considered target positions and for all beam energies, using the method described above and considering a range of 0 to 2 T for the quadrupole field strengths. The red curve corresponds to the unidirectional minimum, i.e. always the smaller of the minimum hFWHM and vFWHM, whereas the blue curves indicate the hFWHM and vFWHM of the symmetric minimum (minimum-Ω configuration). Moreover, the beam sizes measured at ICPO are included for reference and indicated by the grey curves.

Note that each data point of the red and blue curves corresponds to a distinct quadrupole configuration and therefore the curves do not represent the broadening of a single beam but rather how the minimal obtainable beam size evolves as a function of the position. The grey curves, on the other hand, may indeed be interpreted as representing the beam broadening as all measurements were obtained with identical (beam energy dependent) quadrupole settings. The uncertainties of the unidirectionally and symmetrically minimised beam sizes were calculated as described in section A.1 in appendix A. For the reference measurements, a general uncertainty of 2% was assumed. Note that the uncertainty bars are smaller than the markers in some cases.

From Figure 5.5, it can clearly be seen that the minimum beam size can be improved by moving the target closer to the nozzle exit. For all beam energies and both unidirectional and symmetric minimisation, the smallest sizes are obtained at z = -40 cm which is the position closest to the nozzle exit. Table 5.4 lists the exact numerical values at this position, including the beam divergences σ x and σ y at the target position and the details of the corresponding quadrupole configuration. Note that instead of using the field at the pole tips B i (as in Figure 5.4), the table states the corresponding quadrupole field gradients g i5 . This was done firstly because the gradient represents a more general quantity independent of the quadrupole geometry (aperture radius), thus providing a better basis for comparison, and secondly because the QuadrupoleField feature in TOPAS expects the gradients as input. The uncertainties given in Table 5.4 were calculated as described in section A.1. Taking a closer look at the results of the unidirectional minimisation presented in Table 5.4 (min hFWHM and min vFWHM), it can be seen that the value of g 1 in all cases is very close to 0.8 T/cm which is the upper limit of the considered range. As mentioned before, this may indicate that a further reduction of the FWHM can be obtained with stronger quadrupole fields. In order to evaluate this, further simulations were performed considering field strengths of up to 5 T (or equivalently field gradients up to 2 T/cm). Since the absolute minimum can again be expected to occur at the position closest to the nozzle exit, the beam size was analysed only at z = -40 cm. The results are illustrated in Figure 5.6. Note that for field strengths ≥ 3 T, only quadrupole configurations in the vicinity of the optimum were simulated in order to reduce computational costs.

The exact numerical results of this extended unidirectional minimisation are listed in Table 5.5. The uncertainties given in the table were calculated as described in section A.2. Note that this method slightly differs from the method used for Table 5.4 in so far as contributions from beam model uncertainties were neglected. This was done because the model-related uncertainties were generally found to contribute only little to the total uncertainty while simultaneously requiring a considerably higher computational effort. 

E [MeV] Definition hFWHM [mm] vFWHM [mm] σ x [mrad] σ y [mrad] z [cm] g 1 [T/cm] g 2 [T/cm] foc

Discussion

Figure 5.5 shows that, compared to the current PBS beams, a considerable reduction of the beam size by about 20-40% can be obtained in the case of symmetric minimisation and up to 50% for unidirectional minimisation. However, the smallest beam size (4.1 mm, obtained with extended unidirectional minimisation at z = -40 cm for a beam energy of 200 MeV) is still too large for MBRT. The smallest symmetrically minimised beam is even larger with a FWHM of 6 and 5.6 mm in horizontal and vertical direction, respectively, and was also obtained for an energy 200 MeV at z = -40 cm. There are three main points that can be concluded from these results:

1. Unidirectional minimisation can yield smaller beam sizes than symmetric minimisation. This is intuitively clear, considering the principle of quadrupole focussing where a single quadrupole magnet can only ever focus in one plane while defocussing in the orthogonal plane. Symmetric minimisation therefore always involves some sort of compromise which is not the case for unidirectional minimisation.

2. The beam size minimum can be improved by considering target positions that are closer to the nozzle exit. The data presented in Figure 5.5 shows a quasi-linear behaviour between the minimum and the target position. This is in agreement with the fact stated in section 3.1.3 that a shorter focal length allows a tighter focussing of the beam. Indeed, it can be shown that the beam size at the focal point (the beam waist) is approximately proportional to the focal length [Humphries 1990].

3. The beam size decreases as the beam energy increases. This trend is observed for the minimised beams as well as for the measured beam sizes and can be generally explained with the fact that higher-energetic beams experience less lateral scattering. Note that reduced lateral scattering implies not only that the beam broadens less over the distance from the quadrupole magnets to the target positions but also that the beam arriving at the nozzle entrance is already smaller. This can be seen in Table B.1 which presents the beam sizes measured with IC1. A likely factor in this context is also that the beam at ICPO is accelerated in a cyclotron and the beam energy modulated using a degrader. A lower energy means that the beam experiences more degradation which has a negative effect on the beam size and emittance.

Finally, a remark must be made regarding the results of unidirectional minimisation. The evaluation of field strengths greater than 2 T (or equivalently field gradients greater than 0.8 T/cm) showed that a further reduction of the minimum beam size is indeed possible, however, the improvement was only minor and amounted to less than 0.5 mm in all cases. On the other hand, the beam size in the orthogonal direction exhibited a drastic increase, by more than 400% in case of the min vFWHM configuration at 200 MeV, reaching values for the FWHM of 18-40 cm. Such large sizes are impractical and would require the use of collimators to trim off the long tails which goes against one of the central objectives of the magnetic focussing method.

Moreover, the high field gradients required for the configurations listed in Table 5.5 can only be obtained by greatly reducing the aperture sizes of the quadrupoles or by using superconducting technology. In the first case, the geometric aperture of the quadrupole would most probably become too small to be useful while in the second case other performance issues could be expected as superconducting magnets are not suitable for quick changes of the field strength.

In summary, the results of the beam minimisation presented above strongly suggest that the PBS nozzle at ICPO in its current state is not suitable for the generation of proton minibeams using only magnetic focussing. Moreover, it appears to be sufficient to consider quadrupole field strengths in the range 0 to 2 T (field gradients 0 to 0.8 T/cm) as the symmetric minimum can be reached already for low to intermediate fields and the small improvements observed for unidirectional minimisation at higher fields are unlikely to outweigh the related technical challenges.

Based on these results, various modifications of the nozzle geometry were investigated in order to identify the factors limiting the focussing capabilities of the current nozzle. The evaluated modifications and the respective results are presented in the following section.

Beam size minimisation with modified nozzle geometries

As argued in the previous section, the PBS nozzle in its current state will likely not be suitable for the generation of magnetically focussed minibeams. In order to identify the limiting factors, several modifications of the nozzle geometry were simulated. Different approaches to reduce the minimum beam size were considered:

• Modification of the media in the beam path: As illustrated in Figure 5.7, the current nozzle setup features a distance of 1.70 m where the beam propagates in air. Over such a comparatively long distance, the beam will broaden by several millimetres (cf. Figure 1.17b in chapter 1) due to MCS interactions with the air particles. While this effect may be less important in the context of PBS, it becomes crucial for minibeams where the final beam size is supposed to be ≤ 1 mm. One approach to reduce the beam broadening is therefore to remove the air from the beam path, i.e. to extend the vacuum of the beam pipe. Alternatively, the air can be replaced with a gas of low-Z particles like hydrogen or helium which decreases the characteristic angle of the MCS and thus also leads to a reduced beam broadening [Gottschalk 2018].

• Reduction of the length of the beam path: The results of the previous sections indicate that the minimum beam size can be reduced by shifting the target position further upstream. Concretely, the relevant quantity in this context is the distance between the quadrupole magnets and the target position (i.e. the focal length). Therefore, several modifications with a shortened beam path or a shortened focal length were considered.

• Modification of the beam size at the nozzle entrance: Another approach to decrease the final beam size might be the reduction of the beam size already at the nozzle entrance, e.g. using a pinhole collimator. This amounts to a reduction of the beam emittance which, as discussed in section 3.1.3, plays a critical role for the focusability of a beam.

• Addition of quadrupole magnets: Lastly, an intuitive way to improve the focussing capabilities is to insert additional quadrupole magnets at a position further downstream in order to refocus the beam in closer proximity to the target. It should be noted that this approach also entails a shortened focal length and thus shares common aspects with the reduction of the beam path length mentioned above.

In total, eight modified nozzle geometries (labelled mod 1 to mod 8) were considered, which are presented below.

Details of the geometry modifications

Figure 5.7 shows schematics of the considered modifications and compares them to the current nozzle geometry. The beam size minimisation was carried out according to the method set out in section 5.3.1. Unless specified otherwise, 51 × 51 × 2 distinct configurations were simulated with field gradients ranging from 0 to 0.8 T/cm. It should be noted that some of the presented modifications were not necessarily viable geometries that could be implemented at ICPO but were rather considered as theoretical cases.

Mod 1 -Evacuated beam path

The first modification featured a completely evacuated beam path up to the target position (except for IC1 and IC2) while leaving all other parameters unchanged. As for the current nozzle geometry, the beam size was assessed at five positions (isocentre, ±20 and ±40 cm relative to the isocentre). The air in the ionisation chambers was not removed as it serves a functional purpose as the gas that is ionised upon beam traversal. However, due to the comparatively short dimensions of IC1 and IC2, the presence of air in these volumes can be assumed to have a negligible effect on the final focussing capabilities.

Mod 2 -Insertion of helium tank

The second modification considered the alternative approach of replacing the air and consisted in the insertion of a helium-filled box in the drift space between the vacuum tank and IC2. Apart from this, this geometry was identical to the current nozzle geometry and the beam size was assessed at the same five positions.

Mod 3 -Shorter beam path

The third modification was identical to the current geometry except that the snout and snout holder, which serve no purpose in the context of magnetically focussed minibeams, were removed. This allowed to move the target a further 60 cm upstream to a position just downstream of IC2, thereby significantly shortening the beam path and reducing the distance in air to 70 cm. The beam size was thus assessed at the positions z = -100, -90, -80, . . . , 0 cm relative to the original isocentre. Note that in practice the removal of the snout and field mirror would represent a substantial modification of the nozzle structure and might therefore not be readily realisible.

Mod 4 -Shorter beam path and insertion of helium tank

The fourth modification was a combination of mod 2 and mod 3, involving the removal of the snout and snout holder as well as the insertion of the helium tank. The details of the helium tank were identical to that used in mod 2 and the beam size was assessed at the same positions as in mod 3. Through the insertion of the helium tank, the distance where the beam propagates in air could be reduced to a mere 20 cm of which 10 cm are inside IC2.

Mod 5 -Insertion of pinhole collimator

The fifth modification was identical to the current geometry up to the insertion of a brass collimator at the nozzle entrance, just upstream of IC1. The collimator had a thickness of 7 cm and a cylindrical hole for which two radii, 0.5 cm and 0.2 cm, were considered (labelled mod 5a and mod 5b, respectively). In practice, a collimator could present an easy and compact method for emittance reduction, however, it also results in a considerable decrease of the flux.
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Mod 6 -Addition of quadrupole pair

The sixth modification consisted in the addition of a pair of quadrupole magnets just downstream of the snout and the relocation of IC2 to a position just downstream of the extra quadrupole pair. The latter was done to account for practical safety constraints requiring elements manipulating the beam to be followed by a device for beam monitoring.

All other nozzle elements were left unchanged. The additional quadrupoles were again approximated by evacuated boxes acting as containers of the magnetic field. The effective length was 8 cm and the distance from the exit face of the downstream quadrupole to the target position was 20 cm. Consequently, the beam size was only assessed at z = 0, 20 and 40 cm. The addition of the extra quadrupole pair meant that in total four quadrupole fields had to be considered for the beam size minimisation. However, in order to reduce the number of cases to be simulated, the usual variation of the quadrupole configurations (51 × 51 configurations) was only applied to the additional quadrupoles XQ1 and XQ2 whereas three distinct configurations were considered for Q1 and Q2:

A: Q1 and Q2 turned off B: Q1 and Q2 set according to the configuration yielding minimum Ω at z = -40 cm with the current nozzle geometry C: Q1 and Q2 set according to the configuration yielding minimum Ω at z = 0 cm with the current nozzle geometry

The corresponding values of B 1 and B 2 are summarised in Table 5.6. As before, two orientations of the quadrupole fields (focussing planes) in XQ1 and XQ2 were evaluated, so that the total number of simulated cases was 51 × 51 × 3 × 2. Because of the very short distance between the extra quadrupole pair and the target (short focal length), higher field strengths had to be considered. The evaluated values ranged from 2 ≤ B X1 , B X2 ≤ 4 T for a beam energy of 100 MeV, 3 ≤ B X1 , B X2 ≤ 5 T for 150 MeV and 3.5 ≤ B X1 , B X2 ≤ 5.5 T for 200 MeV. Note that in practice such high fields could only be obtained using superconducting magnets and that this geometry is not suitable for beam scanning.

Mod 7 -Addition of single quadrupole

The seventh modification was designed as a special case limited to unidirectional minimisation. It was derived from mod 6 by removing the first of the additional quadrupoles (XQ1). As for mod 6, the beam size was assessed at z = 0, 20 and 40 cm and the same three configurations of Q1 and Q2 were considered. Regarding the extra single quadrupole, 101 distinct values of the field strength between 0 and 4 T were evaluated as well a horizontal and vertical orientation of the focussing plane. The total number of simulated configurations was thus 101 × 3 × 2.

Mod 8 -Nozzle length reduction and addition of single quadrupole

The last modification was conceived as an extreme case combining a drastically shortened beam path with the addition of an extra single quadrupole just downstream of the vacuum tank. As for mod 7, this modification was designed for unidirectional minimisation and 101 distinct values of the field strength between 0 and 4 T as well as two field orientations were evaluated. However, only the off-state configuration of Q1 and Q2 (case A) was considered. The effective length of the additional quadrupole was again 8 cm and IC2 was slightly shifted upstream to a position just downstream of the extra quadrupole. The beam size was assessed at z = -140, -130, -120, . . . , 0 cm relative to the current isocentre.

Results

The exact numerical results of the beam size minimisations are listed in Tables C.1 through C.9 in appendix C. Figure 5.8 presents a summary of the minimum beam sizes that could be obtained with the current nozzle geometry and each of the modifications. The results of symmetric and unidirectional minimisation are shown (note that only the smaller of the two FWHMs is displayed in the latter case). The displayed uncertainty bars were calculated according to the method described in section A.1.

Concerning the symmetric minimisation method, the smallest beams were obtained with mod 6 (additional quadrupole pair) where a minimum FWHM of 2.4, 1.6 and 1.2 mm was observed for beam energies of 100, 150 and 200 MeV, respectively. Although this is too large to satisfy the condition for minibeams, it still represents a drastic reduction by almost 80% compared to the current geometry. The smallest unidirectionally minimised beams were obtained with mod 8 (compact geometry with additional single quadrupole) which allowed to reduce the beam size by a further 50% relative to the symmetric minima obtained with mod 6. A submillimetric FWHM (planar minibeams) could be achieved with mod 8 for beam energies of 150 and 200 MeV but also with mod 6 at 200 MeV. Note however, that these three minibeam configurations exhibit relatively large beam divergences ≥ 17 mrad in the plane of the submillimetric beam size (see respective tables in appendix C) which may be considered too large for MBRT applications.

Comparing the hFWHM and vFWHM of the symmetric minimum configurations, one notices that the latter is always smaller than the former. This might seem surprising considering that the opposite is true at the nozzle entrance where σ y > σ x (cf. Table 5.3). An explanation might be that the greater positional spread of the beam particles across the quadrupole plane results in an improved differential effect of the field gradient (i.e. particles further away from the beam axis experience a markedly different force than particles closer to the beam line) which in turn leads to a better focussing. In contrast to this, the unidirectionally minimised hFWHM in Tables C.1 through C.9 is found to be smaller than the unidirectionally minimised vFWHM. Together with the observation that ε x < ε y at the nozzle entrance, this is in agreement with the theory presented in section 3.1.3 that beams with smaller emittances can be focussed more easily.

The first modification, which consisted in a complete evacuation of the beam path, yielded a reduction of the symmetric and unidirectional minima by 20-30% and 40%, respectively. Replacing only part of the air by inserting a helium tank (mod 2) resulted in a FIGURE 5.8: Summary of the best results of symmetric and unidirectional beam minimisation for the current nozzle geometry and each of the modifications. Note that for the unidirectional minimisation only the smaller of the hFWHM and vFWHM is displayed. smaller reduction by 10-20% and 25-30%, respectively. A more important improvement was obtained when shortening the beam path (mod 3) which allowed to reduce the symmetric minimum by 40% and the unidirectional minimum by more than 50%, compared to the current nozzle. Surprisingly, the additional insertion of the helium tank (mod 4) did not lead to any conclusive improvements as far as symmetric minimisation is concerned. A further 10%-reduction was nonetheless observed with unidirectional minimisation.

The insertion of collimators at the nozzle entrance in order to improve the focussing limit by reducing the initial beam emittance was found to have no effect or even an opposite effect. An explanation for this might be the aforementioned effect where a smaller spatial spread across the quadrupole leads to a poorer beam focussing. Another reason might be an increase of the beam divergence by particles scattered in the collimator. In any case, the use of such collimators would be unfavourable due to the important reduction of the beam flux it entails.

Finally, the most successful modification was the addition of quadrupoles close to the target position. As mentioned above, an improvement of both symmetric and unidirectional minima by almost 80% could be achieved with an extra pair of quadrupoles (mod 6). Note however, that this only applies to the vFWHM. Indeed, the symmetrically minimised configurations were found to yield strongly asymmetric beam spots where the hFWHM was more than twice as large as the vFWHM. Moreover, it should be pointed out that unidirectional minimisation with an additional quadrupole pair (mod 6) resulted in smaller beam sizes than unidirectional minimisation with an additional single quadrupole (mod 7). Lastly, the overall biggest reductions, amounting to over 85%, were achieved with unidirectional minimisation for the combination of a compact nozzle geometry and additional single quadrupole (mod 8).

Discussion

A computer model of the PBS nozzle at ICPO was developed which was used to investigate the focussing capabilities of the nozzle and estimate its suitability for the generation of proton minibeams. It was found that the nozzle in its current state cannot produce beam sizes smaller than 4 mm FWHM which is too large for pMBRT. The subsequent evaluation of different modifications of the nozzle geometry allowed to isolate the most important factors limiting the beam size minimum.

Two principal conclusions can be drawn: Firstly, a long drift space in air (1.70 m in the case of the PBS nozzle at ICPO) increases the minimum achievable beam size by a few millimetres (for the PBS nozzle between 2 and 4 mm, depending on the beam energy). It is therefore advantageous to remove as much air from the beam path as possible. While the best approach in this regard would be the complete evacuation of the beam path, a notable improvement could also be obtained with the substitution of (part of) the air with helium.

The second conclusion is that the greatest reductions of the minimum beam size were obtained with modifications featuring a much shorter focal length. Indeed, an important implication of the shortened beam path considered in mod 3 and mod 4 is not only that the distance in air was decreased but also that the focal length, i.e. the distance between the quadrupole magnets and the target, was reduced from 2.5 m to 1.5 m. This effect is even more pronounced for mod 6, 7 and 8 which allowed to obtain the greatest improvements and where the focal length (of the additional quadrupoles) was merely 21-26 cm. Apart from these cases, it was generally found that the smallest beam sizes, regardless of the nozzle geometry, were always achieved at the position located most upstream and thus for the shortest beam path and focal length.

It is therefore evident that the focal length represents a central factor for the focussing limit of the PBS nozzle. The conceptual reason explaining why shorter focal lengths are advantageous for beam focussing has already been discussed in section 3.1.3. There are, however, several drawbacks associated to very short focal lengths. For one, a short focal length implies a strong deflection of the beam which in turn requires strong field gradients. Indeed, gradients of the order of 1-2 T/cm were needed for mod 6 and mod 8 (see Tables C.7 and C.9) which, assuming a practically relevant aperture radius, can only be achieved with superconducting magnets. Secondly, a shorter focal length also results in steeper focussing angles and therefore a larger beam divergence at the focal point which could eventually exceed the limit of 10-15 mrad established in section 4.2.1.

Finally, a remark should be made regarding the virtual beam source used for the presented simulations. As argued already at the end of section 5.2.2, it must be assumed that the real beam at ICPO is not entirely accurately reproduced by the beam model given in Table 5.3. Concretely, the values of σ x are probably too low and the extreme values of r xx = 1 are unrealistic. However, as explained in section 3.1.3, low beam divergences and a perfect linear correlation between particle positions and slopes actually improve the focusability of the beam. This implies that the results presented above potentially overestimate the true focussing capabilities at ICPO6 which further reinforces the stated conclusions.

To summarise, it could be shown that the PBS nozzle at ICPO in its current state will not be capable of producing magnetically focussed proton minibeams. Two parameters (excessive beam broadening due to scattering in air and a too long focal length) could be identified as the central factors limiting the focussing capabilities. By extension, it may also be concluded that any nozzle exhibiting similar dimensions as the PBS nozzle at ICPO will likely not be suitable for magnetic minibeam generation either. Minibeams can only be generated when the focal length is drastically reduced, e.g. by inserting additional quadrupoles close to the target position. However, these extreme geometries imply several technical problems related to beam scanning. Thus, instead of extending the existing nozzle, a more reasonable approach consists in developing a new, optimised design. Such a design is presented in the following chapter.

Chapter 6

Development of a minibeam nozzle design

The simulations presented in the previous chapter suggest that current PBS nozzles will most likely not be capable of delivering magnetically focussed minibeams. The most important factors limiting the minimally obtainable beam size are a too long focal length and the presence of too much air in the beam path. Based on these insights, a new, optimised nozzle design was developed and its performance was evaluated through beam size minimisations studies and in first dosimetric simulations. All simulations presented in this chapter were performed with TOPAS version 3.2.p2.

This chapter starts with a presentation of the geometry of the new nozzle design (section 6.1) which is followed by simulations evaluating the new design with the beam model developed in section 5.2.2 as well as models from three other (pre-)clinical facilities (section 6.2). Then, a more general benchmarking study is presented which systematically assesses the nozzle performance (minimum beam size) as a function of the beam parameters at the nozzle entrance (section 6.3). Lastly, the studies of the new nozzle are completed by first dose simulations in a water phantom (section 6.4) and the chapter is concluded by a final discussion (section 6.5).

Optimised nozzle geometry

Figure 6.1 shows the layout of the new, optimised nozzle design and compares it to the current PBS nozzle at ICPO. The new design generally features the same components as the PBS nozzle with the exception of the snout and snout holder which were omitted as they serve no purpose for the considered beam delivery mode1 . Moreover, the design does not explicitly include a beam monitoring unit at the nozzle entrance (IC1 in case of the PBS nozzle at ICPO) as this may be considered part of the beam transport system feeding into the nozzle. However, such a device could be installed in the space left upstream of the first quadrupole magnet if required.

The focussing quadrupole magnets (Q1 and Q2) as well as the scanning dipole magnets (SM1 and SM2) were as before approximated by evacuated boxes acting as containers for the magnetic field. The ionisation chamber (IC) was modelled after IC2 in the PBS nozzle at ICPO and all components were contained in a vacuum tank. The virtual beam source was attached to the entrance of the vacuum tank and the IC acts as the vacuum exit window. In practice, it may be required to introduce a separate vacuum window upstream of the IC. As can be seen in Figure 6.1, the IC, quadrupole and dipole magnets are separated by small gaps. This was done to provide extra margin which in practice may be needed to accommodate technical components like wiring, mounts etc. The exact dimensions and materials of all nozzle components are listed in Table 6.1.

The key differences between the PBS nozzle and the new minibeam nozzle are the shorter drift space in air and the overall more compact design. Compared to the PBS nozzle at ICPO where the distance in air between the vacuum tank and the target position is roughly 170 cm (including the air in IC2), a substantial reduction was realised in the new design. Two cases were considered corresponding to an air gap between the nozzle exit and target position (excluding the IC) of 10 and 30 cm, respectively. While a larger air gap may provide certain advantages, in particular regarding the application of devices for patient fixation or image guidance (e.g. masks, stereotactic frames) but also concerning patient comfort, the shorter air gap was found to be necessary for the production of lower-energy minibeams.

Moreover, the focal length (more precisely the distance from the exit face of the last quadrupole to the target) was reduced from 250 cm in the PBS nozzle setup to 90 cm and 110 cm in the new design, for an air gap length of 10 and 30 cm, respectively. The reduction of the focal length was mainly achieved by removing the field mirror and snout and bringing the remaining nozzle elements closer together but also by shortening the length of the scanning magnets. Importantly, the choice of the focal length represents a compromise, taking into account conflicting requirements: While a shorter focal length makes it easier to obtain a small beam waist and to focus also beams with a larger emittance (cf. section 3.1.3), a longer distance to the target is preferred to maintain a low inclination angle during beam scanning. This point is further discussed in section 6.5.

Simulation with beam models from different clinical and preclinical centres

In order to evaluate the new nozzle design under realistic conditions, beam size minimisation simulations were performed with the beam parametrisation of ICPO as well as parametrisations from two other clinical facilities (Rinecker Proton Therapy Centre and MedAustron) and one planned preclinical facility (LhARA). The following paragraphs briefly introduce each of the facilities and Table 6.2 summarises the evaluated beam source parametrisations

Centres and beam models MedAustron

MedAustron is an ion therapy and research centre located in Wiener Neustadt, Austria offering proton and carbon ion therapy. The beam energies available for treatments range from 62.4 to 252.7 MeV in the case of protons and from 120 to 402.8 MeV/nucleon in the case of carbon ions. Besides its three treatment rooms, the centre is equipped with a dedicated non-clinical research room in which the proton beam energy can reach up to 800 MeV. The accelerator system of the MedAustron facility consists of a linac used for pre-acceleration and a synchrotron for main acceleration [Benedikt 2011, Grevillot 2020, Ulrich-Pur 2020].

The beam data (courtesy of L. Grevillot, MedAustron Ion Therapy Center) comprised information about the energy spread, beam size, beam divergence and emittance for different beam energies. The values for the correlation coefficients needed for the source definition in TOPAS were inferred using equation (3.9). Since this equation does not allow to determine the sign of the coefficient, both positive and negative correlations were evaluated. Note that the provided data assumed a perfectly symmetric beam with identical parameter values in the horizontal and vertical planes.

Rinecker Proton Therapy Centre

The Rinecker Proton Therapy Centre (RPTC) was a clinical proton therapy centre in Munich, Germany that closed in late 2019. The centre used the ProBeam proton therapy system by Varian2 which features a superconducting cyclotron capable of delivering a maximum beam energy of 250 MeV [Borchert 2008]. The beam source parameters listed in Table 6.2 were obtained by analysing phase space files (courtesy of M. Würl, Ludwig Maximilians University Munich) created with MC simulations of the beamline (see also the publication of Würl et al. [Würl 2016]). 

LhARA

The Laser-hybrid Accelerator for Radiobiological Applications (LhARA) is a planned particle beam facility dedicated to radiobiological research. LhARA uses a novel hybrid acceleration approach organised in two stages: The first stage consists of a laser-driven particle source that is expected to be capable of producing 10 to 15-MeV proton beams while the second stage uses a fixed-field alternating gradient accelerator to further accelerate the protons to a maximum energy of 127 MeV. Heavier ions, such as 12 C could be accelerated up to an energy of 33.4 MeV/nucleon. A central aspect of the laser-hybrid acceleration concept is the possibility to achieve very high beam currents of ∼ 10 9 particles per shot, corresponding to average dose rates of 120 Gy/s in the case protons and 700 Gy/s in the case of carbon ions. The LhARA project is therefore especially promising in the context of FLASH therapy [START_REF] Aymar | [END_REF]].

As LhARA is still in its design phase, the beam source parameters in Table 6.2 are based on data from conceptual simulations (courtesy of J. Pasternak, Imperial College London) and only a single beam energy corresponding to the design maximum of 127 MeV could be evaluated. As in the case of the MedAustron data, the beam was assumed to be perfectly symmetric in the horizontal and vertical planes and the correlation coefficients were computed using equation (3.9).

Simulation details

The aim of these simulations was to determine the minimum beam size that can be obtained with the optimised nozzle design. For this, the same minimisation method described in section 5.3.1 was used, simulating 51 × 51 × 2 quadrupole configurations with field gradients ranging from 0 to 0.8 T/cm and subsequently localising the configurations corresponding to the minima of hFWHM, vFWHM and Ω, respectively. The beam size was only assessed at the target position but both cases of the air gap length, 10 and 30 cm, were evaluated for each facility and beam energy. 2.5 ± 0.1 3.5 ± 0.1 TABLE 6.3: Results of the symmetric beam size minimisation with the optimised nozzle design for each of the beam parametrisations given in Table 6.2 and for air gaps of 10 and 30 cm.

Symmetric beam size minimisation

Results

The results of the symmetric and unidirectional beam size minimisations are summarised in Tables 6.3 and 6.4, respectively. The stated uncertainties were calculated according to the method described in section A.2. For the case of MedAustron, only the configurations corresponding to parametrisations with positive correlation coefficients are listed. Very similar values were obtained with negative coefficients. The best results were observed for the LhARA and MedAustron parametrisations. Considering an air gap of 10 cm, beams with a FWHM 1 mm in at least one direction could be obtained at all considered energies and using both unidirectional and symmetric minimisation. Similarly, a hFWHM ≤ 1.01 mm could be achieved with the ICPO beam model, however only in the unidirectional minimisation scheme and at the expense of a large extension (FWHM > 20 mm) in the orthogonal direction. The minimum beam sizes obtained for the RPTC parametrisation ranged from 2 mm at 200 MeV to about 4 mm at 100 MeV for an air gap of 10 cm. While such beam sizes could be interesting in the context of improving current PBS techniques and GRID or lattice therapy, they are likely too large for applications in MBRT.

Unidirectional beam size minimisation

For the 30-cm air gap, minibeams could be obtained only at a beam energy of 200 MeV and only for the ICPO and MedAustron source parametrisations. Across all energies, the minimum beam sizes corresponding to the 30-cm air gap were generally 0.4 to 0.9 mm larger than those obtained with the 10-cm air gap. Regarding the lower-energetic beams, a very good result could be achieved for the LhARA parametrisation yielding a spot size of about 1.38 mm FWHM in both directions. Although this does not satisfy the minibeam definition used in this thesis, it might still be small enough to perform MBRT. Indeed, Peucelle et al. [Peucelle 2015b] reported beam sizes at the phantom entrance of about 1.4 mm FWHM in their first minibeam experiment.

Concerning the beam divergence at the target position, values < 7 mrad were observed for all symmetrically minimised configurations with the exception of σ y for the ICPO beam model. Similarly, the divergences of the unidirectionally minimised beams stay below the tolerance of 15 mrad established in section 4.2.1 (the exception being σ y for the ICPO beam model at 100 MeV).

Comparing the beam parametrisations in Table 6.2, it can be seen that, while the beam size at the nozzle entrance is comparable for the cases MedAustron, RPTC and LhARA, important differences are mainly observed for the beam divergences and consequently for the emittances. In fact, the best results of the beam minimisation were achieved when the beam entering the nozzle was almost parallel, i.e σ x , σ y 0.5 mrad. Apart from this, good results were also found for parametrisations characterised by extreme correlation coefficients as in the case of the ICPO beam at 200 MeV.

Starting from these observations, a more systematic evaluation of the minimum beam size as a function of the initial beam parameters was performed which is presented in the following section.

Nozzle performance benchmarking

In order to benchmark which source parameters are required for minibeam generation with the new nozzle design, an extensive exploration of the according parameter space was carried out by performing beam size minimisation simulations for various parameterisations of the beam at the nozzle entrance. Again, both air gap sizes were considered but only beam energies of 100 and 200 MeV were evaluated. The details and results of the benchmarking simulations are presented below while the discussion is deferred to section 6.5.

Simulations details

The benchmarking study consisted in beam size minimisation simulations performed for many different beam source parametrisations which were constructed by varying the six beam source parameters of the Emittance source (σ x , σ y , σ x , σ y , r xx and r yy ). Concretely, 9 pairs of values of σ x and σ y , 8 values for each σ x and σ y and 11 values for each r xx and r yy were considered [σ x ; σ y ] (in mm) [3.5; σ x /σ y (in mrad) 0.1, 0.5, 1.0, 3.0, 5.0, 7.5, 10.0 and 15.0 r xx /r yy -1, -0.95, -0.9, -0.8, -0.4, 0.0, 0.4, 0.8, 0.9, 0.95 and 1.0 and all possible combinations were evaluated, yielding a total number of 9 × 8 × 8 × 11 × 11 = 69, 696 simulated parametrisations. The beam energy spread was the only beam source parameter that was not varied and for which a constant value of 1% was assumed.

For each beam parametrisation, the beam size at the target was minimised as before by simulating different quadrupole configurations. However, compared to the procedures presented in sections 5.3 and 6.2 several minor changes were introduced in order to reduce the total number of configurations to be simulated.

Firstly, only symmetric minimisation was considered, motivated by the fact that only comparatively small differences were observed between the symmetrically and unidirectionally minimised beam sizes presented in the previous section. This furthermore allowed to restrict the simulations to a smaller number of quadrupole configurations (11 × 11) around the minimum-Ω configuration (the minimum-Ω configuration was estimated beforehand using approximative analytical calculations). Field gradients up to 0.8 T/cm were considered in order to stay within the limits of regular electromagnets.

Secondly, only one orientation of the quadrupole fields was evaluated (Q1 focussing horizontally and Q2 focussing vertically) as the inverted orientation, which essentially corresponds to swapping the horizontal and vertical axes, was already implicitly accounted for by the beam source parametrisations (for every parametrisation (p x , p y ) = (p 1 , p 2 ) the transposition (p x , p y ) = (p 2 , p 1 ) was also considered).

Results

The results of the benchmarking simulations showed that the size of the beam at the nozzle entrance is practically irrelevant for the minimum beam size that can be achieved at the target position. On the other hand, a strong dependence on the initial beam divergence and correlation coefficient was found. This can be explained by comparing the considered value ranges of the parameters: While the smallest and largest beam sizes are separated by a factor of five, the respective divergences differ by more than two orders of magnitude and the evaluated correlation coefficients cover the entire range of possible values. However, considering different initial beam sizes, in particular much smaller values, would likely not provide any new insights since the beam would right away satisfy the minibeam condition.

It was furthermore observed that the minimum hFWHM depends only on the initial values of σ x and r xx while the minimum vFWHM is determined by σ y and r yy . This means that the horizontal and vertical beam dynamics are not correlated which, as argued before, was expected for a nozzle containing only linear beam optics components. Consequently, for an analysis of the results of the benchmarking study, it suffices to consider the minimum hFWHM as a function of σ x and r xx and the minimum vFWHM as a function of σ y and r yy .

Such an analysis is illustrated in Figure 6.2 for the different combinations of the considered beam energies and air gaps. The colour of the squares in each panel represents the magnitude of the minimum FWHM for the corresponding initial parameters. A red colour indicates a FWHM of ≤ 1 mm and thus marks a parametrisation suited for minibeam generation.

The smallest beam sizes were obtained for parametrisations featuring extreme values of the correlation coefficient or small divergences. Except for the case of a 100-MeV beam at a 30-cm air gap, minibeams could always be obtained if either |r xx |, |r yy | = 1 or σ x , σ y = 0.1 mrad, independently of the other parameter values. Apart from this, a FWHM ≤ 1 mm was also observed for a few parametrisations with more moderate values of 0.8 ≤ |r xx |, |r yy | ≤ 0.95 and σ x , σ y = 0.5 or 1 mrad, especially for an air gap of 10 cm. More parametrisations yielded submillimetric vFWHMs than hFWHMs, as can be seen by comparing the top and bottom rows in Figure 6.2. This asymmetry results from the fact that only the case where Q1 focusses horizontally and Q2 focusses vertically was evaluated. Since the distance between Q2 and the target position is shorter, it is easier to produce a smaller FWHM in the plane in which Q2 focusses. Conversely, a higher number of parametrisations would yield submillimetric hFWHMs if the orientation of the quadrupoles was inverted.

Concrete numerical examples of beam parametrisations and the respective symmetrically minimised beam sizes are given in Table 6.5. The table lists the best result of each considered beam energy and air gap according to four different subsets of all beam source parametrisations: It should be noted that Table 6.5 lists only one example per subset, beam energy and air gap and that usually other source parametrisations allowed to achieve the same minimum beam sizes. The uncertainties stated in the table were calculated according to the method described in section A.2.

Group a in Table 6.5 shows that the new nozzle design allows to obtain beam sizes as small as 0.66 mm and 0.33 mm FWHM in the case of the 10-cm air gap and for beam energies of 100 and 200 MeV, respectively. The global minimum configurations all produced symmetric beam spots with equal hFWHM and vFWHM. It should be emphasised that -0.17

2.5 ± 0.1 6.2 ± 0.1 3.5 5.0 0.1 0.1 0.00 0.00 TABLE 6.5: Results of the benchmarking study: Minimum beam sizes at the target that can be obtained with the optimised nozzle design for different beam parametrisations at the nozzle entrance. Note that in many cases, multiple beam parametrisations allowed to obtain the same minimum beam size, however only one parametrisation is listed for each constraint, beam energy and air gap length.

it was possible to obtain the minimum beam sizes even with very large initial values of the beam size (σ y = 10 mm corresponding to a hFWHM of 23.5 mm) and divergence (e.g. σ x = 7.5 or σ y = 10 mrad), however a maximal correlation coefficient of ±1 was needed in these cases. On the other hand, minimum configurations were also achievable with less extreme correlation coefficients but only at the minimum divergence of 0.1 mrad.

Restricting the range of the considered values for the correlation coefficient to |r| ≤ 0.95 and placing a lower limit on the initial divergence (cases b and c) results in a notable increase of the minimum beam size. Requiring σ x , σ y ≥ 1.0 mrad and considering with a 10-cm air gap, the minimum beam sizes roughly double. In the case of the 30-cm air gap, the relative increase is much smaller.

Lastly, it should be remarked that all cases listed in Table 6.5 exhibit a moderate beam divergence at the target position of 8 mrad which can be considered suitable for MBRT applications. Note that the vertical divergence was always larger than the horizontal divergence which may be explained by the shorter distance from the vertically focussing quadrupole (Q2) to target position. This implies a shorter focal length which in turn means that slightly larger deflection angles are required.

Combining the results of the previous section with those of the benchmarking study motivates the following conclusion:

At an air gap of 10 cm, the new nozzle design allows the generation of magnetically focussed minibeams for beam energies between 100 an 200 MeV if either 1. the divergence of the beam entering the nozzle is 0.5 mrad and the correlation coefficient satisfies |r| 0.8, or 2. the divergence of the beam entering the nozzle is 0.1 mrad, regardless of the correlation coefficient.

While the size of the beam at the nozzle entrance did not appear to play a role, it should be noted that only values up to σ = 15 mm were evaluated. However, this maximum value already corresponds to a FWHM of roughly 3.5 cm and much larger beam sizes are usually avoided in order to maintain a reasonably small beam pipe diameter. Considering thus a maximum initial beam size of σ = 15 mm, equation (3.9) implies upper limits for the emittance of 14 mm mrad or 4.7 mm mrad for the first and second condition, respectively. These aspects are further discussed in chapter 9.

Simulation of dose distributions

To conclude the study of the optimised nozzle design, simulations of the dose depositions in a water phantom were performed for the cases of the MedAustron and LhARA beam parametrisations. The dose distributions were analysed with respect to the minibeam broadening, the evolution of the PVDR as a function of the depth in water and the depthdose profiles along a peak and a valley region. The following subsections present the details of the simulations as well as the results of these analyses while their discussion is deferred to section 6.5. ) and vertical (ctc v ) centre-to-centre distances between the minibeams used in the dose simulations with the new minibeam nozzle. The distances were assessed from the dose distributions at an uncertainty of ±0.1 mm.

Simulation details

The simulations were performed with the MedAustron and LhARA beam parametrisations listed in Table 6.2. All beam energies (100, 127, 150 and 200 MeV) as well as both air gap lengths (10 and 30 cm) were evaluated. The quadrupole magnets were set according to the configurations used to obtain the symmetric minima presented in Table 6.3. Two irradiation patterns were considered: a grid of 25 pencil-shaped minibeams and an array of 5 vertical planar minibeams. Figure 6.3 and Figure 6.4 show lateral and longitudinal dose maps for each of the evaluated cases at air gaps of 10 and 30 cm, respectively. The minibeam patterns were created as the sum of multiple single-spot irradiations which were realised by laterally deflecting the minibeam to the respective positions. This was achieved with the magnetic dipole fields in the scanning magnets (SM1 and SM2) which were simulated using the DipoleMagnet feature in TOPAS. Note that the planar minibeams were also obtained by magnetic scanning with each vertical column consisting of 50 individual spot positions.

For each beam energy, air gap length and minibeam pattern, the spacing between the minibeams was adjusted such that lateral homogenisation of the peak and valley doses occurs at the Bragg peak depth. Table 6.6 summarises the respective c-t-c distances at the phantom entrance. Note that distinct horizontal and vertical distances were used for the grid patterns. The total area covered ranged from 1.4 × 2 cm 2 to 3 × 2 cm 2 . Similar field sizes were evaluated also in previous pMBRT studies [De Marzi 2018, Peucelle 2015b, Prezado 2018].

The irradiation target was a water phantom of dimensions 4 cm × 4 cm × 20 cm (5 cm × 5 cm × 30 cm for the simulations with 200-MeV beams). It was placed such that the entrance face coincided with the target position indicated in Figure 6.1. An instance of TOPAS' DoseToWater scorer with a voxel size of 0.1 mm × 0.1 mm × 1 mm was used to record three-dimensional dose distributions. The distributions were analysed with respect to the evolution of the minibeam size and the PVDR as a function of the depth in the phantom. Furthermore, the depth-dose profiles along the central peak and an adjacent valley region were compared and the BEDR of the central peak profile was calculated. The exact sampling locations of the peak and valley regions are indicated in Figures 6. 3 It should be noted that the minibeam size was assessed by considering the dose distribution of only the central minibeam, i.e. without the dose contributions from the surrounding spots. The beam broadening determined in this way was therefore identical for the planar and pencil-shaped minibeams. Moreover, only the hFWHM was determined.

Results

The results of the analyses are summarised in Figure 6.5 which shows the broadening of the central minibeam, depth-dose profiles and evolution of the PVDR for all considered cases. Additionally, Table 6.7 compiles the hFWHM and PVDR at the phantom entrance and Bragg peak depth and lists the BEDR for all cases. The uncertainty bars shown in Figure 6.5 (smaller than the markers) and the uncertainties stated in Table 6.7 were computed according to the methods described in section A.3 in appendix A. The global relative uncertainty of the dose distributions was ≤ 0.65% in all cases.

Beam broadening

The top row of Figure 6.5 illustrates how the minibeams broaden as they propagate in the water phantom. It shows that the broadening rate decreases as the beam energy increases which is a consequence of higher-energetic beams experiencing less lateral scattering. This can already be seen from equation (1.10) which indicates a reciprocal relationship of the multiple Coulomb scattering angle and the particle momentum. It should be noted that, despite the lower broadening rate, the total beam broadening from the entrance to the Bragg peak is greater due to the longer range of higher-energetic beams.

Comparing the cases of the 10 and 30-cm air gaps, one finds that the corresponding beams broaden in a very similar fashion, except for the fact that the FWHM is globally larger for the 30-cm air gap. Interestingly, this difference in FWHM is greater at the phantom entrance than at the Bragg peak position (see numerical values in Table 6.7) which is likely due to a difference in beam divergences at the phantom entrance. Indeed, the beam divergence of the beams corresponding to the 30-cm air gap is about 0.5 mrad smaller than for the 10-cm air gap (see σ y -column in Table 6.3). Note that the beam broadening curves for planar and pencil-shaped minibeam are identical as they were assessed using the same single-minibeam simulation.

Depth-dose profiles

The middle row in Figure 6.5 displays the peak and valley depth-dose profiles. Especially in the cases of the pencil-shaped minibeams and for energies ≥ 127 MeV, the peak profiles exhibit a greatly reduced Bragg peak as well as a very low BEDR. As discussed in section 2.5.1, this presents a characteristic feature of proton minibeams which is caused by protons scattering away from the minibeam centre and thus leading to a decrease of the proton fluence. In larger beams, this outwards-scattering is at least partly compensated by particles scattering inwards from the periphery of the beam. Consequently, the degradation of the Bragg peak is less pronounced for larger minibeams (such as the 100-MeV beams) as well as for planar minibeams.

Another observation in this context is that the Bragg peak becomes more smeared out and the BEDR decreases for higher energies. This is because range straggling becomes more important as the range increases and more primary particles are lost in nuclear interactions, leading to a reduction of the Bragg peak height. Both, the effects of the beam energy and the minibeam size (and shape) are quantitatively captured in Table 6.7: The 100-MeV beams exhibit a FWHM > 1 mm and a BEDR > 1 in all cases. In contrast, a BEDR < 0.1 is observed for the smallest pencil-shaped minibeams which were obtained at 200 MeV and 127 MeV for an 10-cm air gap.

As mentioned above, a notable improvement of the BEDR can be obtained with the planar minibeams. However, these cases also exhibit a drastically increased entrance valley dose which leads to a reduction of the PVDR. In the case of the 100-MeV beams, a further improvement of the BEDR was observed with the 30-cm air gap which can be attributed to the substantially increased beam size (FWHM = 1.9 mm). However, the (approximate) recovery of the standard Bragg peak shape also entails an 18-fold increase of the valley dose with respect to the case of the 10-cm air gap.

For the cases of a 10-cm air gap, the peak profiles of the 150 and 200-MeV beams exhibit a small shoulder at a depth of 1-2 cm. This can be interpreted as the consequence of a focal point located inside the phantom which leads to a compensation of converging tendencies induced by the magnetic focussing and diverging effects due to lateral scattering. Indeed, inspecting the beam broadening curves in the top row of Figure 6.5, one observes that the FWHM in these cases stays almost constant over the first 2 cm whereas a notable broadening can be distinguished for the 100-MeV and 127-MeV beams.

PVDR

The bottom row in Figure 6.5 shows the evolution of the PVDR as a function of the depth in the phantom. It should first be remarked that very high values 50 could be achieved at shallow depths in almost all cases (except for planar 100-MeV beams at an air gap of 30 cm). For reference, previous studies with mechanical collimators found maximal values of 8-25 [De Marzi 2018, Lee 2016, Peucelle 2015b] whereas comparable PVDRs were found in other collimator-free evaluations of pencil-shaped minibeams [START_REF] Kłodowska | Proton microbeam radiotherapy with scanned pencil-beams-Monte Carlo simulations[END_REF]]. The highest PVDR (∼ 6500) is obtained with the 127-MeV pencil minibeams for an air gap of 10 cm. However, it should be stressed that the PVDR strongly depends on the arrangement of the minibeams and the distance between the peak and valley positions. It is therefore not surprising that a 2.5 to 9.5 times higher PVDR was observed for the grid of pencil-shaped minibeams than for the arrays of planar minibeams.

As stated above, the minibeam spacing was adjusted such that the peak and valley doses homogenise at the end of the range. This is reflected by the fact that a PVDR ≈ 1 at the Bragg peak depth could be achieved in all cases. For the case of the 100-MeV pencil minibeams and 30-cm air gap, this requirement resulted, however, in a relatively low entrance PVDR of 6.8.

Lastly, the PVDR curves of the 127, 150 and 200-MeV beams exhibit a short of shoulder at depths of about 5-10 cm. This means that a high spatial modulation of dose could be maintained up to these depths which in practice could prove very advantageous regarding an increase of tissue sparing at intermediate depths.

Discussion

A new, optimised nozzle design was proposed in this chapter and studies were presented that demonstrate its suitability for the generation of magnetically focussed and scanned proton minibeams. The design uses conventional beamline components (quadrupole and dipole electromagnets, ionisation chambers) which can facilitate the production and integration of such a minibeam nozzle. The key features of the design are the more compact arrangement of the nozzle components and the reduced distance between the nozzle exit and the target position (i.e. the entrance of the phantom or the skin of the patient). Compared to conventional PBS nozzles, this results in a shorter focal length and crucially a shorter air gap.

As explained in section 3.1.3, such a short focal length is required to achieve tight focussing and thus small beam sizes with realistic, non-laminar beams. However, a compromise must be found in order to take into account several practical constraints. On the one hand, a minimum distance should be kept between the nozzle exit and the patient to allow gantry rotation for multi-angle irradiation and to leave room for the application of fixation devices (such as masks or stereotactic frames). While it is difficult to estimate the exact distance that is required, Grevillot et al. reported nonisocentric irradiation setups with air gaps as small as 18-22 cm for lateral fields and 8-12 cm for vertex fields (i.e. fields pointed at the top of the skull) [Grevillot 2020]. Moreover, modern PBS nozzles routinely allow minimum distances between the snout exit and isocentre of 3.6 cm [START_REF] Kang | [END_REF], Vilches-Freixas 2020] and several investigations of pMBRT used air gaps of 5-7 cm (measured from the collimator exit to the phantom entrance) [Charyyev 2020, De Marzi 2018, Peucelle 2015b, Lee 2016]. An air gap of 10 cm, for which the best results were observed, may therefore be considered realistic.

Another aspect relevant in this context is the distance between the scanning magnets and the target. In current PBS nozzles, this distance is usually rather long (of the order of 1.5-3 m [ De Marzi 2019b, Gillin 2010[START_REF] Kang | [END_REF]) in order to achieve large field sizes at the target and maintain small beam inclination angles. The maximum field size is typically between 20 × 20 and 30 × 30 cm 2 [Gillin 2010[START_REF] Kang | [END_REF], Saini 2016[START_REF] Smith | [END_REF]] which for a propagation distance of 1.5 m implies a maximum deflection angle of roughly 5.7 degrees. Considering the 10-cm air gap, the distances from the centres of SM2 and SM1 to the target are 47.5 and 72.5 cm, respectively. For a similar maximum deviation angle of 6 degrees, this implies a maximum field size of roughly 10 × 15 cm 2 which may be considered sufficient for most clinical applications.

Apart from the focal length, another important factor influencing the target beam size is the condition of the beam entering the nozzle. As argued in section 3.1.3, the incoming beam must possess a small emittance (more precisely a small divergence or strong correlation coefficient) in order to allow tight focussing and thus the production of minibeams. The benchmarking study presented in section 6.3 showed that minibeams can always be produced if either the initial divergence is ≤ 0.1 mrad or r = ±1. In fact, the latter result is trivial since a perfect linear correlation of particle positions and slopes indicates a laminar beam which can always be focussed to a single point [Humphries 1990]. However, in practice a perfect correlation is complicated to achieve or maintain due to different emittance growth phenomena such as steering errors or beam scattering in residual gas or at other interfaces.

A more feasible approach for the approximation of laminar-beam conditions might therefore be a very small beam divergence. Indeed, a divergence < 0.1 mrad may be available at future accelerator systems (cf. beam model of the planned LhARA facility in Table 6.2) and even slightly larger divergences of ∼ 0.5 mrad are still sufficient for minibeam generation, as demonstrated in section 6.2. Crucially, beams with such divergences can be provided by already existing facilities such as the synchrotron-based system at MedAustron. Moreover, the results presented in Figure 6.2 and Table 6.5 show that even larger divergences of around 1 mrad may suffice when combined with a strong correlation coefficient |r| ≥ 0.9 which can in principle be obtained with an appropriate sequence of quadrupoles and drift spaces.

From sections 6.2 and 6.3, it can also be concluded that an air gap of about 10 cm will be required to produce submillimetric proton beams at energies around 100 MeV as the minimum FWHM for the 30-cm air gap was roughly 1.4 to 1.7 mm. While this is too large to qualify as minibeams according to the definition used in this thesis, such beam sizes might still be able to provide considerable levels of normal tissue sparing as well as improvements of the therapeutic index. However, biological studies are needed to confirm this hypothesis.

Finally, the dosimetric simulations presented in section 6.4 have shown very promising results. The high PVDR ( 50) and low valley doses that could be achieved at shallow depths are crucial to further increase normal tissue sparing and dose tolerances. In particular, a significant improvement compared to collimator-generated minibeams was found (see also chapter 8) for which the maximum PVDR is usually in the range of 8-25 [De Marzi 2018, Guardiola 2017, Lee 2016, Peucelle 2015b, Tobola-Galus 2018].

At all energies, reducing the beam size (i.e. the air gap) and using grids of pencilshaped minibeams instead of arrays of planar minibeams resulted in an increase of the PVDR but also a decrease of the BEDR in the peak profiles. Generally, a BEDR > 1 is preferred as this means that the highest dose is deposited at the target depth. Conversely, the delivery of therapeutic target doses at a BEDR 1 implies very high peak doses in the skin and superficial tissues which could induce unwanted side effects. However, it should be noted that these peak doses are restricted to very small volumes and may be compensated by the increased dose tolerances related to the high PVDR. In order to determine the optimal combination of the minibeam size, shape and arrangement, further studies (similar to the work of Sammer et al. [Sammer 2017]) are required.

In conclusion, this chapter presented a new nozzle design capable of generating magnetically focussed proton minibeams at clinically relevant energies. It could be demonstrated that this nozzle can be used in conjunction with existing technology (e.g. at the synchrotron-based MedAustron facility) and more generally the initial beam conditions required for minibeam generation have been benchmarked. Finally, first dosimetric simulations have been performed where planar as well as pencil-shaped minibeams have been evaluated. A selection of the results presented in this chapter as well as chapter 5 has been published in the journal Scientific Reports [Schneider 2020] and a patent application for the new nozzle design has been filed (application numbers 19306515.8 and PCT/EP2020/082766).

The following chapter will investigate the use of helium ions in MBRT as an alternative to protons that could further improve the dose distribution and tissue sparing. After that, chapter 8 will return to magnetically focussed minibeams and compare the approach developed in this chapter to the previously implemented collimator-based techniques.

Chapter 7

Comparison of proton and helium ion minibeams

Another aspect considered in this thesis was the use of helium ions for MBRT. As discussed in section 2.5.1, proton minibeams experience a considerable broadening as they propagate through tissue which on the one hand helps to achieve lateral homogenisation of the target dose but on the other hand leads to a degradation of the BEDR and a rapid decline of the PVDR. Moreover, protons only exhibit a comparatively low LET and thus an RBE similar to that of X-rays.

Minibeams composed of carbon and oxygen ions as well as heavier ions could present an alternative for improving these shortcomings and have already been considered in several studies [González 2017, González 2018, Martínez-Rovira 2017a, Peucelle 2015a]. However, fragmentation tails can become an issue as they give rise to non-negligible dose depositions beyond the Bragg peak which require careful consideration during treatment planning. Moreover, the acceleration of heavy particles is more expensive and can today only be realised at comparatively few centres around the world.

A good compromise may therefore be the use of lighter ions like helium which still benefit from most of the dosimetric advantages of heavy ions while simultaneously exhibiting a much lower cross-section for nuclear fragmentation. In the context of MBRT, the reduced lateral scattering of helium ions may be suitable to enhance spatial fractionation of the dose in intermediate-depth tissues and the higher Bragg peak could help to recover the standard shape of the Bragg curve. Moreover, helium ions yield a higher LET than protons which results in an improvement of both the RBE and OER [Knäusl 2016].

In order to investigate these hypotheses, comparative simulations of proton and helium ion ( 4 He) minibeams were performed, considering dose and LET distributions in a water phantom and in a target based on the computed tomography images of a human head. Moreover, SOBPs created with minibeams were evaluated in the human head target as basic examples of proton and helium MBRT treatment plans. Lastly, a dosimetric comparison was also performed for proton and helium ion beams with a FWHM of 3 mm, for which proton beams recover their standard Bragg peak shape [Peucelle 2016].

This chapter is divided into three parts, dedicated to the setup of the simulations (section 7.1), the simulation results (section 7.2) and the discussion of the results (section 7.3). All simulations presented in this chapter were performed with GATE version 8.0.

Simulation details

Simulated geometry

A theoretical setup was considered for this study, comprised of an air-filled world volume containing only a virtual beam source and an irradiation target. This simplified geometry was chosen because it allowed to easily produce equivalent initial conditions for the proton and helium ion beams. Two different irradiation targets were considered:

• a water phantom of dimensions 10 cm × 10 cm × 10 cm and • a CT target based on the computed tomography images of a human head.

The CT target was simulated using GATE's ImageNestedParametrsiedVolume feature which allows to create voxelised volumes with per-voxel control of the material.

The virtual beam source consisted of five instances of the PencilBeam source type which were placed directly at the entrance of the water phantom and 5 mm from the head in the CT target, respectively. A theoretical beam with a beam divergence of 3 mrad was considered and two different beam sizes were evaluated: 1 mm FWHM, corresponding to minibeams as defined in section 4.2.1, and 3 mm FWHM for which the standard Bragg peak shape of proton beams can be recovered but which is still smaller than conventional pencil beams and thus might be useful for SFRT and tissue sparing. The two source parametrisations are summarised in Table 7.1. Note that the beams were assumed to be symmetric, i.e. identical values were used for the horizontal and vertical source parameters. The beam energy was 100 MeV for protons and 400 MeV for helium ions, corresponding to a range in water of 7.7 cm. The energy spread was 0.1 MeV in all cases.

The beam sources were arranged to form a one-dimensional array of five equally spaced pencil-shaped beamlets. Multiple c-t-c distances were evaluated: 3.5 and 2.0 mm for the 1-mm beams (the latter only with helium ions) and 3.7, 5, 7 and 10 mm for the 3-mm beams. Figure 7.1 shows lateral and longitudinal dose maps for the examples of the 1-mm proton and helium ion beams.

Lastly, basic examples of MBRT treatment plans were evaluated. For this, SOBPs created with the 1-mm proton and helium ion beams were simulated in the CT target. The SOBPs extended over 2 cm in depth (5.7 to 7.7 cm) and the method described by Jette and Chen [Jette 2011] was used to determine the beam energies and weights of the individual pristine Bragg peaks. For each particle type, two minibeam spacings were considered corresponding to scenarios where lateral homogenisation of the dose is reached at the distal edge of the SOBP or already at the proximal edge. The respective c-t-c distances were 3.5 and 2.5 mm in the case of protons and 2.0 and 1.8 mm in the case of helium ions.

Evaluated quantities

The comparison of the proton and helium ion beams was based on dose and LET distributions that were recorded in the different targets (note that the focus was on minibeams and that the 3-mm beams were only evaluated regarding their dose distributions in the water phantom). Moreover, the secondary particles produced by proton and helium ion

Label

Beam parametrisation (FWHM)

σ x /σ y [mm] σ x /σ y [mrad] ε x /ε y [mm mrad]
1-mm beams 0.425 3.0 4.00 3-mm beams 1.274 3.0 12.01 TABLE 7.1: Considered beam source parametrisations: The beam energy was always 100 MeV for protons and 400 MeV for helium ions. The energy spread was 0.1 MeV and the emittance rotation norm was set to negative (as explained in section 4.1.3, the PencilBeam source type in GATE uses different input parameters than the Emittance source in TOPAS). Note that the emittance was calculated as ε x/y = π σ x/y σ x /y which implies that r xx /r yy = 0 (beam at its waist position). minibeams in a water phantom were analysed with respect to their energy spectra and their contributions to the dose depositions.

Dose distributions

The dose distributions were recorded with an instance of GATE's DoseActor which covered a sub-volume of 2 cm × 2 cm × 10 cm of the irradiation target at a voxel size of 0.1 mm × 1 mm × 1 mm. As in section 6.4, the dose distributions were analysed with respect to the depth-dose profiles along the central peak region and an adjacent valley region (the respective sampling locations are indicated in Figure 7.1). Moreover, the FWHM of the central minibeam (ignoring dose contributions from the other beamlets) and the PVDR were determined as functions of the depth and the BEDR was calculated for the central peak region. The dosimetric investigation of the SOBPs consisted only in an analyses of the depth-dose profiles and the PVDR as a function of depth.

The uncertainties of the dose, FWHM, PVDR and BEDR were calculated as described in section A.3. The global relative dose uncertainty was less than 0.4% in all cases.

LET distributions

The LET distributions were recorded using GATE's LETActor in DoseAveraged mode. As for the dose, the actor covered a volume of 2 cm × 2 cm × 10 cm at a voxel size of 0.1 mm × 1 mm × 1 mm. Depth-LET profiles were considered along a peak and valley region and the peak-to-valley LET ratio (PVLR) was computed as a function of the depth, analogously to the PVDR. The uncertainties of the LET profiles and PVLR were determined as described in section A.4.

Secondary particles

For the investigation of the secondary particles, additional simulations were performed with single 1-mm proton and helium ion beams in a water phantom and the dose was recorded (resolution as before 0.1 mm × 1 mm × 1 mm). Depth-dose profiles at different lateral positions (0.25, 1.0, and 1.75 mm from the minibeam centre) were considered and analysed with respect to the contributions of primary and secondary particles. Moreover, phase space files were recorded at the same lateral positions which were used to assess the energy spectra of each particle type.

Results

Motivated by the physical aspects presented in section 1.2, the simulations of the proton and helium ion beams were expected to show three main differences:

1. Due to their larger mass, helium ions are less affected by MCS. Thus, the helium ion beams should broaden more slowly.

2. Due to their higher charge, the helium ions should yield a higher LET.

3. Due the first two reasons, the helium ions exhibit a higher stopping power as well as lower levels of range straggling. This should result in a more pronounced Bragg peak and a higher BEDR.

The results are therefore presented in individual sections dedicated to the beam broadening, dose and LET distributions, respectively, followed by sections concerning the 7.2: FWHM and PVDR at the phantom entrance and Bragg peak depth and peak dose BEDR of all considered cases. Note that the FWHM was assessed considering a single beam only and is thus identical for all c-t-c distances.

analysis of the secondaries as well as the results of the SOBP simulations. A summary of the most important quantities (FWHM and PVDR at entrance and Bragg peak depth, BEDR) for all cases is given in Table 7.2.

Beam broadening

Figure 7.2 shows the evolution of the FWHM of the proton and helium ions beams as a function of the depth in the target. For the case of the 1-mm beams, the beam sizes in both the water phantom and the CT target are displayed while the 3-mm beams were only simulated in the water phantom. As expected, the helium ion beams broaden at a distinctly slower rate than the proton beams. From the target entrance to the Bragg peak position, the FWHM of the helium ion minibeams was found to double from 1 to 2 mm whereas a fourfold increase from 1 to 4 mm was observed for the proton beams. For the case of the 3-mm beams, the FWHM increased by 0.5 and 1.9 mm for helium ions and protons, respectively. Note that the relative beam broadening is much more important for minibeams than for millimetric beams (200 and 400% vs 17 and 63%). Interestingly, however, also the absolute growth of the minibeams was greater than that of the 3-mm beams (cf. Table 7.2). Between the water phantom and the CT target, no significant difference in beam broadening was observed. While this is generally not surprising as water represents a good dosimetric surrogate for human tissue, inhomogeneities in the CT target were nonetheless found to have a noticeable impact on the depth-dose distributions as described in the following subsection. 

Dose distributions

Figure 7.3 shows the peak and valley depth-dose profiles and the corresponding PVDR of the 1-mm beams in the water phantom (sampling locations indicated in Figure 7.1) and the CT target. Note that lateral homogenisation of the dose at the Bragg peak depth is achieved with protons and helium ions for c-t-c distances of 3.5 mm and 2 mm, respectively. The exact values of the PVDR at the phantom entrance and the Bragg peak depth as well as the BEDR are summarised in Table 7.2a.

The depth-dose profiles illustrate that helium ions yield indeed a higher and more pronounced Bragg peak than protons. This is also reflected by a roughly 3 times higher BEDR (see Table 7.2a). Moreover, while the proton minibeams exhibit a degraded depthdose curve, where the maximum is reached already at the target entrance (i.e. BEDR < 1), a standard Bragg curve is observed for helium ions which yield a BEDR between 2.1 and 2.6. It should be noted that the minibeam spacing appears to have a non-negligible influence on the height of the Bragg peak as the arrangement with the smaller c-t-c distance yielded a roughly 15% higher BEDR. This can be explained by contributions from adjacent minibeams which help to compensate the reduced fluence of helium ions caused by MCS.

Another observation concerning the depth-dose profiles of helium ions is that the dose deposited beyond the Bragg peak is indeed vanishingly small. As stated above, this presents an important distinction to the fragmentation tails of heavier ions (cf. Figures 1.4 and 1.17a or the works of Gonzalez [González 2017, González 2018]).

Regarding the spatial modulation of the dose, excellent PVDRs 1000 are observed at the phantom entrance for both proton and helium ion beams at a c-t-c distance of 3.5 mm. Provided the same c-t-c distance, helium ions are found to yield a higher PVDR than protons which can be attributed to their reduced lateral scattering and slower beam broadening rate. This difference becomes particularly apparent from intermediate depths onwards: At a c-t-c distance of 3.5 mm and a depth of 4-5 cm, the helium minibeams still exhibit a PVDR of about 30-80 while that of the proton beams is already below 10.

At the same time, this feature of helium ions can represent a disadvantage when the aim is to achieve lateral homogenisation of the dose (PVDR ∼ 1) at the end of the range. In order to achieve a comparable level of homogenisation with the helium minibeams, the c-t-c distance has to be decreased to 2 mm which also entails a drastic reduction of the PVDR by more than two orders of magnitude. The maximum value of about 7.5 observed at this tighter spacing is nonetheless comparable to the PVDR reported in previous proton minibeam experiments (around 8 in the work of Peucelle et al. [Peucelle 2015b]).

Comparing the dose distributions and PVDRs recorded in the water phantom and the CT target, one generally finds a very similar picture. A visually notable difference is the small dip in the peak profiles occurring in the CT target at a depth of around 1.5 cm, corresponding to the position where the beam passes through the skull. Apart from this, a slightly higher BEDR as well as a slightly lower PVDR at the target entrance are observed for the CT target (see Table 7.2a) which may be explained by the slightly different density and composition of the tissue compared to water.

Figure 7.4 shows the depth-dose profiles and PVDR of the 3-mm beams in the water phantom for four different c-t-c distances. The corresponding entrance and Bragg peak depth PVDRs and the BEDRs are summarised in Table 7.2b. The first thing to note is that the standard Bragg curve is also recovered with the proton beams. However, the helium ion beams still yield a roughly 1.5 times higher BEDR. Furthermore, a dependence of the BEDR on the c-t-c distance is observed for both particle types, albeit the effect appears more pronounced for protons which undergo a greater relative and absolute beam broadening.

The evolution of the PVDR of the 3-mm beams from the entrance to the Bragg peak depth is much more gradual than that of the minibeams. Indeed, none of the considered c-t-c distances allowed to combine a high PVDR at the phantom entrance with lateral homogenisation of the dose at the end of the range. Requiring a PVDR ≈ 1 at the Bragg peak depth, the maximum PVDR achieved with proton beams was only about 3.4 (c-t-c distance 5 mm) and less than 1.5 with helium ions (c-t-c distance 3.7 mm). On the other hand, using a very large spacing of 10 mm, the PVDR at the entrance was comparable to that observed for minibeams (∼ 1000). Such a c-t-c distance is more reminiscent of GRID therapy than MBRT. However, it should also be noted that the 3-mm proton beams at this spacing exhibit a variation of the PVDR from 870 at the entrance down to 7.7 at the Bragg peak depth. Extrapolating this trend to longer ranges, such proton beam arrangements might present an interesting approach for the treatment of very deep-seated lesions.

LET distributions

Figure 7.5 shows the dose-averaged LET profiles for the 1-mm beams in the water phantom and CT target. The LET in the peak regions of the two helium configurations and the LET in the valley region of the helium minibeams at 2 mm c-t-c distance are practically identical, thus the plot lines are indistinguishable.

The LET profiles recorded in the two targets are generally similar with the main differences occurring near the entrance and beyond the Bragg peak: In the water phantom, the LET exhibits slightly increased values within the first few millimetres that quickly fall off (this effect is more pronounced for the proton beam) while the opposite is observed in the CT target where the LET rises over the first 3-4 mm. The latter could again be related to differences in the composition and density of the simulated tissue and water. Moreover, the post-Bragg-peak LET in the water phantom (roughly the same as in the plateau region) is significantly higher than the lower post-Bragg-peak LET in the CT target (which can be considered favourable in terms of sparing tissue distal to the target). While the responsible mechanism could be related to dosimetric differences between water and an actual organ, a more detailed analysis would be needed for a complete explanation. Finally, the LET curves in the CT target show a bump at the same depth where the beam passes through the skull.

The jaggedness of the LET profiles recorded in the CT target can most likely be considered an artefact arising from a mismatch between the CT target voxels and LET actor voxels and the way that the LET is calculated in GATE. On the other hand, the the non-vanishing LET observed in both targets beyond the Bragg peak depth can be attributed to low-energy (and thus high-LET) secondaries. The LET in this region is higher for the helium ion beams which illustrates the presence of a fragmentation tail (even though the absolute dose deposited in the tail is practically zero, see also the analysis of secondaries below).

Comparing the different particle types, the main observation is that helium ions exhibit a higher LET than protons. In the plateau region, the LET is approximatively constant and about twice as high for helium ions (∼ 8-10 keV/µm) as for protons (∼ 5 keV/µm). At the end of the range, the values increase to 80 keV/µm for helium ions and ∼ 20 keV/µm for protons. Comparable values are also found in the literature [Grassberger 2011, Jia 2014, Kantemiris 2011]. The significantly different LET in the Bragg peak is important since, in this regime, a higher LET value implies an increased biological effectiveness.

The pronounced peak-and-valley pattern found for the dose is not reflected in the LET profiles. Up to a certain depth1 , the valley LET in the water phantom tends to be slightly higher than the peak LET for protons and helium ions (note that the dashed lines are slightly higher than the solid lines). To understand this phenomenon, one must consider that only scattered and secondary particles contribute in the valley regions. These particles have less energy and thus, according to the inverse relation of energy and stopping power, exhibit an increased LET. This explanation is further backed by the analysis of the secondaries below.

Different observations were made in the CT target where the peak LET is significantly higher than the valley LET at depths of 1-2 cm. This is illustrated by the PVLR reaching values up to 3.8 (depending on the particle type and c-t-c distance). A possible explanation could involve scattering at the entrance of the skull (the PVLR drops to 1 at the same depth where the bump appears in the LET profiles), however, a more detailed analysis would be required to ascertain this hypothesis. At any rate, these observations do not affect the conclusions that helium ions offer a preferable LET compared to protons.

Analysis of secondary particles

Figures 7.6 and 7.7 show the analyses of the secondary particles (top rows: depth-dose distributions, bottom rows: energy spectra) performed with single proton and helium ion beams, respectively, in the water phantom. Note that the energy spectra only include particles recorded in the phase space file near the entrance of the phantom, integrated over a depth from 0 to 1 cm. The consideration of the secondary particles was done in order to explain features observed in the LET profiles. Thus, an emphasis was put on high-LET particles and the results are presented according to four categories: primary particles (i.e. protons or 4 He ions), secondary ions and remaining particles. Note that in the case of the helium ion beams, other helium isotopes fall into the general ion category while protons are considered as an individual category of secondaries. For both proton and helium ion beams, the dose contributions of neutrons were less than the lower limit of the y-axis which is why they were omitted in the plots.

In the case of the proton beam, at least 90% of the dose deposits can be attributed to primary and scattered protons, regardless of the depth and the considered lateral position. Similar results are observed for the helium beam at the positions close to the beam centre (0.25 and 1 mm from the peak region) in the sense that almost all the dose is deposited by 4 He ions. However, a different picture is seen in the valley region (1.75 mm from peak) where secondary protons yield the greatest dose contributions up to a depth of 2-3 cm.

Another observation concerning the helium ion beam is that a low-dose tail behind the Bragg peak, which was not seen in the depth-dose profiles in Figures 7. 3 and 7.4, now becomes apparent. It can furthermore be seen that this fragmentation tail is indeed dominated by secondary ions and protons whereas primary helium ions are only of subleading importance.

Considering the energy spectra, one finds that the number of primary particles with an energy close to the initial beam energy (100 MeV for protons, 400 MeV for helium ions) decreases by several orders of magnitude as one moves further away from the beam centre. This effect is more pronounced for helium ions which, however, also exhibit a drastic overall decrease of the number of primaries. The reason for this is that the particles in the valley region have been strongly scattered in order to arrive there and, as mentioned before, helium ions experience a reduced level of lateral scattering compared to protons. Regarding the low-energy tails of the energy spectra, a fairly constant distribution of protons and other ions is observed at all positions (with the exception of the number of ions in the case of the proton beam which exhibits a decrease in the regime 20 MeV).

The general picture is thus that the valley dose at shallow depths up to about 3 cm is dominated by the contributions from scattered protons (both for proton and helium ion beams) of which an important fraction falls into the energy regime of 5-50 MeV. At these lower energies, protons exhibit an increased LET which in turn explains the observation made in the previous section that the PVLR in the water phantom is less than 1 over the first few centimetres in the target. The peak and valley LET profiles are seen to equalise (PVLR ≈ 1) at greater depths which may be understood by higher-energetic particles gradually arriving in the valleys. This explanation is supported by Figure 7.7 which shows that the contribution of 4 He ions to the dose becomes dominant for depths 3 cm.

Simulation of spread-out Bragg peaks

Creating an SOBP in the context of MBRT is not as straightforward as for the broad beam case. This is illustrated in Figure 7.8 which shows the peak and valley depth-dose and LET profiles as well as the PVDR and PVLR for the example of a 2-cm SOBP simulated in the CT target. While the peak dose of the helium ion minibeams is homogeneous within about 15% across the entire range, a continuously falling curve is observed with protons. In both cases, however, the dose curves look very different from the standard SOBP (see e.g. 1.16) and the plateau is only barely apparent from small peaks marking the proximal and distal edges of the SOBP. In contrast to the peak profiles, the valley dose profiles exhibit a steep increase across the length of the SOBP as the considered c-t-c distances (3.5 mm for protons, 2 mm for helium ions) were adapted to allow lateral homogenisation only at the end of the range. The mechanism leading to this degradation of the SOBP is the same that is responsible for the reduced BEDR observed for proton minibeams (see section 6.4).

Figure 7.9 shows cross-sections of the dose distributions in the CT target obtained with the aforementioned c-t-c distances as well as with narrower minibeam spacings (2 mm for protons, 1.8 mm for helium ions). These smaller c-t-c distances lead to a notable improvement of the lateral homogeneity of the dose for both particle types.

Considering the LET profiles (right hand side of Figure 7.8), no major differences are found compared to the case of the monoenergetic beam (Figure 7.5) in the case of the proton beams. For helium ions on the other hand, an increase of the LET from 10 to 15 keV/µm is observed at a depth of about 5.7 cm which corresponds to the proximal edge of the SOBP. Note that a sharp peak of the LET at the end of the range is observed with both particle types which, however, is much higher for helium ions. Similar results are reported in the literature (see e.g. [START_REF] Durante | Charged particle beams to cure cancer: Strengths and challenges[END_REF]). It should be remarked that such a strong variation of the LET across the length of the SOBP has important implications for the RBE (and thus the biologically effective dose) which is why it requires careful consideration during treatment planning.

Discussion

The comparison of proton and helium ion beams was initially motivated by the potential gain in normal tissue sparing due to the reduced MCS and improved BEDR of helium ions. Another factor was that helium ions yield a higher LET in the Bragg peak which entails an increase of the relative biological effectiveness. It was shown that, compared to protons, helium ion minibeams exhibit significantly improved depth-dose profiles with a higher BEDR than protons and narrower beam widths. The lower broadening rate of helium minibeams enhances the peak-valley separation and for identical c-t-c distances, helium ions yield higher PVDRs than protons. This implies that low valley doses can be maintained also at intermediate and greater depths. Moreover, due to the higher BEDR, a lower dose would be deposited in healthy tissues (compared to protons) for the same tumour dose. All of these aspects could be used to further improve normal tissue sparing as well as the target conformity and precision of the MBRT.

On the other hand, helium ion minibeams are less favourable regarding lateral homogenisation of the dose in the target which may be achieved in two ways: Either the c-t-c distances must be greatly reduced (in which case the PVDR was found to be lower than that of the corresponding pMBRT configurations) or several minibeam arrays must be interlaced which increases the technical complexity as well as the volume of the irradiated normal tissue. Indeed, as mentioned in section 2.5.1, one of the main advantages of pMBRT is the fact that high PVDR in normal tissue and dose homogenisation in the target can be obtained with a single array.

However, its should also be noted that recent experimental results suggest that tumour sterilisation may also be obtained with laterally heterogeneous target dose distributions. Two experiments where glioma-bearing rats were irradiated with 100-MeV proton minibeams2 found long-term survival rates (> 170 days) of 67% at a tumour PVDR of 1.2 [Prezado 2019] (compared to 22% for standard broad beam PT) and still 22% at a PVDR of 6.1 [Prezado 2018]. While these promising results indicate that a homogeneous dose deposition across the entire tumour may not be strictly needed to achieve tumour control, further biological studies are necessary to confirm these observations and to assess whether this effect also applies to helium ions.

Apart from the issue of laterally homogeneous dose distributions, challenges related to the longitudinal homogeneity were encountered during the simulations of the SOBP examples. In particular in the case of proton minibeams, it becomes very complicated to obtain a flat SOBP. Due to their higher BEDR, helium ion beams yield a slightly better result in this context. On the other hand, it is easier to produce a laterally homogenous SOBP with protons than with helium ions. In both cases, the evaluated SOBPs showed a poor longitudinal flatness as well as dose hotspots at the end of the range. However, a better homogeneity may be achieved through further optimisation of the weights and energies of the individual pristine Bragg peaks. Moreover, while the presented simulations only considered the absorbed dose, a final treatment plan should also take into account LET-related variations of the RBE (as well as the fact that the conventional RBE might not be applicable to MBRT). The aim should therefore be a flat SOBP in terms of the biologically effective dose.

While usually a constant RBE of 1.1 is assumed for PT, this represents a crucial factor for helium ions. Indeed, helium ions yield higher LET values than protons, especially near the end of the range. This entails an increased relative biological effectiveness which could benefit tumour control. At the same time, helium ions also exhibit a higher LET at shallow depths and in the valleys which may be considered a disadvantage with respect to normal tissue sparing. However, taking into account the drastically reduced dose deposition in the valleys stemming from the heterogeneity of the minibeam configurations as well as the 3-times higher BEDR and the significantly higher LET in the Bragg peak, a net tissue sparing effect may still be expected with helium ions compared to protons.

In conclusion, helium ions might represent a good alternative for charged particle minibeam radiation therapy. Biological studies are nonetheless needed to validate the results of this dosimetry study and to show if tumour control can be obtained with heterogeneous target dose distributions deposited by helium ion minibeams. Furthermore, the trade-off between the potential therapeutical gain with respect to protons and the somewhat higher costs and reduced accessibility of helium ion beams should be considered. The results of the studies presented in this chapter have also been published in the journal Medical Physics [Schneider 2019].

Proton and helium ion minibeams are also considered in the next chapter which represents a study comparing minibeam generation by magnetic focussing and mechanical collimation.

Chapter 8

Comparison of minibeam generation techniques

As already motivated in section 2.5.3 and at the beginning of chapter 5, minibeam generation through magnetic focussing was considered as a solution to overcome the shortcomings of mechanical collimators. Concretely, it was argued that magnetically focussed minibeams can lead to an increase in irradiation efficiency, higher flexibility for treatment planning and delivery as well as a reduction of the neutron contamination at the site of the patient and in the treatment room. In order to compare the new method developed in chapter 6 with the minibeam generation methods that had previously been evaluated by our group, a study was performed considering the dose distributions of proton and helium ion minibeams created through magnetic focussing and mechanical collimation.

This chapter is organised in the following way: First, details are given about the setup of the simulations (section 8.1), including explanations of each of the considered techniques and evaluated quantities. Then, the simulation results are presented (section 8.2) and finally discussed (section 8.3). All simulations presented in this chapter were performed with TOPAS version 3.2.p2.

Simulation details

Three different techniques for minibeam generation were simulated and compared for this study. Regarding mechanical collimation, both methods that had previously been implemented at ICPO were considered, namely irradiation of the collimator with a broad beam1 [Peucelle 2015b] and irradiation with a scanned pencil beam [De Marzi 2018]. The magnetic focussing approach used the minibeam nozzle and method developed in chapter 6. In the following, the three techniques will be labelled as follows:

1. C+BB: irradiation of the collimator with a broad beam 2. C+PBS: irradiation of the collimator with a scanned pencil beam 3. MF: magnetic focussing with the new minibeam nozzle design The different techniques were compared according to three aspects: the dose distribution in a water phantom (4 cm × 4 cm × 20 cm), the irradiation efficiency at the Bragg peak depth and the neutron yield at the phantom entrance. Each technique was evaluated for three clinically relevant ranges of approximately 7.7, 11.1 and 15.8 cm (corresponding to energies of 100, 123 and 150 MeV for protons and 400, 492 and 600 MeV for helium ions). The same collimator and nozzle geometries were used for the simulation of proton and helium ion beams in order to evaluate if the concepts and devices developed for pMBRT can be directly translated to MBRT with helium ions. An identical minibeam pattern was considered in all cases, consisting of an array of five planar minibeams spaced out at a c-t-c distance of about 4 mm. The height of the minibeams was 2 cm, resulting in a total area covered of roughly 1.6 × 2 cm 2 , similar to the dose simulations presented in section 6.4. Figure 8.1 shows lateral and longitudinal dose maps obtained with proton minibeams for each of the three techniques.

Considered minibeam generation techniques

Figure 8.2 shows schematics of the simulated geometries including the water phantom and an illustration of the beam. The beam source parametrisations used in each case are compiled in Table 8.1. Note that identical parametrisations were used for proton and helium beams (except for a small difference in divergence in the MF case, see also below).

Collimator and broad beam

This technique represented the conceptionally most straightforward approach of minibeam generation where a collimator is uniformly irradiated with a broad beam. It approximately corresponds to the situation evaluated in the first proton mini-beam experiments performed at ICPO where the minibeams were generated using a multislit collimator placed at the end of a passively scattering horizontal beamline [Peucelle 2015b, Prezado 2017b, Prezado 2018, Prezado 2019]. However, since a simulation of the passively scattering beamline would have been computationally too expensive, a theoretical arrangement was considered, consisting only of a virtual beam source, the collimator and the phantom.

The beam source was attached to a thin air-filled volume (labelled "source" in Figure 8.2) which was placed 100 cm upstream of the phantom entrance (88.5 cm upstream of the collimator). The collimator was a brass cylinder (radius 4.5 cm, thickness 6.5 cm) with five vertical slits (400 µm × 2 cm) spaced apart at a c-t-c distance of 4 mm. The slits were parallel, i.e. the c-t-c distance was the same at the entrance and exit (see Figure 8.3b). A 5-cm air gap separated the collimator exit from the phantom entrance.

An idealised scenario was assumed for the beam parametrisation corresponding to a quasi-parallel beam that uniformly covers the collimator. For this, an instance of TOPAS' beam type source was used with a flat spatial distribution and a Gaussian angular FIGURE 8.2: Geometries of the three considered minibeam generation techniques. The indicated lengths correspond to the distance from the virtual beam source to the phantom entrance. Abbreviations stand for: C -collimator, P -phantom, VW -vacuum window, IC -ionisation chamber, VTvacuum tank, SM -scanning (dipole) magnet, SH -snout holder, S -snout, Q -quadrupole magnet. Concerning the MF case, note that the length of 130 cm refers to the distance between the beam source and the phantom entrance. The air gap was 10 cm and the focal length accordingly 90 cm, as stated in section 6.1 distribution. The field size was 10 × 10 cm 2 in order to cover the entire collimator plus a small margin. The beam divergence was 0.5 mrad and the beam energy spread was 1%.

The comparatively small beam divergence was considered as a best-case scenario to match the parallel slits of the collimator. Note that the beams in the passive beamlines at ICPO exhibit significantly larger divergences (∼ 4-5 mrad [Peucelle 2016, Guardiola 2020]). Moreover, the use of the virtual beam source presents another idealisation in the sense that trajectories of strongly scattered particles, which are found in real passively scattering nozzles, are not taken into account.

Collimator and pencil beam scanning

The second minibeam generation technique was based on the method described by De Marzi et al. [De Marzi 2018], where a pencil beam is magnetically scanned across the collimator. Compared to the broad beam approach, this method is expected to reduce the proportion of the beam getting blocked by the collimator which would improve the delivery efficiency, increase the dose rate and decrease the neutron production.

For this case, the complete universal nozzle at ICPO in PBS mode was simulated. Note that, instead of using the model developed in section 5.2, the simulations were performed with the model used by De Marzi et al. (courtesy of L. De Marzi, Institut Curie) since the latter had also been validated against dose measurements. An important difference of this model was that the quadrupole magnets were not explicitly simulated. Instead, their focussing effect was taken into account implicitly in the parametrisation of the virtual beam source. Moreover, the snout holder and snout, to which the collimator was attached, were considered in their fully extended state (i.e. the distance to the isocentre was smaller). The other nozzle components had the same properties as those listed in 5.1.

The collimator had the same parameters as the one used in the C+BB case, except for the fact that slightly divergent slits were used (angle of 0.125 degrees between adjacent slits, see Figure 8.3c). This was done to account for the inclination angle of the magnetically scanned pencil beams. The air gap between collimator exit and phantom entrance was again 5 cm. The beam source was attached to the vacuum window and an instance of TOPAS' emittance type was used. The source parameters are listed in Table 8.1.

The scanning pattern for the uncollimated beam consisted of five columns corresponding to the five slits in the collimator: the beam was scanned vertically along each slit (at 50 spot positions per slit) such that the centres of the slit and beam spot coincided. It should be noted that a beam spot always covered multiple slits due to the comparatively large size of the pencil beams. Therefore, the relative weights of the columns had to be adjusted to yield a laterally more homogenous dose distribution in the phantom.

Magnetic focussing

The case of magnetically focussed minibeams was simulated using the minibeam nozzle developed in chapter 6 with an air gap of 10 cm. As before, the beam source was attached to the nozzle entrance (entrance face of the vacuum tank). The beam source and quadrupole configurations were chosen such that the beam sizes at the phantom entrance were comparable to those obtained with the collimator methods. For each energy and particle type, the source parametrisation was adjusted such that differences in beam broadening due to lateral scattering were compensated and similar beam sizes were obtained at the nozzle entrance. Table 8.1 summarises the exact parameter values.

The magnetically focussed minibeams were approximately symmetric and were magnetically scanned across the phantom to recreate the dose pattern of the collimatorgenerated planar minibeams. The scan pattern consisted of five vertical columns with a height of 2 cm and a c-t-c distance of 4 mm. A number of 50 and 100 spot positions per column were used for proton and helium ion beams, respectively, in order to obtain vertically homogeneous dose profiles.

Evaluated quantities

The simulated minibeams were compared with respect to the dose distributions in a water phantom, the irradiation efficiency at the Bragg peak depth and the neutron yield at the phantom entrance. Details about the assessment and analysis of each of these quantities are presented in the following paragraphs.

Dose distributions

The dose distributions in the phantom were recorded using TOPAS' DoseToWater scorer with a voxel size of 0.1 mm × 0.1 mm × 1 mm. As in chapters 6 and 7, the dose distributions were analysed with respect to the evolution of the FWHM and PVDR as functions of the depth, the peak and valley depth-dose profiles and the peak BEDR of the central minibeam. Additionally, the horizontal and vertical dose profiles at the phantom entrance were assessed.

Note that, as before, the FWHM was determined considering simulations of only the central minibeam. In the cases of C+BB and C+PBS, a special single-slit collimator was simulated for this purpose. The uncertainties of the dose and the related quantities were assessed as described in section A.3. The global relative dose uncertainty was ≤ 1.28% in all cases.

Irradiation efficiency

The irradiation efficiency was determined as the laterally integrated dose at the Bragg peak depth (the considered slice was 1 mm thick) divided by the number of primaries. For the case C+BB, the number of primaries was first multiplied with a correction factor in order to account for the fact that the beam was larger than the collimator: Since the field size was 10 × 10 cm 2 = 100 cm 2 and the cross-sectional area of the collimator was π × 4.5 2 cm 2 ≈ 63.6 cm 2 , the number of primaries was first reduced by a factor of 0.636 to obtain the effective number of primaries incident on the collimator.

The stated irradiation efficiencies and uncertainties refer to the mean values and standard deviations of multiple repetitions of the simulations, respectively.

Neutron production

For the measurement of the neutron production, a phase space scorer was placed at the position of the phantom entrance. To avoid artefacts stemming from reactions of the particle beams in the water, the phantom was replaced with a shallow air-filled target to which the phase space scorer was attached. Moreover, only neutrons with a longitudinal momentum component pointing in the downstream direction were considered for the final count2 . In this way, only particles produced upstream of the target were taken into account.

The neutron production is stated as the dose-averaged neutron yield which was calculated by dividing the ratio of the gross neutron count and the number of simulated primaries by the efficiency described above: dose-averaged neutron yield = # neutrons / # primaries dose efficiency

The results are therefore given in "neutrons/Gy" which may be considered a more meaningful basis for a comparison.

As for the irradiation efficiency, the stated neutron yields and uncertainties refer to the mean values and standard deviations of multiple repetitions of the simulations, respectively.

Results

Analogous to the previous chapter, the results are presented in individual sections dedicated to the beam broadening, dose distributions, irradiation efficiency and neutron production, respectively. A summary of the FWHM and PVDR at the entrance and Bragg peak depth and the peak dose BEDR is given in Table 8.2. Figure 8.4 shows the evolution of the FWHM of the central minibeam as a function of the depth in water. The beam broadening is practically identical for the three minibeam techniques and only depends on the beam energy. As already observed in section 6.4, beams with a higher energy grow at a slower rate due to the reduced effects of lateral scattering. The same principle explains why the size at the phantom entrance of the collimated minibeams decreases as the beam energy increases (see Table 8.2). Note that this behaviour is not observed with the magnetically focussed minibeams, as they were deliberately controlled (by adjusting the quadrupole settings and beam source parameters) to yield an approximately constant beam size at the phantom entrance, independently of the beam energy.

Beam broadening

As already observed in the previous chapter, helium ions experience less lateral scattering than protons which results in a slower beam broadening rate. At the Bragg peak depth, the FWHM is only about half as large as that of the corresponding proton minibeams. Some minor differences in beam broadening are observed between the collimator techniques: For PBS, the minibeams were found to broaden slightly quicker than for broad beam irradiation. This can be seen in particular at higher energies where the FWHM at the phantom entrance and at the Bragg peak is consistently at least 0.1 mm larger for C+PBS than for C+BB (see Table 8.2). The reason for this lies in the different divergences that were used for the beam sources (2-3 mrad for the pencil beams vs 0.5 mrad for the broad beam).

Lateral dose profiles

Figure 8.5 shows the horizontal and vertical dose profiles at the phantom entrance. Note, that the different curves in each panel are artificially scaled to enhance the visual distinction. Inhomogeneities in the dose profiles may therefore appear amplified.

The distinct peaks corresponding to the five minibeams are well visible in all horizontal profiles. However, while equal peak heights could be obtained for the cases C+BB and MF, some deviations are observed in the case C+PBS. Similarly, a perfectly flat vertical profile could be realised only for C+BB and MF whereas a central dip and early dose fall-off at the top and bottom edges (y = ±10 mm) can be seen in the vertical profiles corresponding to the case C+PBS. These inhomogeneities could ultimately be improved through further optimisation of the spot weights.

From the horizontal dose profiles, it can be seen that the valley doses are very different for each of the considered techniques. Indeed, the MF technique yielded much lower valley doses than the collimated techniques and the C+PBS approach resulted in higher valley doses than the C+BB method. These differences are also reflected in the valley depth-dose profiles and the PVDR, as discussed below. Figure 8.6 shows the depth-dose profiles along the central peak region and an adjacent valley region and the PVDR as a function of depth. The exact sampling locations are indicated in Figure 8.1. The depth-dose profiles obtained with the different minibeam techniques are generally very similar with the exception of one important difference: As already illustrated by the horizontal dose profiles, the mechanically collimated minibeams yield higher valley doses at low depths than the magnetically focused ones. This difference can be attributed to the scattered primaries, intra-slit leakage and an increased number of secondaries produced in the collimator.

Depth-dose profiles, PVDR and BEDR

For the case of magnetic focussing, the peak profiles exhibit a small shoulder at a depth of 1-2 cm, in particular for proton beams of 123 and 150 MeV. This can be interpreted as the consequence of a focal point located inside the phantom which leads to a compensation of converging tendencies induced by the magnetic focussing and diverging effects due to lateral scattering (a similar observation was already discussed in section 6.4). Indeed, considering again the beam broadening plotted in Figure 8.4, one observes that the width of the minibeams in these cases stays almost constant over the first 2 cm whereas a notable broadening is observed for the 100-MeV beam.

Comparing the proton and helium ion beams, one finds again one of the central results discussed in chapter 7, namely that helium ions yield a much sharper and higher Bragg peak than protons. As a consequence, the BEDR (see Table 8.2) is about 30-40% higher for the lowest energies (100-MeV proton beams, 400-MeV helium beams). However, this difference becomes less pronounced as the beam energy increases. Moreover, the Bragg peak becomes more smeared out and the BEDR decreases for higher energies. This effect was already discussed in section 6.4 and the same explanation given there applies here. Generally, a BEDR < 1 is observed in almost all cases which means that the dose maximum is assumed not at the target depth but already at the skin level. A high PVDR > 10 was found in all cases, at least at shallow depths. By far the highest PVDR values were achieved with magnetic focussing (about 20 to 60 times higher than those for C+BB and C+PBS, respectively) which can be interpreted as a direct consequence of the much lower valley doses. The same explanation applies to the observation that helium ion beams yielded higher PVDRs than proton beams. The C+PBS case yielded the lowest PVDR which may be attributed to the higher beam divergence of the pencil beams (note that for C+BB a theoretical source parametrisation with a divergence of 0.5 mrad was used whereas the divergence of the pencil beams was around 3 mrad).

Note that the entrance PVDR in almost all cases3 decreases as the beam energy increases (see Table 8.2). This observation is explained by the fact that the stopping power scales inversely with the energy (at least in this energy regime, see Figure 1.7) which implies that higher-energetic beams deposit less dose in the peak regions at shallow depths. In contrast, the valley doses, which near the entrance are almost exclusively caused by scattered secondaries, depend only little on the beam energy, thus giving rise to a net reduction of the PVDR for higher beam energies.

Despite the lower initial PVDR, however, the PVDR of higher-energetic beams decreases more slowly (the respective curves in Figure 8.6 can be seen to cross at a given depth). This can be understood as a consequence of the reduced MCS at higher energies (higher-energetic beams broaden more slowly which means that the valleys fill up more slowly).

Lastly, it should be noted that lateral homogenisation of the dose (i.e. PVDR ≈ 1) at the Bragg peak depth was only observed for the proton beams at an energy of 123 and 150 MeV. This is because the spacing of the collimator slits was optimised for these cases but the same minibeam pattern with identical c-t-c distances was used in all other cases. Figure 8.7 shows the irradiation efficiencies of the proton and helium ion beams for each of the considered techniques and beam energies. The magnetic focussing is by far the most efficient minibeam delivery method, both for protons and helium ions, yielding an increase in efficiency of one to two orders of magnitude compared to the collimator techniques. Moreover, irradiation with helium ions is 3-4 times more efficient than irradiation with protons in the sense that a single helium ion on average deposits a 3 to 4 times higher dose at the Bragg peak depth than a single proton. This is in agreement with the fact that helium ions yield sharper and taller Bragg peaks.

Irradiation efficiency

For the cases C+BB and MF, the efficiency tends to decrease slightly as the beam energy increases. This is a consequence to the Bragg peak becoming flatter and more smeared out due to enhanced range straggling, as mentioned above. An opposite effect is observed for the case C+PBS with proton beams (and to a smaller extent also with helium ion beams) which may be explained with the widths of the uncollimated pencil beams. Since the beam size becomes smaller as the energy increases, a larger fraction of the initial beam passes through the collimator which results in a gain in irradiation efficiency.

Between the two methods involving a collimator, irradiation with a scanned pencil beam was found to be about 5-10 times more efficient than broad beam irradiation. It should be noted, however, that in the broad beam case, the exact efficiency strongly depends on the ratio between the sizes of the initial uncollimated beam, the collimator and the minibeam field.

Neutron production

Figure 8.8 presents the dose-normalised neutron production for all considered cases. As expected, a much higher neutron production is observed with collimated minibeams than with magnetically focussed minibeams. Moreover, irradiation of the collimator with scanned pencil beams (C+PBS) leads to a reduction of the dose-averaged neutron yield compared to the broad beam irradiation (C+BB). More precisely, mechanical collimation was found to produce 800 to 6000 times more neutrons per gray of target dose than magnetic focussing. As for the irradiation efficiency, the exact ratios depend on several parameters and should therefore be taken with a pinch of salt (see also discussion below).

Furthermore, the neutron production was observed to increase slightly with the beam energy whereas the results of helium ions and protons turned out to be comparable. The latter result might seem counterintuitive at first, as heavier ions can generally be expected to show a higher production of secondary hadronic particles [González 2017, González 2018]. However, since a dose-averaged neutron count was considered, the higher gross yield of neutrons is counterbalanced by the greater Bragg peak height and the associated increase in irradiation efficiency (see also [START_REF] Schardt | [END_REF]).

Discussion

The simulations presented in this chapter were performed to quantify the differences between minibeam generation techniques that use mechanical collimation and the magnetic focussing technique developed in chapter 6. Another aspect of the simulations was to assess if the methods and devices developed for pMBRT could also be used with helium ions. It could be demonstrated that magnetically focussed minibeams can provide a higher irradiation efficiency, a lower neutron production and an improved spatial modulation (higher PVDR), confirming the hypotheses stated at the beginning of the chapter.

Concretely, magnetic focussing was shown to be much more efficient than mechanical collimation due to the fact that the entire beam can be used at the patient site. Compared to the collimator techniques, the mean dose per primary particle deposited at the Bragg peak depth was in all cases at least 20 times higher with magnetic focussing. Such a gain is especially interesting regarding the prospect of a combination of pMBRT and FLASH therapy as the required dose rates may be difficult to obtain with passively scattered beams or with collimated minibeams.

Of the two collimator techniques, irradiation with a scanned pencil beam (C+PBS) has shown an improved efficiency compared to broad beam irradiation (C+BB). As stated above, the extent of the efficiency gain will vary from case to case and depends on the concrete geometry of the combination of beam and collimator. The configuration used in this case is based on a collimator geometry which was already considered in previous studies [De Marzi 2018, Lansonneur 2020]. Apart from this, helium ions were observed to be more efficient than protons which, in the context of the used metric, can be explained by the sharper Bragg peaks.

Aside from a better flexibility and efficiency, another advantage of magnetically focused minibeams is the much lower neutron yield, as shown in Figure 8.8. The number of neutrons per gray obtained for magnetic focussing was found to be at least three orders of magnitudes lower than those of the collimator techniques. A small improvement was again observed moving from broad beam irradiation to PBS. The neutron yield of protons and helium ions was found to be generally comparable, although slightly higher values were observed in the latter case.

It should be noted, however, that the neutron yield of collimators depends on several parameters such as the size and divergence of the beam incident on the collimator, the dimensions and shape of the slits and the collimator thickness and material (see the work of Guardiola et al. [Guardiola 2017]). Moreover, the considered evaluation of the neutron yield presents a simplified scenario which ignores activation of the room and beamline components as well as, in particular in the case of C+BB, neutron production in the upstream nozzle elements.

Concerning the dosimetric evaluation, magnetically focussed minibeams were found to yield substantially lower valley doses at shallow depths which is furthermore reflected in a dramatically enhanced PVDR. This is desirable as it has been shown that a high PVDR and low valley doses favour normal tissue sparing [Dilmanian 2002]. It should be emphasised again that the PVDR is very dependent on the spacing between the minibeams and that the c-t-c distance considered in this study was optimised for proton beams of 123 to 150 MeV (see De Marzi et al. [De Marzi 2018]). In practice, the PVDR of the 100-MeV beams would therefore be smaller than the presented values if the irradiation plan requires lateral homogenisation of the dose at the Bragg peak. Apart from this, the dose distributions of the collimated and magnetically focussed minibeams were found to be very similar. In particular regarding the BEDR, no improvements could be observed with either of the evaluated methods.

Comparing the dose distributions of the helium ion and proton minibeams, the same results as in chapter 7 were observed. Concretely, helium ion minibeams exhibit a more favourable BEDR, broaden at a slower rate and yield higher PVDRs when using identical c-t-c distances. Note that in contrast to the proton beams, lateral homogenisation of the dose at the Bragg peak depth could not be achieved with any of the evaluated helium beams. While such issues could be further improved, the aim here was rather to evaluate if techniques and devices developed for pMBRT would also be suitable for the use with helium ions which the presented simulations were able to confirm. In particular, this suggests that the minibeam nozzle design developed in chapter 6 could also be suitable for the generation of helium ion minibeams, since no further adjustments were needed and the used field strengths were well within the limits of conventional electromagnets.

This study concludes the investigations of magnetic focussing for the generation of proton minibeams. It could be demonstrated that magnetic focussing is indeed able to improve the different shortcomings of mechanical collimators, mentioned e.g. in section 2.5.3. Moreover, the study also suggests that the techniques developed for pMBRT can be suitable for the use with helium ion minibeams.

The final conclusions drawn from the work performed during my PhD as well as some perspectives for the future of proton and ion MBRT are presented in the following chapter.

Chapter 9

Conclusions and perspectives

Despite major advances over the last decades, the dose tolerance of normal tissue continues to be an important limitation in RT, making it in many cases difficult to achieve an effective cancer treatment. Tumours with poor prognoses, which could benefit from irradiation with higher doses, include for example high-grade gliomas, chondrosarcomas and radioresistant osteosarcomas. Moreover, radiation toxicity remains a crucial factor for the treatment of tumours located close to sensitive structures as well as paediatric cancers [Meyer 2019]. It is therefore essential to explore new approaches that can help to reduce the impact of RT on normal tissue while maintaining or even improving the level of tumour control.

Since its beginnings in the early 19th century, advances in RT have always been closely related to scientific and technological progress. Over the last decades, new innovations in RT (e.g. IMRT, IGRT and SI) have been guided predominantly by physics-related improvements concerning the target conformity of the dose distributions. However, these developments have reached a sort of plateau and further progression along this path can be expected to yield only minor improvements of the therapeutic index.

Instead, future advances are more likely to be found in the exploitation of new radiobiological insights, for example concerning the role of the immune system and the predictive power of genes for RT but also the fundamentally different responses to irradiation with conventional X-rays or ions. Moreover, current research is (re-)examining the influence of other basic physical parameters like the irradiation time, dose rate and spatial dose distribution on the radiation effects. A prominent example in this context is FLASH therapy which, despite first indications dating back at least to the 1960s [Hornsey 1966], has only recently been rediscovered by Favaudon et al. [Favaudon 2014] and quickly become one of the most prominent new approaches in RT, leading for instance to the involvement of major industrial players such as Varian (Varian FlashForward Consortium1 ) and IBA [IBA 2019].

Another example is minibeam radiation therapy which represents the context for this PhD thesis. Several preclinical trials with small animals have already proven the remarkable gain in normal tissue sparing and the high efficacy of tumour control that can be obtained with X-ray [Deman 2012, Dilmanian 2006, Prezado 2012, Prezado 2015] and especially proton minibeams [Girst 2016b, Lamirault 2020, Prezado 2017b]. In the latter case, tumour control could even be achieved with heterogeneous target dose distributions [Prezado 2018, Prezado 2019] which fundamentally challenges the conventional paradigms of RT.

A central parameter in MBRT is the transversal size of the beam. Although the exact limits are yet to be defined, there are several indications that sizes 1 mm FWHM are suitable to obtain good levels of tissue sparing. However, current particle facilities are not designed for such irradiation conditions since the traditional approach was to widen the beam and create uniform fields matching the size of human tumours, i.e. several centimetres. In order to further advance pMBRT towards clinical applications, the challenge is now to find the optimal way of producing minibeams in a clinical context. This represents the main subject of this PhD thesis.

Dating back only to 2013 [Prezado 2013], proton minibeam radiation therapy is a fairly new technique which nonetheless already comprises a considerable body of research: In different pioneering works, our team has demonstrated how multislit collimators can be used to implement pMBRT at a clinical centre, both with a passive beamline [Peucelle 2015b] and with PBS [De Marzi 2018]. Moreover, the feasibility of treatment planning has been proven [Lansonneur 2020] and a first phase I clinical trial is currently in preparation at ICPO.

Generating proton minibeams with mechanical collimators represents a straightforward approach that has the advantage of being readily applicable at practically any existing PT facility. Indeed, collimators were successfully used in all dosimetric and biological experiments performed at ICPO so far. Still, collimators suffer from several inherent shortcomings which prevent the exploitation of the full potential of pMBRT (see Table 9.1). A possible solution could be the generation of proton minibeams through magnetic focussing which was evaluated in this thesis.

As demonstrated by the simulations presented in chapter 8, magnetically focussed minibeams can indeed provide an increase of the irradiation efficiency by at least one order of magnitude as well as a reduction of the neutron yield by about three orders of magnitude. Moreover, a significantly higher PVDR (for the considered cases about 20-60 times higher) as well as much lower valley doses can be achieved at shallow depths which can help to further enhance normal tissue sparing. Looking further, magnetic focussing could also improve the possibilities for treatment planning, allowing in particular the integration of three-dimensional intensity modulation similar to PBS. Moreover, the drastically increased irradiation efficiency could be beneficial vis-a-vis a possible combination of pMBRT and FLASH (see also further below).

It is therefore safe to say that the optimal implementation of pMBRT will have to use magnetic focussing. The central problem investigated during my thesis was thus: How can magnetically focussed proton minibeams be generated in a clinical context?

To answer this question, I first evaluated if existing PBS nozzles could be suitable for this task. Starting from a model of the IBA ProteusPLUS universal nozzle at ICPO, it could be shown that the beam size (FWHM) at the isocentre cannot be made smaller than about 4.4 mm at 200 MeV and 8.5 mm and 100 MeV. Considering that the dimensions and layout of the IBA nozzle are fairly common, these results can be extended to (most) other PBS systems which leads to the conclusion that current nozzles will most likely not be suitable for magnetically focussed pMBRT.

In order to identify the limiting parameters, I evaluated several modifications of the original nozzle geometry which allowed to isolate two principal factors: the focal length and the length of the beam path in air (the air gap), both of which must be short to enhance the focussing capabilities of the nozzle. These results motivated the development of a new, improved nozzle geometry as presented in chapter 6. The key features of this new design are:

• A more compact layout: The overall length of the nozzle, including extra space at the entrance, is 120 cm. In contrast, the PBS nozzle at ICPO has a total length (entrance vacuum window to snout exit) of about 250-280 cm for a fully retracted and full extended snout, respectively.

• A shorter air gap: Values of 10 and 30 cm were evaluated (note that in both cases another 10 cm of air are added by the ionisation chamber) whereas the equivalent distance in the PBS nozzle amounts to 170 cm.

• A shorter focal length: The distance from the last focussing element to the target position was 90-110 cm, depending on the air gap. At ICPO, this distance is 250 cm.

• The use of conventional components: The dimensions and materials assumed for the quadrupole magnets, dipole magnets and the ionisation chamber in the new nozzle design followed those of the current PBS nozzle at ICPO. This means that the new nozzle could be readily and cost-effectively produced using existing technology.

Simulations of the new nozzle design with different beam models demonstrated its suitability for the generation of magnetically focussed minibeams but also underlined the importance of the conditions of the beam entering the nozzle. As argued in the theoretical considerations of section 3.1.3, the focusability of a beam strongly depends on its divergence, the correlation between the positions and slopes of the beam particles and, by extension, the emittance of the beam. Conversely, the initial beam size turned out to be irrelevant in this context (considering practically relevant sizes up to ∼ 35 mm FWHM). Through an extensive benchmarking study of the focussing performance as a function of the initial beam parametrisation, the following conditions for minibeam generation could be determined:

1. The beam should be quasi-parallel, i.e. the beam divergence should not exceed ∼ 0.1 mrad.

2. If a greater divergence is used (max. ∼ 1 mrad), a strong correlation between the positions and slopes of the beam particles must be assured: |r| 0.8 for a divergence of 0.5 mrad, |r| 0.9 for a divergence of 1 mrad.

3. The air gap2 should be about 10 cm to enable the generation of minibeams at energies around 100 MeV. A fourth necessary condition can be derived for the beam emittance: Considering the minibeam definition stated in section 4.2.1 (FWHM ≤ 1 mm and thus σ ≤ 0.42 mm, beam divergence ≤ 10-15 mrad), one finds that the maximum permissible emittance at the target position is 13.2-19.8 mm mrad. Assuming an (approximate) conservation of the emittance between the nozzle entrance and the target, it may be concluded that minibeams cannot be achieved with beams exhibiting an emittance 15-20 mm mrad (this limit could be further improved by considering emittance growth effects due to the scattering in the ionisation chamber and in air). It should be noted, however, that knowledge of the emittance alone is not sufficient to decide if minibeam generation is possible (see e.g. the evaluation of the RPTC beam model in section 6.2) and it must still be assured that the aforementioned conditions are satisfied.

In addition to the benchmarking study, which considered theoretical beam parametrisations, I also evaluated the nozzle performance for several beam models of different existing and planned particle therapy facilities. A central result of these simulations was that minibeam conditions could be achieved with the beam of the MedAustron Particle Therapy Accelerator at all evaluated energies (100,150 and 200 MeV). This implies in particular that the generation of minibeams with the new nozzle design is possible with already existing and clinically used technology and suggests that the design may also be compatible with other synchrotron facilities.

In contrast, cyclotrons (which currently are used in roughly 70% of all PT facilities [PTCOG]) will probably not be able to provide the required conditions, as exemplified by the beam model of the Rinecker Proton Therapy Centre. Indeed, proton beams accelerated in cyclotrons are characterised by an emittance at least three times larger than that of beams accelerated in synchrotrons (see Table 9.2) which is further deteriorated in the ESS. Although improvements (e.g. of the beam extraction mechanism) could potentially decrease the emittance at the accelerator exit, the energy modulation (usually done with degraders3 ) will remain an important limitation that makes it impossible at low energies to maintain a small enough emittance all the way to the nozzle. He ions yield a higher PVDR than protons at same c-t-c distance but a significantly lower PVDR when homogenisation at the target is required.
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+ ++ Very promising results, on the other hand, were found for the beam model of the planned LhARA facility where beam sizes as small as 0.6 mm FWHM at 127 MeV could be achieved. This novel accelerator design is projected to provide extremely intense beams at very small emittances which may be interesting not only in the context of MBRT but also for applications in FLASH therapy (see also further below).

Lastly, another aspect that I considered during my PhD thesis was the use of helium ions for MBRT as an alternative to protons. A summary of the advantages and disadvantages of each particle species is presented in Table 9.3 while a more detailed discussion was already given in section 7.3. The main advantages of helium ion minibeams are their lower broadening rate and their higher LET and dose deposition (relative to the entrance dose) in the Bragg peak. All of these aspects can be exploited to further reduce the dose deposited in normal tissue proximal to the tumour and thus improve tissue sparing.

On the other hand, the low beam broadening rate does not allow to combine a high degree of spatial fractionation in normal tissue with lateral homogenisation of the dose at the tumour site, using only a single array of minibeams (which represents one of the hallmarks of pMBRT). Instead, a homogeneous coverage of the target could be achieved for example by interlacing multiple (preferably orthogonal) arrays, similar to previous experiments with X-ray [Deman 2012] and carbon ion minibeams [Dilmanian 2012[START_REF] Tsubouchi | [END_REF]]. However, this approach requires a high mechanical precision for patient positioning and is hence significantly more error-prone than single-array irradiation.

An interesting alternative approach could therefore be the consideration of heterogeneous target dose distributions. Indeed, small animal experiments with proton minibeams performed by Prezado et al. [Prezado 2018, Prezado 2019] showed that significant levels of tumour control (for rat glioma) could be obtained even with irradiation patterns exhibiting a PVDR as high as 6.1 in the tumour 4 . Activation of the immune system and modification of the tumour microenvironment have been proposed as possible actors involved in these effects. High-LET radiation like helium ions might be able to further amplify these effects and biological studies should be conducted to further investigate the use of helium ion minibeams and heterogeneous target doses.

In any case, helium ions offer an attractive compromise between enhanced RBE, sharp penumbra, reduced OER and low risk of radiation toxicity (compared to heavier ions). Moreover, the strong attention that these ions have recently regained [Grün 2015[START_REF] Jäkel | Physical advantages of particles: protons and light ions[END_REF], Knäusl 2016, Tessonnier 2018] points towards a likely revival in the near future. Indeed, the Heidelberg Ion-beam Therapy Center in Germany has already started investigations of helium ion therapy [Mein 2019, Tessonnier 2017] and the C400 cyclotron for the new ARCHADE particle therapy facility in Caen, France has also been designed to accelerate helium ions among other particles [Jongen 2010a].

In summary, the studies presented in this thesis show that magnetic focussing represents the optimal approach for generating clinical proton minibeams. While this method will not be realisable with current PBS nozzles, an improved nozzle design suitable for this task has been proposed. This new design features a more compact arrangement of conventional beamline components which allows a cost-effective fabrication. Moreover, the compatibility of the design with existing technology in terms of initial beam parameters could be demonstrated.

The next step for magnetically focussed minibeams will be the construction and testing of a prototype of the new nozzle design. For this, our group is currently in the process of establishing contacts with potential industrial partners. Another promising prospect in this context could be the participation in the LhARA project which is expected to be capable of providing the conditions required for minibeam generation and which would also feature dedicated experimental end stations.

Moreover, biological studies should be continued to determine the optimal irradiation parameters (beam size, shape and arrangement of the minibeams, c-t-c distance, etc.) to maximise the therapeutic index and to assess the maximum beam size suitable for MBRT. If good levels of tissue sparing can still be obtained for example with a FWHM of 1.5 mm or even 2 mm, this could relax requirements on the initial beam parameters and air gap and make (magnetically focussed) pMBRT more accessible at existing facilities. First investigations in this direction have already been conducted by our group [Guardiola 2017] and by Sammer et al. [Sammer 2017, Sammer 2019a, Sammer 2019b], however, more biological experiments with protons of clinically relevant energies are needed.

Future biological studies should also include the evaluation of minibeams consisting of other ions. Besides a continuation of the first in vivo irradiations with neon ions by our team and carbon ions by Dilmanian et al. [Dilmanian 2012], such studies could also involve oxygen ions [Martínez-Rovira 2017a, González 2018] and in particular helium ions which, as shown in this thesis, represent a very good candidate for MBRT.

Finally, on a more fundamental level, it will be important to further advance the understanding of the radiobiological mechanisms underlying the effects seen with miniand microbeams, but also FLASH therapy, in order to guide future developments in RT. One particularly attractive approach may be the combination of pMBRT and FLASH [Mazal 2020[START_REF] Reindl | [END_REF] which besides additional enhancement of the therapeutic index and normal tissue sparing could also improve issues related to motion management and long irradiation times.

Concerning the implementation of these techniques, a crucial factor will be the technological advances for particle therapy and in particular the next generation of particle accelerators. While cyclotrons have already proven their adequacy for FLASH therapy [Diffenderfer 2020, IBA 2019, Patriarca 2018], very encouraging results have also been reported regarding the development of new accelerator types for particle therapy like linacs [Degiovanni 2018[START_REF] Picardi | [END_REF] or laser-driven accelerators as proposed by the LhARA collaboration [START_REF] Aymar | [END_REF]]. Both of these concepts target the production of very intense beams at exceptionally small emittances and (at least in the case of linacs) with the prospect of very fast energy modulation. These aspects would benefit not only pMBRT and FLASH therapy but also conventional particle therapy and could open up new possibilities for treatment planning and delivery.

In conclusion, we are currently seeing a very exciting period for RT. New insights and advances in radiobiology, medical imaging and the "-omics" fields (genomics, proteomics and radiomics) [Qiu 2020, Wu 2018] but also the unprecedented investments from major industrial players give reason to expect many interesting studies and developments in the near future. Due to its remarkable potential to spare normal tissue and improve the therapeutic index for poorly treatable cancers, pMBRT will surely play an important role in these evolutions.

Chapter 11

Résumé du travail de thèse en français

Contexte et enjeu

La radiothérapie (RT) est l'utilisation médicale de rayonnements ionisants à des fins curatives ou palliatives et représente l'un des traitements les plus efficaces et répandus du cancer. À l'échelle globale, la RT fait partie du traitement pour plus de 50% des patients [Baskar 2012[START_REF] Hoskin | [END_REF]. Dans les pays occidentaux cette fraction peut même être supérieure à deux tiers [Chen 2017, Nickoloff 2015]. Malgré une histoire de plus d'un siècle, [START_REF] Bernier | [END_REF]], la RT ne cesse d'évoluer et les conséquences sur les traitements ont vu des améliorations significatives durant les dernières années. Tandis que le taux de survie moyen était de l'ordre de 30% il y a encore quelques dizaines d'années, aujourd'hui le taux de rémission des tumeurs peut atteindre jusqu'à 80% pour certains cancers des voies aérodigestives supérieures [Chen 2017].

Néanmoins, la RT reste insatisfaisante pour plusieurs tumeurs hypoxiques ou d'autres tumeurs radiorésistantes comme par exemple les ostéosarcomes, les chordomes ou les chondrosarcomes [Meyer 2019]. Ceci est le cas en particulier pour les gliomes de hauts grades qui ne peuvent être traités que de manière palliative [Gil 2011, Grotzer 2015] et pour lesquels la médiane de survie après le diagnostic est seulement située entre 10 et 15 mois [Jansen 2015, Wen 2008].

L'efficacité des traitements est principalement limitée par la tolérance des tissus sains avoisinants et par les risques liés aux effets indésirables de la radiation (on parle de radiotoxicité). La grande majorité des traitements radiothérapeutiques modernes utilise des faisceaux de photons par source externe (rayons X) qui délivrent une distribution de dose peu ciblée en profondeur caractérisée par une décroissance exponentielle lente (voir figure 11.1a). Les techniques de l'état de l'art tels que la radiothérapie conformationnelle avec modulation d'intensité (RCMI) et la radiothérapie guidée par l'imagerie (RTGI) permettent de délivrer des distributions de doses à haute conformation sur le volume cible, au détriment cependant de la zone périphérique irradiée par champs multiples et ce par différents axes. Il en résulte un dépôt des basses à moyennes doses dans les tissus sains (voire figure 11.1b) ce qui limite les niveaux de dose délivrés dans la tumeur [Durante 2019]. C'est pour cette raison que les recherches en RT se concentrent sur l'augmentation du taux de contrôle de la tumeur tout en améliorant la préservation des tissus sains.

Dans ce contexte, une approche consiste à irradier avec des faisceaux de particules chargées (protons et autres ions plus lourds) ayant alors une distribution de dose plus localisée. Les distributions de dose en profondeur sont caractérisées par une faible dose d'entrée qui reste quasiment constante à des profondeurs superficielles avant d'avoir un pic localisé et maximal (le pic de Bragg) qui peut être positionné grâce au réglage de l'énergie. De plus, comme les protons et les ions peuvent être stoppés dans la matière, aucune dose (ou seulement une très faible dose) n'est déposée après le pic de Bragg ce qui aide à augmenter la préservation des tissus sains derrière la tumeur (voire figure 11.1). D'autres avantages se trouvent dans une efficacité biologique accrue ainsi qu'une dépendance réduite de l'état d'oxygénation des cellules. Ceci rend notamment les ions lourds intéressants pour le traitement des cancers hypoxiques.

Aujourd'hui, la proton thérapie est généralement prescrite pour le traitement des mélanomes de l'iris et de l'uvée, des chordomes et des chondrosarcomes, des tumeurs pédiatriques ainsi que pour le traitement des tumeurs de la base du crâne [DEGRO, Doyen 2016]. En revanche, la carbonethérapie (actuellement le seul type d'ions utilisé en RT) reste pour la plupart des cancers un traitement "expérimental" [Mohamad 2018]. Malgré les nombreux avantages physiques et biologiques, moins d'un pour cent des patients recevant de la RT est traité avec des protons ou d'autres ions [Mohan 2017]. Premièrement, cela est dû aux coûts plus élevés (un traitement de proton-ou carbonethérapie peut être 3 à 5 fois plus cher qu'un traitement conventionnel avec des rayons X [Peeters 2010]) et deuxièmement, il n'existe qu'un faible nombre de centres qui pratique cette modalité thérapeutique.

Cependant, une croissance peut être constatée : Alors qu'il n'y avait que 29 centres de protonthérapie et d'hadronthérapie en 2008 [START_REF] Trikalinos | Appendix F, Centers That Perform Particle Beam Treatment (Worldwide)[END_REF]], ce nombre est passé à plus de 100 en 2020 [PTCOG] et plus de 20 nouvelles installations ont été ouvertes rien qu'en Europe pendant la dernière décennie [Grau 2020]. Cette tendance devrait se poursuivre, ce qui suggère un intérêt d'autant plus croissant pour cette modalité RT.

Une autre approche pour améliorer la préservation des tissus sains a été découverte quand Zeman et al. étudiaient les effets du rayonnement cosmique sur les cerveaux des astronautes [Zeman 1959, Zeman 1961]. Leur constat était que l'utilisation des faisceaux très étroits (largeur ≤ 100 µm) entrainait une augmentation drastique de la tolérance du tissu normal. Ces effets sont à la base de la radiothérapie par micro-faisceaux (microbeam radiation therapy, MRT, en anglais) [Slatkin 1992] qui utilise une irradiation par faisceaux segmentés, à la manière d'un peigne, en franges de largeurs de 25 à 100 µm avec une séparation inter-faisceaux de 200-400 µm [Mazal 2020]. Contrairement aux distributions de doses homogènes utilisées dans la RT conventionnelle, la MRT est caractérisée par un fractionnement spatial de la dose avec un profil latéral présentant des zones de doses élevées (les pics) alternant avec des zones de faibles doses (les vallées), comme illustré en figure 11.2a.

Une grandeur importante dans ce contexte est le rapport des doses dans les pics et dans les vallées, appelé peak-to-valley dose ratio PVDR en anglais. Il a été démontré que la préservation des tissus sains requiert des PVDR élevés associés à de faibles doses dans les vallées [Dilmanian 2002, Smyth 2018] et de nombreuses expériences ont montré des bons taux de contrôle tumoral même avec des distributions de doses très hétérogènes dans la tumeur [Bouchet 2010, Prezado 2018, Zwicker 2004]. Le PVDR est dépendant de plusieurs paramètres, notamment de l'énergie du faisceau [Prezado 2009a], de sa taille et de sa divergence, ainsi que de l'arrangement des micro-faisceaux et la méthode utilisée pour les générer. Un autre paramètre crucial pour le PVDR est la distance séparant les centres de deux micro-faisceaux, appelé en anglais centre-to-centre distance (c-t-c distance).

À ce jour, les mécanismes biologiques impliqués dans une irradiation MRT ne sont pas encore totalement compris. Cependant, plusieurs effets ont été proposés comme le microscopic prompt tissue repair effect qui décrit la régénération rapide des vaisseaux capillaire dans les pics à l'aide des cellules angiogéniques survivantes dans les vallées [Dilmanian 2005]. D'autres facteurs possibles sont l'effet dose-volume (plus la dimension du volume irradié est réduite, plus la dose tolérée du tissu est importante) [Hopewell 2000], ou bien encore que les effets dits non-ciblés comme l'effet bystander et l'effet abscopal [Fernandez-Palomo 2013, Fernandez-Palomo 2015].

Malgré les excellents résultats expérimentaux, la MRT possède plusieurs inconvénients pratiques notamment en regard de ses hautes exigences technologiques (un très haut débit de dose, une haute précision mécanique pour le positionnement du patient) qui rendent compliqués voire impossible sa mise en oeuvre dans le contexte clinique. Une approche pour faire face à ces défis est la radiothérapie par mini-faisceaux (minibeam radiation therapy, MBRT, en anglais), proposée en 2006 par Dilmanian et al. [Dilmanian 2006]. Cette technique, basée sur les mêmes principes que la MRT, est caractérisée par l'utilisations des faisceaux plus larges (dont les diamètres typiques sont situés entre 0,3 et 1,0 mm) ainsi qu'une séparation inter-faisceaux plus grande (usuellement entre 1 et 4 mm).

Comparée à la RT conventionnelle à faisceaux larges, la MBRT a en effet démontré une augmentation significative de la dose tolérée par les tissus sains [Deman 2012, Prezado 2012, Prezado 2015], tout en offrant des possibilités de mises en oeuvre avec du matériel dont l'usage est plus répandu et moins onéreux [Prezado 2017a]. De plus, les tailles plus larges des faisceaux (comparés à la MRT) permettent d'obtenir plus facilement une distribution de dose qui combine à la fois un haut degré de fractionnement spatial dans les tissus sains avec une irradiation homogène de la tumeur [Deman 2012] (ceci peut être réalisé par exemple avec plusieurs champs de mini-faisceaux qui s'entrelacent orthogonalement).

Tandis que la MBRT eut été réalisée avec des rayons X à faible énergie, la protonthérapie par mini-faisceaux (proton minibeam radiation therapy, pMBRT, en anglais) [Prezado 2013] a représenté une approche thérapeutique novatrice qui allie les capacités des mini-faisceaux à préserver les tissus sains aux avantages dosimétriques des protons. Une bonne préservation de la peau et des tissus cérébraux a déjà pu être démontrée dans plusieurs expériences avec des rongeurs [Girst 2016b, Lamirault 2020, Prezado 2017b[START_REF] Zlobinskaya | [END_REF] ainsi qu'une amélioration importante de l'index thérapeutique pour les gliomes de rats [Prezado 2018, Prezado 2019]. Outre les améliorations en termes de distribution de la dose liées au pic de Bragg, le principal argument en faveur de la pMBRT réside dans la diffusion coulombienne multiple subie par les protons, qui entraîne un élargissement significatif des mini-faisceaux (de l'ordre de quelques millimètres). Par conséquent, il devient possible de combiner un fractionnement spatial accentué de la dose et un PVDR élevé dans les tissus sains avec une distribution de dose homogène dans la tumeur, en utilisant un seul champ de mini-faisceaux (voir figure 11.2b). Ceci représente un avantage crucial comparé à la MBRT avec rayons X qui nécessite l'entrelacement de plusieurs champs pour obtenir une homogénéisation de la dose, qui demeure techniquement plus complexe et moins tolérant aux erreurs de positionnement.

Bien qu'il est difficile de définir la taille exacte d'un mini-faisceau pour la MBRT, les données expérimentales actuelles indiquent qu'une largeur à mi-hauteur 1 (FWHM de l'anglais full width at half maximum) de moins de 1 à 1,5 mm est requise afin de maximiser l'indice thérapeutique [Dilmanian 2015b, Lamirault 2020, Prezado 2018, Sammer 2019a, Zeman 1959]. Dans cette thèse, les mini-faisceaux seront donc définis comme des faisceaux avec une FWHM minimale de ≤ 1 mm (notant que dans le cas général la FWHM horizontale et verticale sont différentes).

La génération des mini-faisceaux de protons pour l'application clinique reste un des défis majeurs en pMBRT. N'ayant pas été conçues pour les faisceaux submillimétriques, les installations de protonthérapie actuelles délivrent typiquement des faisceaux avec une FWHM comprise entre 4 mm et quelques centimètres. C'est pourquoi jusqu'à présent toutes les expériences de pMBRT (aux énergies de faisceaux adéquates dans un contexte clinique) utilisaient des collimateurs mécaniques (un bloc en métal avec plusieurs fentes étroites) afin de générer les mini-faisceaux.

Si la collimation mécanique est une méthode simple et en principe universellement applicable, elle présente également plusieurs inconvénients : Premièrement, la collimation mécanique est par sa nature inefficace car la plupart du faisceau incident sur le collimateur est bloqué et donc gaspillé; deuxièmement, l'inadaptabilité des blocs-collimateur fait qu'un 1 Typiquement, le profil transversal d'un faisceau suit (approximativement) une distribution gaussienne. Par conséquent, la taille est indiquée comme l'écart-type ou la largeur à mi-hauteur de cette distribution (voir section 3.1). exemplaire personnalisé peut être requis pour chaque nouveau patient. Au delà de ces inconvénients, le collimateur représente une source de neutrons secondaires qui peuvent présenter un risque pour les patients et le personnel hospitalier. Une solution à tous ces problèmes pourrait être la génération des mini-faisceaux par focalisation magnétique.

Inspiré du principe des faisceaux millimétriques balayés (pencil beam scanning, PBS, en anglais), la technique de pointe en protonthérapie, les mini-faisceaux de protons générés par focalisation magnétique pourrait offrir un outil polyvalent et efficace qui peut être utilisé pour optimiser la préservation des tissus sains, réduire la contamination de neutrons et ouvrir la voie aux traitements de pMBRT avec une modulation de dose tridimensionnelle. Cela pourrait en outre ouvrir des possibilités pour une future combinaison de la pMBRT et de la thérapie dite FLASH [Favaudon 2014], une approche radiothérapeutique récemment proposée qui utilise des débits de dose ultra élevés (≥ 40 Gy/s) et des temps d'exposition de quelques centaines de microsecondes pour augmenter à la fois la préservation des tissus normaux et le contrôle des tumeurs.

Dans cette démarche, l'enjeu majeur de ma thèse était d'étudier comment la génération des mini-faisceaux de proton par focalisation magnétique pouvait être réalisé dans un contexte clinique.

Le deuxième axe du travail effectué pendant mon doctorat concerne l'étude des ions d'hélium comme alternative aux protons pour la MBRT. Si dans un premier temps la diffusion latérale des mini-faisceaux de protons est avantageuse pour obtenir des distribution de doses homogènes dans la tumeur, la divergence du faisceau entraîne aussi une croissance rapide de la dose dans les vallées ainsi qu'une dégradation du rapport des doses à l'entrée 2 et au niveau du pic de Bragg (ce rapport sera appelé Bragg-peak-to-entrance dose ratio, BEDR). Dans ce contexte, les ions plus lourds (comme les ions de carbone ou d'oxygène) présentent une alternative intéressante qui se base sur une diffusion latérale moins importantes ainsi qu'un transfert d'énergie linéaire (TEL) élevé et par conséquent une efficacité biologique relative (EBR) augmentée.

En revanche, une large EBR dans les tissus sains augmente aussi les risques de radiotoxicité. De plus, les profils de dose longitudinaux des ions lourds sont caractérisés par des queues de fragmentation (dépôts de dose indésirables derrière le pic de Bragg) et la forte variation de l'EBR en fonction de la profondeur compliquent le calcul d'un plan de traitement [Tessonnier 2018]. Enfin, l'accélération des ions lourds est plus coûteuse et ne peut être réalisé que dans très peu de centres.

L'utilisation des ions légers (comme les ions 4 He) peut alors représenter une bonne alternative, offrant la plupart des avantages des ions lourds, des BEDR et des EBR élevés ainsi qu'une diffusion latérale réduite, sans les risques associés à la queue de fragmentation et à la variation de l'EBR [Tessonnier 2018]. Afin de tester cette hypothèse, j'ai effectué une comparaison dosimétrique des mini-faisceaux de protons et d'ions d'hélium.

Principaux résultats

Le travail effectué pendant mon doctorat a été réalisé sous forme de simulations Monte Carlo. Les études sont décrites en détail dans les chapitres 5 à 8. Dans cette section seront présentés les principaux résultats. 

Génération de mini-faisceaux de protons par focalisation magnétique

Le premier objectif de ma thèse était d'étudier la génération des mini-faisceaux de protons par focalisation magnétique dans un cadre clinique. Partant du principe qu'un nozzle3 PBS conventionnel dispose de tous les éléments requis (deux aimants quadrupôle pour focaliser le faisceau et deux aimants dipôles pour le balayer), ma première étude évaluait l'utilisation d'un tel nozzle pour réaliser cette génération par focalisation magnétique.

Pour cela, j'ai créé un modèle numérique du faisceau et du nozzle PBS présent au centre de protonthérapie de l'Institut Curie à Orsay (ICPO). Ce modèle a été utilisé pour déterminer les capacités de focalisation du nozzle (c'est-à-dire la taille du faisceau minimale qui peut être obtenue à la position du traitement). De plus, j'ai considéré plusieurs modifications de la géométrie du nozzle (voir figure 5.7 dans la section 5. Ces deux observations s'appliquent aussi dans le cas général, ce qui justifie la conclusion qu'aucun nozzle présentant les mêmes dimensions que le nozzle PBS à l'ICPO ne sera adéquat pour réaliser la pMBRT par focalisation magnétique. Au contraire, un nozzle dédié à la génération des mini-faisceaux devrait être caractérisé par une longueur focale réduite ainsi qu'une distance en air minimale (en pratique, la distance d'air entre la fin du nozzle et la cible doit être supérieure à approximativement 10 cm [Grevillot 2020]). Un design remplissant ces conditions a été développé pendant ma thèse. • un air gap de 10 cm correspondant à une longueur focale de 90 cm.

• un air gap de 30 cm correspondant à une longueur focale de 110 cm.

Le choix de la longueur focale représente un compromis entre deux facteurs opposés : Bien qu'une courte longueur focale peut améliorer la capacité de focalisation, une plus grande longueur est préférable afin de maintenir des petits angles d'inclinaison lors du balayage du faisceau.

Une évaluation de la performance du nouveau nozzle a été effectuée par des simulations prenant en compte différents paramétrages du faisceau à l'entrée du nozzle. Ces simulations comprenaient deux parties : Premièrement, des paramétrages basés sur des modèles de plusieurs centres de protonthérapie (voir section 6.2) ont été simulés et deuxièmement une étude de benchmarking systématique a été menée en considérant environ 70 000 paramétrages théoriques (voir section 6.3). Une sélection des meilleurs résultats est présentée dans le tableau 11.1. L'intégralité des résultats est présentée dans les sections 6.2.3 et 6.3.2.

Les simulations ont démontré que le nouveau design du nozzle est adéquat pour la génération des mini-faisceaux de protons par la focalisation magnétique aux énergies utilisées dans un contexte clinique. De plus, les paramètres du faisceau requis à l'entrée du nozzle pour obtenir des mini-faisceaux ont pu être déterminés et il a été démontré qu'il est possible de les réaliser avec la technologie actuellement utilisée dans certains centres de protonthérapie (notamment dans les centres équipés d'un synchrotron comme le MedAustron Particle Therapy Accelerator). Les trois conditions retenues pour le faisceau à l'entrée du nozzle sont : 3. Le air gap doit être d'environ 10 cm pour une énergie de faisceau de 100 MeV.

L'évaluation du nouveau nozzle a été achevée avec des simulations dosimétriques dans une cuve à eau (voir section 6.4). Les résultats des études sur le nozzle PBS à l'ICPO ainsi que le nouveau nozzle ont été publiés dans la revue Scientific Reports [Schneider 2020]. Enfin, un brevet sur le nouveau design de nozzle est en préparation (numéro de la demande de brevet 19306515.8).

Comparaison des mini-faisceaux de protons et d'ions hélium

Le deuxième enjeu principal étudié pendant mon doctorat portait sur l'utilisation des ions d'hélium pour MBRT comme alternative aux protons. Comparé aux protons, les ions d'hélium pourraient offrir des avantages dosimétriques (élargissement du faisceau moins rapide, BEDR plus favorable, TEL et EBR augmentés) sans les inconvénients associés aux ions lourds (queue de fragmentation, variation de l'EBR, etc).

Afin d'évaluer cette hypothèse, des simulations dosimétriques avec des mini-faisceaux de protons et des ions d'hélium ( 2 He) ont été effectuées, en considérant deux cibles d'irradiation : une cuve à eau et un volume cible défini à partir des images tomodensitométriques d'une tête humaine. Les simulations ont été comparées en fonction des distributions de dose et de TEL et une analyse des particules secondaires produites dans les cibles a été faite.

Les résultats montraient une amélioration significative en termes de BEDR ainsi qu'un élargissement moins importants pour les faisceaux d'ions d'hélium. Concrètement, le BEDR était environ 3 fois plus grand pour les ions d'hélium et la croissance de la FWHM 

Comparaison des techniques de génération de mini-faisceaux

Le travail effectué pendant ma thèse a été achevé par une comparaison des différentes techniques utilisées pour la génération des mini-faisceaux, notamment la collimation Les résultats de la comparaison ont montré que la génération des mini-faisceaux par focalisation magnétique est substantiellement plus efficace que la collimation mécanique : La dose déposée par particule primaire à la profondeur du pic de Bragg était au moins 20 plus grande avec les mini-faisceaux focalisés qu'avec les mini-faisceaux générés avec les collimateurs. De plus, une réduction du taux de neutrons par environ 3 à 4 ordre de grandeur a pu être constatée avec la focalisation magnétique (la mesure étant le nombre de neutrons produits par gray de dose déposé au pic de Bragg). Il faut cependant noter que la contamination de neutrons dépend de plusieurs paramètres comme la taille du faisceau incident au collimateur, les dimensions des fentes dans le collimateur ainsi que l'épaisseur du collimateur (voir par exemple Guardiola et al. [Guardiola 2017]).

Concernant la comparaison dosimétriques, il a été observé que les mini-faisceaux générés par focalisation magnétique produisent des plus faibles dépôts de doses dans les vallées ce qui entraîne une augmentation du PVDR. Ceci est très désirable car la combinaison d'un grand PVDR et une faible dose dans les vallées est essentielle pour la préservation des tissus sains [Dilmanian 2002]. Enfin, les simulations des différents types de particules (protons et ions d'hélium) ont démontré que les techniques développées pour la pMBRT peuvent aussi être utilisées pour la génération des mini-faisceaux d'ions d'hélium. En particulier, le nouveau nozzle s'est montré adéquat pour la hélium MBRT. 

Conclusions

La tolérance des tissus sains au rayonnement reste une des principales limitations en RT, empêchant pour plusieurs types de cancers un traitement efficace. Dans ce contexte, la pMBRT est une nouvelle approche thérapeutique qui pourrait offrir des améliorations substantielles. Malgré sa nouveauté, de nombreuses études [De Marzi 2018, Guardiola 2017, Guardiola 2020, Lansonneur 2020, Lee 2016, Peucelle 2015b, Sammer 2017] ont déjà été menées. De plus, plusieurs expériences biologiques ont pu démontrer le potentiel de la pMBRT à préserver les tissus sains [Girst 2016b, Prezado 2017b, Sammer 2019b] et à améliorer l'index thérapeutique pour les gliomes de rats [Prezado 2018, Prezado 2019]. À ce jour, un des défis centraux en pMBRT est la génération des mini-faisceaux. La génération par collimation mécanique a l'avantage d'être facile à implémenter dans un centre existant et cette méthode a été utilisée pour toutes les expériences menées jusqu'à présent à l'ICPO. Néanmoins, un collimateur présente également plusieurs inconvénients qui empêchent une exploitation optimale du potentiel des mini-faisceaux de protons. Le principal objectif de cette thèse étais alors d'étudier la génération par focalisation magnétique comme solution à ces problèmes.

Afin de réaliser une telle génération des mini-faisceaux, un nozzle dédié devrait contenir des aimants de focalisation (par exemple une paire de quadrupôles) ainsi que des aimants de balayage (par exemple une paire de dipôles). Il a pu être démontré qu'un nozzle PBS moderne, malgré le fait d'être équipé des composants requis, ne sera vraisemblablement pas adéquat pour cette tâche. Les raisons à cela sont reliées aux dimensions des nozzles modernes (notamment la longueur focale trop grande et la distance en air trop longue) qui ne permettent pas d'obtenir des tailles de faisceau submillimétrique à la position de la cible.

Un travail clé effectué pendant ma thèse a été alors le développement d'un nouveau design de nozzle adapté aux mini-faisceaux de protons. Ce design utilise des éléments conventionnels ce qui permet une fabrication peu onéreuse et les premières simulations ont prouvé la compatibilité avec des faisceaux présents dans des centres de protonthérapie existants. De plus, une étude comparant la génération des mini-faisceaux par collimation magnétique avec les mini-faisceaux produits avec le nouveau nozzle a pu démontrer que Une approche intéressante dans ce contexte est la délivrance des doses hétérogène au volume cible comme réalisé dans certains expériences biologiques conduites par Prezado et al. [Prezado 2018, Prezado 2019]. Ces expériences montraient qu'un taux de contrôle tumoral significatif (dans ce cas pour des gliomes des rats) peut être obtenu même avec des distributions des doses très hétérogènes correspondant à un PVDR de 6.1 dans la tumeur. Pourtant, d'autres expériences seront nécéssaires afin de valider ces résultats pour les mini-faisceaux d'ions d'hélium.

La prochaine étape pour la génération des mini-faisceaux de protons par focalisation magnétique sera la construction d'un prototype du nouveau nozzle développé pendant cette thèse. Pour cela, notre équipe a déjà établi des contacts avec un potentiel partenaire industriel. De plus, il sera nécessaire de continuer les expériences biologiques pour determiner les paramètres optimaux (taille et forme des mini-faisceaux, séparation interfaisceaux etc) permettant une maximisation de la préservation des tissus sains. Sur un niveau plus fondamental, d'autres études devraient être conduites afin de préciser davantage les mécanismes impliqués lors d'une irradiation avec micro-ou mini-faisceaux. Finally, a third contribution to the uncertainty of the minimum beam size is given by uncertainties of the beam model parameters, i.e. the beam parametrisation at the nozzle entrance. The related uncertainty will be referred to as ∆ model and can cause an over-as well as an underestimation of the true minimum. It was estimated by repeating the minimisation simulations for several variations of the beam parametrisations and determining the minimum configuration in each case. The final value of ∆ model was then calculated as the standard deviation of the respective quantity (σ x , σ y , σ x or σ y ) over all these minimum configurations.

The contribution from the beam model uncertainty was only assessed for the studies of the current PBS nozzle at ICPO and its modifications. The variations of the beam parametrisation included variations of each beam source parameter individually (except the energy and energy spread), as well as all of them simultaneously. The beam size parameters σ x , σ y were varied by a fixed amount of ±10%, whereas the variations of the divergences and correlation coefficients consisted in considering the next lower and higher values from the list of values given in 5.2.2.

This concept is best illustrated with an example: For an energy of 150 MeV, the source parametrisation is (σ x , σ y , σ x , σ y , r xx , r yy ) = (6.14 mm, 8.78 mm, 0.5 mrad, 2.0 mrad, -0.2, -0.9), as stated in Table 5.3. The considered variations of each parameter were thus

(σ - x , σ - y , σ - x , σ - y , r - xx , r - yy ) =
(5.53 mm, 7.90 mm, 0.4 mrad, 1.5 mrad, -0.3, -1.0) and (σ +

x , σ + y , σ + x , σ + y , r + xx , r + yy ) = (6.75 mm, 9.66 mm, 0.75 mrad, 2.5 mrad, -0.1, -0.8) and the considered variations of the beam parametrisation were then 

Var 1 = (σ + x , σ y , σ x , σ y , r xx , r yy ) Var 2 = (σ - x , σ y , σ x , σ y , r xx , r yy ) Var 3 = (σ x , σ + y , σ x , σ y , r xx , r yy ) . . . Var 13 = (σ + x , σ + y , σ + x , σ + y , r + xx , r + yy ) Var 14 = (σ - x , σ - y , σ - x , σ - y , r - xx , r - yy ).
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B.2 Evaluated source parametrisations

As explained in section 5.2.2, the size parameters (σ x /σ y ) of the virtual beam source could be determined using the measurements performed with IC1 (Table B.1) whereas the remaining parameters (∆E, σ x /σ y , r xx /r yy ) and the orientation of the quadrupole fields were inferred using a best-fit approach based on a comparison of simulated and measured beam sizes at several positions around the isocentre.

In the first step, three preliminary source parametrisations were constructed with the parameters yielding the best fit for each measurement session (February, August, October). The best fit was defined as the set of parameter values yielding the smallest MSE according to the definition given in equation (5.2)1 . In the following, the three parametrisations will be labelled as 

B.3 Validating the parametrisations

The definition of the parametrisations based on the best-fit method described above suffers from a potential shortcoming related to the simulation of the quadrupoles. To understand this point, it should be noted that the beam size at the isocentre is influenced both by the beam parametrisation at the nozzle entrance and by the beam focussing of the quadrupoles. In the case where the simulated focussing effect does not accurately reproduce the focussing in the real PBS nozzle, the best-fit method will yield a source parametrisation that compensates the inaccuracies of the simulated focussing. However, this source parametrisation may deviate from the true beam conditions at ICPO and may therefore result in the simulation of wrong beam sizes at the isocentre when different quadrupole configurations are used (as was done for the minimisation studies). One approach to validate the source parametrisation is thus to perform additional measurements at the same positions and for the same beam energies but using different settings of the quadrupole magnets (different field strengths). If the beam model is correct, the simulation of these configurations should yield the same beam sizes as the measurements.

Such additional measurements were performed during the session in August 2018, considering five beam energies (100,130,160,190 and 220 MeV) and seven alternative quadrupole configurations, measuring again at the positions -30 cm and 0 cm with respect to the isocentre. Table B.4 presents the considered quadrupole configurations and indicates the evaluated combinations of beam energy and quadrupole settings while Table B.5 compiles the results of the measurements.

The results of this validation study are presented in the next section. 

× × × × × × × × × × × × × × × × × × × × ×

B.4 Defining the final parametrisation

Three criteria were considered in order to determine the final beam source parametrisation (listed in Table 5.3):

1. agreement of the simulated beam sizes with the original measurements 2. agreement of the simulated beam sizes with the additional measurements 3. smoothness of the source parameters as a function of the beam energy Each of the these aspects is briefly discussed in the following paragraphs.

Agreement with original measurements

The first criterion considered how well each of the three beam source parametrisations agrees with the corresponding measurements that were used for its definition (i.e. how well beam sizes simulated with param 1 agree with beam sizes measured in February and so on). MeV and especially at positions upstream of the isocentre. Moreover, the comparison of param 1 with the February measurements also shows differences at lower beam energies and positions downstream of the isocentre and both in σ x and σ y . Overall, however, a very close agreement between the simulated and measured beam sizes is observed in all cases.

The agreement is quantified in Table B.6 which compiles the mean and maximum relative deviations for all three cases. The maximum difference for a single data point is 7.8% and the average agreement over all positions and energies is better than 3% in all cases. The best agreement is found between the simulations with param 2 and the August measurements. However, it should be noted again that only two positions were considered for the August measurements (and subsequently param 2). 

Smoothness of parameters as a function of the beam energy

Lastly, the third criterion considered the evolution of the fitted source parameters σ x , σ y , r yy and r xx as functions of the beam energy. The respective values are plotted in Figure B.5 (note that this is the same data that is listed in Table B.3). For a physical beam, the parameters are generally expected to vary continuously and smoothly with the energy in the sense that sudden jumps at individual energies are avoided. From this perspective, param 2 may be considered the least favourable option as it is characterised by several discontinuities (especially the σ x ) whereas the other two parametrisations are mostly very similar. The biggest difference between param 1 and 3 consists in the evolution of r xx , where an approximately constant value of -1 ≤ r xx ≤ -0.8 in the first case is contrasted by an ascent from -0.8 to +1 in the second case. 

Conclusion

Combining the results presented in the paragraphs above, the following conclusions can be drawn:

• The best agreement between simulated and measured beam sizes is observed for param 2 which yields the smallest deviations in Table B.6 in terms of σ x and σ y and in Table B.7 in terms of σ x . However, it should be kept in mind that this parametrisation was created using beam size measurements at only two positions, spaced 30 cm apart. This low number of data points makes it significantly easier to obtain a good fit and naturally results in smaller deviations.

• As parametrisations 1 and 3 were defined by fitting against five measurement positions covering a drift space of 80 cm, they may provide a more solid basis for a beam description and thus represent better candidates for the final beam model. The agreement with the original measurements (Table B.6) is good in both cases.

• Concerning the validation study, decidedly better results were obtained with param 3 than with param 1.

• Considering the smoothness of the source parameters as a function of the beam energy, param 1 ranks slightly better than param 3 and both of them rank better than param 2 which exhibits the most frequent and most prominent jumps in Figure B.5.

In conclusion, param 3 was chosen as the final beam source parametrisation (listed in Table 5.3) as it yielded better results in the validation study than param 1. Param 2 could be ruled out based on the low number of data points with which it was constructed. It should be noted that, apart from the values of r xx , only minor differences exist between param 1 and 3. Moreover, it is very unlikely that the conclusions of the studies presented in chapter 5 would change if param 1 or param 2 had been used instead (see argument given at the end of section 5.5). Il en découle la question principale traitée dans cette thèse : Comment la génération des mini-faisceaux de protons par focalisation magnétique peut-elle être réalisée dans un cadre clinique ?

En utilisant le modèle numérique d'un pencil beam scanning nozzle (le "nozzle" est la dernière partie d'une ligne de faisceau clinique), il a été démontré que les nozzles actuels ne sont pas adéquats pour focaliser les faisceaux de protons à la taille requise, les principales raisons étant une distance focale trop grande et une présence d'air excessive. En partant de ces conclusions, un nouveau design de nozzle optimisé a été développé. Ce nouveau modèle est capable de générer des mini-faisceaux de protons par focalisation magnétique dans des conditions réalisables avec les technologies existantes. Une étude Monte Carlo a également été menée afin de comparer et de quantifier les différences entre la génération de mini-faisceaux par collimation mécanique et par focalisation magnétique.

Dans un second temps, cette thèse présente une évaluation des ions d'hélium comme alternative aux protons pour la radiothérapie avec mini-faisceaux. Il a pu être démontré que les ions d'hélium peuvent être un bon compromis en offrant certains des avantages dosimétriques observés avec les ions lourds sans les risques de toxicité associés.

Title: Advancing the generation of proton minibeams for radiation therapy Keywords: protons, minibeams, magnetic focussing, MBRT, helium ions, spatial fractionation Abstract: Despite major advances over the last decades, the dose tolerance of normal tissue continues to be a central problem in radiation therapy, limiting for example the effective treatment of hypoxic tumours and high-grade gliomas. Proton minibeam radiation therapy (pMBRT) is a novel therapeutic strategy, combining the improved ballistics of protons with the enhanced tissue sparing potential of submillimetric, spatially fractionated beams (minibeams), that has already demonstrated its ability to significantly improve the therapeutic index for brain cancers in rats. In contrast to conventional proton therapy which uses comparatively large beam diameters of five millimetres to several centimetres, minibeams require beam sizes of less than 1 mm which are challenging to create in a clinical context. So far, every implementation of pMBRT at clinically relevant beam energies could only be achieved with the help of mechanical collimators (metal blocks with thin slits or holes). However, this method is inefficient, inflexible and creates high levels of unwanted secondary particles. The optimal approach may therefore be the generation of minibeams through magnetic focussing.

This thesis investigates how magnetically focussed proton minibeams can be realised in a clinical context. Starting from the computer model of a modern pencil beam scanning nozzle (the term "nozzle" describes the final elements of a clinical beamline), it could be shown that current nozzles will not be suitable for this task, since their large dimensions and the presence of too much air in the beam path make it impossible to focus the beam down to the required sizes. Instead, an optimised nozzle design has been developed and evaluated with clinical beam models. It could be demonstrated that this design allows the generation of proton minibeams through magnetic focussing and that the new nozzle can be used with already existing technology. Moreover, a Monte Carlo study was performed to compare and quantify the differences between magnetically focussed minibeams and mechanically collimated minibeams.

Finally, as the second aspect of this thesis, helium ions were evaluated as a potential alternative to protons for minibeam radiation therapy. It could be shown that helium ions could present a good compromise exhibiting many of the dosimetric advantages of heavier ions without the risks related to normal tissue toxicities.
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  FIGURE 1.1: Schematic representation of the tumour control probability (TCP) and normal tissue complication (NTCP) as functions of the absorbed dose. The therapeutic window describes the regions of the absorbed dose where a high TCP and low NTCP are obtained at the same time.

FIGURE 1

 1 FIGURE 1.2: Illustration of the different volumes and margins used for target delineation and treatment planning. Taken from ICRU report 78 [ICRU78].

FIGURE 1 . 5 :

 15 FIGURE 1.5: Evolution of the 80-20% penumbrae of different beams as a function of the depth. a) Penumbrae assessed by simulating the dose deposition in a water phantom. The beams all started out with the same size (about 1 cm full width at half maximum). b) Measured penumbrae of γ-ray, X-ray and proton beams, taken from ICRU report 78 [ICRU78].

FIGURE 1

 1 FIGURE 1.6: LET values of different proton and ion beams. a) The LET of a monoenergetic proton beam as a function of the beam energy, taken from Girdhani et al. [Girdhani 2013]. b) Depth-LET distributions of protons and different ions in a water phantom, taken from Durante and Flanz [Durante 2019].

FIGURE 1

 1 FIGURE 1.7: Stopping power for protons and different ions as a function of the kinetic energy. Taken from Jäkel [Jäkel 2020].

FIGURE 1 . 8 :

 18 FIGURE 1.8: A 160-MeV proton beam propagating in a water phantom: a) Relative fluence in a broad beam of protons as a function of the depth in water. The mean projected range is defined as the depth at which half of the primary protons have stopped, neglecting losses due to nuclear interactions. Taken from Newhauser and Zhang [Newhauser 2015]. b) The relative fluence (dotted line), dose (solid line) and stopping power (dashed line) for a proton beam as a function of the depth in water. Adapted from Garutti [Garutti 2013].

FIG. 9 .

 9 FIG. 9. Color online Bragg curve for 670 MeV/ u 20 Ne ions in water measured at GSI circles and calculated contributions of primary ions, secondary and tertiary fragments. Adapted from Sihver et al. 1998 .

FIGURE 1 .

 1 FIGURE 1.10: Overview of radiobiological effects and their associated timescales. Adapted from Vogin [Vogin 2011] and Ben Kacem [Ben Kacem 2020].

FIGURE 1 . 11 :

 111 FIGURE 1.11: Simulation of the distribution of DSBs in a typical cell nucleus (5 µm radius) after irradiation with X-ray photons, protons and different ions. As the LET of the radiation becomes higher, both number and density of DSBs per gray increase. Taken from Tommasino and Durante [Tommasino 2015].

FIGURE 1 .

 1 FIGURE 1.14: Different experimental data illustrating the dose volume effects: a) Irradiation of pig skin. b) Irradiation of rat spinal cord. c) Average change in local lung function (perfusion) as a function of the normalised total dose. Adapted from Dörr and van der Kogel [Dörr 2009].

FIGURE 1 .

 1 FIGURE 1.16: Multiple pristine Bragg peaks produced by monoenergetic beams are combined to create a spread-out Bragg peak.

  FIGURE 2.1: Examples of lateral dose distributions and typical dimensions for GRID therapy, microbeam radiotherapy (MRT) and minibeam radiotherapy (MBRT). The centre-to-centre (c-t-c) distance corresponds to the pitch between the maximum of two adjacent peaks. Taken from De Marzi et al. [De Marzi 2019a].

FIGURE 2

 2 FIGURE 2.2: Examples of dose distributions for different forms of SFRT: a) GRID therapy, b) lattice radiotherapy, c) proton minibeam radiotherapy. Taken from Wu et al. [Wu 2010] (a and b) and De Marzi et al. [De Marzi 2019a] (c).
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 23 FIGURE 2.3: Histological analysis of murine brain tissue irradiated with 1-mm and 25-µm-wide deuteron beams. Taken from Zeman et al. [Zeman 1961].

FIGURE 2 . 4 :

 24 FIGURE 2.4: Approaches to combine spatial fractionation and homogenisation of the dose in MBRT: a) Interlacing two orthogonal arrays of minibeams. Taken from Deman et al. [Deman 2012]. b) Divergent orthovoltage X-ray minibeams merging in the target. The depths where the minibeams merge can be controlled by the distance between the beam source and multislit collimator. Taken from Dilmanian et al. [Dilmanian 2019].
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 26 FIGURE 2.6: Irradiation methods in MBRT: a) Array of four vertical planar minibeams generated with a broad beam incident on a multislit collimator. b) Grid arrangement of sixteen magnetically shaped pencil-shaped minibeams. Adapted from Meyer et al. [Meyer 2019].

FIGURE 3 .

 3 FIGURE 3.1: Co-moving coordinate system centred at a point along the design trajectory. An individual particle (red disc) has coordinates (x 0 , y 0 ) and a momentum p = (p x , p y , p z ) in this frame of reference. Adapted from Wolski [Wolski 2015].

FIGURE 3 .

 3 FIGURE 3.2: The xx -trace-space ellipse (beam ellipse) of a beam where both the xand xcoordinates follow Gaussian distributions. Adapted from Brown [Brown 2013].
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 33 FIGURE 3.3: The xx -trace-space ellipse for different values of the correlation coefficient r xx .

FIGURE 3 . 7 :

 37 FIGURE 3.7: Illustration of the connection between the beam quality, focal length and beam size at the focal point: A perfectly parallel beam (red lines) can be focussed to a single spot regardless of the focal length whereas a realistic beam with a stochastic non-zero divergence (grey solid lines) can be focussed tightly only for a short focal length. The blue boxes represent linear focussing lenses (e.g. a quadrupole magnet) and the dotted horizontal grey lines indicate the beam axes. The dashed vertical grey line in the right panel was added to highlight the position of the focal point. Note that identical initial beam parameters were used in both cases and only the focal length was changed.

FIGURE 3 . 8 :

 38 FIGURE 3.8: Illustration of an ideal magnetic quadrupole: The magnetic field is represented by the grey arrows with the shade of grey corresponding to the field strength. The red arrows indicate the Lorentz force exerted on a positively charged particle travelling into the image plane (the quadrupole focusses vertically and defocusses horizontally).

FIGURE 3 .

 3 FIGURE 3.9: Different types of quadrupole magnets: a) Quadrupole electromagnet with iron core and conductive coils. Taken from Wille [Wille 2000]. b) Permanent magnet-based Halbach quadrupole. Taken from the webpage of the Particle Beam Physics Laboratory at UCLA [PBPL].

FIGURE 3 .

 3 FIGURE 3.10: Fringe fields of a quadrupole magnet: The field strength in a real magnet (solid black line) changes smoothly from zero outside of the magnet to its maximum value inside the magnet. The commonly used hard-edge (H.E.) model (red dashed line) can be improved for example using a trapezoidal model (dotted blue line). Taken from Zhou et al. [Zhou 2014].
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 311 FIGURE 3.11: Schematic of the initial linear accelerator concept first realised by Wideröe in 1928. Today, instead of using electrode tubes, the acceleration is typically done using resonant cavities and travelling or standing microwaves. Taken from Wiedemann[Wiedemann 2015].

FIGURE 3 .

 3 FIGURE 3.12: Schematic of the cyclotron principle. Taken from El Saftawy [El-Saftawy 2013].

  FIGURE 3.13: Schematic of a Hitachi synchrotron used for proton therapy. BM: bending magnet, BMPi: bump magnet for injection, QF: quadrupole focussing magnet, QD: quadrupole defocussing magnet, RFC: radio frequency cavity, RFK: radio frequency kicker for extraction, SM: septum magnet, ST: steering magnet, SX: sextupole magnet. Taken from Hiramoto et al.[Hiramoto 2007].

FIGURE 3 .

 3 FIGURE 3.14: Schematic plot of a typical synchrotron spill. An injected proton beam already has an energy between 2 and 7 MeV. Taken from Schippers[Schippers 2012].

FIGURE 3 .

 3 FIGURE 3.15: The principle of scaling and non-scaling FFAGs. Magnets are alternately defocussing (D) and focussing (F) as well as outward-(blue) and inward-bending (pink). It should be noted that scaling FFAGs with FDF lattices and non-scaling types with DFD lattices are also possible. Adapted from Craddock and Symon [Craddock 2008].

FIGURE 3 .

 3 FIGURE 3.16: Schematic of a dielectric wall accelerator. Taken from Myers et al. [Myers 2019].

FIGURE 3 .

 3 FIGURE 3.17: Layout of the proton therapy facility at Massachusetts General Hospital (Francis H. Burr Proton Therapy Center). Taken from ICRU report 78[START_REF]ICRU Report 78: Prescribing, Recording, and Reporting Proton-Beam Therapy[END_REF].

FIGURE 3 .

 3 FIGURE 3.18: Schematic of a gantry used for proton therapy including typical dimensions of the most important elements. Taken from Schippers et al.[START_REF] Schippers | [END_REF]].

FIGURE 3 .

 3 FIGURE 3.19: Schematic of a nozzle used for passive scattering.

  FIGURE 5.1 Schematic representation of the single-scattering technique using a flat scatterer (A) and double-scattering techniques using a contoured scatterer (B), dual ring (C), and occluding ring (D). Dashed lines, lateral profile without aperture; solid lines, with aperture.

FIGURE 3 .

 3 FIGURE 3.21: Different elements used for double scattering techniques: a) A range modulator wheel from an IBA universal nozzle. b) A bar ridge filter for the modulation of a 6-cm SOBP. c) The principle of using a range compensator to conform the beam to the distal edge of the tumour. Taken from Slopsema [Slopsema 2012].

FIGURE 3 .

 3 FIGURE 3.22: Schematic of a generic PBS nozzle used for active scanning. Taken from Marchand et al. [Marchand 2000].

FIGURE 3 .

 3 FIGURE 3.23: Schematic of a uniform scanning nozzle (top) and a beam wobbling nozzle (bottom). Adapted from Zheng [Zheng 2017] (top) and Kanai [Kanai 2012] (bottom).
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 41 FIGURE 4.1: Influence of the beam divergence on the minibeam broadening and the lateral homogenisation of the dose. A correlation coefficient r = 0 was assumed in all cases, corresponding to a situation where the waist of the minibeams is located at the phantom entrance. Left plots: Longitudinal cross-sections of the dose distribution in a water phantom. The green and red dashed lines indicate the positions where the peak and valley profiles were sampled. Right plots: Depth-dose profiles of the peak (green) and valley doses (red) recorded with 0.1 × 0.1 × 1-mm 3 voxels.

  FIGURE 4.2: Two different methods for extracting and fitting one-dimensional Gaussian distributions to determine the beam size compared for two different scenarios: a-c) The beam spot is aligned with the coordinate system. d-f) The general case where the beam spot is tilted with respect to the coordinate system.

  Figure 4.3 presents a view of the quadrupole pair model in Lorentz-3M showing the iron yokes (volumes with black edges), copper coils (volumes with magenta edges) and volume currents (cyan arrowheads). The dimensions of the yokes were 398 mm × 398 mm × 92 mm, the aperture

FIGURE 4 . 3 :

 43 FIGURE 4.3: Simulation in Lorentz-3M of the quadrupole pair installed in the PBS nozzle at ICPO. The magnetic field configuration is computed starting from the electric currents (cyan arrowheads) in the coils (magenta volumes).

FIGURE 4 . 4 :

 44 FIGURE 4.4: Comparison of beam focussing simulations in Lorentz-3M, TOPAS and pure Geant4: proton beams of different energies are focussed by a pair of quadrupoles and the beam size is assessed at multiple positions.

FIGURE 4 . 5 :

 45 FIGURE 4.5: Comparison of beam focussing simulations in TOPAS using the MappedMagnet and QuadrupoleMagnet options. The results of the Lorentz-3M simulations are also displayed for reference.

  FIGURE 4.6: Comparison of beam focussing simulations in TOPAS using the MappedMagnet option with different field map resolutions. See section 4.3.1 for more details.

Figure 4 .

 4 Figure4.5 compares the beam sizes simulated with the MappedMagnet and Quadrupole-Magnet options and displays the reference values obtained with Lorentz-3M. Generally, the agreement between the three techniques is good, however, small deviations are observed which are more pronounced for the lower beam energies and for the values of σ y . At far distances from the quadrupoles (100-200 cm), the beam sizes obtained with the Quadrupole-Magnet option tend to be smaller than those simulated with the other methods. This implies a slightly greater focussing strength which may be a consequence of the effective quadrupole length being overestimated by a few millimetres or the field gradient being slightly too strong. Curiously, the reference beam sizes obtained with Lorentz-3M are always between those of the two TOPAS approaches and in some cases (e.g. σ x for the 100-MeV beam) show a better agreement with the QuadrupoleMagnet options. An overview of the relative deviation between the two methods and Lorentz-3M is given in Table4.2a.

  2: Mean and maximum relative deviations of the beam sizes simulated with TOPAS using different representations of the quadrupole fields: a) As shown in Figure 4.5, Lorentz-3M simulations as reference. b) As shown in Figure 4.6, simulations with high resolution field map as reference.
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 51 FIGURE 5.1: Plan of the IBA facility at ICPO, indicating the three treatment rooms (Y1, Y2 and gantry room) as well as the positions of the cyclotron C235 and the ESS.

FIGURE 5 . 2 :

 52 FIGURE 5.2: Schematic of the simulated nozzle geometry based on the PBS mode of the IBA ProteusPLUS universal nozzle. Abbreviations stand for: VW -vacuum window, VT -vacuum tank, IC -ionisation chamber, Q -quadrupole magnet, SM -scanning (dipole) magnet, SH -snout holder.

  in agreement with other models of the ICPO facility[De Marzi 2019b, Guardiola 2020, Peucelle 2016]. Concerning the orientation of the quadrupole fields, a clear indication was found for the configuration where Q1 focusses vertically and Q2 focusses horizontally (the corresponding MSEs were about 5-10 times smaller than the MSEs of the other configuration).

FIGURE 5 . 3 :

 53 FIGURE 5.3: Comparison of the beam sizes measured at ICPO and the beam sizes simulated with the final beam model (Table 5.3). The colour indicates the position where the beam size was assessed. The horizontal and vertical beam sizes σ x (left) and σ y (right) are displayed as functions of the beam energy.
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 54 FIGURE 5.4: Illustration of the minimisation process for the example z = 0 cm (original isocentre): The panels show how the beam size measures (depending on the column: hFWHM, vFWHM or Ω) evolve as functions of the quadrupole field strengths B 1 and B 2 . For each beam energy, both quadrupole field orientations, Q1 focussing horizontally/Q2 focussing vertically (top row) and Q1 focussing vertically/Q2 focussing horizontally (bottom row), were evaluated. The red circles indicate the minimum configuration in each panel. See text for more details.

FIGURE 5

 5 FIGURE 5.5: Unidirectionally (red) and symmetrically (blue) minimised beam sizes as functions of the target position. A reference is provided by the grey curves which indicate the current beam sizes at ICPO.

Figure 5 .

 5 Figure5.4 serves as an example to illustrate how the beam size minimum was determined at a given position z (in this case the isocentre). The complete results, considering all five positions are presented in the following subsection.
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 56 FIGURE 5.6: Evolution of the beam size at z = -40 cm (left column: vFWHM for Q1 focussing horizontally/Q2 focussing vertically, right column: hFWHM for Q1 focussing vertically/Q2 focussing horizontally) as a function of B 1 and B 2 , considering field strengths up to 5 T. The continuous white patches extending from the corners in each panel correspond to quadrupole configurations that were not evaluated. The red circles mark the minimum configuration in each panel.

FIGURE 5

 5 FIGURE 5.7: Overview of the evaluated geometry modifications (mod 1 to mod 8). A schematic of the current nozzle geometry is displayed at the top for reference. Abbreviations stand for: VWvacuum window, VT -vacuum tank, IC -ionisation chamber, (X)Q -(extra) quadrupole magnet, SM -scanning (dipole) magnet, SH -snout holder.
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 61 FIGURE 6.1: Comparison of the geometries of the current PBS nozzle at ICPO (left) and the new minibeam nozzle (right). Abbreviations stand for: Q -quadrupole magnet, SM -scanning (dipole) magnet, IC -ionisation chamber.

  5.0], [4.0; 4.0], [5.0; 3.5], [6.5; 10.0], [8.0; 8.0], [10.0; 6.5], [10.0; 15.0], [15.0; 10.0] and [15.0; 15.0]

  FIGURE 6.2: Minimum beam size achievable with the optimised nozzle design for different beam parameterisations at the nozzle entrance. Top row: minimal hFWHM as a function of the initial σ x and r xx . Bottom row: minimal vFWHM as a function of the initial σ y and r yy . A red colour indicates a beam parametrisation suitable for minibeam generation. Note the non-linear scales of the x-and y-axes.

  a) no constraints on source parametrisations (global minimum configurations) b) only source parametrisations satisfying |r xx |, |r yy | ≤ 0.95 and σ x , σ y ≥ 0.5 mrad c) only source parametrisations satisfying |r xx |, |r yy | ≤ 0.95 and σ x , σ y ≥ 1.0 mrad d) only source parametrisations satisfying r xx = r yy = 0

  xx |, |r yy | ≤ 0.95 and σ x , σ y ≥ 0xx |, |r yy | ≤ 0.95 and σ x , σ y ≥ 1

  and 6.4 by green and red dots and dashed lines, respectively.
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 63 FIGURE 6.3: Dose distributions in the water phantom for 10-cm air gaps: For each combination of air gap length and minibeam pattern, the lateral cross section at the phantom entrance (left panel) and the longitudinal cross section at y = 0 cm (right panel) are shown. The green and red dots/dashed lines indicate the considered peak and valley regions, respectively. Note the different dimensions for the 200-MeV cases.
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 64 FIGURE 6.4: Dose distributions in the water phantom for 30-cm air gaps: For each combination of air gap length and minibeam pattern, the lateral cross section at the phantom entrance (left panel) and the longitudinal cross section at y = 0 cm (right panel) are shown. The green and red dots/dashed lines indicate the considered peak and valley regions, respectively. Note the different dimensions for the 200-MeV cases.
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 65 FIGURE 6.5: Comparison of the dose distributions: Top row: hFWHM of the central minibeam as a function of the depth in the water phantom. Middle row: Percentage depth-dose curves along peak (solid lines) and valley (dashed lines) regions. Bottom row: PVDR as a function of the depth in the water phantom. Uncertainty bars for FWHM and PVDR values are smaller than the markers.
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 71 FIGURE 7.1: Dose distributions of the proton and helium ion minibeams (1 mm FWHM) in the water phantom, recorded at a voxel size of 0.1 mm × 1 mm × 1 mm. The lateral cross section at the phantom entrance (left column) and the longitudinal cross section at y = 0 cm (right column) are shown. The green and red dots/dashed lines indicate the considered peak and valley regions, respectively.

  FIGURE 7.2: Evolution of the FWHM as a function of depth. Left: 1-and 3-mm beams in water phantom. Right: 1-mm beams in CT target. Note that the uncertainty bars are smaller than the markers.
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 73 FIGURE 7.3: Dose distributions of the 1-mm beams: Depth-dose profiles along peak (solid lines) and valley (dashed lines) regions and evolution of the PVDR as a function of the depth in the water phantom (left) and CT target (right). Note that the uncertainty bars for the PVDR are smaller than the markers.
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 74 FIGURE 7.4: Dose distributions of the 3-mm beams: Depth-dose profiles along peak (solid lines) and valley (dashed lines) regions and evolution of the PVDR as a function of the depth in the water phantom for proton beams (left) and helium ion beams (right). Note that the uncertainty bars for the PVDR are smaller than the markers.

FIGURE 7

 7 FIGURE 7.5: Dose-averaged LET profiles along peak and valley regions and evolution of PVLR as a function of depth. Left: 1-mm beams in water phantom. Right: 1-mm beams in CT target. Note that the uncertainty bars for the PVLR may be smaller than the markers.
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 76 FIGURE 7.6: Primary and secondary particles produced by a single 1-mm proton beam in the water phantom at multiple lateral positions. Top row: Depth-dose curves grouped by categories of primaries and secondaries. Bottom row: Energy spectra of protons and general ions, considering a depth of 0 to 1 cm.
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 77 FIGURE 7.7: Primary and secondary particles produced by a single 1-mm helium ion beam in the water phantom at multiple lateral positions. Top row: Depth-dose curves grouped by categories of primaries and secondaries. Bottom row: Energy spectra of 4 He ions, protons and general ions, considering a depth of 0 to 1 cm.
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 78 FIGURE 7.8: SOBPs created with 1-mm proton beams (c-t-c 3.5 mm) and helium ion beams (c-t-c 2.0 mm). Left: Peak and valley depth-dose distributions and PVDR. Right: Peak and valley LET distributions and PVLR. Note that the uncertainty bars for the PVDR are smaller than the markers.

FIGURE 7

 7 FIGURE 7.9: Cross-sections of the dose distributions of the minibeam SOBPs in the CT target.
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 81 FIGURE 8.1: Dose distributions of the proton beams in the water phantom for each of the three minibeam generation techniques. The lateral cross-section at the phantom entrance (left column) and the longitudinal cross-section at y = 0 cm (right column) are shown. The green and red dots/dashed lines indicate the considered peak and valley regions, respectively.
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 83 FIGURE 8.3: Sketches of the used multislit collimators: a) 3D illustration of the removable collimator in its bearing (adapted from De Marzi et al. [De Marzi 2018]). b) Horizontal section of the collimator with parallel slits used for the case C+BB. c) Horizontal section of the collimator with divergent slits used for the case C+PBS. Note that the drawings in b and c are not to scale and that the angles are exaggerated for visual clarity.

FIGURE 8 .

 8 FIGURE 8.4: Evolution of the FWHM as a function of the depth in the water phantom for proton beams (top row) and helium ion beams (bottom row) and for the different minibeam techniques (columns). Note that the uncertainty bars are smaller than the markers.
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 85 FIGURE 8.5: Lateral dose profiles at the phantom entrance for proton and helium ion beams and for the different minibeam techniques (columns). The blue and red curves are artificially scaled by a factor of 3 and 2, respectively, to provide better visual distinction. The first and third row show the horizontal profiles at y = 0 cm; the second and fourth row show the vertical profiles at x = 0 cm.

FIGURE 8 .

 8 FIGURE 8.6: Depth-dose profiles and PVDR evolution for proton and helium ion beams and for the different minibeam techniques (columns). First and third row: Depth-dose profiles along peak (solid lines) and valley (dashed lines) regions. Second and fourth row: Evolution of PVDR as a function of depth. Note that the uncertainty bars are smaller than the markers.

FIGURE 8 .

 8 FIGURE 8.7: Efficiency of proton and helium ion beams at different beam energies and for different minibeam techniques. The uncertainty bars are very small and barely visible.
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 88 FIGURE 8.8: Dose-normalised neutron production of proton and helium ion beams at different beam energies and for different minibeam techniques..

FIGURE 11 .

 11 FIGURE 11.1: Distributions de dose des faisceaux de rayons X, de protons et d'ions de carbone. a) Courbes de rendement en profondeur dans une cuve à eau. b) Exemples de trois plans d'irradiation pour traiter un carcinome d'oropharynx (volume cible indiqué par les lignes rouges-oranges) avec des faisceaux de rayons X (VMAT pour volumetric-modulated arc therapy), des faisceaux de protons (IMPT pour intensity-modulated proton therapy) et des faisceaux d'ions de carbone (IMIT pour intensity-modulated ion therapy). On notera le bain à faible dose délivré aux tissus sains avec des photons et deux queues de fragmentation des faisceaux de l'ion carbone. Tiré de Eekers et al. [Eekers 2016].

FIGURE 11

 11 FIGURE 11.2: Distribution de dose de cinq mini-faisceaux de proton dans un fantôme (cuve à eau). a) Coupe transversale et profil latéral à l'entrée du fantôme. b) Coupe longitudinale et courbes de rendement en profondeur dans un pic (en vert) et dans une vallée (en rouge). L'élargissement des mini-faisceaux de protons permet de combiner un haut degré de fractionnement spatial à faible profondeur et une homogénéisation de la dose à la profondeur du pic de Bragg.
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 113 FIGURE 11.3: Minimisation de la taille du faisceau pour la géométrie du nozzle actuel à l'ICPO ainsi que pour une sélection des géométries modifiées (voir section 5.4.1 pour plus de détails).

  4.1) afin de déterminer l'influence des différents paramètres sur le minimum de la taille du faisceau. Un aperçu des principaux résultats est illustré en figure 11.3. L'intégralité des résultats est présentée dans les sections 5.3 et 5.4 et dans l'annexe C. Il a pu être démontré que le nozzle PBS avec sa géométrie actuelle n'est pas adéquat pour générer des mini-faisceaux par focalisation magnétique. Deux principaux facteurs limitants ont été identifiés dans ce contexte : 1. Un excès d'air dans le trajet du faisceau : Les interactions entre les particules du faisceaux et les molécules d'air entraînent une diffusion latérale et l'élargissement du faisceau. 2. Une trop grande longueur focale : Une grande longueur focale (c'est-à-dire une longue distance entre les aimants de focalisation et la cible) amplifie les deviations angulaires causées par la variation stochastique des particules du faisceau. Par conséquent, un faisceau peut être mieux focalisé sur des courtes longueurs focales et moins bien focalisé sur des grandes longueurs focales (voir aussi section 3.1.3).

FIGURE 11 .

 11 FIGURE 11.4: Comparaison des géométries du nozzle PBS actuellement présent à l'ICPO (à gauche) et le nouveau nozzle pour mini-faisceaux (à droite).

FIGURE 11

 11 FIGURE 11.5: Comparaison des distributions de dose et de TEL en profondeur pour les minifaisceaux de protons et d'ions d'hélium dans une cuve à eau. Deux séparations inter-faisceaux différentes (centre-to-centre, c-t-c) ont été évaluées dans le cas des ions d'hélium. Des résultats comparables ont été observés avec le volume cible défini à partir des images tomodensitométriques (voir chapitre 7 pour plus de détails).
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 116 FIGURE 11.6: Comparaison des différentes technique de génération des mini-faisceaux. C+BB : collimateur irradiée par un faisceau large (broad beam). C+PBS : collimateur irradiée par un faisceau millimétrique (pencil beam scanning, PBS). MF : focalisation magnétique (magnetic focussing). a) Efficacité de l'irradiation exprimé en dose déposé au pic de Bragg par particule primaire. b) Production des neutrons exprimé comme nombre de neutrons produits pour chaque gray de dose déposé au pic de Bragg.

FIGURE 11 . 7 :

 117 FIGURE 11.7: Comparaison des distributions de dose en profondeur et du PVDR obtenus avec les différentes technique de génération des mini-faisceaux. C+BB : collimateur irradiée par un faisceau large (broad beam). C+PBS : collimateur irradiée par un faisceau millimétrique (pencil beam scanning, PBS). MF : focalisation magnétique (magnetic focussing).

  la focalisation magnétique est avantageuse au niveau de l'efficacité de l'irradiation, de la production des neutrons secondaires ainsi que pour le PVDR (voir le tableau 11.2).En résumé, grâce aux travaux effectués pendant ma thèse, j'ai pu montré que la focalisation magnétique représente la méthode optimale pour générer des mini-faisceaux de proton et j'ai proposé et évalué un nouveau design de nozzle dédié à cette technique.Dans la deuxième partie de mon doctorat, j'ai pu démontrer que les ions d'hélium représentent une bonne alternative aux protons pour la MBRT (voir le tableau 11.3). Les avantages principaux sont le BEDR augmenté et le TEL (et par conséquent l'EBR) plus important. Tous ces aspects réduisent davantage les dépôts de dose dans les tissus sains ce qui permet d'améliorer leur préservation. Une autre propriété des mini-faisceaux d'ions d'hélium est leur taux d'élargissement plus faible. D'une part, ceci peut être exploité pour augmenter la séparation entre les pics et les vallées à une profondeur intermédiaire mais d'autre part il devient impossible d'obtenir simultanément un grand PVDR dans les tissus sains et une distribution de dose homogène dans la tumeur en utilisant un seul champs d'irradiation. Ce dernier fait représente une caractéristique centrale de la pMBRT.

  FIGURE A.1: A quantity σ (beam size or divergence) displayed as a function of the quadrupole field strengths B 1 and B 2 (as in Figure 5.4) around the minimum configuration (B * 1 , B * 2 ). The value at the minimum configuration and the eight neighbouring values were considered in (∆σ) step .

FIGURE B. 1 :

 1 FIGURE B.1: Comparison of the beam sizes measured around the isocentre during each of the three sessions. The horizontal beam size σ x (left panel) and the vertical beam size σ y (right panel) are displayed for different energies indicated by the line colour.

param 1 :

 1 best fit with February measurements param 2: best fit with August measurements param 3: best fit with October measurements The orientation of the quadrupole fields and the energy spread ∆E were the same in all three parametrisations. As illustrated in Figure B.2, a significantly better fit was obtained in all cases with the configuration Q1 focussing horizontally and no important differences were seen between the different values of ∆E, thus justifying the general choice of a constant ∆E = 1% as argued in section 5.2.2.

  FIGURE B.2: MSE h and MSE v of the best-fitting beam source parametrisations as functions of the beam energy for the three evaluated values of ∆E and two quadrupole field orientations. Note the different scales of the y-axes in the top and bottom row

  Figure B.3 illustrates this by comparing the simulated and measured beam sizes for all thirteen beam energies and at each of the considered positions around the isocentre. Small deviations are observed for σ y at intermediate beam energies from about 130 to 180

FIGURE B. 3 :

 3 FIGURE B.3: Comparison of the simulated beam sizes with the respective measurements. The colour indicates the position where the beam size was assessed; σ x (left panels) and σ y (right panels) are displayed as functions of the beam energy.

FIGURE B. 5 :

 5 FIGURE B.5: The beam divergence (left) and correlation coefficient (right) parameters of the three beam source parametrisations as functions of the beam energy.
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  With an estimated 9.6 million deaths in 2018 alone [CancerAtlas 2019], cancer represents one of the most important causes for premature mortality worldwide, ranking first or second in 134 out of 183 countries [WCR 2020]. For 2018, 18 million new cases were estimated, a number which, due to population growth and ageing, is expected to further increase and reach 29 million by 2040 [CancerAtlas 2019]. The global cancer burden is dominated by China and Europe, each accounting for about one quarter of all new cases, followed by Northern America and other high-income countries [CancerAtlas 2019].
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.1: Typical RBE values for different types of ionising radiation (reference radiation 60 Co γ-rays).

  For LRT, the numbers refer to the size and spacing of the dose hotspots instead of the beamlets.

	Technique	Beamlet size	Beamlet spacing Irradiation pattern	Current applications
	GRID	∼1-2 cm	∼2-4 cm	2D-grid of pencil-shaped	palliative and curative
				beamlets	treatments
	LRT *	∼1-2 cm	∼2-4 cm	dose hotspots	palliative and curative
					treatment
	MRT	25-100 µm	200-400 µm	arrays of planar beamlets preclinical studies
	MBRT	∼0.2-1 mm	∼1-4 mm	arrays of planar beamlets	preclinical studies
				or grids of pencil-shaped	
				beamlets	
	*				
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	.1: Overview of the different forms of SFRT. The beamlet size and inter-beamlet spacing
	refer to the FWHM and centre-to-centre distance, respectively.

TABLE 4 .

 4 1: Mean and maximum relative deviations of the beam sizes simulated with TOPAS and pure Geant4 from the Lorentz-3M simulations.

  Table 4.2a.

		σ x		σ y	
		mean dev. max dev.	mean dev. max dev.
	a)		relative to Lorentz-3M	
	QuadrupoleMagnet	1.1%	3.6%	1.4%	5.9%
	MappedMagnet	1.5%	7.5%	0.7%	3.0%
	b)	relative to TOPAS with high resolution field map
	Medium resolution	0.2%	1.2%	0.1%	0.4%
	Low resolution	0.5%	3.0%	0.3%	1.2%
	Ultra low resolution	14.0%	67.5%	8.3%	36.2%
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 5 

.1: Dimensions and materials of the components of the simulated PBS nozzle. Abbreviations stand for: VW -vacuum window, VT -vacuum tank, IC -ionisation chamber, Q -quadrupole magnet, SM -scanning (dipole) magnet, SH -snout holder.

  Final beam source parametrisation: The energy spread ∆E = 1% is constant for all energies. The horizontal and vertical emittances (ε x , ε y ) were calculated according to equation (3.9) and are stated for reference.

				mrad]	σ y [mrad]	r xx	r yy	ε x [mm mrad]	ε y [mm mrad]
	100	8.89	12.99	0.75	2.50	-0.80 -0.95	4.00	10.14
	110	8.28	11.90	0.50	2.50	-0.80 -0.95	2.48	9.29
	120	7.71	10.96	0.75	2.50	-0.50 -0.95	5.01	8.56
	130	7.16	10.14	0.40	2.00	-0.20 -0.90	2.81	8.84
	140	6.64	9.43	0.40	2.00	-0.10 -0.90	2.64	8.22
	150	6.14	8.78	0.50	2.00	-0.20 -0.90	3.01	7.65
	160	5.66	8.18	0.10	2.00	0.30	-0.90	0.54	7.13
	170	5.21	7.59	0.10	2.00	0.70	-0.90	0.37	6.62
	180	4.78	6.99	0.20	2.00	0.50	-0.95	0.83	4.37
	190	4.36	6.35	0.20	1.50	0.95	-0.90	0.27	4.15
	200	3.96	5.65	0.20	1.50	1.00	-0.90	0.00	3.69
	210	3.56	4.85	0.30	1.50	0.80	-0.95	0.64	2.27
	220	3.19	3.92	0.30	1.25	1.00	-0.90	0.00	2.14
	TABLE 5.3:								

  Results of the beam size minimisation with the current nozzle design for a considered range of 0.0 ≤ g 1 , g 2 ≤ 0.8 T/cm (0 ≤ B 1 , B 2 ≤ 2 T, equivalently). Only the smallest beam sizes are included which in all cases were obtained at z = -40 cm. The letters "h" and "v" in the rightmost column indicate the focussing direction of Q1 and stand for horizontally and vertically, respectively.

	E [MeV] Definition	hFWHM [mm] vFWHM [mm] σ x [mrad] σ y [mrad] z [cm] g 1 [T/cm] g 2 [T/cm] foc. Q1
		min hFWHM	8.5 +0.1 -0.8	238 +12 -12	8.5 ±0.4 36.4 ±0.7	-40	0.752	0.528	v
	100	min vFWHM	177 +11 -11	8.9 +0.2 -1.7	31.3 ±0.9 12.1 ±0.7	-40	0.768	0.528	h
		min Ω	12.6 +0.8 -1.0	10.5 +0.6 -1.0	5.5 ±0.5	9.0 ±0.8	-40	0.224	0.240	h
		min hFWHM	5.9 +0.1 -0.3	131 +8 -8	6.0 ±0.2 26.3 ±1.3	-40	0.768	0.592	v
	150	min vFWHM	96 +8 -8	6.5 +0.4 -0.4	19.8 ±1.5	7.6 ±0.3	-40	0.800	0.592	h
		min Ω	9.0 +0.4 -0.4	7.7 +0.6 -0.8	3.9 ±0.2	5.6 ±0.4	-40	0.304	0.304	h
		min hFWHM	4.4 +0.1 -0.2	70 +3 -3	3.7 ±0.1 14.7 ±0.6	-40	0.784	0.640	v
	200	min vFWHM	41 +3 -3	5.0 +0.3 -0.5	9.1 ±0.5	4.5 ±0.2	-40	0.768	0.608	h
		min Ω	6.01 +0.04 -0.10	5.6 +0.5 -0.5	2.6 ±0.1	3.9 ±0.2	-40	0.368	0.368	h
	TABLE 5.4:								
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.1: Dimensions and materials of the components of the optimised nozzle design. Abbreviations stand for: Q -quadrupole magnet, SM -scanning (dipole) magnet, IC -ionisation chamber.

  FacilityE [MeV] ∆E [%] σ x [mm] σ y [mm] σ x [mrad] σ y [mrad] r xx r yy ε x [mm mrad] ε y [mm mrad]

	ICPO	100.0	1.00	8.89	12.99	0.75	2.50	-0.80 -0.95	4.00	10.14
		150.0	1.00	6.14	8.78	0.50	2.00	-0.20 -0.90	3.01	7.65
		200.0	1.00	3.96	5.65	0.20	1.50	1.00 -0.90	0.00	3.69
	MedAustron	99.35	0.18	2.09	2.09	0.66	0.66	±0.57 * ±0.57 *	3.56	3.56
		149.05	0.20	2.57	2.57	0.52	0.52	±0.75 * ±0.75 *	2.77	2.77
		198.80	0.10	2.71	2.71	0.44	0.44	±0.78 * ±0.78 *	2.33	2.33
	RPTC	100.7	0.74	3.88	3.29	3.13	3.14	0.37	0.41	14.12	13.31
		150.6	0.68	3.75	3.09	2.12	2.12	0.44	0.47	10.99	9.67
		200.5	0.51	4.12	3.25	1.62	1.62	0.44	0.49	9.23	8.10
	LhARA	127.0	0.20	2.50	2.50	0.05	0.05	0.00 *	0.00 *	0.43	0.43

  Results of the unidirectional beam size minimisation with the optimised nozzle design for each of the beam parametrisations given in Table6.2 and for air gaps of 10 and 30 cm. The presented configurations correspond to the minimum hFWHM definition in case of the ICPO parametrisations and the minimum vFWHM definition in all other cases. For the LhARA parametrisations, the results of unidirectional and symmetric minimisation were identical and are therefore not again listed in this table.

	Facility	Configuration		Beam size and divergence	
		E [MeV]	Air gap [cm]	hFWHM [mm] vFWHM [mm] σ x [mrad] σ y [mrad]
	ICPO	100.0	10	1.01 +0.01 -0.36	49.0 +0.2 -1.2	14.9 ± 0.3 27.1 ± 0.4
		100.0	30	1.86 +0.01 -0.38	56.7 +0.2 -1.3	12.4 ± 0.3 25.8 ± 0.5
		150.0	10	0.89 +0.01 -0.64	21.0 +0.1 -0.7	10.0 ± 0.2 13.5 ± 0.3
		150.0	30	1.48 +0.01 -0.21	27.8 +0.1 -0.8	8.3 ± 0.2 13.8 ± 0.3
		200.0	10	0.35 +0.01 -0.11	23.7 +0.1 -0.2	4.4 ± 0.1	4.8 ± 0.1
		200.0	30	0.85 +0.01 -0.09	13.7 +0.1 -0.4	2.9 ± 0.1	1.9 ± 0.1
	MedAustron	99.35	10	7.98 +0.03 -0.23	0.99 +0.01 -0.04	5.0 ± 0.1	4.5 ± 0.1
		99.35	30	9.40 +0.03 -0.25	1.86 +0.01 -0.04	5.0 ± 0.1	4.1 ± 0.1
		149.05	10	4.97 +0.02 -0.20	0.66 +0.01 -0.69	3.9 ± 0.1	4.7 ± 0.1
		149.05	30	5.63 +0.02 -0.24	1.30 +0.01 -0.05	3.7 ± 0.1	4.0 ± 0.1
		198.80	10	2.24 +0.01 -0.18	0.54 +0.01 -0.06	1.5 ± 0.1	4.4 ± 0.1
		198.80	30	4.57 +0.01 -0.20	0.99 +0.01 -0.05	3.2 ± 0.1	3.9 ± 0.1
	RPTC	100.7	10	22.33 +0.08 -0.12	3.37 +0.01 -0.01	11.2 ± 0.1	7.6 ± 0.1
		100.7	30	28.40 +0.10 -0.18	4.38 +0.01 -0.02	11.6 ± 0.1	6.7 ± 0.1
		150.6	10	8.81 +0.03 -0.19	2.52 +0.01 -0.03	5.6 ± 0.1	6.1 ± 0.1
		150.6	30	13.14 +0.04 -0.27	3.20 +0.01 -0.04	6.5 ± 0.1	5.3 ± 0.1
		200.5	10	6.78 +0.02 -0.18	2.10 +0.01 -0.03	2.6 ± 0.1	5.5 ± 0.1
		200.5	30	6.90 +0.02 -0.12	2.61 +0.01 -0.03	4.1 ± 0.1	4.9 ± 0.1
	TABLE 6.4:						

  Beam energy [MeV] Energy spread [%] Beam size [mm] Beam divergence [mrad] Correlation factorprotons (He ions) σ x /σ y σ x /σ y r xx /r yy For helium ions, the divergence was 3.00 mrad in these cases.

		100 (400)	1.00	-	0.50	-
	C+BB	123 (492)	1.00	-	0.50	-
		150 (600)	1.00	-	0.50	-
		100 (400)	0.65	10.99	3.05	-0.95
	C+PBS	123 (492)	0.61	9.23	3.02	-0.93
		150 (600)	0.57	7.26	2.17	-0.90
		100 (400)	1.00	4.00	3.00	-1.00
	MF	123 (492)	1.00	4.00	2.95 *	-1.00
		150 (600)	1.00	4.00	2.80 *	-1.00
						

* 
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 8 1: Beam source parameters used for protons and helium ions. The energy of the helium ion beams is stated in parantheses.

TABLE 8 .

 8 2: FWHM and PVDR at the phantom entrance and Bragg peak depth and peak dose BEDR of all considered cases.

	Beam energy [MeV]	FWHM [mm]	PVDR	BEDR
		entrance	Bragg peak	entrance	Bragg peak
	a) protons				
		0.57 ± 0.01 3.78 ± 0.01	34.6 ± 0.1 1.18 ± 0.01	0.65 ± 0.01
	C+BB	0.53 ± 0.01 5.43 ± 0.01	35.7 ± 0.1 1.06 ± 0.01	0.52 ± 0.01
		0.50 ± 0.01 7.48 ± 0.03	32.2 ± 0.1 1.00 ± 0.01	0.45 ± 0.01
		0.67 ± 0.01 3.83 ± 0.01	20.5 ± 0.1 1.26 ± 0.01	0.65 ± 0.01
	C+PBS	0.65 ± 0.01 5.50 ± 0.02	18.0 ± 0.1 0.99 ± 0.01	0.54 ± 0.01
		0.61 ± 0.01 7.53 ± 0.03	16.6 ± 0.1 0.98 ± 0.01	0.48 ± 0.01
		0.62 ± 0.01 3.88 ± 0.01	722 ± 2	1.34 ± 0.01	0.70 ± 0.01
	MF	0.66 ± 0.01 5.44 ± 0.01	701 ± 2	1.06 ± 0.01	0.54 ± 0.01
		0.71 ± 0.01 7.34 ± 0.03	608 ± 2	1.00 ± 0.01	0.48 ± 0.01
	b) helium ions				
		0.41 ± 0.01 1.91 ± 0.01	90.5 ± 0.1 7.49 ± 0.01	0.89 ± 0.01
	C+BB	0.39 ± 0.01 2.69 ± 0.02	79.2 ± 0.1 2.24 ± 0.01	0.54 ± 0.01
		0.39 ± 0.01 3.73 ± 0.03	40.1 ± 0.1 1.16 ± 0.01	0.45 ± 0.01
		0.60 ± 0.01 2.02 ± 0.01	23.8 ± 0.1 6.78 ± 0.01	1.02 ± 0.01
	C+PBS	0.60 ± 0.01 2.81 ± 0.01	22.6 ± 0.1 2.42 ± 0.01	0.68 ± 0.01
		0.55 ± 0.01 3.84 ± 0.02	19.2 ± 0.1 1.43 ± 0.01	0.50 ± 0.01
		0.68 ± 0.01 2.24 ± 0.01	1315 ± 7	6.26 ± 0.01	1.10 ± 0.01
	MF	0.67 ± 0.01 3.05 ± 0.01	1179 ± 4	2.47 ± 0.01	0.69 ± 0.01
		0.65 ± 0.01 4.06 ± 0.02	973 ± 5	1.31 ± 0.01	0.48 ± 0.01

TABLE 9 .

 9 1: Summary of the advantages and disadvantages of mechanical collimation and magnetic focussing for the generation of proton minibeams.

  New techniques allow to adjust the energy (only decrease) during the extraction.

	Criterion	Isochronous	Synchrocyclotron	Synchrotron	Linac	LhARA
		cyclotron				
	Emittance [mm mrad]	∼ 9-30	∼ 9-20	3-8	< 1	< 1
	(at accelerator exit)					
	Max. beam current	∼ 300-800 nA	similar to iso.	∼ 10 10 protons	up to 50 µA	∼ 10 9 protons per
			cyclotron	per spill (0.5-5 s),		shot (10-40 ns),
				15 nA		implies ∼ 5-15 mA
	Energy modulation	degrader,	degrader,	during accelera-	electronically,	second stage
		absorbers	absorbers	tion, per spill *	pulse-by-pulse	accelerator,
						pulse-by-pulse
	Time to change energy	80 ms to 2.1 s	50 ms to 2 s	2-3 s	5 ms	(not stated)
	Status	clinically used	clinically used	clinically used	commissioning of	planning stage
					first prototypes	
					(up to 70 MeV)	
		*				

TABLE 9 .

 9 2: Comparison of different accelerator concepts for particle therapy. Data based on the works of Aymar et al. [Aymar 2020], Degiovanni et al. [Degiovanni 2018], Garonna [Garonna 2011], Iwata et al. [Iwata 2010], Kleffner et al. [Kleffner 2009], Kostromin and Syresin [Kostromin 2013], Langner et al. [Langner 2017], Myers et al. [Myers 2019], Pedroni et al. [Pedroni 2011] and Picardi et al. [Picardi 2020].
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 11 1: Taille minimale du faisceau pour différentes énergies et paramétrages de source. Les résultats pour les paramétrages théoriques correspondent au minimums globaux déterminés par l'étude benchmarking.

1. Le faisceau doit être quasi-parallèle, c'est-à-dire que la divergence du faisceau ne doit pas excéder ∼ 0.1 mrad.

2. Dans le cas où le faisceau possède une plus grande divergence (max. ∼ 1 mrad), une forte corrélation entre les distributions spatiales et angulaires des particules du faisceau est nécessaire : |r| 0.8 pour une divergence d'environ 0.5 mrad et |r| 0.9 pour une divergence d'environ 1 mrad (r désigne le coefficient de corrélation).

TABLE 11 .

 11 2: Comparaison des avantages et désavantages de la génération des mini-faisceaux par collimation mécanique et la génération par focalisation magnétique.

TABLE 11 .

 11 

3: Comparaison des avantages et désavantages des mini-faisceaux de protons et d'ions d'hélium.

  Table B.3.

	E[MeV]	σ x	param 1 σ y r xx	r yy	σ x	param 2 σ y r xx	r yy	σ x	param 3 σ y r xx	r yy
	100	1.00 2.00 -0.95 -0.95	0.75 2.50 -0.90 -0.95	0.75 2.50 -0.80 -0.95
	110	0.75 2.50 -0.95 -0.95	0.40 2.50 -1.00 -0.95	0.50 2.50 -0.80 -0.95
	120	0.75 2.50 -0.80 -0.95	1.00 2.50 -0.50 -0.95	0.75 2.50 -0.50 -0.95
	130	0.40 2.50 -0.95 -0.95	0.10 2.50 -0.90 -0.95	0.40 2.00 -0.20 -0.90
	140	0.30 2.00 -0.95 -0.90	0.10 2.00 -0.40 -0.90	0.40 2.00 -0.10 -0.90
	150	0.30 2.00 -1.00 -0.90	0.10 2.50 -0.40 -0.95	0.50 2.00 -0.20 -0.90
	160	0.40 2.00 -0.70 -0.95	0.10 1.50 -0.50 -0.95	0.10 2.00	0.30	-0.90
	170	0.30 2.00 -0.90 -0.95	0.50 1.50 -0.10 -0.95	0.10 2.00	0.70	-0.90
	180	0.20 2.00 -1.00 -0.95	0.40 1.50	0.10	-0.90	0.20 2.00	0.50	-0.95
	190	0.20 1.50 -1.00 -0.90	0.30 1.50	0.40	-0.90	0.20 1.50	0.95	-0.90
	200	0.30 1.50 -0.80 -0.90	1.00 1.50 -0.20 -0.90	0.20 1.50	1.00	-0.90
	210	0.30 1.25 -0.90 -0.90	0.40 1.00	0.50	-0.80	0.30 1.50	0.80	-0.95
	220	0.30 1.25 -0.95 -0.95	0.30 1.00	0.95	-0.80	0.30 1.25	1.00	-0.90

TABLE B .

 B 3: Differences between the parametrisations param 1-3. The values for σ x and σ y are given in mrad.

TABLE B .

 B 4: Alternative quadrupole field strength settings and matrix indicating which settings were evaluated for each of the beam energies; "qs" stands for quadrupole setting.

			-30 cm		0 cm	
	E [MeV] qs σ x [mm] σ y [mm]	σ x [mm] σ y [mm]
		1	6.97	5.97	7.49	7.50
	100	2 3	5.48 5.19	6.00 6.11	6.36 6.16	7.37 7.52
		5	5.02	6.21	6.19	7.69
		1	7.15	5.06	7.34	6.11
	130	2 4	5.63 5.04	5.13 5.15	5.89 5.41	6.11 6.17
		6	5.19	5.29	5.53	6.55
		1	6.25	4.25	6.45	5.08
		2	5.20	4.33	5.34	5.13
	160	4	4.67	4.33	4.91	5.15
		6	4.87	4.31	5.09	5.26
		7	4.95	4.48	5.15	5.54
		1	5.21	3.74	5.49	4.41
	190	2 6	4.48 4.28	3.83 3.74	4.70 4.49	4.49 4.47
		7	4.36	3.77	4.61	4.56
		1	4.29	3.33	4.47	3.94
	220	4 6	3.56 3.69	3.41 3.33	3.71 3.82	4.04 3.98
		7	3.74	3.29	3.85	4.05

TABLE B

 B 

.5: Beam sizes around the isocentre for alternative quadrupole settings, measured with IBA's Lynx detector in August 2018; "qs" stands for quadrupole setting and refers to the respective columns in Table

B

.4.

TABLE B

 B 

.6: Mean and maximum relative deviations of the beam sizes simulated with each of the three beam source parametrisation. The reference values are the respective measurements.

TABLE B .

 B 7: Mean and maximum relative deviations of the beam sizes for the beam model validation simulations shown in Figure B.4. The reference values are the additional measurements listed in Table B.5.

TABLE C .

 C E [MeV] Definition hFWHM [mm] vFWHM [mm] x [mrad] y [mrad] z [cm] g 1 [T/cm] g 2 [T/cm] foc. Q1 1: Results of beam size minimisation for mod 1 (evacuated beam path), considering 0.0 ≤ g 1 , g 2 ≤ 0.8 T/cm. Definition hFWHM [mm] vFWHM [mm] x [mrad] y [mrad] z [cm] g 1 [T/cm] g 2 [T/cm] foc. Q1

		min hFWHM	4.8 +0.1 -1.0	240 +8 -9	7.1 ±0.4 28.7 ±0.7	-40	0.752	0.528	v
	100	min vFWHM	181 +6 -6	5.4 +0.3 -1.9	26.3 ±0.6 11.4 ±0.7	-40	0.768	0.528	h
		min Ω	9.5 +0.9 -1.1	7.3 +0.8 -1.2	3.7 ±0.6	8 ±1	-40	0.224	0.240	h
		min hFWHM	3.6 +0.2 -0.4	130 +5 -5	5.3 ±0.3 24.9 ±0.4	-40	0.768	0.592	v
	150	min vFWHM	95 +7 -7	4.3 +0.5 -0.5	20 ±1	7.1 ±0.3	-40	0.800	0.592	h
		min Ω	7.2 +0.4 -0.5	5.9 +0.7 -1.0	3.0 ±0.3	4.8 ±0.4	-40	0.304	0.304	h
		min hFWHM	2.5 +0.1 -0.3	69 +2 -2	3.2 ±0.1 14.5 ±0.5	-40	0.784	0.640	v
	200	min vFWHM	44 +1 -1	3.5 +0.4 -0.5	9.4 ±0.3	4.2 ±0.2	-40	0.800	0.624	h
		min Ω	4.5 +0.1 -0.1	4.2 +0.6 -0.7	1.9 ±0.1	3.4 ±0.2	-40	0.368	0.368	h
		min hFWHM	6.1 +0.1 -0.9	237 +7 -7	8.1 ±0.4 37.1 ±0.7	-40	0.752	0.528	v
	100	min vFWHM	181 +7 -7	6.5 +0.3 -1.9	31.4 ±0.7 11.8 ±0.6	-40	0.768	0.528	h
		min Ω	11.0 +0.9 -1.1	8.5 +0.8 -1.2	4.7 ±0.6	8.7 ±0.9	-40	0.224	0.240	h
		min hFWHM	4.4 +0.1 -0.4	123 +4 -4	5.5 ±0.2 25.4 ±0.7	-40	0.736	0.576	v
	150	min vFWHM	96 +6 -6	5.0 +0.5 -0.5	20 ±1	7.4 ±0.3	-40	0.800	0.592	h
		min Ω	8.0 +0.4 -0.6	6.6 +0.7 -0.8	3.1 ±0.2	6.0 ±0.4	-40	0.288	0.304	h
		min hFWHM	3.1 +0.1 -0.2	70 +2 -2	3.5 ±0.1 14.7 ±0.6	-40	0.784	0.640	v
	200	min vFWHM	45 +2 -2	4.0 +0.4 -0.4	9.6 ±0.4	4.5 ±0.2	-40	0.800	0.624	h
		min Ω	5.2 +0.1 -0.1	4.7 +0.6 -0.6	2.4 ±0.1	3.8 ±0.2	-40	0.368	0.368	h

E [MeV]

TABLE C .

 C 2: Results of beam size minimisation for mod 2 (insertion of helium tank), considering 0.0 ≤ g 1 , g 2 ≤ 0.8 T/cm.E [MeV] Definition hFWHM [mm] vFWHM [mm] x [mrad] y [mrad] z [cm] g 1 [T/cm] g 2 [T/cm] foc. Q1

		min hFWHM	4.0 +0.1 -0.8	192 +10 -10	10.5 ±0.5	58 ±5	-100	0.768	0.560	v
	100	min vFWHM	125 +5 -5	4.3 +0.2 -1.1	36 ±2	15.9 ±0.6	-100	0.736	0.544	h
		min Ω	8.0 +1.3 -1.3	6.6 +1.0 -1.6	5.8 ±0.9	10 ±2	-100	0.272	0.288	h
		min hFWHM	2.9 +0.1 -0.4	86 +3 -3	7.2 ±0.3 25.5 ±0.9	-100	0.736	0.608	v
	150	min vFWHM	67 +5 -5	3.4 +0.4 -0.4	20 ±1	10.0 ±0.3	-100	0.800	0.624	h
		min Ω	6.0 +0.3 -0.4	4.2 +0.5 -0.6	4.0 ±0.2	7.6 ±0.4	-100	0.368	0.384	h
		min hFWHM	1.93 +0.01 -0.02	50 +2 -2	4.5 ±0.1 14.7 ±0.6	-100	0.800	0.688	v
	200	min vFWHM	29 +1 -1	2.7 +0.3 -0.4	8.9 ±0.4	6.0 ±0.2	-100	0.784	0.656	h
		min Ω	3.77 +0.04 -0.09	3.2 +0.4 -0.4	2.5 ±0.1	4.9 ±0.2	-100	0.432	0.448	h

TABLE C .

 C 3: Results of beam size minimisation for mod 3 (shortened beam path), considering 0.0 ≤ g 1 , g 2 ≤ 0.8 T/cm.E [MeV] Definition hFWHM [mm] vFWHM [mm] x [mrad] y [mrad] z [cm] g 1 [T/cm] g 2 [T/cm] foc. Q1

		min hFWHM	2.9 +0.1 -0.6	169 +8 -9	10.1 ±0.5	52 ±3	-100	0.720	0.544	v
	100	min vFWHM	124 +5 -5	3.3 +0.3 -1.3	36 ±2	15.7 ±0.7	-100	0.736	0.544	h
		min Ω	8.2 +1.3 -1.4	4.8 +1.1 -1.5	6 ±1	11 ±2	-100	0.288	0.304	h
		min hFWHM	2.1 +0.2 -0.4	93 +3 -3	7.2 ±0.3	27 ±1	-100	0.768	0.624	v
	150	min vFWHM	68 +2 -2	2.9 +0.4 -0.5	19.6 ±0.8	9.8 ±0.3	-100	0.800	0.624	h
		min Ω	5.4 +0.3 -0.3	4.2 +0.6 -0.8	3.5 ±0.2	6.9 ±0.4	-100	0.352	0.368	h
		min hFWHM	1.46 +0.01 -0.02	50 +2 -2	4.4 ±0.2 14.6 ±0.6	-100	0.800	0.688	v
	200	min vFWHM	28 +1 -1	2.2 +0.4 -0.5	8.8 ±0.3	5.8 ±0.2	-100	0.784	0.656	h
		min Ω	3.4 +0.1 -0.1	2.8 +0.5 -0.5	2.3 ±0.1	4.8 ±0.2	-100	0.432	0.448	h

TABLE C .

 C 4: Results of beam size minimisation for mod 4 (shortened beam path and insertion of helium tank), considering 0.0 ≤ g 1 , g 2 ≤ 0.8 T/cm.E [MeV] Definition hFWHM [mm] vFWHM [mm] x [mrad] y [mrad] z [cm] g 1 [T/cm] g 2 [T/cm] foc. Q1

		min hFWHM	8.6 +0.1 -0.2	57 +4 -4	4 ±147 12.8 ±0.8	-40	0.800	0.544	v
	100	min vFWHM	58 +2 -2	8.8 +0.2 -0.3	12.4 ±0.4	5.0 ±0.3	-40	0.800	0.544	h
		min Ω	13.8 +1.2 -1.2	10.4 +0.9 -1.0	5 ±140	4.7 ±0.4	-40	0.240	0.256	h
		min hFWHM	6.1 +0.1 -0.1	42 +2 -2	3.6 ±0.1	9.1 ±0.5	-40	0.800	0.608	v
	150	min vFWHM	38 +2 -2	6.6 +0.4 -0.4	9 ±114	3.5 ±0.1	-40	0.784	0.592	h
		min Ω	9.8 +0.3 -0.4	7.8 +0.6 -0.6	3.1 ±0.1	6 ±29	-40	0.320	0.336	h
		min hFWHM	4.62 +0.04 -0.06	27 +1 -1	3.0 ±0.1	6.2 ±0.3	-40	0.736	0.624	v
	200	min vFWHM	26 +1 -1	5.3 +0.4 -0.4	6.0 ±0.2	3.0 ±0.1	-40	0.784	0.624	h
		min Ω	6.88 +0.07 -0.08	5.8 +0.5 -0.5	2.5 ±0.1	2.7 ±0.1	-40	0.384	0.384	h

TABLE C .

 C 5: Results of beam size minimisation for mod 5a (insertion of a cylindrical collimator before IC1 with a hole radius of 0.5 cm), considering 0.0 ≤ g 1 , g 2 ≤ 0.8 T/cm. The large uncertainties on σ x and σ y are due to the collimator blocking the beam and resulting in a low number of particles reaching the target position.

										Q1
		min hFWHM	7.6 +0.3 -0.3	28 +3 -3	5 ±441 706 ±591	-40	0.800	0.576	v
	100	min vFWHM	27 +2 -2	7.8 +0.3 -0.4	793 ±546 906 ±565	-40	0.736	0.544	h
		min Ω	11.8 +1.0 -1.1	9.9 +0.8 -0.8	4 ±450 750 ±613	-40	0.320	0.304	h
		min hFWHM	5.9 +0.2 -0.2	19.9 +2.4 -2.4	3 ±276	7 ±2	-40	0.784	0.624	v
	150	min vFWHM	15.7 +1.9 -1.9	6.3 +0.3 -0.3	5 ±191 2.6 ±0.2	-40	0.704	0.560	h
		min Ω	9.3 +0.5 -0.5	7.0 +0.5 -0.5	3 ±341	3 ±221	-40	0.416	0.416	h
		min hFWHM	4.59 +0.08 -0.09	14.2 +1.6 -1.7	2.3 ±0.1	4 ±247	-40	0.752	0.640	v
	200	min vFWHM	13.0 +0.6 -0.6	5.2 +0.3 -0.3	3.3 ±0.2	2.3 ±0.1	-40	0.784	0.624	h
		min Ω	6.8 +0.2 -0.2	5.7 +0.4 -0.4	2.3 ±0.1	2.3 ±0.1	-40	0.416	0.432	h

E [MeV] Definition hFWHM [mm] vFWHM [mm] x [mrad] y [mrad] z [cm] g 1 [T/cm] g 2 [T/cm] foc.

TABLE C .

 C 6: Results of beam size minimisation for mod 5b (insertion of a cylindrical collimator before IC1 with a hole radius of 0.2 cm), considering 0.0 ≤ g 1 , g 2 ≤ 0.8 T/cm. The large uncertainties on σ x and σ y are due to the collimator blocking the beam and resulting in a low number of particles reaching the target position. E [MeV] Definition hFWHM [mm] vFWHM [mm] x [mrad] y [mrad] z [cm] g X1 [T/cm] g X2 [T/cm] foc. Q1

		min hFWHM	1.88 +0.01 -0.03	13.0 +1.1 -1.1	54 ±1	26 ±2	0	1.280	1.584	v
	100	min vFWHM	13.8 +0.5 -0.5	2.14 +0.07 -0.09	27.7 ±0.9 54 ±3	0	1.344	1.600	h
		min Ω	6.55 +0.07 -0.07	2.4 +0.1 -0.1	15.4 ±0.5 51 ±4	0	1.136	1.504	h
		min hFWHM	1.27 +0.01 -0.02	9.1 +0.6 -0.6	39.1 ±0.8 18 ±1	0	1.616	1.984	v
	150	min vFWHM	9.2 +0.5 -0.5	1.53 +0.05 -0.06	20.1 ±0.6 34 ±2	0	1.648	1.984	h
		min Ω	4.24 +0.03 -0.04	1.65 +0.06 -0.06	11.2 ±0.4 31 ±2	0	1.408	1.856	h
		min hFWHM	0.97 +0.01 -0.01	4.4 +0.4 -0.4	27.5 ±0.6 6.4 ±0.4	0	1.576	2.168	v
	200	min vFWHM	3.01 +0.02 -0.02	1.22 +0.04 -0.04	8.3 ±0.2 20 ±1	0	1.672	2.200	h
		min Ω	3.01 +0.02 -0.02	1.22 +0.04 -0.04	8.3 ±0.2 20 ±1	0	1.672	2.200	h

TABLE C .

 C 7: Results of beam size minimisation for mod 6 (addition of quadrupole pair), considering 0.8 ≤ g X1 , g X2 ≤ 1.6 T/cm for 100 MeV, 1.2 ≤ g X1 , g X2 ≤ 2.0 T/cm for 150 MeV and 1.4 ≤ g X1 , g X2 ≤ 2.2 T/cm for 200 MeV.

									Q1
	100	min hFWHM min vFWHM	3.16 +0.03 -0.03 46.5 +0.9 -0.9	46 +2 -2 3.7 +0.1 -0.1	29.6 ±0.8 33.2 ±0.7	33 ±2 29 ±1	0 0	0.672 0.640	h v
	150	min hFWHM min vFWHM	1.98 +0.01 -0.02 36.3 +0.6 -0.6	30 +1 -1 2.64 +0.10 -0.10	22.7 ±0.3 26.5 ±0.7	22 ±1 19 ±1	0 0	0.832 0.800	h v
	200	min hFWHM min vFWHM	1.46 +0.01 -0.02 27.7 +0.9 -0.9	19.9 +1.4 -1.4 1.88 +0.04 -0.04	17.0 ±0.5 20.8 ±0.8 12.6 ±0.8 15 ±1	0 0	0.976 0.976	h v

E [MeV] Definition hFWHM [mm] vFWHM [mm] x [mrad] y [mrad] z [cm] g X [T/cm] foc.

TABLE C .

 C 8: Results of unidirectional beam size minimisation for mod 7 (addition of single quadrupole), considering 0.0 ≤ g X ≤ 1.6 T/cm.E [MeV] Definition hFWHM [mm] vFWHM [mm] x [mrad] y [mrad] z [cm] g X [T/cm] foc. Q1

	100	min hFWHM min vFWHM	1.15 +0.03 -0.04 41.5 +0.6 -0.6	51 +1 -1 1.37 +0.10 -0.10	33.5 ±0.6 34.6 ±0.8	44 ±2 41 ±1	-140 -140	0.768 0.736	h v
	150	min hFWHM min vFWHM	0.80 +0.03 -0.03 31.1 +0.3 -0.3	34 +1 -1 1.1 +0.1 -0.1	24.3 ±0.3 26.2 ±0.4	29 ±1 27 ±1	-140 -140	0.960 0.912	h v
	200	min hFWHM min vFWHM	0.52 +0.01 -0.01 21.5 +0.4 -0.4	21.1 +0.8 -0.8 0.8 +0.1 -0.1	17.2 ±0.3 18.0 ±0.8 18.2 ±0.4 16.8 ±0.7	-140 -140	1.152 1.056	h v

TABLE C

.9: Results of unidirectional beam size minimisation for mod 8 (more compact arrangement with additional single quadrupole), considering 0.0 ≤ g X ≤ 1.6 T/cm.
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The term nozzle refers to the last part of the beamline where the beam is prepared for the treatment.

The term ionising radiation refers to any type of photon or particle radiation with enough energy to ionise atoms or molecules (see also section 1.2).

Neutrons can also interact weakly (e.g. in the β -decay) as well as electromagnetically due to a nonvanishing magnetic moment[Zaliznyak 2004]. However, in the context of RT, nuclear interactions mediated by the strong force are dominant.

 4 The ICRU report 63[START_REF]ICRU Report 63: Nuclear Data for Neutron and Proton Radiotherapy and for Radiation Protection[END_REF] distinguishes elastic nuclear interactions (the final internal states of nucleus and projectile are as before, the total kinetic energy is conserved) from non-elastic (general term for interactions where the total kinetic is not conserved, the nucleus may undergo breakup or excitation) and inelastic nuclear interactions (a special case of non-elastic interactions where the final nucleus is as before but the total kinetic energy is not conserved).

A particle is said to be primary when it stems from the original beam and when it experienced only electronic scattering or elastic nuclear interactions. In contrast to this, secondaries are particles produced in inelastic or non-elastic nuclear interactions[Gottschalk 2012].

More precisely, the LET for photons refers to the LET of the liberated Compton electrons.

Free radicals are highly reactive molecules, atoms or ions that have an unpaired valence electron.

Withers proposed the concept of a functional subunit which represents "the largest unit of cells capable of being regenerated from a surviving clonogenic cell without loss of the specified function."[Withers 1988] 

This technique is also called stereotactic body radiotherapy (SBRT) or stereotactic ablative radiotherapy (SART).

The term heavy charged particles here refers to any charged particle with a mass much bigger than that of the electron, i.e. in particular protons and other ions.

Angiogenesis, the formation of new blood vessels, plays an important role in the development and progression of tumours and strongly modulates carcinogenesis[Girdhani 2013].

A thin chamois (leather) was furthermore placed between the mesh and the skin.

For example in a a recent work by Dilmanian et al.[Dilmanian 2019], tissue sparing conditions were defined for a PVDR ≥

The cited publications usually use the term bystander effect although, according to the classification introduced in section 1.3.4, it would be more appropriate to speak of cohort effects.

Absolute dose values may be inferred by performing reference measurements with ionisation chambers and calibrating the films in broad beam conditions[Bartzsch 2015].

https://www.ptwdosimetry.com/en/products/microdiamond/

MOSFET: metal-oxide-semiconductor field-effect transistor

The criterion was the observation of cavitation in a histological analysis 24 days after irradiation.

A persistent weight difference was nonetheless observed during 7 months, with irradiated rats weighing 50 g less than unirradiated rats.

An energy of 375 keV was shown to be optimal for X-ray minibeams[Prezado 2009a].

There was a 7-cm gap between the collimator exit and the phantom entrance.

SNAKE: Superconducting Nanoprobe for Applied nuclear ("Kern" in German) physics Experiments

This comparison assumes that the minibeam configurations in both cases lead to lateral homogenisation of the dose at Bragg peak depth.

Space charge effects become mainly important at low beam energies and high beam intensities (cf.[Gerardin 

2018]). In the context of particle therapy (typical beam energies and beam currents at the nozzle/patient level are ∼ 100-200 MeV/nucleon and 10 nA, respectively), they are thus mainly relevant for beam extraction and less so for beam transport[START_REF] Spädtke | The role of space charge compensation for ion beam extraction and ion beam transport (invited)[END_REF]] which will be considered in this thesis.

In beam physics, the term divergence refers to a measure of the angular spread of the particle momenta. Therefore, divergent as well as convergent and parallel beams have a divergence (which is zero for a completely parallel beam).

In analogy to optics of light, energy-dependent deviations are called chromatic aberrations.

This comparison assumes a quadrupole doublet and a solenoid of equal field strengths and overall lengths.

https://geant4.web.cern.ch

CAD: computer-aided design

http://www.opengatecollaboration.org

http://www.topasmc.org

https://www.integratedsoft.com/Products/lorentz.aspx

https://topas.readthedocs.io/en/latest/parameters/source/emittance.html

https://topas.readthedocs.io/en/latest/parameters/source/beam.html

https://opengate.readthedocs.io/en/latest/source_and_particle_management.html# pencil-beam-source

Pencil-shaped beams will have a Gaussian profile along all transversal directions whereas planar beams generally only exhibit a Gaussian profile along the shorter dimension.

A phase space file contains a list of the all particles passing through a certain area, including properties like the position, energy, momentum direction and type of the particle.

RK4: fourth-order Runge-Kutta method

https://iba-worldwide.com/proton-therapy/proton-therapy-solutions/proteus-plus

The second ionisation chamber is composed of two units dedicated to measurements of the horizontal and vertical beam distribution, respectively. For the nozzle model, it is more convenient to regard the two units as a single ionisation chamber which in the following is labeled as IC2.

https://www.iba-dosimetry.com/product/lynx-pt/

The uncertainties take into account possible variations of the minimum beam size due to uncertainties of the beam model (see section A.1 in appendix A).

Field strengths and field gradients mentioned in this chapter can be converted using (5.1) and assuming an aperture of 2.5 cm.

The true minimum beam size achievable at ICPO is potentially still larger than the values presented in Figure5.8.

In practice, the snout is often used to mount case-specific passive elements like collimators or range shifters, however, the aim of this study was to investigate a nozzle design that does not require mechanical components to generate minibeams. While range shifters may be useful in certain situations to compensate for limitations of the beam accelerator or artificially broaden the Bragg peak, they were not considered at this stage.

https://www.varian.com/products/proton-therapy/treatment-delivery/probeam-360

Comparison with Figure7.3 shows that this approximately corresponds to the depth where the PVDR drops below 10. Note that the PVDR for helium ion beams at a c-t-c distance of

mm is ≤ 10 at all depths. Consequently, equal peak and valley LET are observed (the dashed and solid green lines in Figure7.5 are indistinguishable).

In one case[Prezado 2018] the plateau of the Bragg curve was used to irradiate the tumour while in the other case[Prezado 2019] a slab of plexiglass was placed in front of the rat to shift the Bragg peak to the tumour position.

The approach using a collimator and broad beam was approximated with a theoretical virtual beam source, since a complete simulation of the corresponding nozzle would have been computationally too expensive.

However, the number of neutrons was only marginally bigger when all momentum directions were included

The only exception were the 100 and 123-MeV proton minibeams generated with C+BB where a slight increase of the PVDR was observed which may me explained by the lower entrance FWHM.

https://www.varian.com/about-varian/research/flashforward-consortium

Note, that only air gaps of 10 and

cm were considered. Indeed, one might evaluate if an air gap of 20 cm would still be suitable for minibeam generation.

Notable exceptions are the MEVION S250 and S250i which represent single-room, superconducting synchrocyclotrons that use neither a conventional beam transportation system nor ESS. Instead, the range of the beam is controlled with range shifting plates made from Lexan[Chiang 2020, Prusator 2017].

Note that a crucial feature, distinguishing these irradiations from GRID and LRT, was the considerably higher peak doses delivered in the minibeam peaks (up to

Gy in a single fraction compared to 10-20 Gy/fraction in GRID and LRT).

C'est-à -dire, à l'entrée du fantôme (par exemple une cuve à eau) ou les tissus superficiels dans le cas d'un patient.

Le nozzle est la dernière partie d'une ligne de faisceau où le faisceau est préparé pour le traitement.

In this context, experimentally determined refers to the result of the Monte Carlo study.

Note that the original formula in the paper of Chetty et al. describes the uncertainty of the mean dose in voxel i whereas the uncertainty of the total dose is considered here which explains the additional leading factor of M.

Note that in the case of the August session, the beam sizes were measured at only two positions. Equation (5.2) was therefore modified to MSE = 1

∑ 2 i=1 (σσ) 2 .
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Appendix A

Uncertainty calculation

The following shorthand notation will be used throughout the following chapter:

A.1 Beam size minimisation including beam model uncertainties

The aim of the beam minimisation studies was to determine the configuration of the quadrupole magnets that yields the smallest beam size at a given target position. The value of this minimum beam size is mainly affected by three uncorrelated sources of uncertainties: The first contribution relates to the method of assessing the beam size via a Gaussian fit (see also section 4.2.2) and can be estimated by the uncertainty provided by the fitting algorithm. This uncertainty will be referred to as ∆ fit and can lead to an over-as well as an underestimation of the true value.

The second contribution arises from the fact that the beam size was minimised by simulating various quadrupole configurations, using discrete values of B 1 and B 2 (or g 1 and g 2 ). In this way, the true minimum configuration could be missed due to the finite increment of the considered field strength values. It should be noted, however, that the size of this true minimum can only ever be smaller than or equal to the experimentally determined value 1 . Therefore, this second contribution must only be considered for the lower uncertainty bound.

The uncertainty related to the step size between the considered field strengths will be referred to as ∆ step . It was estimated as half the standard deviation of the beam size in the vicinity of the experimentally determined minimum configuration. In mathematical terms, if std(X) denotes the function to compute the standard deviation for a given set of values X and (B * 1 , B * 2 ) is the minimum quadrupole configuration, then

where b is the step size between two values of B 1 or B 2 . The factor 1 2 accounts for the fact that at a step width of b, the true minimum configuration can differ at most by ± b 2 . Figure A.1 illustrates this concept and shows the nine values around (and including) the minimum configuration that were considered for (∆σ) step . Note that in the cases where only a single quadrupole field was considered during minimisation (i.e. mod 7 and 8) only three values in the according one-dimensional vicinity were considered.

Note that a missing superscript indicates an unvaried parameter whereas a "+" or "-" implies a positive or negative variation, respectively.

Having determined each of the three contributions, the final asymmetric uncertainties of the beam size were then calculated as

with σ being a placeholder for either σ x or σ y . From this, the according uncertainties of the respective FWHM are given by (∆hFWHM) +/-= 2.355 (∆σ x ) +/- (∆vFWHM) +/-= 2.355 (∆σ y ) +/-. (A.4)

The uncertainties of the beam divergences σ x and σ y at the target position were assessed in the same way described above with the exception that ∆ step can now also contribute to an overestimation of the true value. This implies that the upper and lower uncertainties are symmetric and thus

(A.5)

The method desrcibed above was used to compute the uncertainties shown in Figure 5.5 and stated in Table 5.4 in section 5.3 as well as those in Figure 5.8 in section 5.4.2 and those in Tables C.1 through C.9 in appendix C.

A.2 Beam size minimisation without beam model uncertainties

The beam size minimisation studies presented in sections 6.2 and 6.3 were different from those concerning the PBS nozzle at ICPO in that the parametrisation of the beam at the nozzle entrance was assumed to be a definite input parameter that is not affected by uncertainties. This implies that the contribution ∆ model vanishes and that the uncertainties can more easily be expressed as

This calculation method was applied for the uncertainties stated in Tables 6.3, 6.4, 6.5 and 5.5.

A.3 Dose and related quantities

Dose uncertainty

In all presented dosimetry studies, the dose distributions were recorded with a voxelised target volume. Hence, as the first step, the basic dose uncertainty was determined for each voxel. From this, the global relative dose uncertainty ∆ g D was computed following the work of Chetty et al. [Chetty 2006] as the root mean square of the voxel uncertainties divided by the absolute voxel dose, considering only voxels in which at least half the maximum voxel dose was deposited:

where n is the number of voxels, D i is the dose deposited in voxel i, ∆D i the corresponding uncertainty and D m = max i {D i } is the maximum voxel dose across all voxels. Depending on the simulation software and the supported features, different methods were used to determine the voxel dose uncertainties.

Simulations performed with TOPAS For dose simulations performed with TOPAS (chapters 6 and 8), the total dose was obtained by summing up the results of N repetitions of the same simulation (up to a different seed for the random number generator) and the uncertainty in each voxel was calculated as the standard deviation of the doses deposited in each repetition divided by the square root of N:

where D i is the total dose in voxel i and D i,S k is the dose recorded in this voxel during the k-the repetition. The exact value of N varied from case to case and was chosen such that the final global relative uncertainty was 1%.

Simulations performed with GATE

The dose actor in GATE features a functionality that allows to record the dose deposited in each voxel along with the sum of the squared dose deposited for each primary particle. This allowed to calculate the dose uncertainty in each voxel according to the method described in the work of Chetty et al. [Chetty 2006]: 11) where M is the number of simulated primary particles, D i is again the total dose deposited in voxel i and D i,k is the contribution to D i deposited by the k-th primary and the associated secondary particles 2 . This method was used for all dose simulations performed with GATE (chapter 7).

Uncertainty of derived quantities

The PVDR and BEDR were derived from the voxelised dose distribution as

where D peak (z) and D valley (z) are the doses in the peak and valley regions at a depth z in the target and z B is the respective Bragg peak depth. Consequently, the corresponding uncertainties can be expressed as

and

where ∆D peak and ∆D valley are the peak and valley dose uncertainties, respectively, calculated according to the methods described above. A different approach was followed for the minibeam sizes that were derived from dose distributions of single minibeams. At a given depth in the target, the beam size was assessed by projecting the two-dimensional dose distribution at that point onto the horizontal axis and fitting the resulting one-dimensional distribution with a Gaussian bell curve (see also section 4.2.2). Such a fitting process can compensate for uncertainties in the individual data bins which makes it difficult to express the resulting uncertainty of the width of the Gaussian as a function of the voxel dose uncertainties. Instead, the uncertainty provided by the fitting algorithm (∆σ) fit was used (see section A.2) and thus ∆FWHM = 2.355 (∆σ) fit .

(A.16)

A.4 LET and related quantities

The uncertainty of the recorded LET was only evaluated for the peak and valley profiles, i.e. no global uncertainty was considered. The LET in each voxel was calculated as the mean of the values recorded in N repetitions of the same simulation (up to a different seed for the random number generator) and the uncertainty was calculated as the standard deviation of the LET values of each repetition divided by the square root of N:

where LET i,S k is the LET value in voxel i found in the k-th simulation and LET i is the final LET value for that voxel. The uncertainties on the PVLR were computed analogously to equation (A.14) by propagating the respective uncertainties of the LET profiles.

Appendix B

Construction of the ICPO beam model

This chapter is a complement to section 5.2.2 and presents a more detailed description of the method used to define the virtual beam source of the PBS nozzle model. The chapter is organised in the following way: First, the measurements of the beam size performed at the nozzle entrance and around the isocentre are presented (section B.1). Then, the construction of three preliminary beam source parametrisations is described (section B.2) and validation studies performed for each parametrisation are discussed (section B.3). Finally, the criteria leading to the definition of the final beam source parametrisation listed in Table 5.3 are explained (section B.4).

B.1 Beam sizes measurements

As mentioned in section 5.2.2, measurements of the beam size at ICPO were required in order to construct the computer model of the PBS nozzle. Beam size measurements (courtesy of L. De Marzi, Institut Curie) from three different sessions (February, August and October 2018) were available at the time that the nozzle model was created. The beam size was assessed at the following positions:

• February: nozzle entrance, isocentre, ±20 cm from isocentre, ±40 cm from isocentre

• August: isocentre, -30 cm from isocentre

• Octiber: isocentre, ±20 cm from isocentre, ±40 cm from isocentre Beam sizes at the nozzle entrance (Table B.1) were measured with IC1 while measurements around the isocentre (Table B.2) were performed with IBA's Lynx detector (see section 5.2.2). Figure B.1 shows a graphic comparison of the beam sizes measured around the isocentre during each of the three sessions.

Results of validation study

The second criterion concerned the results of the validation study explained in the previous section. Figure B.4 compares the additional measurements with the simulated beam sizes. The rows and columns correspond to the different source parametrisations (param 1-3) and beam energies, respectively. The colour of the lines and markers indicates the evaluated quadrupole setting. Each panel is divided vertically with the upper and lower sub-panels presenting the data for σ x and σ y , respectively.

The agreement between simulations and measurements is found to be heterogenous: While a very good agreement is observed for some cases, e.g. for param 2 at a beam energy of 100 MeV and for param 3 at energies of 100 and 160 MeV (mostly limited to σ y ), most of the other cases exhibit fairly large deviations. Table B.7 presents the mean and maximum relative deviations over all beam energies. Parametrisations 2 and 3 agree on average within 3-6% with the measurements whereas param 1 yielded the worst match with a roughly two times larger mean deviation.

It should be noted that the beam sizes measured for the different quadrupole settings are generally all very similar. Indeed, the maximal differences in beam size at a given position amount to only 1 to 2 mm which represents a spread of around 20-40%. Moreover, only two distinct positions were considered for the beam size assessment which might not be sufficient to conclusively assess how well each of the simulated beams agrees with the beam at ICPO. 

Appendix C

Results beam size minimisation with modified nozzle geometries

This chapter compiles the results of the beam size minimisation simulations performed with each of the modified nozzle geometries described in section 5.4.1. In each table, the configurations yielding the smallest hFWHM, vFWHM and Ω are presented for each of the considered beam energies. The field gradients g i as well as the focussing direction of Q1 (indicated by the shorthand notation "h" and "v" for horizontally and vertically, respectively) are stated to quantify the quadrupole configurations. For modifications using additional quadrupoles, the focussing direction in the table refers to that of XQ1 or XQ, respectively.

Note that in Tables C.7 (mod 6), C.8 (mod 7) and C.9 (mod 8) only the field gradient in the additional quadrupole magnets is indicated (the field gradient in Q1 and Q2 was zero in all listed cases, case A in Table 5.6). Moreover, in Tables C.8 (mod 7) and C.9 (mod 8), the min-Ω configuration is omitted, as these modifications were designed for the investigation of unidirectionally minimised beams.

The stated uncertainties were calculated according to the method described in section A.1. 
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