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was always ready to share some precious advice on my mission in NeuroSpin, but also, more often than not, on life in general.

A

s Bertie Wooster once said, under P.G. Wodehouse's pen, 'I've found, as a general rule of life, that the things you think are going to be the scaliest nearly always turn out not so bad after all.' Today it seems to me that it conveys my feeling about the past three years pretty well. Surely I cannot say that I had always seen myself completing a PhD.

During my internship as support for the Application Service at Siemens Healthineers France, I encountered the hospital world and clinical applications of MRI for the first time. After this experience, I knew that I wanted to keep working in healthcare at least for a while, in particular in MRI, and to be as much as possible at the interface between physics and medicine, so as to have a direct impact on patient outcome. Around that time, I received a message from Franck Mauconduit, the on-site Siemens clinical scientist based at NeuroSpin, about an opening for a research engineer position with Alexis Amadon, in the UNIRS/METRIC team led by Alexandre Vignaud. This offer had everything I was looking for: MR physics, clinical applications, research-oriented work with a strong engineering touch, . . . and rather short -two years. This was perfect for me, since for some reason research intimidated me, not to mention a PhD: I could not possibly picture myself working three years on the very same topic. Still, this did not save me from a copious dose of hesitation before I signed! A year later, the question of whether I wanted to extend my mission to three years and turn it into a thesis was raised. My answer was quick to come: 'Yes!' This, in contrast to all my previous doubts, should give you an idea of the quality of the environment and the people I had met in the meantime, as well as at AIM and Henri Mondor Hospital. This is why there are so many people I want to thank today.

First, I would like to thank my advisors. Alexis Amadon, whose unfailing optimism and composure helped me keep a cool head and focus on my objectives in times of uncertainty. Alain Luciani, whose humanity and passion for both healthcare and research have comforted me in my choice to stay in that line of work. And Alexandre Vignaud, whose impressive knowledge of clinical aspects of MRI was of course priceless, and who
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Symbol Description Unit

σ electrical conductivity kg -1 • m -2 • s 3 • A 2 (S • m -1 )
ϕ radiofrequency phase degree (°), rad

General Introduction

Science Finds, Industry Applies, Man Adapts -The Chicago World's Fair,

S

uch was the motto welcoming visitors to one of the largest events celebrating industrial progress. At the time, the world was in the midst of the Great Depression, and people saw in science and technology a crumb of hope for a brighter future. Nearly a century later, tremendous progress has indeed been made in every domain: energy, transportation, construction, environment to name a few. And of course healthcare.

In particular, medical imaging was still in its early days in : X-ray radiography was then the only non-invasive way to explore the human body, allowing to visualise bones and a few organs such as the lungs in two-dimensional projections. It was complemented in the s by ultrasound imaging, a great tool for inspecting soft tissues such as tendons, muscles or blood vessels, and extensively used in obstetrics. Some years later, computed tomography, the 'big brother' of projectional radiography, allowed to obtain three-dimensional images of extended volumes in the body. All these techniques are widely used today as each is relevant for many applications. However, both X-ray-based methods involve ionising radiations, which can harm or even destroy biological tissues. As far as ultrasound imaging is concerned, it has a limited range of use and its result is highly operator-dependant.

In the early s, the first magnetic resonance imaging (MRI) devices were introduced in hospitals. With no ionising radiations nor known long-term effects on health, and thanks to the wide range of applications in medical diagnosis brought by more than thirty years of research, MRI now stands out as the most powerful and versatile medical imaging tool available. An MRI scanner is organised around a strong magnet, and is characterised by the magnetic field it produces. Stronger magnetic fields allow for higher signal-to-noise ratios in acquisitions. This gives a number of advantages, including faster examinations, higher resolution images, or both. With that in mind, human-sized MRI scanners have seen their magnetic field increase, from a mere 0.04 T in the beginning to 10.5 T today. Science Finds. NeuroSpin, part of the CEA (French Alternative Energies and Atomic Energy Commission) Saclay centre near Paris, is a department committed to understand- ing brain structure, connectivity and function, with applications in neuroscience, cognitive science and research into neurodegenerative diseases. In order to further explore these areas, powerful MRI scanners are needed. In NeuroSpin, a team of MR physicists is dedicated to improving hardware and acquisitions, to exploit the possibilities of those scanners to their fullest extent. At the moment, the department is equipped with two human-sized imagers: one 3 T and one 7 T. In , along with the Institute of research into the fundamental laws of the Universe (Irfu), NeuroSpin launched the ISEULT project, consisting in the conception and exploitation of a 11.7 T MRI scanner -the largest in the world -to obtain images of the human brain of unrivalled precision. The magnet itself was delivered in July (fig. GI. ), and the imager will soon be assembled. The first images are expected by the end of . But as we will see, increasing the magnetic field comes with a number of challenges, and the ISEULT project is accompanied with funding to answer those problems and to ensure that the obtained images will be of the highest possible quality. One of the main pitfalls of high-field MRI is the inhomogeneous distribution of the radiofrequency field involved in the process of making an image. As a result, zones of shade and loss of contrast are observed in brain acquisitions at 7 T, and are expected to be even worse at 11.7 T; they are referred to as B artefacts. In , Alexis Amadon and Martijn A. Cloos developed and patented a technique to overcome this problem in the context of d imaging: the k T -points™, now well-known in the ultra-high field community. Industry Applies. The next step is to bring out the k T -points method, by attracting the attention of industrial MRI manufacturers, and eventually turning k T -points into a product useful for everyday clinical practice, with a direct positive impact on patient outcome. This was made possible thanks to the Life Sciences Division (DSV) of the CEA (now part of the Fundamental Research Division): they organised a competition to provide funding to develop applications from patents associated with the ISEULT project. The k T -points project was selected, which set off this thesis. The hospital world is dominated by 1.5 T scanners, and the highest field available as of today is 3 T. Note that 7 T clinical scanners have been recently introduced by Siemens Healthineers, but currently concern a handful of hospitals with a strong interest in neurological research. At 1.5 T, there are no radiofrequency inhomogeneity issues. However at 3 T, B artefacts are still a challenge in large human organs and regions such as the abdomen, breasts or thighs. With the firm belief that those artefacts are one of the main obstacles to the adoption of 3 T MRI as an indisputable gold standard in clinical routine, this thesis aims at showing the potential of the k T -points technique for applications in those organs. This involved collaborating with clinical practitioners to define targeted applications and to assess the efficacy of our method.

Man Adapts? So far, the motto of the World's Fair perfectly fits with the objectives of this thesis. Nevertheless, the last statement is a bit outdated. At the time, technological progress appeared as an unstoppable wheel that defined the future of mankind. Today the situation is somewhat reversed. Part of what makes an innovation successful is its capacity to be as transparent as can be to the end user: 'Man Benefits' from progress. It is with this belief in mind that we tackled our project; in particular, it gave rise to the last chapter of this dissertation, whose goal is to hide the use of k T -points from practitioners and operators.

Thesis Overview

This manuscript is organised in two parts progressively leading the reader from general MRI considerations to the latest results of this three-year adventure.

The first part will describe the context of this work: starting from an overview of MRI and its applications in clinical practice (chapter ), we will then elaborate on the specificities of high-and ultrahigh-field imaging (chapter ). In particular, in order to counteract RF inhomogeneity, recent 3 T scanners usually come with a two-RF-channel parallel transmission (pTx) setup. In clinical practice, only static RF shimming is implemented: a single waveform is used, with adjusted amplitude and phase on each channel, to counteract transmission inhomogeneities in the patient. This technique works best when many channels are available, but shows its limits when good homogeneity is expected over a large field of view. Going a step further, dynamic RF shimming exploits the possibility to transmit different waveforms on each channel. At that point, the keystone of this project will be described: the k T -points method relies on a succession of short rectangular RF pulses interleaved with static gradient 'blips' to modulate magnetisation at will, thus producing homogeneous excitation in spite of an imperfect RF field. Those composite pulses are even more effective as they can take advantage of pTx. They are generally tailored for each patient based on the initial mapping of the RF fields stemming from each channel (calibration process). Patient safety matters will also be discussed. In MRI, it is essential to ensure the energy deposited in the patient by RF pulses (SAR, for specific absorption rate) is below a certain level: k T -points pulses that we design must respect those limitations, or else they are rejected by the scanner.

The second part of the manuscript gathers the original contributions of this thesis. We will first detail a modification of the k T -points technique. In the original algorithm, the amplitude and phase on each transmit channel for each short RF 'sub-pulse' is optimised jointly with the amplitude of the gradient 'blips'. Here, we will allow the duration of each sub-pulse and that of the overall k T -points pulse to be adjusted as well to improve the robustness of the pulse design (chapter ). Then we will describe three studies led in a clinical environment, at Henri Mondor University Hospital (Créteil), to investigate the applicability and impact of k T -points. Chapter will recount a study in breast MRI without pTx, while chapter will focus on liver imaging with dual transmission. Finally, in chapter , we will go a step further in the integration of our technique into routine workflows by eliminating the hassle generally associated with radiofrequency inhomogeneity reduction, i.e. the calibration process and subsequent in-line RF pulse design.

I hope this manuscript will cater to physicists interested in clinical applications of MRI, and to physicians keen on technology alike, united towards a common goal: to improve healthcare and to provide the best diagnosis possible to every patient. 

T

his chapter is an overview of several physical principles behind magnetic resonance imaging (MRI), as well as some techniques that allow to obtain different sorts of images and contrasts that are used along this thesis. It also includes a description of clinical applications in breast and abdominal imaging. Further details about MRI physics can be found in many works, including [McRobbie ,Haacke ,Bernstein ]. For more information on clinical practice MRI, one can refer to [Liney ], or [Luciani ] (in French) for an extensive review.

.

Formation of an Image

The history of magnetic resonance imaging is punctuated with Nobel Prizes. MRI is based on the nuclear magnetic resonance (NMR) phenomenon, that was first described in by Isidor Isaac Rabi [Rabi ], who won the Nobel Prize in Physics in . Applications to molecular structure exploration quickly followed with the independent works of Felix Bloch [Bloch ] and Edward Mills Purcell [Purcell ], for which they were jointly awarded the Nobel Prize in Physics in . The principles described by these scientists are briefly explained in sections . . and . . .

It is only three decades later that the works of Paul Lauterbur [Lauterbur ] and

Sir Peter Mansfield [Mansfield b] allowed to encode the NMR signal spatially, thus enabling NMR imaging, or MRI. For this, they shared the Nobel Prize in Medicine and Physiology in . Spatial encoding is the subject of section . . .

The NMR phenomenon can be observed in any atom that has a non-zero spin, a quantum-mechanical property conveying an intrinsic form of angular momentum. Atoms composed of an odd number of nucleons all have a non-zero spin. This is the case, for instance, for the naturally abundant isotopes of hydrogen, fluorine, sodium and phosphorus

( 1 H, 19 F, 23 Na and 31 P, respectively) as well as for rarer isotopes of carbon ( 13 C), sodium ( 15 N) or oxygen ( 17 0).

As body tissues are mostly made of water and fat compounds, it is extremely rich in hydrogen atoms 1 H, whose nucleus consists in a unique proton, with a 1 2 -spin. For this reason, most clinical applications focus on proton imaging. Non-proton -or 'exotic'nuclei spectroscopy is a wide and rich area of research, and their imaging is a dynamic and rising field with a promising future for clinical research [Coste ]. This is, however, beyond the scope of this thesis, which focuses solely on 1 H imaging.

. . Magnetisation

The non-zero spin of protons confers them a magnetic moment that makes them behave like microscopic magnets. When a spin is exposed to an external static magnetic field B 0 , its magnetic moment aligns to it and follows a precession movement about the field axis at the Larmor angular frequency ω 0 , defined as:

ω 0 = γB 0 ( . )
where γ is the gyromagnetic ratio specific to a given nucleus. For the proton 1 H, the gyromagnetic ratio is equal to 267.5 × 10 6 rad s -1 T -1 (often used as 1 2π γ H = 42.57 MHz T -1 ). As ordinary frequencies are often preferred, the Larmor frequency is defined as f 0 = 1 2π ω 0 . At 3 T, f 0 ≈ 128 MHz for proton.

In addition, from a quantum physics point of view, a 1 2 -spin exists in one of two states: spin-up or spin-down. Consequently, a proton's magnetic moment can be either parallel or anti-parallel to B 0 , which corresponds to a low energy or high energy level, respectively.

One should rather say: in a combination of two principal states. (hollow vector) in an isochromat consisting of several adjacent spins immersed in an external static magnetic field (B 0 , grey vector). It is induced by the slight excess of magnetic moments (black vectors) parallel to B 0 , compared to anti-parallel ones. ω 0 is the Larmor angular frequency at which each spin precesses about B 0 . Adapted from [Luciani , ch. ].

NMR is by nature a quantum phenomenon. However, for the sake of simplicity and because NMR experiments regard not one but millions to billions of protons, it is possible to describe the behaviour of an aggregate of adjacent spins: an isochromat. As pictured in fig.

. , one can then consider the average of magnetic moments taken over the isochromat, called the net magnetisation vector M, with M = M 0 at equilibrium in a static field B 0 . This is particularly convenient, as this net magnetisation operates under the laws of classical physics.

At thermal equilibrium, the repartition of low and high energy spins within the isochromat follows a Maxwell-Boltzmann distribution. If we denote by N the number of spins considered, T the temperature, the reduced Planck constant and k B the Boltzmann constant (see 'Symbols Used' on page xv), and if we consider that the energy difference is negligible compared to k B T , then the macroscopic magnetisation at equilibrium pictured in fig.

. can be written:

M 0 ≈ N γ 2 2 4k B T B 0 ( . )
This magnetisation has the potential to create NMR signal when correctly manipulated as explained below. One can already notice that the available magnetisation depends on B 0 ; this is the reason for the development of magnets of stronger and stronger fields, as detailed in chapter .

. . Excitation and Relaxation

No NMR signal can be observed when the system is at equilibrium and macroscopic magnetisation is aligned with B 0 . In order to obtain signal, one must excite the system with the help of a RF magnetic field B + 1 of frequency ω rf , transmitted through a RF coil disposed such that the oscillating B + 1 field be orthogonal to B 0 . The RF field must oscillate at the Larmor frequency, i.e. ω rf = ω 0 , in order to resonate with the spins. At a microscopic level, it has two effects:

• It provides energy to the system, allowing some low energy spins to transfer to a high energy level.

• It forces the spins to precess in phase.

At a macroscopic scale, its effect is to tilt the net magnetisation vector M towards the transverse plane, as shown on fig. . . Let us decompose magnetisation as:

M =     M x M y M z     and M xy =     M x M y 0     ( . )
where M xy is the transverse magnetisation, and M z is called longitudinal magnetisation.

Once the magnetisation has been tilted, the B + 1 field is stopped and the system starts returning to its initial equilibrium state. This is called relaxation, and it can be explained by two distinct phenomena:

• The longitudinal -or spin-lattice -relaxation accounts for the loss of magnetic moment of spins in collisions with their environment. At a macroscopic scale, it corresponds to the regrowth of longitudinal magnetisation M z . It is associated with a relaxation parameter T 1 , which can take different values depending on field strength and tissue type [Stanisz ] and is the time needed for M z to retrieve 63 % of its initial value M 0 (see fig. . ). It is sometimes referred to as T 1 recovery.

• The transverse -or spin-spin -relaxation emanates microscopically from the loss of phase coherence between spins due to subtle local changes in magnetic field. Macroscopically, this phenomenon is characterized by the T 2 relaxation parameter (see fig. . ), whose value also differs depending on tissue type. It can be referred to as T 2 decay. In practice, because B 0 is not perfectly uniform macroscopically (e.g. small magnet defects), this decay is faster than expected, and transverse relaxation is characterized by the parameter T * 2 , such that T * 2 < T 2 . The effects of those 'static' B 0 changes can be recovered as explained in section . . 'Fast Spin-Echo Sequences'.

While magnetisation relaxes to its equilibrium state, it is possible to measure the evolution of its transverse component, using either the same coil that was used for transmission of B + 1 , or a dedicated receive coil. Indeed, the rotation of M xy in the transverse plane induces a measurable voltage in the coil [Hoult ]. This signal is called free induction decay (FID) [Hahn a]; as shown in fig.

. , it oscillates at ω 0 , with an exponential attenuation corresponding to T * 2 . Note that the amplitude of the FID depends on the initial longitudinal magnetisation M 0 , that is tipped into the transverse plane: it is therefore related to eq. ( . ).

The behaviour of magnetisation exposed to a magnetic field B was formalised by Felix Bloch [Bloch ] and is written in the laboratory frame (XYZ ) as:

dM dt lab = γM × B -     M X /T 2 M Y /T 2 (M Z -M 0 )/T 1     ( . )
As pictured in fig.

. , it is convenient to describe the evolution of magnetisation in a frame (xyz) rotating according to the rotation vector Ω:

Ω = 0 0 ω T ( . )
Equation ( . ) then becomes:

dM dt rot = γM × B - Ω γ -     M x /T 2 M y /T 2 (M z -M 0 )/T 1     ( . )
For instance, fig. . b is obtained, ignoring relaxation, with B = B 0 + B + 1 and ω = ω 0 = ω rf : in (xyz), B 0 disappears from eq. ( . ), and B + 1 is fixed. In all that follows, we will consider a rotating frame matching the RF angular frequency: ω = ω rf .

. . Excitation: Selective and Non-Selective

Let us delve into more detail on RF excitation, as it is a central aspect of this thesis. The effect of the B + 1 field is to tip magnetisation into the transverse plane. The nutation angle α, generally referred to as flip angle (FA), is defined as:

α = arccos M z M for 0 ≤ α ≤ 180°α = arcsin M xy M if α ≤ 90°( . )
The relation between a RF excitation duration T and of temporal envelope B + 1 (t) and the accumulated FA is generally non-linear, as it follows Bloch's equation. However, for flip angles small enough, a good approximation can be made for α < 30°, which severely breaks down only for α > 90° [Pauly , Bernstein ]. Consider eq. ( . ) for a rotating frame chosen to match the RF frequency (ω = ω rf ), with B + 1 along the x axis, and neglecting relaxation as it is generally done when studying (short) RF pulses:

dM dt rot = γM ×     B + 1 (t) 0 B 0 -ω rf /γ     ( . )
One may wonder why at this point we do not use eq. ( .) and the fact that ω rf is commonly tuned to match the Larmor frequency ω 0 , to cancel out the term B 0 -ω rf /γ in this equation.

Such situation is called on-resonance, and only holds for a perfectly homogeneous B 0 . In general, eq. ( . ) does not hold everywhere because of B 0 inhomogeneities due to static field imperfections or to local changes in chemical composition as will be discussed in section . . Introducing an off-resonance term: ∆ω = γB 0 -ω rf ( . )

and the complex transverse magnetisation:

M ⊥ = M x + ıM y ( . )
eq. ( .) can be expressed (in the rotating frame) as:

dM ⊥ dt = -ı∆ωM ⊥ (t) + ıγB + 1 (t)M z (t) ( . )
Solving this equation, combined with eq. ( .), and with the approximation that M z (t) ≈ M 0 (small flip angle) eventually gives:

α = γ T 0 B + 1 (t) e ı∆ω t dt ( . )
Since B + 1 (t) is 0 except during the pulse, the integration limits can be replaced by -∞ to +∞: for small flip angles, an RF pulse shows a spectral selection profile equal to the modulus of the inverse Fourier transform of the envelope. In the specific case of no off-resonance (ω = ω 0 = ω rf ), eq. ( . ) boils down to:

α = γ T 0 B + 1 (t) dt ( . )
This relationship is useful to quickly estimate the effect of a pulse on FA. But the Fourier response of the FA to the RF field described by eq. ( .) is actually what allows us to spatially select a volume to excite, thanks to the introduction of linear static field gradients, produced in all three directions by dedicated coils as we are now going to see.

Selective Excitation

The application of a gradient G = G X G Y G Z T modifies the static field at a point r of coordinates X, Y and Z in the following way: ) where e z represents the unit vector along the Z axis. Equation ( . ) now becomes:

B(r) = B 0 + (G • r) e z ( .
∆ω(r) = γB 0 + γG • r -ω rf ( . )
With the introduction of these static field gradients, there is now a linear relationship between the off-resonance term ∆ω and location r. In particular, when neglecting B 0 inhomogeneity, and when matching ω rf with ω 0 , eq. ( . ) simplifies to ∆ω(r) = γ G • r.

Let us focus on an example with a single gradient G Z applied in the Z direction as pictured in fig.

. : we can write ∆ω(Z) = γ G Z Z. In order to selectively excite a slice of thickness W , comprised between -W/2 and W/2 around magnet isocentre, we just need to apply a pulse of pass bandwidth BW = ∆ω(W/2) -∆ω(-W/2) = γG Z W . According to eq. ( . ), obtaining a rectangular spectral response is achieved with pulse of sinc temporal envelope (in practice a sinc pulse truncated after a few zero-crossings), with a main lobe of duration 2 /BW = 2 /γG Z W . More generally, looking back at eq. ( . ), the same pulse envelope can be used to excite any slice centred around Z C , by adjusting ω rf accordingly:

ω rf,C = ω 0 + γG Z Z C (cf. fig. . ).
It should be noted that selective pulses can be utilised without their accompanying gradient to excite a specific range of frequencies, for instance to selectively excite certain chemical compounds (cf. section . . 'Fat Saturation'). In this case they are called spectrally-selective instead of spatially-selective.

Non-Selective Excitation

Sometimes, selectivity is not desired. In order to excite all the volume attainable by the RF field, one should not use any gradient during the pulse. In addition, to make sure all spins isochromats get excited, no matter the local field inhomogeneities, a broadband pulse should be used.

The simplest non-selective pulse is the short rectangular -or hard -pulse, whose temporal envelope is simply shaped like a rect function of duration T and amplitude B + 1 . Contrarily to sinc pulses, which need a certain number of zero-crossings to achieve a sharp excitation profile, and therefore are quite long, hard pulses can be very short. The spectral response of a hard pulse is a sinc, with a bandwidth inversely proportional to the pulse length. For instance, with T = 100 µs, the first zero-crossing occurs at ±10 kHz. A typical range of off-resonance encountered in vivo at 3 T would be ±100 Hz (for a single chemical compound): spins would therefore all be flipped by at least 99.8 % of the nominal FA. Therefore off-resonance can be neglected and, in the small flip angle approximation, eq. ( .) can be used. The flip angle of a hard pulse is directly proportional to its amplitude and duration:

α = γ B + 1 T ( . )
It is worth noting that a spectrally-selective behaviour can be obtained by combining several rect pulses, as exposed in section . . 'Water Excitation'.

Non-selective excitation is at the core of this thesis, so we will come across non-selective pulses a lot thereafter. We will see that k T -points are a form of non-selective excitation,

and their performance will be compared to that of hard pulses.

. . Reception: Spatial Encoding of Signal

So far we have discussed principles related to spin excitation, either for a slice or for the whole volume. We also stated that, once excited, the spin isochromats come back to their equilibrium magnetisation through relaxation, during which it is possible to detect 

2D Imaging

In d MRI, the slice to image is first selectively excited as described before, with a sliceselecting gradient G Slice . The data corresponding to this slice are then encoded in terms of spatial frequencies along two dimensions; an inverse d Fourier transform then allows to turn this so-called d k-space (or Fourier plane) into an image of the slice. Two techniques are used together to fill the d k-space, line by line:

• Applying a frequency-encoding (or readout) gradient G Read orthogonal to G Slice changes the precession frequency of isochromats while signal is acquired, thus allowing to discriminate their position in that direction. We have acquired a line of k-space.

• For now we have only acquired one line, at the centre of k-space. To fill the k-space we need to encode spatial frequencies in the remaining dimension, i.e. to encode several lines. We use a third gradient, G Phase , called phase-encoding gradient, and orthogonal to both G Slice and G Read . It is applied between excitation and readout, and it induces a variation of phase along its direction, that will hold during the acquisition of signal (readout) described above.

To acquire a full d k-space, it is necessary to repeat the G Phase → G Read pattern as many times as there are lines in k-space, changing the intensity of G Phase every time, so as to . . Formation of an Image explore all needed spatial frequencies in its direction. The relationship between a gradient G -over any combination of axes -applied for a certain duration t and the corresponding encoded spatial frequency k (in m -1 ) is:

k(t) = γ t 0 G(u) du ( . )
At the end of the d imaging process described above, we have encoded Fourier data for one slice, and we are able to reconstruct the corresponding image. In d imaging, one can repeat the process described above several times, selecting different slices, to acquire a three-dimensional field of view (FOV).

However, resolution is limited in the third dimension (slice thickness), because of three main factors. Firstly, selecting a thinner slice requires higher intensity gradients, which eventually run into hardware limitations. Secondly, it requires increasingly sharp excitation profiles to avoid overlap between adjacent slices (at a lower slice resolution, we usually leave a gap between slices to prevent this overlap). Doing so requires a sinc pulse with more zero-crossings, i.e. a longer pulse, which can be undesirable depending on the imaging sequence (see section . ). Last but not least, when a slice is excited, the acquired signal comes from all isochromats in it: from a thinner slice comes lower signal, and a loss in imaging quality.

3D Imaging

All these factors make high isotropic resolutions hard -even impossible -to achieve with d MRI. Fortunately it is possible to excite the whole FOV at once and perform d imaging. The principle is to acquire a three-dimensional k-space, corresponding to the volume. To do so we apply the same steps as described earlier, and we add a second phaseencoding gradient, G Part , along what used to be the slice direction, so as to induce phase variation along that direction. It is called the partition-encoding gradient (as the 'slices' One last thing to consider: the pulses used for d MRI are either selective pulses with a thick excitation profile or non-selective pulses. Non-selective pulses can be used for d imaging provided aliasing is avoided in the partition direction (FOV larger than the object in that direction, or minimal selection of reception elements from a receive array). These two options are called slab-selective and non-selective d imaging, respectively. The latter is the one mostly used in this thesis.

. Pulse Sequences

We have seen how to acquire a volume, either slice by slice or all at once, by repeating an 'excitation -phase encoding -frequency encoding' pattern many times, with signal reception taking place during frequency encoding. This is the basic kernel of what is called an MRI sequence. Today, a multitude of sequences exist, that can incorporate additional gradient or RF elements to manipulate magnetisation, as explained in this section.

One interest of MRI among other imaging modalities is its ability to discriminate tissues based on their respective T 1 or/and T 2 values [Stanisz ] (section . . ). A pulse sequence is generally characterised by its echo time (TE) and repetition time (TR). TE corresponds to the time elapsed between spin excitation and signal acquisition. TR is the delay between two applications of the sequence kernel; for basic sequences it corresponds to the time separating the acquisition of two consecutive k-space lines.

Adjusting TR and TE enables the possibility to create different contrasts, orweightings.

Usually, with a FA high enough:

• A short TR and a short TE give a T -weighted (T w) image.

• A long TR and a long TE give a T * 2 -weighted image, or possibly T -weighted (T w) as explained in section . . .

• A long TR and a short TE give an image not much influenced by either T 1 or T 2 , that reflects mostly proton density (PD-weighting).

For instance at 1.5 T, water (T 1 ≈ 4000 ms, T 2 ≈ 2000 ms) exhibits strong hyposignal in T w images and strong hypersignal in T w ones. Liver tissue (T 1 ≈ 500 ms, T 2 ≈ 40 ms [Bottomley ]), on the other hand, has both a low T 1 and a low T 2 , so it shows T -hyperintensity (T H) and T -hypointensity (T h). Fat (T 1 ≈ 250 ms, T 2 ≈ 70 ms) contrasts with liver in both weightings, as it is slightly more T 1 -hyperintense and produces more T w signal.

The aim of this section is to describe the two sequences that will be used in the second part of this work.After an introduction to the gradient-recalled echo (GRE) family, section . . focuses on the fast low angle shot (FLASH) sequence. Section . . presents the spin-echo (SE) family, then describes the SPACE sequence. This basic GRE sequence assumes that TR is long enough compared to T 1 , so that magnetisation can be considered fully longitudinal before the next RF pulse is applied at each repetition: no previously RF-induced transverse magnetisation remains. In such a situation, acquisition occurs during the FID that immediately follows the excitation:

. . FLASH: a Gradient

available signal decays at a T * 2 rate (section . . ). Figure . shows how the echo is generated during an FID by gradient reversal and depends on T * 2 .

Steady-State Magnetisation

If TR is too short, magnetisation does not have enough time to recover to its equilibrium longitudinal state from one repetition to the other. A steady-state is formed after a few TRs, in which longitudinal magnetisation M SS available at the beginning of a repetition is smaller than M 0 : it is said to be partially saturated (totally saturated if M SS is zero).

In addition to this saturation effect, if TR is short relatively to T * 2 , some previously tipped magnetisation may remain in the transverse plane at the end of the repetition, and will be affected by the following pulse. If nothing is done, in some configurations, this magnetisation can be unwillingly rephased during a subsequent TR: uncontrolled bands of varying signal may appear, that substantially degrade the image [Frahm ]. Two main approaches to fast (short TR) GRE imaging coexist to handle this issue [Elster ]: T 1 , which is too idealistic; in practice, spoiling is used (fig. . ). Notice the slice-selection gradient along with a sinc pulse in (a), and the rect pulse without accompanying gradient in (b). For D imaging, a second phase-encoding gradient (G Part ) is needed. Greyedout gradient lobes of a given shade are of identical area (moment). The negative grey G Slice lobe in (a) is a rephasing gradient, to ensure that phase dispersion introduced by the sliceselection gradient is corrected, thus avoiding signal loss due to intra-voxel dephasing.

Figure . : Gradient echo formation: received RF signal (top) and encoding gradient shape (bottom). Left-hand side: after a pulse and without application of a gradient, a FID signal is obtained with no spatial information. Right-hand side: dephasing spins with a spatially linear gradient and rephasing them with a gradient of opposite polarity destroys the signal in a controlled way and restores it at a specific echo time (TE); the resulting echo is spatially encoded. Note that this spin manipulation does not compensate for T * 2 decay.

FLASH Sequence

The FLASH sequence is at the core of several studies in this manuscript (chapters and )

and is therefore described in more detail in its Siemens implementation. 

   ϕ 0 = ϕ inc ϕ n = ϕ n-1 + n ϕ inc , n ≥ 1 ( . )
where n represents the repetition index, and ϕ inc is the RF phase increment, selected to be 50°in Siemens product sequences.

Assuming perfect spoiling and that steady-state is reached, the signal obtained by a FLASH sequence for given parameters α, TE, TR and for given T 1 and T * 2 , is [Ernst ]:

S flash = k PD sin α 1 -E 1 1 -E 1 cos α E * 2 with E 1 = exp - TR T 1 and E * 2 = exp - TE T * 2 ( . )
where k is a constant and PD is the proton density. From this equation, it appears that for any T 1 and TR pair, the signal is maximised for α = α E , called the Ernst angle:

α E = arccos (E 1 ) ( . )
Intuitively, a small FA will tip some magnetisation into the transverse plane, but will only slightly affect the longitudinal component: less saturation occurs, which means TR can be short (only a few milliseconds). Still, the signal at Ernst angle for a short TR is lower than at Ernst angle for a longer TR. The highest signal one can obtain with a FLASH sequence is with a 90°FA, at the expense of a very long TR (theoretically infinite), and would be:

S flash,max = k PD E * 2 ( . )
From what we have seen, it appears that the FLASH sequence offers the possibility to perform fast acquisitions with controlled contrast thanks to the leverage offered by the FA. A short repetition time is often appreciated in MRI, especially in d imaging where it is not possible to interleave the acquisition of subsequent slices; a long TR is therefore synonymous with unavoidable dead time and inefficient sequence. Different contrasts can be obtained: proton-density-weighted (PDw), T w or T w. T 1 weighting will be useful throughout this thesis for contrast-agent-injected imaging (section . and chapters and ). However, GRE-based sequences cannot achieve pure T 2 weighting. This is why spin-echo-based sequences, described below, are very common in MRI.

. . Fast Spin-Echo Sequences

Conventional Spin Echo

The x axis, the spins dephase gradually, due to field inhomogeneities and spatially-encoding gradients. Then, applying a 180°refocusing pulse along the y axis at time TE/2 reverts the phase evolution. Spin phases keep evolving as before, but the faster-dephasing ones are now behind the slower ones, such that after another TE/2, all spins are in-phase again.

This produces an echo at a time TE after the initial RF pulse. Since all dephasing spins were affected (not only the ones we dephased with the encoding gradients), dephasings induced by B 0 offsets (due to magnetic susceptibility disparities and small magnet defects) are also cancelled, which means that the echo amplitude is affected by T 2 decay, not T * 2 . This decay depends only on tissue properties, and is slower than T * 2 : longer echo times are achievable, and therefore T w imaging. It is also possible to acquire multiple echoes for the same k-space line, in order to obtain several contrasts simultaneously [Feinberg ].

SE signal for a given TE and TR is given by:

S se = k PD (1 -E 1 ) E 2 , with E 2 = exp - TE T 2 ( . )
One can notice, in fig.

. , the additional gradient lobes (in dark grey) on G Slice around the slice-selection gradient, applied along with the refocusing pulse. Those are called a 'crusher pair' [Bernstein ]. Their role is to get rid of any FID following the refocusing pulse, that may arise in case of an imperfect 180°due to field inhomogeneity. One could also deliberately use a FA lower than 180°to reduce the energy (SAR) deposited in the patient (cf. chapter ).

One issue with T 2 imaging, however, is the need for a long TR to remove the influence of E 1 in eq. ( .). This implies a long dead time after each line acquisition, during which the system waits for longitudinal recovery before repeating the kernel for another k-space line. In d imaging, one way to profit from this dead time is to perform an 'interleaved' acquisition: after acquiring a line within one slice, and while waiting for magnetisation recovery in this slice, we can excite a different slice (in which magnetisation is still pristine) and acquire the equivalent line in it. We can repeat this process with as many slices as This is particularly true in non-selective d imaging: in case of multi-slab imaging, with slab-selective excitation, one can interleave the different slabs. This is very limited however, as only a few slabs are generally used (two or three). . With such parameters, acquiring all slices in a row would take about 2500 ms, which would largely fit in one TR. However, there remains an equally long dead-time before the end of the TR: half of the sequence is wasted.

Another limitation is that interleaving cannot be applied to d imaging, as in this case the whole imaging volume is excited and refocused for each line and partition. This is why conventional SE imaging, though possible in d, is only used for d imaging in practice.

Fast Spin-Echo

Given the number of phase lines involved, one could wish to acquire several refocused lines in sequence after an excitation. A different approach to reduce the dead time inherent the conventional SE, a 90°excitation pulse is played, followed by a 180°refocusing pulse after a time ∆TE/2. Gradients G Phase and G Read encode locations in phase and frequency to acquire a k-space line during a spin-echo whose peak occurs at a time ∆TE after the initial 90°pulse. Then the refocusing pulse is repeated at regular ∆TE intervals, and successive echoes are acquired. A different phase-encoding gradient is used each time, so that several or all k-space lines corresponding to the selected slice are encoded.

The original RARE sequence, in which all lines are acquired during a refocusing train, suffers from the fact that for a large number of phase-encoding steps, there is a significant difference in signal intensity between the lines acquired at the beginning and at the end of the echo train, due to T 2 decay. As a rule of thumb, one can consider that the contrast of the image is defined by the lines at the centre of the k-space (low spatial frequencies), while the border of the k-space (high frequencies) corresponds to image sharpness. T 2 contrast of a FSE sequence is therefore characterised by a so-called 'effective TE' (TE eff ), the time at which the central line is encoded. Echoes acquired towards the end of the echo train generally correspond to high-order phase encoding steps. Because of T 2 decay, image blurring is observed [Sze ]. Indeed, signal is getting weaker along the echo train, which weights spatial frequencies with a decreasing exponential function. In image space, this translates into a bell-shaped point spread function, which means a point in the object appears with a Gaussian blur in the image. ∆TE is called echo spacing, and is chosen as short a possible to condense the echo train, so that the difference in T 2 weighting between early and late echoes is not too important. Echo spacing is however limited by gradient performance, RF pulse length and energy constraints. Achievable ∆TEs are around 3 ms for selective refocusing. Acquiring 350 lines as described above would take 1 s, which is for instance ten times as long as the T 2 of grey matter (cf. table . on page ). Because of its extreme T 2 weighting, this sequence is well suited for highlighting cerebrospinal fluid (liquid, T 2 ≈ 2000 ms), but not for visualising more subtle T 2 contrast.

In order to overcome those limitations, most modern implementation of the FSE sequence do not encode a whole slice in one train, but rather distribute it across several TRs.

The 'useable' time for echo acquisition being about 100 ms after excitation [Li ], it is possible to acquire some 30 phase steps at a time. The number of echoes acquired in one TR is called the echo train length (ETL). Of course, interleaving can be applied to make use of the remaining dead time. But once again, this is only possible in d imaging. Taking advantage of the isotropic resolution offered by d MRI requires to find a way to stretch the useable time, in order to lengthen the ETL. This is what the SPACE (sampling perfection with application-optimised contrasts using different flip angle evolutions) sequence does.

Before moving to the next section, it is important to notice that it is possible to obtain such a train of echoes even with imperfect 180°RF pulses, by respecting a set of conditions, known as CPMG [Carr , Meiboom ]:

. The refocusing pulses must be 90°out of phase with respect to the excitation pulse (as pictured by the indices x and y on fig. . ), and evenly positioned with equal spacing between any two consecutive pulses; this spacing must be twice the one between the excitation pulse and the first refocusing pulse.

. The phase accumulated by a spin isochromat between any two consecutive refocusing pulses must be equal. This means that any introduced B 0 gradient must be compensated before the end of the kernel.

. If a pulse has a non-uniform yet smooth phase distribution across the sample, then all other pulses must share the same phase pattern to fulfil both previous conditions everywhere.

Indeed, due to field inhomogeneity or pulse imperfections, the 180°target is not necessarily achieved. In addition, the flip angle of refocusing pulses can be purposely reduced in order to limit energy deposition in the patient (e.g. 150°FAs are often used).

SPACE: a 3D Variable Flip Angle FSE

The idea behind d FSE sequences is to maintain a useable signal for as long as possible by making use of stimulated echoes in addition to the spin echoes described above, thanks to non-180°refocusing pulses. Here we will consider that the CPMG conditions described above are respected.

Let us have a look at the effect of a pulse on magnetisation of any initial orientation. To follow the evolution of magnetisation, we introduce some notations. An index 0 denotes a longitudinal component (M z in eq. ( .)), which regrows towards M 0 during free precession (i.e. when no RF pulse is applied). The index 1 denotes a transverse magnetisation component (M ⊥ from eq. ( . )), which dephases under the influence of field inhomogeneity or/and encoding gradients. In addition, the index -1 corresponds to a transverse magnetisation component that rephases during free precession (M * ⊥ , the symbol ' * ' denoting complex conjugation). The history of the evolution of various magnetisation components is remembered as a series of indices. The action of a pulse on some initial magnetisation M , described by Woessner et al. [Woessner ] and Kaiser et al. [Kaiser ], is to split it into the three components described above. The weight of each component depends on the pulse's flip angle α:

• a fraction cos 2 (α/2) of M remains unchanged, e.g. if M is initially longitudinal (M 0 with the introduced notations), this fraction corresponds to the amount of longitudinal magnetisation after the pulse:

M 0 → M 0,0 • a fraction sin 2 (α/2) of M is inverted, e.g. if M is initially transversal (M 1 or M -1 ),
this corresponds to the amount of magnetisation that sees its phase inverted: if it was dephasing, it is now rephasing (M 1 → M 1,-1 )

• a fraction sin α of M is tipped orthogonally to its initial orientation: if M was initially longitudinal (M 0 ), it is now partly tipped into the transverse plane, rephasing and dephasing in equal parts (M 0 → M 0,1 and M 0 → M 0,-1 ); if M was already in the transverse plane (M 1 or M -1 ), it partly becomes longitudinal (M 1 → M 0 or or imperfect 180°(a), and the gradient spoiler (grey) to ensure that magnetisation is fully longitudinal before every 90°pulse.

M -1 → M 0 ).
we respect the CPMG conditions, especially the first one. As a first simple example, using a perfect 180°pulse allows to simplify this decomposition: the first and last fractions boil down to 0, and only the second component remains:

sin 2 (180°/2) = 1. This confirms the purely refocusing property of a 180°pulse: all M 1 becomes M 1,-1 and vice-versa.

The simple spin-echo process introduced in the beginning of this section can be described as follows. Initial magnetisation is fully along M 0 so when a 90°pulse is applied, all magnetisation is tipped into the transverse plane (the two first components cancel out, only the 'sin α' term remains): M 0 → M 1 . Then a 180°refocusing pulse is applied at time TE/2 after excitation, that will generate M 1,0 , M 1,1 and M 1,-1 . The last one will produce a spin-echo at time TE, as dephasing occuring along the first half of the pathway has been rephased during the second half and is homogeneous again.

The 'sin α' fraction of the decomposition (M 1,0 in the example above) is particularly interesting, as it shows that dephasing or rephasing magnetisation can be 'stored' in a longitudinal state, to be later 'recalled' by a subsequent pulse to form what is called a 'stimulated echo'. For instance, the following pathways produce echoes at time t = 2TE and t = 3TE respectively: M 1,0,-1 and M 1,0,0,-1 . Interestingly enough, several pathways can produce echoes at the same time. For instance, M 1,-1,-1,1 and M 1,1,-1,-1 also refocus at t = 3TE. This suggests that a high signal can be maintained for a long time, despite T 2 decay, by determining a succession of non-180°refocusing pulses to create controlled combinations of different spin-and stimulated-echoes.

As more pulses are applied, the number of possible pathways increases exponentially: along with a comparison between d and d acquisitions.

SPACE will be the sequence used in chapter for T 2 imaging, in conjunction with a 'SPAIR' module for fat suppression. Questions related to fat and the suppression of its signal are the subject of the next section.

We now start keeping track of the indices only after the first refocusing pulse, when spacing between pulses starts being even: the initial '0' index does not appear in the notation. .

Fat Suppression

Since the beginning of this chapter, we have considered the imaging of 1 H nuclei belonging to a single chemical compound. However, depending on their surrounding chemical structure, i.e. the molecules they are part of, those nuclei behave differently. In the body, 1 H NMR signal mostly arises from two compounds: free water molecules and lipids.

For most tissues, signal from either water or fat generally prevails. For instance, muscle or brain tissues are mostly water-based, while visceral and sub-cutaneous regions are dominated by fat. In some tissues however, water and fat are both present and mixed. This is the case, for instance, for bone marrow, liver with steatosis (see section . . ) or breasts where glandular and fat tissues are sometimes finely intertwined (see section . . ).

Since we will later focus on the two latter regions, it is important to briefly review the effect of a mix of water and fat in tissues, as well as some techniques that allow to differentiate them.

. . Cohabitation of Fat and Water Tissues

Relaxation Properties

Relaxation times T 1 and T 2 of tissues depend on the mobility of the molecules that compose them, and on the efficiency of energy exchange between those molecules and their environment [Bottomley ]. As a consequence, one can expect a difference in relaxation times between large, bulky macromolecules that constitute fat, and small, nimble molecules such as free water.

The T 1 of fat tends to be shorter than that of water-based tissues, which leads to a hyper-signal in T w imaging. As we will see later on, in section . and chapters and , this can be a problem in sequences that rely on contrast agent injection. In those T w sequences, a gadolinium-based agent is injected, that decreases the apparent T 1 of tissues (cf. section . . ). The obtained value is very close to the T 1 of fat: fat signal is barely discernible from that of injected tissue and should be removed. When comparing images before and after injection, a straightforward way to remove fat hypersignal is to subtract images. Accuracy of this method is however heavily challenged in case of patient motion, and cannot be applied in the abdomen, for instance, due to breathing.

T 2 of fat is longer than that of most water-based tissues, which leads to a higher signal for fat in T w images. For instance, in breast imaging (section . . and chapter ) this high signal emanating from fat can hinder the analysis of glandular (water-based) tissues.

Fat suppression is indicated in those cases.

The difference in relaxation time between fat and water gave rise to a popular fat suppression technique described in section . . : STIR.

Chemical Shift

The electronic environment of hydrogen protons depends on the chemical structures they belong to, and induces local magnetic field variations. This means that the resonance frequency of a spin depends on its chemical environment. This phenomenon is referred to as chemical shift, and measured in parts per million (ppm) from a reference . For instance, the chemical shift is 4.7 ppm for water, and is 1.3 ppm for the dominant component of fat. Considering the difference in chemical shift between water and the main component of fat is about 3.5 ppm and that the RF central frequency is tuned to resonate with water, this corresponds to a difference in precession of about 440 Hz at 3 T, with fat precessing slower than water. This difference in frequency corresponds to a period of about 2.3 ms.

What follows from this is that during free precession, water and fat components in a voxel will be in phase (IP) every t IP,n = n 2.3 ms, n being a positive integer, and fully out of The chemical shift, as we will see in section . . can be a source of artefacts that can sometimes justify the need for fat suppression. But it is also an interesting property used by spectral fat suppression techniques introduced below, such as CHESS, water excitation and Dixon.

. . Fat Suppression Techniques

Fat Saturation

One approach to suppressing fat signal based on its chemical shift, is widely known as 'fat saturation', or by its original acronym: chemical-shift-selective fat suppression

By convention, the 0 ppm reference is the 1 H resonance of tetramethylsilane (TMS) [Harris ]. (CHESS) [Haase ]. The principle is to selectively excite a band of frequencies corresponding to fat with a frequency-selective 90°pulse, followed by a spoiler gradient similar to the one described in section . . and fig.

. , that dephases the induced fat transverse magnetisation so that all phase values are present in each voxel, thus cancelling it. This is depicted in fig.

. a. After that fat suppression module, the usual sequence kernel is played normally, but impacts only water isochromats, at they are the only ones with non-zero net magnetisation. Usually, a Gaussian-shaped pulse is used, with a central frequency shifted by -440 Hz (at 3 T) from f 0 , and with a bandwidth narrow enough to avoid impacting water, but wide enough to select a sufficient range of fat resonating frequencies (to account for B 0 inhomogeneity).

One advantage of fat saturation is that it has no impact on water-based tissue contrast.

Drawbacks include sensitivity to B 0 (cf. fig. . a) and B + 1 inhomogeneity, more pregnant at high field (section . . ) that can reduce the effectiveness of the fat-selective module. Also, significant time is added to the sequence in order to play the RF pulse and the spoiler gradient (about 10 ms per repetition). A consequence is that very small TR values cannot be achieved, which is a problem for T w FLASH imaging, and that TA is necessarily longer, preventing breath-hold explorations.

To alleviate the impact of CHESS on TR and TA, the 'quick fat-sat' method [Le ] was introduced. It consists in playing the fat-suppression module not on every TR, but only once or twice per imaged slice (in d) or partition (in d). It now has minimal effect on TA, no effect on TR (except in that it disturbs the steady-state), but at the expense of fat suppression quality. This is the fat suppression method used in conjunction with 

Water Excitation

Water excitation [Levitt , Hauger ] is another technique based on the chemical shift between fat and water. In particular, it exploits the dephasing that occurs between the two compounds after excitation, as water protons precess slightly faster than fat ones.

The idea, described in fig. . b, is to excite both water and fat with a pulse producing half the desired flip angle (e.g. 45°instead of 90°), then to wait for water and fat to be completely out of phase (about 1.15 ms at 3 T) before applying the same half-FA pulse.

Water isochromats are tipped to the desired angle, while the second pulse cancels the effect of the first one for the dephased fat spins.

Several comments can be made. Firstly, any pulse can be used to achieve this effect:

either selective or non-selective. In the former case, water excitation can be described as a 'spatial-spectral' selection technique. Secondly, the suppression (or rather the nonexcitation) of fat is very resilient to B + 1 field inhomogeneity. Indeed, even if the target FA is not reached, the effect on fat is the same as long as the second pulse is the same as the first one. Lastly, water excitation is however by nature very sensitive to static field inhomogeneities, which affect locally the precession frequency of spins. The spectral selectivity can be improved by using more advanced series of pulses. Any binomial combination ( -, --, ---, . . . ) can be used. Here we have described the -pulse, but one could achieve 90°with 22.5°-45°-22.5°excitation. The longer the combination, the better the fat suppression. In practice, mostly -and --pulses are used, to avoid lengthening TR too much.

Dixon

The Dixon method [Dixon ] 

   S IP = S w + S f S OP = S w -S f ( . )
Calculating water and phase signals from IP and OP images is straightforward: This is valid as long as the static field is considered perfectly homogeneous. In general, an extra dephasing term is added to eq. ( . ), and the absolute value of the sum or difference of S IP and S OP must be taken in eq. ( . ). This means that this simple reconstruction fails when B 0 is too inhomogeneous (field inhomogeneity is discussed in section . ). Several methods have been proposed to solve this issue, among which the three-point Dixon [Glover , Reeder ] that adds a third (in-phase) echo. This can be a problem when TR is desired as short as possible, e.g. in T w FLASH imaging.

       S w = S IP + S OP 2 S f = S IP -S OP 2 ( . )
Another way is to determine and remove the extra phase term using a region-growing algorithm [Ma ]. Starting from a seed voxel, the phase evolution is progressively analysed, so that 2π shifts corresponding to phase wrapping can be unwrapped.

In its modern implementation, the Dixon acquisition and reconstruction method has many advantages: it is insensitive to both B 0 and B + 1 field inhomogeneities, and it provides more information than fat suppression techniques as a total of four images is provided.

One slight drawback is that it lengthens the minimal TR achievable in T 1 sequences since at least two echoes are needed. Note that a single-point Dixon reconstruction has also been investigated, based solely on region-growing phase unwrapping [Ma ]. A relaxation period ensues, during which fat recovers towards equilibrium more quickly than water, due to its shorter T 1 . After a waiting time, called inversion time (TI), fat magnetisation is zero, while that of water still points towards -z. At that instant, before fat recovers further towards +z, the imaging sequence can start. When the excitation pulse is played, only water isochromats are tipped towards the transverse plane, so fat cannot produce any signal.

To suppress signal for fat, an inversion time TI = T 1,fat × ln 2 is chosen. This comes from eq. ( . ), when considering that TR T 1,fat . Since it does not rely on chemical shift, fat suppression using STIR is robust to local B 0 inhomogeneity. However, it involves an intricate relationship between TR and TI. Indeed, if the signal is recorded by a spin-echo sequence (for instance), the SE signal equation from eq. ( . ) becomes:

S stir = k PD (1 -2 exp - TI T 1 + exp - TR T 1 ) E 2 ( . )
Magnetisation of other tissues is affected, as shown in fig.

. a, which has an impact on signal, but also on contrast between water-based tissues: those with a shorter T 1 regrow faster after the inversion pulse, which means they produce a lower signal. A 'reversed'

T 1 contrast adds to the desired T 2 weighting, and must be handled with care. One final limitation is that STIR cannot be used in sequences following contrast agent injection:

STIR suppresses all tissues with a T 1 close to that of fat, which includes gadoliniuminjected tissues.

Spectral presaturation with inversion recovery (SPIR) [Kaldoudi ] is a hybrid fat suppression method similar to STIR, but which affects only fat tissues, and thus respects 'traditional' contrasts. In SPIR (fig. . b), the preparation 180°pulse is spectrally selective, and adjusted to the frequency of fat. Because of its frequency-specific pulse, this method is sensitive to both B 0 and B + 1 inhomogeneity. A further improvement is spectral adiabatic inversion recovery (SPAIR). It is almost identical to SPIR, but uses an adiabatic inversion pulse [Bernstein ] for preparation. Such a pulse is fairly insensitive to B + 1 inhomogeneity (cf. chapter ), thus ensuring homogeneous suppression of fat. Figure .   shows a comparison between SPAIR and CHESS in a region affected by B + 1 inhomogeneity. It can however fail, like SPIR and CHESS, when B 0 is strongly inhomogeneous.

. Some Targeted Clinical Applications

In this section we make a short description of two regions in which B artefacts are commonly observed (cf. chapter ), and that will be at the core of the part II of this thesis:

the breasts and the liver. 

. . Breast MRI

Basic Breast Anatomy

Breasts are mostly constituted of adipose and glandular tissues, as pictured in fig. . .

The female adult breast normally contains about 15 irregular secretory glands producing milk, that converge at the nipple via lactiferous ducts. The ratio between fat and glandular tissue varies widely between women and depends on whether the individual is lactating or not.

The lymphatic system (in green on fig. . ) is of great importance in breast imaging.

Indeed, breast cancer is common in the mammary gland, and cancerous cells can metastasise to other parts of the body through the lymphatic system. Most of the lymph from the breast travels through the axillary lymph nodes on the same side of the body (the rest goes through the parasternal nodes, or to the other breast). This means that before reaching distant regions, metastases can be found in those nodes: it is therefore crucial to examine them during a breast MRI investigation.

Breast Imaging Challenges

Fat Suppression Breast pathologies occur within water-based tissues. However, the surrounding fatty tissues produce strong signal intensity, with a potentially harmful im-

The lymphatic system is a subsystem of the circulatory system, consisting of a complex network of vessels, tissues and organs. It transports lymph, that helps maintain fluid balance in the body and helps defend the body against infection by providing lymphocytes. Source: Encyclopaedia Britannica.

pact, on T w or T w images, which are both at the core of the MR diagnosis of breast cancer. Indeed, breast tumours are characterised both by their relative higher T 2 signal and increased angiogenesis, and hence demonstrate increased signal following gadolinium chelates injection on T w injected sequences (see below, 'Breast MRI Indications & Protocol'). In some cases, fat signal must be suppressed, following methods described in section . . . Fat suppression, which is mandatory both in T w and T w with injection, can be challenging due to potentially large B 0 discrepancies (proximity of the lungs, large field of view). In addition, we will see later (part II) that for k T -points pulse design, fat voxels can be discarded. This necessitates to create a mask corresponding to water voxels, which is quite difficult in the breast given that secretory glands can be small and are surrounded with fat. Those aspects will be studied in appendix A.

Large FOV As mentioned earlier, it is important to image lymph nodes around the breasts, which means that the FOV is large in the rostrocaudal (head to feet) direction: it should extend up to the axillary nodes (cf. fig.

. ).

Motion Breathing is in general not an issue for breast imaging, as the patient is placed in prone position, on a dedicated breast coil (fig. . a): breathing-related motion concerns only the back, and breasts do not move. Still, great care should be taken regarding motion artefacts induced by elements within the FOV: the back, lungs and most importantly the beating heart. Indeed, a moving part in the FOV propagates along the phase-encoding direction (as well as the partition-encoding direction in d MRI). In breast imaging, the acquisitions -whether in d or in d -are axial. Usually, in MRI, the phase-encoding direction is chosen to be the smallest dimension of the object, to minimise the number of required encoding steps, and therefore the acquisition time (usually in body imaging the anterior-posterior dimension is smaller than the left-right one). Following this principle in breast imaging would propagate motion artefacts towards the breasts. Therefore, the left-right direction is chosen instead for phase-encoding, and the anterior-posterior one for frequency-encoding. This explains the 'square' FOV of breast MRI images. This consideration, combined with extension of the FOV to reach axillary nodes, and to the relatively fine resolution needed to image small structures makes breast acquisitions rather long.

Implants Finally, one specificity of breast imaging is the possible presence of breast prosthetics, either water-or silicone-based. In the latter case, it is important to know that the chemical shift between the protons in free water and those in silicone gel is about 4.7 ppm [Birkefeld ]. At 3 T, this corresponds to a -600 Hz precession frequency offset.

Breast MRI Indications & Protocol

Breast MRI is increasingly used in clinical practice fro breast cancer detection, staging and follow-up either alone or in combination with ultrasound imaging and mammography. It is however indicated in several cases, especially when other techniques fail. Hence, it is now widely accepted that breast MRI is the reference imaging modality for breast cancer screening in patient with genetically demonstrated high risk for breast cancer; in addition, breast MRI is indicated for the precise staging of a primary breast cancer, especially before neoadjuvant chemotherapy and follow-up. Last, breast MRI can be indicated when ultrasound imaging and mammography remain undiagnostic. More recently, breast MRI has been increasingly used to follow patients with silicon implants [Luciani ]. A typical protocol includes:

. A T w sequence, either GRE or TSE with a resolution as fine as possible to characterise lesion morphology.

. A T w sequence either TSE ( d) or SPACE ( d), important to differentiate benign lesions (cysts, ganglions or fibroadenomas), and most importantly those that show enhancement in injected sequences (see last point), such as intra-mammary or axillary ganglions or some fibroadenomas. Indeed, malignant lesions tend to produce moderate T -hyperintensity, while most benign lesions show strong T 2 signal.

. If silicone is present, specific sequences with silicone suppression and water suppression (using CHESS, with adapted frequencies).

. The most important part of the protocol: dynamic contrast-enhanced (DCE) MRI with injection of gadolinium-based contrast agent. A T w FLASH sequence is acquired, then contrast agent is injected and the sequence is repeated five to seven times in order to characterise lesions via the temporal evolution of their perfusion. As mentioned before (section . . ), fat suppression must be performed, as gadolinium-perfused tissues mimic the T 1 contrast of fat. A compromise has to be found between spatial and temporal resolution, so that fine details can be observed, while keeping the time between two consecutive acquisitions around 1 min.

. . Liver MRI

Basic Liver Anatomy

The liver is the largest organ in the human body. It is located within the peritoneal cavity, on the right, and surrounded by several other organs, as pictured in figs. . for instance they can be removed independently in case of hepatic surgery. Radiologists often refer to segments to locate lesions within the liver. Blood leaves the liver through hepatic veins, which lead to the inferior veina cava (figs. . and . ).

The fact that one of the afferent systems of the liver is venous is rather peculiar, but is explained by the role of the liver in the body. Blood from the portal vein is loaded with digestion-related substances, which are transformed in the liver and released in the body through the hepatic veins. The liver has many functions, including metabolising carbohydrates and lipids, synthesising proteins present in the blood, secreting bile (bile ducts in green on figs. . a and . ) or detoxifying some substances (e.g. alcohol). However, ethanol and its by-product acetaldehyde (ethanal) are toxic for liver cells and can cause hepatic steatosis, leading to fibrosis, and cirrhosis.

Liver Imaging Challenges

Large FOV The field of view needed to cover the liver depends on the morphology of every patient, but is generally wide in all dimensions. For axial sequences, many slices or partitions must be acquired. The abdomen being wider in the left-right direction than in the anterior-posterior direction, the latter is chosen for phase encoding, thus reducing the number of phase lines needed to avoid aliasing. Still, the overall number of lines to acquire is large, and requires a compromise between resolution and acquisition time.

Breathing Motion

In addition, a lot of motion occurs in the abdomen due to breathing.

Two approaches coexist to deal with this problem:

• Free-breathing sequences that either use an abdominal belt or a navigator echo [Ehman ] measuring the motion of the diaphragm to synchronise the acquisition with breathing, and performing acquisition only during a short window within the breathing cycle. Note that this works best for d sequences, where it is possible to acquire full slices during that time window, thus limiting motion artefacts to some slices. In case of a d acquisition, any motion could affect the whole k-space, and deteriorate the quality of the whole volume.

• Breath-hold sequences that require the patient to keep still for to seconds while the acquisition is performed: this is the approach chosen for d T 1 sequences.

Reception Profile Finally, for abdominal imaging, a set of two surface array receive coils can be used, as shown in fig.

. b, to maximise the number of reception elements, and therefore the signal-to-noise-ratio and the imaging acceleration possibilities. One drawback is the inhomogeneous reception profile (B - 1 ) caused by the proximity of coil elements to the surface of the body: received signal is much stronger near the coils. This requires the use of profile correction techniques, either via post-processing, or more elegantly through a small calibration step which compares the reception profile of the whole-body built-in coil, supposedly homogeneous, and that of the coil arrays. This method, referred to as 'Prescan Normalize' is the one used in the abdominal MRI studies in this thesis. Note that it fails to completely remove the reception profile as the RF body coil does not really have a homogeneous B field profile in the human body at high field, be it in transmission (B + 1 ) or reception (B - 1 ). B inhomogeneity is focused on in chapter . MRI is now the gold standard imaging technique for benign liver lesion characterisationsuch as focal nodular hyperplasia (FNH) -as well as for hepatocellular carcinoma (HCC) detection in cirrhotic patients, and for metastatic liver disease staging. In addition, liver MRI is now routinely used for iron and fat quantification in daily practice.

Here are the different MRI sequences typically needed in a liver investigation, along with their clinical use [Luciani , Kierans ]:

. T 1 -weighted GRE with Dixon. IP or water images allow to compare T 1 contrast of lesions, while the OP or fat image reveals intra-cellular fat, which can indicate liver steatosis, and a HCC or an adenoma if found in a lesion.

. T 2 -weighted FSE with fat suppression. A FSE is advised because it is rather insensitive to magnetic susceptibility artefacts (cf. chapter ) which can occur when iron is present: this is the case in the liver, especially in a diseased one. T 2 weighting aims at identifying lesions of liquid nature, such as cysts (strong T H), but TE should be low enough to keep a moderate T 2 contrast in order to discern lesions with a lower T H.

. A T 2 HASTE (half-fourier acquisition single-shot turbo spin echo imaging) can be used in complement to the T 2 FSE, with a longer TE to identify cysts more clearly.

. A diffusion-weighted imaging (DWI) sequence, that uses extra gradients to identify regions with mobile protons, and those where movement is restricted. This sequence is important to detect metastatic lesions in the liver, as they are associated with restricted diffusion (like most malignant hepatic tumours) whereas diffusion is more free in benign lesions.

. A DCE series of sequences, at the core of chapters and , similar to that performed in the breast. However, here the acquisition must be short enough to fit in a breathhold (TA ≤ 20 s). It is the centremost part of the protocol, decisive to characterise certain lesions such as hepatocellular carcinomas [Goshima ], adenomas or focal nodular hyperplasias [Maniam ]. After the reference T w FLASH acquisition and the injection of gadolinium-based agent, the sequence is repeated at different times to isolate arterial, portal, veinous flows (about 10 s, 40 s and 70 s after injection, respectively), and once again after a two-minute pause to visualise the full vascularisation of the liver (late phase). 

H

igh field MRI, i.e. with a magnetic field of 3 T, is gaining popularity in clinical practice, for multiple reasons exposed in section . . Similarly, ultra-high field (UHF) systems -fields above 3 T, and especially above 7 T -are commonly used in research to push back the limits of human body exploration, and especially brain architecture and functionality. Unfortunately, we will see that increasing the static field does not only come with advantages. One of the challenges associated with high field MRI is called the B 1 artefact and is at the core of the works presented in this thesis. When this artefact occurs, it results in differences in brightness and contrast across the image. Many solutions have been investigated to counteract this effect; section . reviews them. But despite the many advances research brought into this area, B 1 artefact reduction in clinical routine is currently set back, as exposed in section . . Since the goal of this thesis is to investigate the implementation in clinical routine of one specific technique -the k T -points-section .

focuses on its description and on the different demonstrations that have been made in a research environment.

.

Benefits and Challenges of High Field Imaging . . Advantages

Signal-to-Noise Ratio Increase

Signal-to-noise ratio (SNR) is an important metric to assess the quality of an MRI acquisition, and in the end on image quality. In d imaging, the SNR in a voxel can be expressed as:

SNR ∝ M 0 B - 1 ∆x∆y∆z N Read N Phase N Part NEX BW S w ( . )
where M 0 is the equilibrium magnetisation, B - 1 is the coil reception profile, ∆x, ∆y and ∆z are the spatial dimensions of the voxels, BW is the readout bandwidth, N Read , N Phase and N Part are the number of readout samples, phase encoding steps and partition steps, respectively, and NEX is the number of averages (repetitions of the whole sequence). S w is a weighting factor including tissue-dependant parameters (T 1 , T 2 , proton density), the sequence used and its parameters (TR, TE and flip angle).

We can deduce from eq. ( . ) that a higher static field B 0 leads to a higher equilibrium magnetisation M 0 , and as a consequence to a higher SNR. This linear relation between B 0 and SNR [Collins ] holds well for a range of relatively low fields (around 1.5 T)

but becomes supralinear at UHF as predicted in [Ocali ] and recently validated experimentally, with SNR ∝ B 0 1.65 [Pohmann ] as pictured in fig.

. . The additional SNR obtained at high field can be profitable in several ways:

• Since SNR is also proportional to voxel dimensions, it makes it possible to obtain images of similar quality with a finer resolution.

• Thanks to parallel imaging methods -such as SENSE [Pruessmann ], GRAPPA [Sodickson ,Griswold ] or CAIPIRINHA [Breuer ] -making use of receive coils made of multiple elements at different spatial locations (coil arrays), it is possible to reduce either N Phase or N Part (or both) while avoiding aliasing. Thus, faster examinations are obtained at the expense of SNR, which can be compensated by the higher field. If we denote by SNR full the signal-to-noise ratio without acceleration (described by eq. ( .)), by R the time reduction factor, and by SNR PI the ratio when using parallel imaging, then [Wiesinger ]: 

SNR PI = SNR full g √ R ( . )

A Stronger Chemical Shift Leads to Easier Fat-Water Separation

As explained in section . . 'Chemical Shift', there exists a difference in resonant frequencies between water and fat molecules, generally taken as 3.5 ppm. The difference in resonant frequency between water and fat therefore depends on the magnetic field. For instance, at 1.5 T, Larmor frequency for 1 H is about 64 MHz, leading to a water-fat frequency difference ∆f ≈ -220 Hz (water is taken as the reference, so the '-' sign expresses that fat resonates at a slower frequency). At 3 T, the Larmor frequency is 128 MHz, so ∆f ≈ -440 Hz This larger frequency offset makes fat saturation (section . . ) easier at high field.

More generally, spectroscopy is eased as compounds resonating at different frequencies are more clearly separated one from another. Dixon imaging (section . . ) is eased at 3 T compared to 1.5 T, as the interval between out-of-phase and in-phase echoes is halved, making it possible to achieve a shorter TR. This advantage shows its limit at UHF: if this interval is too short, it requires short readout times to be able to acquire both echoes in the same TR, which implies a higher readout bandwidth -BW in eq. ( . ) -and tends to reduce the SNR.

More generally and beyond fat suppression considerations, an increased chemical shift at high field is a good feature for NMR spectroscopy, where it allows to distinguish compounds whose peaks would be too close to each other at lower field.

Magnetic Susceptibility Disparities Sometimes Deliver Enhanced Image Contrasts

Magnetic susceptibility measures the tendency of a material to become magnetised when placed in an external magnetic field B 0 : a field J, called polarisation, is created which can either augment (paramagnetism) or oppose (diamagnetism) the external field. Magnetic susceptibility is denoted as χ and describes the relationship between both fields:

χ = J B 0 ( . )
Its sign depends on the quality of the material (negative for diamagnetic materials, positive for paramagnetic ones). As a result, the observed magnetic field is locally affected by the presence of materials of different susceptibilities, and local static field inhomogeneities appear:

B observed = J + B 0 = (1 + χ)B 0 ( . ) ∆B 0 = χB 0 ( . )
Such inhomogeneity increases linearly with the magnet strength, which is generally not a good feature as we will discuss in section . . , 'Challenges'.

However, it presents an interest in sequences that rely on a measure or estimation of ∆B 0 . This is the case for blood-oxygenation-level dependent (BOLD) [Ogawa ] functional MRI (fMRI), a technique that measures brain activity based on a T * 2 -weighted (T * 2 w) acquisition. In section . . , we introduced a distinction between T 2 , unrecoverable tranverse relaxation characteristic of a tissue, and T * 2 (< T 2 ) that also accounts for B 0 inhomogeneity inducing additional transverse relaxation, recoverable for instance using a spin-echo pattern (section . . ). Estimating local field variations via T * 2 w imaging allows to monitor changes in the concentration of deoxyhaemoglobyn -a paramagnetic substance -in blood vessels in the brain, which is a marker for oxygen consumption, and therefore brain activity. Additionally, an increase in contrast-to-noise ratio (CNR) is observed in T * 2 w structural imaging [Ciobanu ]. T 1 Increase: Sharper TOF Angiography and Lower Gadolinium Doses

As the magnetic field (and with it also the Larmor frequency) increases, for most tissues T 2 is not affected much, but T 1 tends to increase, as shown in table . . This gives a clear advantage to high fields in time-of-flight (TOF) MR angiography.

TOF is a technique largely used in neuroimaging to isolate blood vessels without resorting to contrast agents. It relies on magnetic saturation of static tissues: as explained in section . . , repeated excitation of a volume drives down the steady-state magnetisation level within this volume. As a result, 'fresh' blood entering the volume without having been saturated contrasts strongly with static tissues, as its magnetisation before excitation is close to its equilibrium level [Saloner ]. The effect of saturation is more noticeable when T 1 is higher, as steady-state magnetisation is lower, which results in a sharper contrast.

A second positive consequence of having a longer T 1 is that it necessitates a smaller concentration of gadolinium in contrast-agent-based sequences, which is appreciable in terms of patient comfort and safety. This is particularly interesting considering the clinical applications focused on in this thesis. First let us consider how contrast agents interact with tissues to enhance T 1 contrast. Because gadolinium is paramagnetic, it decreases the observed T 1 [Tofts , ch. ] as it accumulates in a tissue :

1 T 1,t+Gd = 1 T 1,t + r 1 [C] ( . )
where T 1,t is the T 1 of tissue without gadolinium, T 1,t+Gd is the observed T 1 when gadolinium is present, [C] is the concentration of contrast agent and r 1 is the relaxivity of the contrast agent, characteristic of each product. Dependence of r 1 on field strength is indicated in table . for two common contrast agent products, that are used in the works presented hereby. A T w sequence is used for contrast-based imaging, as gadolinium decreases the observed T 1 , making injected tissues brighter than non-injected ones. Contrast enhancement in tissues is linked to the relative change in the observed T 1 , given by T2 is also affected, but at standard concentrations in tissues, T1 effects predominate.

Table . : T 1 -relaxivity in plasma at 37 • C at 1.5 T and 3 T for two commonly used gadoliniumbased contrast agents (adapted from [Rohrer ]).

Trade name Generic name

Short name r 1 (L mmol -1 s -1 ) 1.5 T 3 T DOTAREM ® Gadoterate meglumine Gd-DOTA 3.6 3.5 MULTIHANCE ® Gadobenate dimeglumine Gd-BOPTA 6.3 5.5 T 1,t r 1 [C]
. Now let us have a look at an example. When Gd-DOTA is used at 3 T, the injected dose is typically 0.1 mmol per patient kilogram. Considering a 100-kg patient and T 1,t = 812 ms (liver, table . ), the change in tissue relaxation rate is expected to be 28 %.

However, at 1.5 T, tissue T 1 is shorter (T 1,t = 576 ms in the liver), but r 1 hardly changes (table . ). An enhancement ratio similar to the one observed at 3 T would require a dose of about 0.14 mmol kg -1 , i.e. 40 % higher.

. . Challenges

Unfortunately, most aspects of an increased field strength introduced above also come with effects that can impair image quality. Those are summarised in this section, along with additional side-effects of high-field imaging. It has represented a challenge for the MRI community for decades, as the resolution of each one of these issues represents a field of research in itself, and is compulsory in order to benefit fully from stronger magnets.

T 1 Increase: Longer Acquisition or Lower Signal

Having longer T 1 values means that longitudinal magnetisation recovers more slowly. As a consequence, magnetisation saturation is more pronounced, and the available magnetisation is lower: if TR is kept identical, signal is brought down. This impairs the expected SNR gain, unless TR is increased, and with it the acquisition time.

Other inconveniences of a longer T 1 regard sequences including some sort of magnetisation preparation, which consists in waiting for a certain amount of time TI after playing a preparation pulse, before applying the actual imaging kernel to acquire a portion of kspace (be it a line or a larger portion). Examples are sequences such as MP-RAGE [Brant-Zawadzki ] or STIR (cf. section . . ) [Bydder ]. Since the inversion time depends on tissue T 1 -for instance T 1 of fat in STIR -the augmentation of T 1 imposes a lengthening of TI, and hence a longer acquisition time overall.

A Stronger Chemical Shift Produces More Displacement Artefacts

We have seen that more chemical shift can be beneficial for spectral fat suppression techniques. But chemical shift is also associated with a fat displacement artefact. As 1 H protons in fat precess at a frequency different from that of protons in water, signal from a fat compound and a water compound located in the same voxel are interpreted as emanating from different locations during readout. This induces a displacement of fat signals This effect can be circumvented either by suppressing fat signal beforehand when possible, or by increasing the receive bandwidth. Indeed, if the signal is sampled at a frequency of, say, 220 Hz/pixel, fat displacement will be of one pixel in the frequencyencoding direction at 1.5 T, and of two pixels at 3 T. Doubling receiver bandwidth will halve this displacement. However, this comes at a √ 2 cost in SNR (eq. ( .)).

Magnetic Susceptibility Disparities Spoil the Signal Near Tissue Boundaries

Differences in magnetic susceptibility create local variations in B 0 , inducing undesirable off-resonance effects and image distortion, as seen on fig.

. . This is somewhat alleviated with careful B 0 shimming at the beginning of the examination: after mapping the B 0 distribution in the FOV, direct current is applied to the gradient coils to counteract linear variations of B 0 , and to dedicated shim coils to correct for higher-order deviations.

This calibration is performed for all examinations, but it fails to correct very high field distortion, e.g. due to air in the sinuses, lungs or colon, let alone near metallic implants, dental hardware or bone screws. In addition, like any calibration, it relies on patient immobility along the exam as the field correction was calculated for a specific patient position. This is typically not the case, considering that even breathing can induce field alterations.

This artefact can occur at all field strengths, but is particularly abundant at high or ultrahigh fields. Mild susceptibility artefacts can however be eased using parallel imaging techniques [Yanasak ], in the case of echo-planar imaging [Stehling ] where whole k-space planes (slices) are acquired at once with a long readout, which amplifies distortions.

Parallel imaging allows to reduce the number of lines in those planes, hence the readout length. Nevertheless, susceptibility artefacts are generally somewhat worsened by parallel imaging, as important ghosting can be induced (fig. . ).

Finally, increased B 0 inhomogeneity provokes a shortened T * 2 , which in turns means a loss of signal, unless TE is reduced.

Energy Deposition: SAR

The energy deposited by the RF field may induce tissue heating, with potential consequences ranging from heatstroke to irreversible damage. For this reason, the International Electrotechnical Commission (IEC) has defined norms to limit the energy deposited in the body [IEC---].

In order to preserve biological tissues, maximal temperature elevation should be limited to 2 • C, and to 1 • C in the eyes. However, to date, it is not possible to measure temperature directly in real time during an MRI exam. An intermediate metric is therefore used instead, called specific absorption rate (SAR), much like in mobile-phone-related safety. It is a time average of the RF power density absorbed by tissues, defined in every location r in the body as:

SAR(r) = 1 T σ(r) 2ρ(r) T 0 E(r, t) 2 2 dt ( . )
where T is the time during which the power is averaged, σ is the tissue conductivity, ρ is the volumetric mass density and E is the electric field.

Maximal authorised SAR values were determined via ex vivo experimentations and numerical models to enforce aforementioned temperature elevation limits, on a whole body scale as well as at local tissue level. Those depend on several parameters, including the hardware used and the body region considered. In normal operating mode for body imaging, whole body SAR averaged over T = 6 min is limited to 2 W/kg. Those limitations will be discussed in more detail in section . . , 'SAR Control in Clinical Systems'.

Patient safety, and SAR constraints in particular, are relevant for all field intensities. However, several factors make them harder to tackle at 3 T and above. Firstly, SAR is quadratically related to the frequency of the RF field, i.e. to the Larmor frequency [Hoult , Collins ]. In other words: SAR ∝ B 0 2 . This means that SAR is more of a limiting factor and an active constraint at high and ultrahigh fields. Secondly, eq. ( .) establishes a relationship between SAR and electric field, but the latter is generally unknown. As mentioned before, there are two types of SAR constraints:

• global SAR, which can be estimated comparing measurements of forward and reflected power [Zhu ], taking into account the patient's weight

• maximum local SAR encountered -averaged over 10 g of contiguous tissues -which cannot.

At 1.5 T (and lower), at least when using a local transmit coil (such as a head coil) the electric field is quite homogeneous: the peak local SAR is closely related to the global SAR, and can be easily estimated. This is not possible at higher field, where the distribution of E is not longer homogeneous: SAR hotspots can occur, and advanced modelling of its behaviour needs to be performed. This aspect will be developed for a local transmit coil in section . . , and for a whole-body coil in clinical routine in section . . . In summary, at high and ultrahigh fields, energy deposition in the patient is a more pregnant issue, and is at the same time harder to estimate.

RF Field Inhomogeneity and B 1 Artefacts

We have now reached the point where we start addressing the high-field-related issue which is at the core of this thesis: the B 1 artefact.

To understand this artefact, we must look at the equation governing the wavelength λ for a RF wave matching the Larmor frequency f 0 , passing through a medium of relative permittivity (or dielectric constant) ε r and magnetic susceptibility χ:

λ = c f 0 ε r (1 + χ) ( . )
where c is the speed of light in a vacuum. Considering that human tissues generally show little susceptibility (|χ| 1) [Bernstein ], and keeping in mind eq. ( .), this equation simplifies to:

λ ≈ 2πc γ 1 √ ε r B 0 ∝ 1 √ ε r B 0 ( . )
It follows from eq. ( . ) that a high permittivity or a high magnetic field both tend to shorten the RF wavelength. The wavelength is large in a vacuum or air: λ ≈ 4.68 m at 1.5 T, λ ≈ 2.34 m at 3 T, and λ ≈ 1.00 m at 7 T. However, considering that the permittivity of water-based human tissues is quite high [Gabriel , Haacke ] (ranging from 10 to 100), the wavelength is shorter. For a representative value of ε r ≈ 80, this gives a wavelength of about 52 cm, 26 cm and 11 cm in tissue, respectively at 1.5 T, 3 T and 7 T.

When the wavelength comes close to or is shorter than the dimensions of the imaged organ, RF inhomogeneity artefacts can appear [Merkle , Bernstein ], resulting At 7 T and above, those effects are even more pronounced in the aforementioned regions.

In addition, the reduced wavelength is lower than the dimension of the head; this results in strong artefacts in the brain. As far as brain imaging is concerned, this is commonly called the 'central brightening artefact', as most signal loss is located in the periphery of the brain, as shown in fig.

. with a 7 T acquisition.

There is no absolute consensus as to the origin of that artefact, which may actually arise from several physical phenomena [Merkle ]:

• One widespread explanation is that of dielectric resonance: destructive and constructive interferences (respectively causing shading and brightening) between the primary (forward) field and internally reflected fields can be at the origin of a standing wave explaining the observed patterns. However, the high conductivity of physiological tissues makes this phenomenon unlikely, since the forward propagating field is quickly attenuated, and reflection is limited: dielectric resonance is severely damped [Collins ].

• Constructive and destructive interference patterns can however emanate from forward fields transmitted from different coil elements, as they propagate through different media and different geometries [Collins ]. This observation leads directly to static RF shimming (introduced later, in section . . ) as an appealing solution to B 1 artefacts.

• Shielding effects, stemming from the presence of highly conductive media. The rapidly-changing RF magnetic field induces eddy currents, in turn resulting in a secondary, opposing, RF magnetic field. As a result the RF field is attenuated. This The combination of a shielding effect with interference patterns can cause even stronger artefacts: this happens for pregnant women, or patients with abdominal swelling caused by severe ascites (cf. fig.

. ) [Kukuk ].

Note that in fat (ε r ≈ 3 in oil), the wavelength is much larger (e.g. 1.35 m at 3 T).

This may be an explanation to why larger patients, with a higher fat-to-muscle ratio, do not necessarily produce strong B 1 artefacts in the abdomen [Bernstein ]: although such artefacts are more frequently observed in obese patients than in thin ones, there is no direct causality.

Ascites refers to abnormal buildup of fluid in the abdomen that may cause swelling.

. . B 1 Artefacts Reduction: a Dynamic Field of Research

. . Conclusion

As we have seen, the expected supralinear gain in SNR associated with high field MRI does not grant clinical images of higher quality as easily as one could wish. Even more than at low field, preparing an imaging protocol at high or ultrahigh field consists in finding, for each specific application, the right compromise between several parameters, to maximise SNR while maintaining artefacts at an acceptable level.

The advantages associated high field MRI are generally worth the effort. The following sections describe different techniques that have been developed to counteract B 1 artefacts, in research applications as well as in clinical practice. The final section of this chapter focuses specifically on k T -points, the method used in the rest of this thesis to achieve FA homogeneity in the case of non-selective excitation.

. B 1 Artefacts Reduction: a Dynamic Field of Research

In order to counteract B 1 inhomogeneity, a popular approach is to use a class of amplitudeand frequency-modulated RF pulses, called adiabatic pulses [Tannús ,Garwood , Norris ], which gradually and slowly sweep through frequencies around resonance.

Those pulses are appreciated as they are relatively insensitive to B 1 inhomogeneity, thanks to an inherent 'threshold' effect. They are not exempt from issues, however. For instance, they tend to be long, which makes them unsuitable for use in sequence kernels with short TR such as FLASH or when a short inter-echo time is needed, as in SPACE. Nevertheless, they are often used in magnetisation-prepared, e.g. as the inversion pulse in SPAIR (section . . ) which is played only once every few TRs and where complete inversion of fat is expected.

There has therefore been a need for B 1 artefact reduction techniques that can be used in any situation, any sequence, without too many modifications. This is the object of the present section. Passive RF shimming solutions are able to locally raise the B + 1 field where needed the most, while maintaining a limited SAR [Teeuwisse b, Gemert ]: due to the high dielectric constant of the pads, the oscillating electric field from the RF coil induces displacement currents that create a secondary magnetic RF field in their vicinity, that reinforces B + 1 . Unfortunately, this is done only at the expense of RF homogeneity loss in the rest of the volume. In addition, these methods rely heavily on the proper positioning of shimming elements, especially for RF cushions as they are not confined in a head coil. The most versatile way to mitigate RF homogeneity over an extended volume while maintaining a safe energy deposition level is to act on the B 1 source itself: active RF shimming is the object of the following sections.

. . Passive RF Shimming

. . Static RF Shimming with Parallel Transmission

Parallel Transmission

We have seen earlier (section . . ) that B 1 artefacts were mostly due to destructive interferences between the RF fields originating from different elements of the transmit coil. According to the principle of superposition, the B + 1 field observed at a given location r in the FOV is the sum of the (complex) fields emanating from different coil elements.

We briefly mentioned in section . . that a high concentration of gadolinium reduces T2. Image from [Merkle ].

With N Elem elements:

B + 1 (r, t) = N Elem =1 B + 1, (r, t) ( . )
The idea behind parallel transmission (pTx) is to gain control over the amplitude and phase of the waveforms emanating from those elements. To do so, instead of having one where B + 1,c is the net RF field produced by all elements gathered in the cth controllable channel.

B + 1 (r, t) = N Ch c=1 B + 1,c (r, t) ( . )

Static RF Shimming

The most basic and widespread use of pTx consists in using the degrees of freedom offered by the different channels to form controlled constructive and destructive RF interferences by transmitting the same waveform through all channels, with adjusted amplitudes and phases. This is often referred to as static RF shimming [Padormo ], which is the term used in this thesis. The patterns created are called elliptical polarisation (EP) modes, and can be adapted to the patient in the magnet, provided the transmit sensitivity profile ('B + 1 per applied volt') of each channel is known (see section . . ). When performing static RF shimming, eq. ( .) is:

B + 1 (r, t) = p(t) N Ch c=1 w c S + c (r) ( . )
where p is the pulse temporal waveform, S + c is the (time-independent) sensitivity profile of the cth channel, and w c is the complex weight -representing the amplitude and phase -applied to the cth channel.

The example in fig. . b describes a two-channel pTx system used for static RF shimming, reducing the typical B 1 artefact in the abdomen. We will see later in section .

'Current State of B 1 Artefacts Reduction in Clinical Routine 3 T MRI' that this is the best set-up currently available on high-end 3 T scanners used in clinical routine. However, scanners with many more transmit channels exist in research facilities. Typically, or even channels [Brunheim ].

As more channels -and hence more degrees of freedom -are added, better B + 1 homogeneity is expected [Mao , Guérin ]. Such hardware is however extremely expensive, and homogeneity achievable over an extended volume with static RF shimming is intrinsically limited to the number of channels available. In addition, there is no guarantee that an infinity of channels would produce a uniform RF field [Harvey ]. To circumvent this limitation, we need to look beyond RF interference patterns, and consider that what is eventually expected for a good MRI acquisition is not necessarily a homogeneous B + 1 , but a homogeneous FA distribution. Achieving proper excitation in spite of an imperfect RF field is the purpose of dynamic RF shimming, exposed below.

. . Dynamic RF Shimming

Multidimensional RF Pulses. . .

While reading this section, let us forget about excitation homogenisation for a moment, and assume a perfectly uniform B + 1 distribution. Let us also consider a single-channel transmission (sTx) system. In section . . , we described two principles that are of interest now. Here is a short summary:

. In the small tip angle (STA) approximation -i.e. in practice for angles up to 90°[ Boulant ] -the FA achieved is related to the Fourier transform of the pulse envelope (eq. ( .)).

. To fully describe the effect of an RF pulse, we need to consider any possibly associated gradient, as a gradient relates spatial locations to frequencies, which are then selected (or not) according to the RF waveform applied.

We can go a step further in this Fourier interpretation of RF excitation. Just like spatial locations of received signal can be encoded in terms of spatial frequencies in the kspace (section . . ), it is possible -still in the STA approximation -to describe the effect of any {RF pulse; gradient} pair in terms of excited spatial frequencies, and represent it in the so-called 'transmit k-space' [Pauly ]. Applying a gradient G (possibly over the three axes) for a time T allows to visit spatial frequencies k. At time t, the selected spatial frequency is:

k(t) = -γ T t G(u) du ( . )
This equation is indeed very similar to eq. ( . ), except for the limits of the integral. Rolling back to eqs. ( . ) and ( . ), we can write (neglecting B 0 inhomomogeneity): . a for explanation). For non-selective excitation, no gradient is played along with the RF pulse (d): all the energy is deposited in the centre of the transmit k-space (e), so in the image space, the whole volume is excited (f).

∆ω(r) = r • k ( . )
Solving eq. ( . ) in the STA approximation gives the impact of a {RF pulse; gradient} pair of duration T on transverse magnetisation:

M ⊥ (r) = ıγM 0 T 0 B + 1 (t) e ır•k(t) dt ( . )
Finally, introducing the complex flip angle α = α e ıϕ (ϕ being the phase of M ⊥ ) and

recognising that α = arcsin(M ⊥ /M 0 ) for α < 90°[Boulant ] : α(r) = ıγ T 0 B + 1 (t) e ır•k(t) dt ( . )
Here we recognise once again the Fourier transform. Equation ( . ) conveys that with the right RF pulse and the right set of gradients, we can excite a volume according to any pattern, provided of course that we can accommodate a pulse long enough. This concept gave rise to a plethora of {RF pulse; gradient} strategies, designed for partial volume imaging. We can name a few popular so-called multidimensional pulses: . . . Applied to Flip Angle Homogenisation: dynamic RF shimming

Now that we have introduced, in the STA approximation, the concept of transmit k-space, let us roll back to the harsh reality of B + 1 inhomogeneity. Multidimensional RF pulses can actually be used to counteract B + 1 homogeneity: this is commonly called 'dynamic RF shimming'.

In eq. ( .), we considered that B + 1 depends only on time (RF pulse shape), not on spatial location r. Still considering a sTx system, we can rewrite it taking into account the transmit sensitivity profile of the coil, with B + 1 (r, t) = p(t)S + (r):

α(r) = ıγ S + (r) transmit sensitivity T 0 p(t) e ır•k(t) dt excitation modulation ( . )
where T is the pulse duration, p(t) is the RF pulse shape and S + (r) the transmit sensitivity at location r. The idea behind multidimensional pulses for excitation inhomogeneity mitigation is to design a {RF pulse; gradient} pair whose excitation pattern (integral term in eq. ( .)) is the inverse of the transmit sensitivity profile of the coil, so that α is uniformly distributed. This is illustrated in fig.

. where the effect of two dynamic RF shimming implementations are compared with their standard pulse counterparts.

For The principle of dynamic RF shimming boils down to homogenising flip angle, not B + 1 . Some studies have taken a step further by looking at sequence level to homogenise signal itself, for a given tissue. Defining a target tissue (characterised by its T 1 and T 2 ), this direct signal control (DSC) approach [Malik ,Beqiri ] takes advantage of the interaction between successive pulses played throughout a sequence, and updates the RF shimming parameters used from one pulse to the next.

As k T -points constitute the centrepiece of this thesis, various state-of-the-art implementations will be described in section . (page ).

More Control with Parallel Transmission

Multidimensional pulses are fantastic tools to precisely control magnetisation, be it for inner volume excitation or for homogenisation. However, their principal limitation lies in their generally long durations, which make them unsuitable for routine applications [Set- In addition, in the particular case of dynamic RF shimming that is of interest for us, pTx is not a fundamental requirement, but it proves useful in practice. Indeed, even if one can homogenise FA despite an inhomogeneous B + 1 , having a less inhomogeneous B + 1 field in the first place makes the whole operation easier. Rewriting eq. ( . ) in the case of fully independent waveforms (not just independent weightings of the same waveform)

gives:

B + 1 (r, t) = N Ch c=1 p c (t)S + i (r) ( . )
Now, eq. ( .) can be extended to express additional control on excitation offered by pTx:

α(r) = ıγ N Ch c=1 S + c (r) T 0 p c (t) e ır•k(t) dt ( . )
This equation will be used later on when reviewing the k T -points method more extensively (section . ). In the meantime, let us focus on calibration techniques that are needed for pulse design, be it static or dynamic RF shimming, in sTx or pTx.

. . Calibration Needed for Pulse Design

B + 1 Mapping
So far, we have seen that, either for static or dynamic RF shimming pulse design, information about the transmit sensitivity profile (amplitude and phase) for each available channel c (if using pTx) in each point r of the FOV, S + c (r), was necessary: this is B + 1 mapping.

According to eq. ( .), the FA is proportional to the B + 1 field when on-resonance, which means pulse sequences can be designed to measure those sensitivity maps. Numerous B + 1 mapping methods have been proposed with different underlying concepts, many of which are described in [Park ]. Among those, the actual flip angle imaging (AFI) sequence [Yarnykh , Amadon , Nehrke , Boulant ] is a popular and accurate approach when employed with d encoding and non-selective excitation in particular, and can be used to evaluate the performance of designed pulses. It is however quite time-consuming -all the more so when several channels have to be mapped -so it does not fit our need for a fast calibration sequence to play at the beginning of a subject's examination.

Faster yet less accurate techniques have been developed to fulfil this requirement, such as the d multi-slice method sat-TFL -known as XFL in the pTx world -[Van de Moortele ,Fautz ,Chung ,Amadon ,Amadon ]. This is the method used in NeuroSpin for pTx experiments at UHF, and we will also use it for single-channel measurements at 3 T presented in chapter . Finally, it was the technique chosen by Siemens Healthcare for B + 1 mapping on their clinical pTx 3 T imagers (section . ), and therefore used in chapters and .

Off-Resonance Mapping

For accurate pulse designs, off-resonance (∆f 0 ) effects need to be taken into account. For non-selective excitation, hard pulses are used in CP or EP mode. As seen in section . . , . . B 1 Artefacts Reduction: a Dynamic Field of Research they are generally broadband enough to be rather insensitive to ∆B 0 inhomogeneity or chemical shift effects. The full width at half-maximum (FWHM) of the frequency response is 12 kHz and 3 kHz, for pulse lengths of 100 µs and 400 µs respectively. Offresonance mapping is therefore unnecessary for non-selective RF shimming pulse design.

Frequency response of dynamic RF shimming pulses is however not straightforward and not always as broadband.

To obtain an off-resonance map, the easiest and fastest way is to measure the signal phases ϕ 1 and ϕ 2 in each voxel from two echoes acquired at different echo times TE 1 and TE 2 :

∆f 0 = 1 2π ϕ 2 -ϕ 1 TE 2 -TE 1 ( . )
where ϕ is given in radians, TE in seconds and ∆f 0 in Hz. As in all phase measurement, phase wrapping occurs. Without resorting to phase-unwrapping post-processing methods

[Chavez ], it is not possible to measure ∆f 0 if the phase evolution between the two echoes is beyond ±π: the range of measurable frequencies is limited by ∆TE = TE 2 -TE 1 .

At 3 T, minimum achievable ∆TE is about 1 ms, which corresponds to frequencies in the ±500 Hz range. This can be sufficient for some applications, even when fat is involved (resonance shift of -400 Hz to -450 Hz at 3 T), but sometimes more bandwidth is needed.

Such situation will occur in chapter , and is dealt with in appendix A.

As ∆TE is reduced, though, phase becomes more influenced by noise-induced random variations, and ∆f 0 is less accurately estimated. One way to circumvent this problem, when there are no chemical compounds other than water and fat, and when fat is not important to the pulse design (this is the case for brain imaging), is to set TE 1 and TE 2 at successive water-fat in-phase echo times. At 3 T, this typically corresponds to TE 1 = 2.46 ms and TE 2 = 4.92 ms. The available bandwidth is reduced (±200 Hz), but since the water and fat phases coincide, only B 0 variations are mapped, and such bandwidth can be sufficient. Doing so, we no longer map off-resonance (∆f 0 ) but ∆B 0 :

this is B 0 mapping.

Another -more elegant -way to improve accuracy is described by Amadon et al. and consists in acquiring three echoes or more instead of two. The bandwidth is defined by the time between the two closest echoes, which can be as short as possible without fearing for accuracy. Indeed, the third echo is placed further away to bring leverage, and its phase evolution is unwrapped thanks to the two first ones [Amadon ]. This method is slightly longer than the two-echo one because having to acquire a third echo makes the TR longer. However it allows to measure wide ranges of ∆f 0 without wrapping.

Patient Safety

Section . . introduced, among several challenges associated with high field MRI, the issue of local SAR hotspots. In order to estimate the magnitude of these hotspots and to control the local SAR, knowledge of the electric field at each point in the body is needed FWHM is the bandwidth over which the response is at least half of the maximum (that is onresonance).

to solve eq. ( . ). Unfortunately, this field is not directly measurable, and modelling of its distribution is required to get an estimation of the energy deposited in the patient.

In this section only local transmit coils are considered, since most research that led to the control of SAR in pTx as we know it was performed at UHF in the head. A description of SAR control in clinical systems, using whole-body coils will be done in section . . . On single-channel transmission (sTx) systems, with a fixed transmission mode and a fixed region of exploration using a local coil, extensive modelling of the electric field distribution in the tissues is possible. For example, in the head, a population of models each describing the various tissue types encountered allows to define a priori an upper bound of local SAR [Wang ], related to the global SAR: the so-called K factor expresses this relationship. Peak local SAR can be estimated in the head and patient safety be ensured.

However on a pTx system, there is an infinity of possible transmit modes. There has therefore been a need for SAR models that take into account not only the energy of the RF pulse, but the complex RF weights used, describing amplitude and phase relations between the different channels. The Q-matrix formulation was introduced for that purpose [Zhu , Graesslin ]. For a 10-g-averaged volume centred in r, the local SAR is defined, for a hard pulse of duration T (i.e. TR 0 p(t)dt = T ), as:

SAR 10g (w, r) = T TR w H Q(r)w ( . )
where In order to find the peak local SAR, one must perform this calculation in every point in space. This is time-consuming and computationally expensive when considering the whole head, let alone when considering the whole body (section . . ). In addition, we will see later that some pulse designs algorithms -this is the case for k T -points -take SAR constraints into account all along the optimisation process, to ensure that the output pulse respects safety regulations. In such a case, faster SAR evaluation is compulsory. This was made possible by the introduction of virtual observation points (VOPs) [Eichfelder ].

w = w 1 w 2 • • • w N Ch T is the N Ch × 1
The set of Q-matrices is compressed up to a factor 5000: the smaller set obtained represents 'virtual locations' whose local SAR would be the highest in any configuration. Now equation eq. ( . ) becomes:

SAR 10g,i (w) = T TR w H Q i w ( . )
where i is the VOP index. Peak local SAR is therefore defined, for N VOP VOPs, as:

SAR 10g,peak (w) = T TR max i (w H Q i w), 1 ≤ i ≤ N VOP ( . )
Finally, a 'global VOP' can also be defined to account for global SAR in calculations:

SAR global (w) = T TR w H Q global w ( . )
As a final note, let us keep in mind that SAR is often perceived as a conservative metric, that is only loosely correlated with the real physiological parameter we want to measure: body temperature increase. SAR models do not take tissue perfusion and heat As far as pTx is concerned, several manufacturers have proposed clinical two-channel pTx 3 T systems. To my knowledge, as of today, none has provided solutions more advanced than static RF shimming for excitation inhomogeneity mitigation.

. . RF Transmission Set-Ups

The • TrueForm™, a pTx emulation of the anatomy-specific static RF shimming from previous generations (e.g. Verio).

• Patient-and volume-specific static RF shimming, based on actual B + 1 maps acquired on the patient. Patient-specific RF shimming optimises RF coefficients to homogenise the B + 1 distribution in the whole FOV, while volume-specific focuses on a smaller portion of the volume.

• TrueShape™: this corresponds to the full control of the waveforms produced by each channel. The main product associated with this capability is 'syngo ZOOMit', which allows to selectively excite a beam through the whole volume, as described earlier when we introduced multidimensional pulses. This transmit mode is not currently used for dynamic RF shimming.

In the two latter cases, B + 1 maps are needed to compute either the static RF shimming coefficients or the multidimensional 'ZOOMit' pulse. The scanner performs an automated adjustment procedure to measure B + 1 maps for each channel using a sat-TFL sequence, and provides VOPs for SAR management. In some cases, it also measures ∆B 0 maps.

. . SAR Control in Clinical Systems

We have introduced notions of patient safety in sections . . and . . , how we estimate global SAR with transmitted and reflected power, and how we could estimate peak local SAR with VOPs. However we have not discussed SAR limitations.

Table . gathers a few relevant SAR limits imposed by the IEC [IEC---

]. First, several sets of limits are defined, of which two are shown: the normal and the first-level operating mode. First-level operating mode allows for higher SAR limits, provided the examination is supervised by a physician; it can be useful in some cases to exceed 'normal' SAR limits to achieve a lower TR (e.g. for a shorter TA in a breath-hold acquisition) or a higher flip angle. We will consider the normal operating mode in the works hereby presented.

We used the example of a head coil earlier. When transmitting through a head coil, one must respect two restrictions: a SAR global limit of 3.2 W/kg and a SAR g limit of 10 W/kg. Those values correspond to both volumic and local transmit coil limitations (table . ); indeed, such a coil exposes the head to a far field (as volumic coils do) and to a near field, as local ones do.

All clinical studies conducted here will utilise a body coil, which is the main, default transmit/receive built-in coil, fixed and centred inside the magnet bore. One might notice in table . that the IEC imposes no limit whatsoever on SAR g induced by such coils. A study based on simulations at 1.5 T on several anatomical models, placed at different All this information is available to users willing to use it for research purpose, at the following location on the scanner console (syngo.MR vd d to ve c): C:\MedCom\MriProduct\PhysConfig. Among the files found here, two MATLAB-compatible ones are of particular interest for us: AdjDataUser.mat (B + 1 and ∆B0 maps), and SarDataUser.mat (patient safety). Figure . shows the SAR distribution in the body of nine volunteers when torso imaging is performed at 3 T in CP mode. We can notice a large variation of local SAR in the body, with peak values in the arms, that largely exceed the colour-scale range. Stated peak SAR in this study is 80 W/kg [Homann ].

Similarly to 1.5 T, 3 T imaging in single-channel mode has been safely performed for a long time. But even though local SAR is not limited by the IEC norm, there is a consensus that it should be supervised, and not exceed that of CP mode when using pTx scanners.

The impact of pTx on SAR distribution was recently studied in simulation [Murbach ] with a similar approach as . .

Objectives and Challenges

Although modern high-end 3 T scanners like the Skyra and the Prisma have the ability to routinely implement multidimensional pulses (section . . ), with inline B + 1 mapping and VOP generation (section . . ), no product currently exists to perform dynamic RF shimming in clinical practice.

The aim of this thesis is to demonstrate the applicability of dynamic RF shimming to clinical protocols, with minimal modification of existing tools. In particular, for studies on the Skyra system, we will use the VOPs provided by the scanner for SAR prediction during pulse design, and we will rely on manufacturer-provided B + 1 maps measured during automatic adjustment steps. We will focus on non-selective excitation, and will implement dynamic RF shimming through k T -points.

For studies on the older Verio scanner, no such tools are available, so we had to measure B + 1 maps by ourselves. On a sTx system, global SAR as well as peak local SAR observed in various body areas are related to power by different constants specific to patient characteristics (mostly weight and position in the scanner). We managed to get hold of SAR calibration information via log files containing those constants, written after each performed sequence. Those parameters depend only on the patient, not on the sequence, so we could retrieve them e.g. after a short scout sequence, to predict SAR at pulse design time.

. K T -Points: State of the Art

Before delving into the work realised along this thesis project, let us review some details about k T -points implementation, and see the results of some studies involving k T -points for dynamic RF shimming.

. . Description

K T -points are a succession of rectangular RF sub-pulses interleaved with gradient blips

[Amadon ,Cloos

]. In the STA approximation, these blips allow to move through the transmit k-space between each sub-pulse, to excite several spatial frequencies and produce a complex FA pattern. In addition, in pTx systems, each sub-pulse can have different weights, and hence correspond to a different 'RF shim'. Figure . shows an example of k T -points pulse shape and corresponding trajectory in transmit k-space.

Optimisation Problem

To obtain a k T -points pulse, we solve a magnitude least-squares problem to minimise a cost function f , defined as the normalised root-mean-square error (NRMSE) of the FA distribution in the region of interest (ROI) from a FA target α T :

f = NRMSE(a) f = 1 α T N i=1 (|α i | -α T ) 2 N ( . )
where â is the vector of complex FAs in each voxel and N is the number of voxels in the volume of interest: â = α1 . . . αi . . . αN .

The FA in each location, and hence f , depends on the sub-pulse complex coefficients for each channel, on their transmit k-space locations and on their durations [Gras ].

With fixed sub-pulse durations, if we denote by w the vector of complex weights for all sub-pulses (concatenated) and by k the concatenated vector of k-space locations for each sub-pulse, the optimisation problem can be written for N Ch channels and N kT sub-pulses as: arg min

w,k f (w, k), (w, k) ∈ C N Ch N kT × R 3N kT s.t. SAR global (w) ≤ SAR global,max , SAR 10g,v (w) ≤ SAR 10g,max , 1 ≤ v ≤ N VOP , P c (w) ≤ P max , 1 ≤ c ≤ N Ch , |w | ≤ V max , 1 ≤ ≤ N kT N Ch .
( . )

As we can see, in addition to patient safety constraints, hardware is also protected, with limits on average power per channel P c (w) and maximum voltage V max .

The cost function f is iteratively minimised under strict hardware and patient safety constraints, with a gradient descent algorithm -in practice the active-set function from MATLAB's (The Matworks, Natick, MA, USA) Optimization Toolbox. On each iteration, FA needs to be evaluated in each voxel to calculate the cost function f . This can be done in several ways as described below.

STA Approximation

Within the small tip angle approximation, we can calculate the FA in each voxel r with eq. ( . ). Using the k T -points formalism, the integral term can be discretised:

T 0 p c (t) e ır•k(t) dt = N kT p=1 τ w p,c e ır•kp ( . )
where τ is the duration of sub-pulses, w p,c is the complex weight associated to the pth sub-pulse and cth channel, and k p the k-space location vector of the pth sub-pulse.

Introducing the normalised complex weights x such that w = V max x, and taking off-resonance dephasing and excitation into account, eq. ( .) can be rewritten as: r) off-resonance dephasing sinc(πτ ∆f 0 (r))

α(r) = ıγ V max N kT p=1 N Ch c=1 x p,c S + c (r)τ e ır•kp e ı2πTp∆f 0 (
off-resonance excitation ( . )

where ∆f 0 (r) is the off-resonance given in Hz, and t p is the time between the centre of the Since x is the concatenation of all x p,c as an N kT N Ch × 1 vector, the vector of flip angle in each location, â, is calculated as a single matrix product:

â = A x ( . )
where A is of dimensions N voxels × N kT N Ch and is called the encoding matrix; its rowvectors A r each correspond to a specific voxel at location r:

A r (k) = ıγV max S + i (r)τ e ır•k i e ı2πT i ∆f 0 (r) sinc(πτ ∆f 0 (r))

1≤i≤N kT N Ch ( . )
The minimisation problem can be written, in the STA approximation, as:

arg min x,k |A(k)x| -α T 2 , (x, k) ∈ C N Ch N kT × R 3N kT s.t. SAR global (x) ≤ SAR global,max , SAR 10g,v (x) ≤ SAR 10g,max , 1 ≤ v ≤ N VOP , P c (x) ≤ P max , 1 ≤ c ≤ N Ch , |x | ≤ 1, 1 ≤ ≤ N kT N Ch .
( . )

SAR and power constraints are monitored by the scanner at runtime, and even during the preparation of the sequence for sTx scanners, or newer pTx scanners (Skyra and Prisma). This means that the sequence will not be executed if patient safety and hardware protection are not ensured, no matter the pulse used. Still, accounting for those constraints at design time guarantees that the pulse will be accepted by the scanner and that the sequence will run to completion, which is an indisputable advantage in clinical routine.

Large Tip Angles

Although the STA approach is computationally efficient, it does not allow to design k T -points pulses for flip angles over 90°. In particular, a different method should be used for inversion pulses.

When considering large tip angles (LTAs), the visualisation of multidimensional pulses in terms of transmit k-space does not hold. Instead, one should consider the evolution of a magnetisation vector initially pointing along the z axis, when subject to a {RF pulse;

static field gradients} pair. This is achieved by numerically integrating Bloch's equation.

Rewriting eq. ( .) in matrix form, adapting the notations to match the current situation gives, at time t and location r:

∂M ∂t (r, t) =     0 ∆ω(r, t) -γ I(B + 1 (r, t)) -∆ω(r, t) 0 γ R(B + 1 (r, t)) γ I(B + 1 (r, t)) -γ R(B + 1 (r, t)) 0     M(r, t) ( . )
where R(•) and I(•) respectively stand for the real and imaginary parts of a complex number. When integrating over an infinitesimal time-step δt, this in turn gives:

M(r, t + δt) =     1/δt ∆ω(r, t) -γ I(B + 1 (r, t)) -∆ω(r, t) 1/δt γ R(B + 1 (r, t)) γ I(B + 1 (r, t)) -γ R(B + 1 (r, t)) 1/δt     M(r, t) δt ( . )
For a pTx system, with RF notations introduced in eq. ( .), and with a gradient shape G(t), eq. ( . ) becomes:

M(r, t + δt) =     1/δt 2π∆f 0 (r) -γG(t) • r -γ N Ch i=1 I p i (t)S + i (r) -2π∆f 0 (r) + γG(t) • r 1/δt γ N Ch i=1 R p i (t)S + i (r) γ N Ch i=1 I p i (t)S + i (r) -γ N Ch i=1 R p i (t)S + i (r) 1/δt     M(r, t) δt ( . )
With notations from eqs. ( . ) and ( . ), the angle and phase (in radians) obtained at time t in location r are:

α(r, t) = ∠ M z (r, t) + ı M xy (r, t) 2 and ϕ(r, t) = ∠M ⊥ ( . )
In order to determine the magnetisation vector at the end of a pulse, and therefore the FA and phase achieved, assuming fully longitudinal initial magnetisation, one can discretise the pulse and gradient shapes and compute eq. ( . ) as many times as there are time-steps, for each voxel of interest. This operation can be very time-consuming. For instance, with a 1-ms-long pulse, δt = 10 µs, and a masked FOV containing 10 5 voxels, 10 7 evaluations of eq. ( . ) are needed.

Fortunately, the k T -points pulse parametrisation makes this integration much easier.

To obtain the final magnetisation vector, one needs only as many evaluations as there are RF sub-pulses and k-space movements. In addition, these calculations are extremely 

Scalable K T -Points

If we want to apply k T -points pulses to the SPACE sequence (section . . ), we need to design a 90°excitation pulse, and as many refocusing pulses as there are FAs in the variable flip angle train.

A first approach, implemented in [Massire ], is to design each of the refocusing pulse successively. An initial waveform is created in the STA approximation, then modified using the GRAPE algorithm that optimises the rotation matrix associated with the pulse in order to make an inversion, regardless of the initial magnetisation state [Massire ].

Then each refocusing pulse is designed, targeting the same phase pattern as the first one.

Finally, the excitation pulse is similarly designed (with an additional 90°phase to satisfy the CPMG condition). This technique proved very effective in counteracting both B + 1 and GRAPE: GRadient Ascent Pulse Engineering. • An on-resonance-scalable k T -points pulse is designed within the STA approximation, similarly to the method of Eggenschwiler et al., in the absence of ∆f 0 , and under hardware and safety constraints, following the usual eq. ( . ). Let us denote the pulse obtained by p 0 , of RF and location parameters x (0) and k (0) .

• In a second step, p 0 is optimised again to obtain p 1 of parameters x (1) and k (1) , this time trying to minimise the scaling error caused by the introduction of ∆f 0 information, i.e. the distance between the 'true' rotation matrix R and its STA approximation R STA . This is done under the added constraint that the NRMSE of p 1 be less than or equal to that of p 0 .

The optimisation problem for this second step is: arg min

x (1) ,k (1) | R(x (1) ,

k (1) )R -1 STA (x (1) , k (1) ) -Id| f 2 , (x, k) ∈ C N Ch N kT × R 3N kT s.t. |A(k (1) )x (1) | -α T 2 ≤ |A(k (0) )x (0) | -α T 2 , SAR global (x) ≤ SAR global,max , SAR 10g,v (x) ≤ SAR 10g,max , 1 ≤ v ≤ N VOP , P c (x) ≤ P max , 1 ≤ c ≤ N Ch , |x | ≤ 1, 1 ≤ ≤ N kT N Ch . ( . )
where |•| f represents the matrix Frobenius norm, and • 2 is the L 2 norm over voxels. As we will see in the following sections, this two-fold optimisation was successfully applied to T w brain imaging at UHF, and will be used for breast imaging at 3 T in chapter . Finally, fig.

. . Ultra-High Field Demonstrations

. shows an example of T * 2 w images acquired at 9.4 T with a d echoplanar imaging (EPI) sequence [Tse ], opening the door to B 1 -artefact-free fMRI at UHF, and hence access to higher temporal SNR and finer cortical resolution.

There is however a number of factors specific to body imaging. For instance, patient motion and breathing make calibration-based pulses difficult to apply as the subjects may have moved between calibration and the actual acquisition. Additionally, a transmit body coil extending far beyond the FOV may be a problem with inherently non-selective k T -points, inducing aliasing artefacts if nothing is done to counteract them.

. . Universal Pulses for Calibration-Free Dynamic RF Shimming

Despite those great demonstrations of image quality improvement at UHF, dynamic RF shimming and more generally parallel transmission has so far failed to be widely accepted into routine application. This is attributable to the cumbersome calibration workflow [Setsompop c, Wu , Cloos b, Curtis , Tse , Deniz ]: mapping of a subject's B + 1 and ∆f 0 , and the subsequent on-the-fly pulse design represent a substantial waste of scanner time. This of course gets worse as more transmission channels are used, adding up to ten minutes calibration time or more. In addition to that, the increased UPs rely on the relative similarity of B + 1 and B 0 distributions in subjects' heads, even at ultra-high field, and to some extent to contrast immunity to small FA errors. In chapter , we will see that the concept does not translate well to the important inter-subject variability found in abdominal imaging. An alternative, SmartPulse, will be proposed instead, based on an appropriate segmentation of the population. T his chapter introduces and discusses additions that were made to the k T -points optimisation algorithm presented in section . . , described by eq. ( . ) (STA approximation and LTA). The aim is to investigate the impact and interest of letting the algorithm adjust the duration of the generated pulse, as well as that of the different sub-pulses.

. . Theory

We expect better homogeneity thanks the flexibility offered by these additional degrees of freedom.

This work is based on an algorithm developed for the Siemens MAGNETOM 7 T MRI scanner installed in NeuroSpin, using eight parallel transmission channels. The algorithm is however easily adaptable to the Siemens MAGNETOM Prisma or Skyra 3 T two-channel scanner, or to the Verio 3 T single-channel imager.

. Theory . . Optimisation Vector

The k T -points pulse preparation algorithm optimises the following variables, in the continuity of its previous form described in section . . :

• x, a vector consisting of the concatenation of the RF coefficients corresponding to each channel and each sub-pulse, normalised by the maximum allowed voltage, so that w = V max x;

• k, the vector of k T -point locations in the transmit k-space -all three coordinates for each sub-pulse;

• t, the vector of k T -point durations, one variable for each sub-pulse. This constitutes the addition to the previous algorithm discussed here.

. . Cost Function

Calculating the Cost Function

Here we keep the same notations as in section . . , and introduce t = τ 1 . . . τ N kT .

The cost function to be minimised by the algorithm is still the normalised root-meansquare error (NRMSE), defined by eq. ( . ). Changes were however made to the way each FA is calculated. In the small tip angle (STA) approximation, eq. ( .) is now:

α(r) = ıγ V max N kT p=1 N Ch c=1
x p,c S + c (r)τ p e ır•kp e ı2πTp∆f 0 (r) sinc(πτ p ∆f 0 (r)) ( . )

where T p accounts for the time remaining after the middle of the pth sub-pulse:

T p = 1 2 τ p + N kT =p+1 τ ( . )
and the encoding matrix -eqs. ( . ) and ( . ) -was modified accordingly. Similarly in the large tip angle (LTA) case, the function that returns the FA map after a numerical evaluation of Bloch's equation was altered to allow for varying sub-pulse durations.

Gradient of the Cost Function

During the optimisation process, to perform gradient descent, the different variables are iteratively updated and the cost function f evaluated. The best solution that respects the . . Theory constraints is kept as the starting point for the next iteration. Not all variable modification possibilities are tested, as it would be too time-and resource-consuming. Instead, the gradient of the cost function is calculated, and only the variables leading to the largest decrease in f are considered, i.e. those that correspond to the lowest negative partial derivatives of f .

In the LTA case, the cost function gradient is computed using a finite differences approach since those calculations are easily vectorisable. In the STA case, however, it is advisable to use analytical forms of the derivatives to improve performance: this is what is done for RF coefficients and k T -point locations. So far, only the finite differences method has been implemented for partial derivatives of f relative to k T -points durations. This is not optimal, but not really a problem either since in this thesis we use the LTA framework even for small target FAs.

. . Constraints

Addition of Linear Constraints

The new variables must abide by a few constraints; fortunately those are linear, so they do not lead to considerable computational performance drop. First of all, each sub-pulse obviously cannot be shorter than 0 s. Due to hardware limitations, a stronger constraint was set: eventually, each sub-pulse must last at least τ min , empirically defined as times the 'gradient raster time', i.e. the basic unit time used on Siemens scanners for gradient description. This corresponds to a minimum of 40 µs per k T -point. This is achieved by adding a lower bound constraint to the optimisation function.

In addition, an inequality linear constraint is needed in order to limit the duration of the total pulse: the sum of the sub-pulse durations must be less than or equal to some user-defined limit t max . This can be useful for instance when a short TR is desired: in that situation, the pulse should not be too long. Note that in some cases the user might want to change this inequality constraint into an equality one, where the total duration is fixed and the algorithm optimises the repartition of the sub-pulses.

Non-Linear Constraints

All added constraints are linear, but the non-linear constraints already present must be modified to account for non-constant sub-pulse durations:

• For calculation of local SAR for each Q-matrix (cf. section . . ), eq. ( . ) becomes:

SAR 10g,i (x, t) = V max TR N kT p=1 τ p x H p Q i x p ( . )
where i indexes VOPs, and x p is the subset of x corresponding to the pth sub-pulse.

• Similarly for global SAR, eq. ( . ) becomes:

SAR global (x, t) = V max TR N kT p=1 τ p x H p Q global x p ( . )
. . Theory

• Peak power is limited by a constraint on maximal voltage, i.e. the modulus of each component of x.

• As seen earlier, average power for each channel: P = P 1 . . . P N Ch is also constrained. Here is the expression of the average power on channel c:

P c (x, t) = V 2 max Z TR N kT p=1 τ p |x p,c | 2 ( . )
where Z = 50 Ω is the impedance of the system and x p,c is the cth coordinate of x p .

Gradients of Non-Linear Constraints

When solving the optimisation problem, we also need to compute, on each iteration, the gradient of non-linear constraints, so that the algorithm can determine directions that are more favourable than others in terms of constraint saturation. We have seen that all additional constraints corresponding to durations optimisation are linear: their gradient is trivial. Still, to compute the gradient of existing non-linear constraints, it is necessary to calculate their partial derivatives along the dimensions newly added to the solution space.

Note that gradients along other dimensions need not be redefined. Here are the definitions of the partial derivatives of constraints along the k T -point durations:

• Local SAR: ∀(i, p) ∈ {1, . . . , N VOP } × {1, . . . , N kT }, ∂SAR 10g,i ∂τ p (x) = V 2 max TR x H p Q i x p ( . )
• The same definition goes for the partial derivatives of SAR global , replacing Q i with

Q global .
• Partial derivatives of RF amplitude constraints relative to t are zero.

• Average power: ∀(c, p) ∈ {1, . . . , N Ch } × {1, . . . , N kT },

∂P c ∂τ p (x) = V 2 max Z TR |x p,c | 2 ( . )
. .

Expression of the Optimisation Problem

The optimisation problem, previously described by eq. ( .), is now:

arg min x,k,t f (x, k, t), (x, k, t) ∈ C N Ch N kT × R 3N kT × R N kT s.t. SAR global (x, t) ≤ SAR global,max , SAR 10g,v (x, t) ≤ SAR 10g,max , 1 ≤ v ≤ N VOP , P c (x, t) ≤ P max , 1 ≤ c ≤ N Ch , |x | ≤ 1, 1 ≤ ≤ N kT N Ch , τ min ≤ τ p , 1 ≤ p ≤ N kT , N kT p=1 τ p ≤ t max . ( . )
.

Experiments

The interest of making the pulse duration variable was assessed in two different contexts.

The first experiment used a strict constraint on global pulse time, while the second one let the algorithm free to design a pulse as long -or as short -as needed.

. .

Hardware and Methods

As mentioned before, the algorithm was initially developed for a Siemens (Erlangen, Germany) MAGNETOM 7 T scanner with transmission channels. It was implemented in MATLAB r b (The Mathworks, Natick, MA, USA) using the built-in active-set algorithm from the Optimization Toolbox. The cost function and its gradient were evaluated following the LTA framework, by numerical integration of Bloch's equation. In order to speed up the optimisation, extensive use of GPGPU capabilities was made. This was achieved by performing Bloch integrations with CUDA [Nickolls ] on an NVIDIA (Santa Clara, CA, USA) Tesla K c graphics processing unit.

Experiments were made in simulation to compare the algorithm optimising simultaneously RF coefficients and k-space trajectories -referred to as NoVarDur -to the new one -VarDur -optimising in addition the sub-pulse durations. Two approaches were tested:

one with fixed total pulse duration (section . . ) and one with variable total pulse duration (section . . ). Those experiments were performed on B + 1 and ∆B 0 brain maps acquired on one subject. Using only static RF shimming, the NRMSE in this subject was 29.8 %.

. . Time Normalisation Factor

One important aspect of iterative optimisation problems is the normalisation of the optimisation vector. All variables defined in section . . should be of the same order of magnitude, so that the algorithm would not give too much of an advantage to any of them. In the present situation, by introducing sub-pulse duration variables, great care should be taken in applying a normalisation constant to them. A large normalisation factor applied to a variable would lead to a greater cost function gradient along this dimension, and thus lead to a possibly sub-optimal solution. On the contrary, setting a small normalisation constant to duration variables would encourage the optimisation process to select a path that does not act much on them.

The normalisation factor for durations, K, was defined as K = K 0 |∆B 0 | 95 % , where |∆B 0 | 95 % corresponds to the maximum amplitude of B 0 inhomogeneities taken into account (the outlying 5 % highest values of |∆B 0 | 95 % are discarded), and K 0 is an arbitrary constant, henceforth referred to as time normalisation constant (TNC). The more inhomogeneous ∆B 0 is, the greater the normalisation factor gets. Sub-pulse lengths become more of a priority for the algorithm, making the pulse more adapted to those inhomogeneities.

A quick experiment was made in order to determine the best K 0 value. A 5 ms 180°k T -point pulse was designed over random trajectories in two situations: TR = 1000 ms (active SAR constraints) and TR = 20 000 ms (no SAR constraints). The aim was to determine a value of K 0 that would statistically enhance the NRMSE -and never or only seldom degrade it -compared to the fixed-times method. Out of the seven TNC tested (0.002, 0.003, 0.005, 0.01, 0.02, 0.05 and 0.1), K 0 = 0.01 prevailed and was used in further experiments.

. . Fixed Total Pulse Duration: Interleaved Approach

Methods

In this experiment the total pulse time was fixed. That means the linear inequality constraint on the pulse time (last constraint in eq. ( .)) was changed into an equality constraint. This is a case where using an interleaved algorithm [Grissom ] could prove useful: (i) designing a pulse without changing the durations, and then (ii) optimising the result by allowing the sub-pulses lengths to vary. Doing so ensured that the final pulse was at least as good as the one designed without variation of durations.

The aim was to design a 5 ms, -k T -point inversion (180°) pulse, with a TR of 1000 ms, so that SAR constraints were active. First the algorithm was launched until convergence without sub-pulse durations optimisation. Then it was launched a second time until convergence, this time with sub-pulse durations optimisation, and with the previous result as a starting point. The TNC used was 0.01. Each sub-impulsion duration was limited to 40 µs, owing to hardware limitations. The algorithm consisting in NoVarDur followed by VarDur is hereby referred to as Interleaved. This procedure was repeated over 10 random trajectories, to compare the Interleaved algorithm to the purely NoVarDur one.

Results and Discussion

Figure . shows the statistical repartition of the NRMSE points that the durationsvarying algorithm allowed to gain, starting from the output of NoVarDur. For each random trajectory, the NRMSE difference is defined as

∆NRMSE = NRMSE NoVarDur -NRMSE Interleaved ( . )
so that a positive ∆NRMSE value shows an improvement in pulse performance.

As expected, the error with Interleaved is systematically lower than the one with fixed durations. On average, the new algorithm achieved a NRMSE gain of 9.48 %, from 8.64 % to 0.84 %. However, this not a staggering improvement considering the additional computation time.

As a side note, one may find intriguing the fact that one ∆NRMSE point lies below zero, meaning that the new algorithm actually worsened the previous result. This is explained by the fact that the first step of the interleaved method reached a local minimum of the cost function that could hardly be improved by varying the sub-pulse durations. The second step of the computation therefore stopped after only one iteration, with a new NRMSE that was only slightly lower. However, after the optimisation, the durations of the RF impulsions are rounded to the nearest higher multiple of the 10 µs gradient raster time -and the amplitudes are slightly decreased accordingly. This usually harms the NRMSE to some extent. In this very case, the result was then somewhat worse than the solution achieved by the NoVarDur algorithm alone.

. . Variable Total Pulse Duration

The most important aspect of the assessment of the VarDur algorithm was to compare its performances to those of NoVarDur, this time in 'normal' mode: with total freedom on the total pulse length. The VarDur algorithm used here is therefore a direct implementation of eq. ( .), with a t max high enough to never constrain the optimisation.

This experiment was declined into two sub-experiments, to assess (i) the robustness of the VarDur algorithm to initial conditions, and (ii) its resilience to B inhomogeneity.

Methods

The workflows associated with each assessment are described in fig. . . In both cases, the aim was to design a 180° -k T -point pulse on the ∆B 0 and B + 1 maps from the same subject as before. A TR of 1000 ms was considered for power and SAR prediction, so that SAR constraints were active.

This TNC value is only valid for this particular chapter, where the context is brain imaging at 7 T. In the rest of this thesis, for breast or abdominal imaging at 3 T, a TNC of 1 is generally used.

In both cases a limit of 1000 iterations was set in the eventuality of cases where it took too many iterations to achieve convergence.

Actually, tmax was set to 100 ms, which corresponds to the scanner's limitation for pulse duration. In practice this was never a constraint. Figure . : Robustness of VarDur to initial conditions. For each box, the cross shows the average value, the line indicates the median, the edges correspond to the th and the th percentiles, while the whiskers delimit the th and th percentiles.

Results and Discussion

Regarding experiment (i), fig.

. a reports that with durations optimisation, because ∆B 0 effects are considered, longer pulses do not necessarily yield better NRMSEs. For the situation considered, an optimal total pulse duration seems to be found between 5 and 6 ms. Pulses with lower initial durations see their duration increase to abide by the energy constraint: indeed, SAR increases quadratically with pulse amplitude and only linearly with the pulse length, while the effect on spins increases linearly with both (cf. eqs. ( . ) and ( . )). Indeed, the local SAR limit was reached for both algorithms, in all cases.

This 'optimal' duration is harder to achieve for the longest initial pulses (15 and 20 ms), but there is still a tremendous decrease in pulse length. On the contrary, a pulse too long is more subject to ∆B 0 effects, and can be suboptimal in terms of NRMSE. This is confirmed by fig. . b, which highlights a noticeable decrease in NRMSE with VarDur, from 13.0 % (NoVarDur) to 9.6 % (VarDur) overall. In addition, it reveals extra robustness, with lower probability to achieve a high NRMSE when the initial duration is extremely high or low.

Figure . reports results corresponding to experiment (ii). Those results corroborate

the assumption we made before on the effect of high B 0 inhomogeneities on pulse duration in order to guarantee a good NRMSE. On fig.

. a, we can see that with VarDur, for 'reasonable' ∆B 0 conditions, the pulse duration does not vary much from its initial 5 ms value, which appeared to be optimal in experiment (i). However, in case of exacerbated See footnote on page . .

Conclusion and Perspectives

On the one hand, the interleaved approach presented in section . . shows little interest in practice, as it does not improve NRMSE much. But on the other hand, freedom on sub-pulse and on total pulse durations can be highly beneficial as shown in section . . .

It was demonstrated that the algorithm which includes k T -point sub-pulse durations

as extra optimisation parameters is more robust to initial conditions. Moreover, designed pulses can be more immune to B 0 inhomogeneity as the algorithm finds a compromise between short high-SAR pulses and long pulses that would suffer from off-resonance effects.

This behaviour can prove particularly useful for body imaging, where off-resonance is exacerbated by fat-related chemical shift. In abdominal imaging, the presence of the lungs right above the liver also causes important B 0 variations. One could certainly obtain similar results using the former NoVarDur algorithm, with some a priori knowledge of the off-resonance and some experience, by choosing an appropriate pulse duration. Indeed, as less variables are involved, the optimisation problem can be solved more quickly. However, it is of great help, in a clinical set-up, to have an algorithm that necessitates as little user input as possible, and that can generalise and adapt well to any situation. This is why the VarDur approach will be widely used throughout this thesis, for now only on d GRE sequences.

This enhanced algorithm could be integrated in the universal pulses framework as it would help finding a better solution for a given {FA; TR; SAR; desired duration} problem.

It is used, in particular, in chapter for calibration-free k T -points in the abdomen, where it helps finding solutions that are robust to off-resonance, as no mapping is performed. 

B

reast MRI can benefit from the improved signal-to-noise ratio brought by highfield systems to achieve finer spatial or temporal resolutions. However, dielectric resonance associated with the shorter RF wavelength provokes inhomogeneous excitation . Introduction The B + 1 field map was acquired using a magnetisation-prepared turbo fast low angle shot sequence [Fautz ] at a (3 × 3 × 4) mm 3 isotropic resolution. The ∆f 0 map was acquired with a 2-mm isotropic resolution. Three echoes were needed to extract both ∆f 0 and water/fat information, acquired over two d GRE sequences, with Dixon reconstruction [Dixon ] (TE 1 /TE 2 /TE 3 = 1.23/2.10/2.46 ms). ∆f 0 was calculated with the phase images from TE 2 and TE 3 , using leverage from TE 1 for more precision. More details on ∆f 0 mapping and fat-water segmentation are provided in appendix A.

Finally, a ∆f 0 -robust scalable -k T -point pulse [Gras ] was designed, with MAT-LAB's built-in active-set algorithm, under energy and hardware constraints using average

Hamiltonian theory (AHT) as described in section . . 'Scalable K T -Points'. This tailored pulse was used for the 90°excitation (with a π/2 phase offset), and for all refocusing pulses (FA = 16°to 135°), which allowed a very quick pulse design (less than one minute). SPACE pulse optimisation was restricted to water voxels, as fat-selective saturation is used in the sequence. Simulated FA and signal were compared with those stemming from the default square pulse. 

. . Results

Figure

. . Conclusion

These results point out potential misinterpretation in T 2 -weighted breast MRI due to RF inhomogeneity at 3 T: even if the reported T H is not solely RF-induced, the artefact could bring a lesion away from a malignancy threshold, thus implying a false-negative diagnosis.

Given how not straightforward the SPACE signal is (section . . ), RF artefacts cannot be removed by post-processing. However, simulations showed that single-channel k T -points pulses, which can be implemented on any scanner, are promising in reducing RF-related inhomogeneity beforehand.

. Is This a Recurring Situation?

. .

Looking for B 1 Artefacts in More Patients

A study was led on patients from th November to th January , to determine whether similar artefacts were actually frequently observed. We focused on T w SPACE acquisitions, as done in the first case report. Indeed, we wanted to evaluate T w DCE-MRI as well, but the acquisition time for this sequence was about 80 s. Even when playing our two sequences -square pulse and k T -points -in veinous phase, there was no guarantee that the two acquisitions would have been comparable: it would have been difficult to distinguish between RF-related and time-related differences in contrast enhancement. This time, the goal was also to perform actual SPACE acquisitions with single-channel k T -points, not just simulations.

In the case report, even though we managed to reduce the overall FA inhomogeneity in the volume, some regions of FA over-or undershoot remained, for instance in the right breast on fig.

. . This can be attributable to the fact that, as explained in section . . , the FOV used for breast imaging is wide in the rostrocaudal direction, so as to include axillary nodes. Those areas suffer from both B and B inhomogeneities, but including them in the volume of interest means including other tissues such as muscles. Those tissues are unnecessary for the examination, but can represent a large portion of water voxels in the volume. This is especially true in patients with mostly adipose breasts, since water voxels -the only ones selected for homogenisation -are scarce. As a consequence, the optimisation algorithm focuses a lot on homogenising excitation in irrelevant areas rather than in the breast. For this study it was decided, as a first step, to use a smaller FOV, strictly limited to the breasts. This could be avoided in the future by using an adequate segmentation method to isolate breast tissues.

For many patients, the breasts were either too small or too adipose to induce significant flip angle inhomogeneity. Here, some of the most notable cases are reported. 

. . TrueForm Works Well in the Breasts

Considering these results, strong FA inhomogeneity is hard to find in the breasts. This seems to be in contradiction with the worried literature exposed in sections . . and . Additionally, in [Winkler ], the authors compared the results obtained in six subjects when adjusting manually the amplitude and phase of the transmission ports so as to try different elliptical polarisation (EP) modes. They showed that it was possible to find an optimal fixed RF amplitude/phase setting between those ports, that would provide This is actually what TrueForm™, present on Siemens's Verio 3 T, consists in. We saw in section . . that this scanner does not offer pTx and therefore cannot provide patient-tailored static RF shimming, but its transmission mode through the body coil is a fixed EP mode, supposed to mitigate RF inhomogeneity correctly in most patients. In the case of breast imaging, a study by Geppert et al. [Geppert ] endeavoured to assess the impact of TrueForm transmission compared to conventional CP. For the sake of the experiment, they modified a Siemens Verio scanner to manually switch between the two modes on the two-port body coil. They were able to measure flip angle maps with the two transmit modes in volunteers, and found that FA deviation was systematically higher in CP mode than in TrueForm (fig. . a). On that figure, we can even see that in all subjects, the most inhomogeneous distribution using TrueForm was still better than the Our results corroborate this study, and the adequacy of TrueForm for breast imaging, as in all the subjects we scanned, we did not find any occurrence of RF inhomogeneity strong enough to significantly degrade image quality.

.

Conclusion and Perspectives

From that study on single-channel breast MRI at 3 T, we can conclude that k T -points did not improve FA homogeneity nor image quality much compared to TrueForm, which seems to be sufficient for clinical applications in the breasts.

K T -points could have been more performant, had they not been designed to be scalable:

.

. Conclusion and Perspectives

this restricts the degrees of freedom in the optimisation compared to 'standard' refocusing k T -points, especially in sTx. Here the choice of scalable k T -points was justified by the fact that they are more easily incorporated into the product SPACE sequence used and are faster to design since only one scalable pulse is needed to make the whole refocusing train as well as the excitation. Also, as stated before, masking the ROI to focus solely on water voxels corresponding to mammary gland was a difficult task, even with a reduced FOV.

The few regions at the edge of the FOV containing, for instance, muscle tissue, could be more strongly affected by RF inhomogeneity. Since the NRMSE metric is a quadratic function of FA deviation from the target, those important FA variations could have a strong impact, even though they corresponded to small volumes, and even if they were not interesting for a breast examination. K T -points performance could be much improved -and extended to axillary nodes -with anatomy-specific masking of breast tissues. Also, k T -points could of course benefit from parallel transmission.

After this work on excitation homogenisation in breast imaging on a single-channel scanner, let us move to another body area that is generally associated with B artefacts.

The last chapters of this thesis relate two studies focusing on liver MRI, this time with a two-channel transmission system. In this chapter, we propose to assess the applicability of k T -points for non-selective excitation in the abdomen, and compare them to static RF shimming. We will be using .

Materials and Methods

. . Protocol

Our study was approved by the institutional review board of Centre Hospitalier Universitaire Henri Mondor, and informed consent was waived. partial Fourier (PF) factor of 6 /8, 505 Hz/pixel bandwidth, TA ≤ 23 s. For some subjects, those parameters had to be slightly adjusted to accommodate for a larger abdomen while maintaining acquisition time (TA) short enough for a single breath-hold. However, special care was taken to ensure that nominal flip angle, TE and TR were left untouched in order to keep the contrast identical for all subjects. In addition, for a given subject, all parameters were preserved between the static RF shimming and the k T -points acquisition, including B 0 shimming parameters. Only the RF pulse differed: a -microsecond square pulse with complex coefficients automatically calculated by the scanner was used for static RF shimming, while for dynamic RF shimming a -k T -point pulse was computed offline and loaded into the scanner. The two post-injection sequences were strictly identical to the pre-injection ones. To avoid aliasing in the partition-encoding direction, oversampling was used, and the required amount was minimised by selecting only the least number of coils necessary to cover the field of view. This selection could be done automatically by the manufacturer MRI software.

Depending on the investigation (table . ), the clinical examination procedure required that patients were injected with either gadobenate dimeglumine (Gd-BOPTA) or gadoterate meglumine (Gd-DOTA) at 0.05 mmol/kg and 0.1 mmol/kg body weight respectively, followed in all cases by an adequate saline flush.

The study aimed at assessing the performance of k T -points compared to subjecttailored static RF shimming (so called 'patient-specific'). Therefore, a total of four series -shown in light grey on fig.

. on page -were acquired for each subject in addition to the routine protocol. After injection, only late-phase images were acquired, so that the timing set for diagnostic series was in no way corrupted. Acquisition delays after injection were therefore about 230 s and 260 s respectively for our two late-phase series. Fatty tissue was suppressed as short-T 1 fat otherwise yields hypersignal and tends to mask small signal enhancement ascribable to contrast agent perfusion [Le , Leyendecker ].

The 'quick fat-sat' method [Le ] was chosen over a conventional fat saturation, in order to minimise the impact on acquisition time and SAR. Fat suppression pulses were performed in the 'patient-specific' RF-shimming mode; therefore only the imaging hard pulse was modified into k T -points in the d spoiled GRE sequence.

Acquisitions were somewhat corrected for reception profile through an automated manufacturer procedure known as 'Prescan Normalize', which normalizes individual surface coil images by an equivalent image received by the RF body coil. This assumes homogeneous body coil reception and is expected to yield poor results in this study as the B 1 artifact also affects the reception profile. This was achieved using MATLAB's (The Mathworks, Natick, MA, USA) built-in activeset algorithm on a laptop computer (Intel Core i -HQ CPU, NVIDIA Quadro K m GPU). Flip angles were evaluated by numerical integration of Bloch's equation. The number of k T -points was empirically chosen to be nine as it provides a trade-off between degrees of freedom and pulse duration: with more k T -points, a lower NRMSE can be expected, but the minimal achievable pulse duration becomes longer. A limit of 1800 µs was set for the maximum allowed pulse duration, to ensure that a 3/6 ms TE/TR was kept. Taking advantage of GPGPU to accelerate critical parts in the optimisation problem allowed to design each tailored pulse in less than one minute.

. . K T -Points Pulse Design

Even though a quick pulse design and a short RF pulse are desirable features in clinical routine, here priority was given to homogenisation efficiency and generality across subjects:

the same algorithm parameters were therefore used for all subjects.

. . Transmit B 1 and Off-Resonance Mapping, SAR Control

Let ∆f 0 represent the Larmor frequency offset relative to the carrier frequency (123.2 MHz at 3 T), due to field inhomogeneity or/and fat-water chemical shift. For each subject, threedimensional B + 1 and ∆f 0 over the field of view are necessary for pulse design. In order to rely as much as possible on tools available on product scanners, B + 1 maps for each transmission channel were obtained from the manufacturer standard adjustment procedure used for patient-specific static RF shimming, i.e. a magnetisation-prepared turbo FLASH sequence performed in free-breathing in about 30 s. Although a ∆f 0 map was also provided, it was subject to breathing artefacts and its spectral resolution was insufficient to identify fatty tissues. A breath-hold ∆f 0 mapping sequence (TA = 10 s) was therefore inserted instead, consisting of a two-echo GRE acquisition, with ∆TE = 0.95 ms, short enough to cover the whole frequency range, roughly ±500 Hz, without temporal phase wrapping.

Both B +

1 and ∆f 0 maps were down-sampled to an isotropic resolution of 5 mm for pulse design.

The knowledge of ∆f 0 across the field of view allowed to discriminate between water and fat voxels, assuming both types of tissue do not mix. Since fat-selective saturation was performed, it was not necessary to target a specific imaging flip angle in fat voxels.

Selecting only water voxels for the optimisation allowed to achieve substantially lower computation times and to improve FA homogeneity over the water voxels.

One important aspect of the k T -points pulse design procedure used in this study lies in the fact that SAR constraints were taken into account jointly with the flip angle optimisation. Resulting pulses therefore systematically complied with the scanner's 'look-ahead' SAR monitoring system. To this end, a set of virtual observation points (VOPs) [Eichfelder ] was used, provided by the scanner along with the B + 1 maps.

. . Excitation Homogeneity Assessment

FA-map simulations were run for each of the scanned subjects by numerical Bloch simulation performed retrospectively from actual ∆f 0 and B + 1 maps. The FA average, relative standard deviation and NRMSE over water voxels -segmented using the ∆f 0 map -in the imaged volume were estimated for both static RF shimming and k T -points pulses.

. . Image Analysis

For each subject of the -patient subsample (detailed in table B. ), enhancement ratio (ER), given in percent of signal increase, was evaluated for both techniques as:

ER = S late -S ref S ref × 100 % ( . )
where S ref and S late represent signal before and after injection, respectively. Normalisation by S ref removes the reception profile, allowing a cleaner evaluation of transmission scheme efficiency. For each subject, all series were elastically registered using Siemens software for accurate calculation of ER maps and better comparison between techniques.

In addition, two independent radiologists (Alain Luciani and François Legou, with and years of experience in abdominal MRI, respectively) qualitatively assessed pre-and post-injection acquisitions for the patients. For each subject, the k T -points and RF shimming series were randomly renamed 'Technique ' or 'Technique ' in order to avoid evaluation bias towards either method. Acquisitions were graded on a four-point Likert scale from to , according to several criteria:

• Signal homogeneity in the liver: 0: some liver regions are barely visible; diagnosis is jeopardized;

1: important shading; major diagnostic discomfort; 2: some shading; little diagnostic discomfort;

3: little to no shading, no diagnostic discomfort.

• T 1 contrast (preferably from post-injection images where the 11°target FA is closer to the expected Ernst angle in the liver):

. . Results 0: missing or inverted contrast in some regions;

1: poor; 2: satisfactory; 3: good.

• Contrast enhancement quality 0: missing or inconsistent enhancement;

1: weak or hardly understandable;

2: satisfactory, but with some unexpected inhomogeneities;

3: good, matches expectations.

• Details of visible structures 0: portal vein barely visible, potential lesion(s) indiscernible;

1: main vessels visible, blurred lesion(s);

2: most vessels visible, lesion(s) visible;

3: distal veins clearly visible, lesion(s) well delineated.

• Finally, a global mark expressed the confidence level granted to each technique by the physician: 0: unusable acquisition;

1: low level of confidence;

2: acceptable level of confidence;

3: full confidence.

. . Statistical Significance

For quantitative results (NRMSE) and for each aspect of image quality, an exact matchedpairs one-tailed Wilcoxon signed-rank test was computed using the exactRankTests R v . package [Hothorn ] to compare k T -points and static RF shimming. All reported P-values are exact one-sided significance levels, considered statistically significant when less than 0.05. For the qualitative analysis, Holm-Bonferroni correction [Aickin ] was applied to reduce the family-wise error rate.

. Results Table . : Detailed results of the quantitative analysis based on simulations of 'patient-specific' static RF shimming and k T -points on the five subjects from table . . The last line indicates the sample means and standard deviations across all subjects. Targeted flip angle was 11°. While the difference between the two techniques was negligible for many subjects (e.g. , ), k T -points yielded considerably better results in some cases, including the three subjects with ascites ( , and ). Results for the whole population (n = 50) are available in table B Abbreviations: FA = flip angle; CV = coefficient of variation; NRMSE = normalized root-mean-squared error from the target; RFS = static RF shimming ; KTP = k T -points. a Global SAR was measured by the scanner and read directly from the DICOM files. Maximum local SAR was evaluated from the pulse shape, TR, and VOPs provided by the scanner. b -minute average SAR limit is 2 W kg -1 for whole body global SAR (IEC --); local SAR (10 g of contiguous tissue) is expressed as a percentage of the maximal authorised value in quadrature mode. c Duration of static RF shimming square pulses was systematically ser to 100 µs. d For each metric: sample average (sample standard deviation) over the subjects. 

. . Excitation Homogeneity Assessment

. . Image Analysis

Figures . and . show examples of images acquired on subjects before and after contrast agent injection, as well as the corresponding ER maps. Figure . focuses on the three patients (subjects , and ) diagnosed with ascites (amongst the -patient group),

showing substantial B + 1 artefacts. ER maps obtained with k T -points showed higher values in all these subjects. Those results corroborate the simulations from table . : for instance FA NRMSE for subject was 43.4 % with static RF-shimming, while k T -points achieved 11.7 %. For other subjects, homogeneity was generally already satisfactory with 'patient-specific' static RF shimming; only little to no amelioration was noticeable on anatomical images (subject , fig. . ), despite slightly better simulation results. However, improvement could be visualized on the ER maps (cf. for instance subject in fig. . ).

Qualitative grades obtained with k T -points were higher than with static RF shimming for all criteria, as pictured in fig. . . Statistical significance was established for T 1 contrast (2.4 (sd: 0.4 ) for k T -points vs 2.0 (sd: 0.5 ) for RF shim; p = 0.002), contrast enhancement (2.2 (sd: 0.5 ) vs 1.9 (sd: 0.5 ); p = 0.02), structure details (2.4 (sd: 0.5 ) vs 2.0 (sd: 0.6 ); p = 0.01) and global image quality (2.3 (sd: 0.5 ) vs 1.9 (sd: 0.6 ); p = 0.008). The examination of subject (fig. . ) was judged unusable ( / for all criteria) with RF shim by one reader, whereas no image was deemed unexploitable with k T -points. 85 % of k T -points acquisitions were graded at least / , compared to only 55 % in the static RF shimming case.

. Discussion

Our results confirm that the proposed k T -points approach yields better results in the abdomen than static RF shimming: this is shown here in both the simulation of FA homogenisation and the visual assessment of clinical routine dynamic contrast-enhanced (DCE) images on a commercial 3 T scanner. However, as expected, k T -points impact spanned from image quality status quo for the majority of subjects to large improvement in more 'difficult' cases -ascites, siderotic liver, subject dimensions or muscle/fat proportion [Bernstein ] -where static RF shimming was not sufficient to properly reduce and ) showing no particular a priori inhomogeneity. For both subjects, the top row images were obtained using a 'patient-specific' static RF shimming pulse, and the bottom row corresponds to the k T -points excitation. Anatomical image windowing is the same in all cases for a given subject. Windowing is also the same in all ER images. Subject :

-year-old male. Anatomical images are almost identical, and there is no significant gain nor loss of contrast enhancement between static RF shimming and k T -points. Subject :

-year-old male. Although anatomical images look similar, ER calculations highlight a large contrast enhancement gain in segments and (hollow arrow) brought by the k T -points technique over the 'patient-specific' static RF shimming. For each subject, on bottom row, residual image inhomogeneity (pre-and post-injection) is mostly due to coil array receiving profile, with no impact on ER. -year-old male. The contrast between ascites and adjacent liver is better defined with k T -points; liver signal is more homogeneous (hollow arrow); enhancement ratio (ER) is improved; a siderotic nodule (full arrow) was almost hidden by the zone of shade on the RF shim images. Subject :

-year-old male. Signal homogeneity and ER are improved; hypointensity within the embolised HCC lesion (full arrow) is more clearly demarcated. Subject :

-year-old male. Shading is present in static RF shimming anatomical images and there is virtually no contrast enhancement in most of the liver. Images acquired with k T -points are almost free of shading artefact, especially in terms of ER. Also notice the well-defined cystic structure (arrow) in segment . For each subject, on bottom row, residual image inhomogeneity (pre-and post-injection) is mostly due to coil array receiving profile, with no impact on ER. For some sequences, one improvement would be to reduce the pulse duration: lowering the number of k T -points sub-pulses could allow designing pulses shorter than a millisecond without damaging FA homogeneity too much. More transmission channels, by offering more degrees of freedom, would also help to find a better trade-off between pulse duration, excitation homogeneity and SAR control. Additionally, better results could be achieved by using the body coil at its full power capabilities. A different choice of optimisation cost function, for instance trying to homogenise the GRE signal (for a given T 1 ) rather than the flip angle, can be another solution to ease the pulse design. Spoiled GRE signal homogeneity is indeed rather permissive to flip angle errors around the Ernst angle, especially if the achieved angle is slightly larger than expected. Taking this into account may help reduce the number of needed sub-pulses. Using fewer sub-pulses also implies faster pulse design: the current computation time is a little less than a minute on a powerful laptop, which might prove too slow for everyday clinical use. However this is not a real issue as it can be effortlessly improved through use of better hardware and integration of the procedure into the manufacturer's software.

Only in a few cases, such as subject , was acquisition quality slightly lower with k T -points than with static RF shimming, despite favourable simulation results. This can potentially be attributed to subject-movement-induced ∆f 0 fluctuations between calibration and acquisitions, as k T -points are inherently less broadband than hard pulses. Results could be improved by acquiring ∆f 0 (and B + 1 ) maps in two successive breath-holds as recently proposed for 7 T heart imaging [Schmitter ].

ER is a visual parameter that illustrates the potential gain of contrast obtained with dynamic RF shimming. Quantitative ER assessment in the liver was not performed, as quantitation could have been biased by region of interest (ROI) selection since areas of shade were unevenly distributed.

Comparing anatomical images and ER maps obtained with k T -points shows that a large part of the remaining shading on the former can be attributed to the non-uniform reception profile, i.e. the B - 1 field; the 'Prescan Normalize' B - 1 correction is not sufficient because it wrongly assumes the body coil reception profile is uniform. However, removing the true B - 1 inhomogeneity is beyond the scope of this study. This can explain the generally low qualitative grades obtained for liver signal homogeneity, even with k T -points. Targeting an 11°FA also induces sub-optimal signal in pre-injection acquisitions as liver parenchyma -T 1 ≈ 800 ms [Stanisz ] -Ernst angle is 7°for the TR considered.

One limitation of this study lies in that the pulses designed are strictly non-selective, therefore fit for d sequences with some oversampling in the partition-encoding direction.

However, the same pulse design procedure can be used to produce slab-or slice-selective excitation, by replacing the rectangular RF sub-pulse waveforms with sinus cardinal ones, accompanied by an appropriate selection gradient. This could be achieved at the expense of pulse duration, so one might need to reduce the number of sub-pulses in that case.

This study claims only relative image quality improvement from one technique to another, as there is no absolute reference standard of B 1 -artefact-free technique in 3 T abdominal imaging on this type of scanner. A phantom experiment was performed to validate the method, but is not reported here as the k T -points technique has already been validated extensively both in phantoms and in vivo [Cloos a, Massire ]. Other study limitations include: a relatively small number of patients, only liver DCE-MRI, and a single .

Conclusion and Perspectives

K T -points significantly reduce excitation inhomogeneity quantitatively and qualitatively, with a positive impact in DCE-MRI, especially in patients with ascites and prone to B 1 shading artefact at 3 T. Parallel transmission was used to achieve better homogeneity while mitigating SAR deposition; it is however possible to implement k T -points on singlechannel systems [Eggenschwiler ,Hsu ], where static RF shimming does not exist.

These first results in DCE-MRI promise great applications to other anatomical regions at 3 T. K T -points should indeed improve non-selective preparation and d imaging wherever B 1 shading remains, be it in proton-density-, T 1 -, T * 2 -, T 2 - [Massire ] or diffusionweighted imaging. W e continue our work on clinical routine 3 T MRI in the abdomen by introducing a new concept to remove the burden of calibration and pulse design associated with tailored RF shimming. The proposed method, SmartPulse, is a way to adapt the Universal Pulse technique, developed for brain MRI at 7 T and presented in section . . , to the inter-subject variability typically found in body imaging.

. Introduction

In the previous chapter, using a scanner equipped with pTx in a clinical environment, we demonstrated the superiority of k T -points dynamic RF shimming on static RF shimming for non-selective excitation in abdominal imaging. Indeed, although tailored static RF shimming is satisfactory for most patients, it fails to offer sufficiently homogeneous excitation in about 10 to 20 % of the population. However, both techniques are tailored, i.e. they require calibration consisting at least in the measurement of B + 1 maps from each transmit channel; moreover, for optimal dynamic RF shimming, a frequency off-resonance ∆f 0 map is also required before computation of the RF pulse. All these maps are acquired at the beginning of the examination and thus may become inaccurate in case of subject motion or/and breathing.

On a 3 T scanner with two channels, the whole calibration process can last nearly two minutes: seconds for B + 1 mapping, seconds for ∆f 0 mapping, and between seconds (static RF shimming) and seconds (k T -points) for pulse design itself. This time naturally scales with the number of transmit channels. For this reason, Gras et al.

[Gras b] introduced the concept of Universal Pulses (UPs), that allows calibration-free pTx : instead of designing a pulse specific to each subject, a pulse robust to inter-subject variability is created once and for all using calibration data of a population of subjects. We saw in section . . that UPs were successfully implemented for a variety of applications in brain imaging. ] with good accuracy. Mirfin et al. investigated a neural network solution to predict dynamic RF shimming pulses [Mirfin ], but the produced pulses still lacked performance. Both methods were targeting slice-specific pulses for brain examinations at 7 T.

The present work constitutes a proof-of-concept for a new method, SmartPulse, proposed to achieve the simplicity and user-friendliness of universal pulses under the important inter-subject variability found, for instance, in the abdomen at 3 T as shown in fig.

. , where a universal design may not suffice. Instead of designing one pulse for all subjects, a population is divided into clusters, and one smart-universal pulse is designed for each cluster. Then a machine learning algorithm classifies new subjects to assign the best possible pulse to each one of them. To comply with the calibration-free philosophy of universal pulses, only features that can be extracted automatically from a 'localizer' acquisition -a compulsory step preceding all imaging protocols -are used: no additional data is needed.

In continuation of the works described in chapter , this study was led in the context .

Elements of Machine Learning

As the SmartPulse method relies heavily on machine learning, let us first discuss what machine learning is, and what tasks and approaches this term encompasses.

Machine learning refers to various methods allowing to 'learn' information directly from data [Kohavi ], i.e. without a predetermined model. As shown in fig.

. , machine learning methods can be subdivided into two main families:

• In supervised learning, a predictive model is built from data that has been labelled beforehand: algorithms are trained on a set of examples for which both inputscalled features -and responses (outputs) to these inputs are known.

• Unsupervised learning, in contrast, relies solely on inputs: the aim is to reveal intrinsic patterns or structures in data.

Among the various applications of unsupervised learning, the most common one is cluster analysis, or clustering. Clustering aims at finding similarities in data in order to group elements together: elements belonging to the same group -or cluster -are more similar to one another than to those in other clusters. In order to perform data clustering, one must therefore find a measure of similarity (often a distance function) that best corresponds to the data, and choose a clustering method that best fits the needs. The second step of the SmartPulse process consists in classifying subjects, according to a number of features that do not rely on B + 1 mapping, into one of the several categories determined during the clustering step. Given the relatively small number of training data available and the few features used, the classifier chosen in this study is based on a random forest and on a non-linear support vector machine (cf. section . . ), which should both avoid overfitting and exploit feature non-linearity.

Finally, in regression tasks, the output to predict is a continuous variable. Typical methods are linear or logistic regression, but also decision trees (and random forests), support vector machines or neural networks. There is no regression involved in the Smart-Pulse process, but as we will see in the discussion, it could be used in the future to obtain better performance.

. Theory

Since the goal is to design short non-selective excitation pulses robust to B + 1 inhomogeneities, we adopted the k T -points method and its formalism. In this section, we briefly remind subject-specific (tailored) as well as universal k T -points pulse design (section . ).

Then we introduce the clustering and pulse design specificities of SmartPulse.

. . Theory

. . Tailored K T -Points Pulse Design

The k T -points pulse design consists in homogenising the flip angle (FA) distribution in a region of interest by optimising simultaneously RF complex coefficients, k-space locations [Gras ] and durations (chapter ) of each k T -point sub-pulse. With N kT sub-pulses on a pTx system equipped with N Ch transmission channels, and using the vectors x, k and t to represent, respectively, all sub-pulse RF complex coefficients, threedimensional k-space locations, and sub-pulse durations, the optimisation problem can be expressed as [Gras b, Setsompop a]:

arg min x,k,t A(x, k, t) -α T 2 , (x, k, t) ∈ C N Ch N kT × R 3N kT × R N kT ( . )
where α T is the targeted FA (a scalar) and A is the Bloch operator that associates a FA with each voxel depending on its B + 1 and ∆f 0 values (see section . . , either STA or LTA). Optimisation is performed under peak power, average power, and global and local

SAR constraints [Hoyos-Idrobo

] to comply with hardware limits and patient safety.

. . Universal K T -Points Pulse Design

The design of a universal pulse seeks to homogenise excitation simultaneously over the whole population, based on a sample of N s subjects. In this work, the approach is a 

M (E) -α T 2 , (x, k, t) ∈ C N Ch N kT × R 3N kT × R N kT ( . )
where E = A(x, k, t) -α T 2 1≤i≤N S is the residual vector of root-mean-square FA errors applied over all voxels of interest for each subject, and

M E) = E + SD(E). • and SD(•)
represent the sample mean and the sample standard deviation operators, respectively.

Without any additional difficulty, this problem is also solved under all strict constraints as described in the tailored case.

. .

SmartPulse Design Process

The SmartPulse process can be divided into two steps. First, we create N C clusters of subjects from a database of N S,0 subjects and design one smart-universal pulse for each cluster. Then, we train a classifier on N train subjects to assign the most appropriate pulse to a subject, given a set of simple features.

. . Theory

Clustering and Pulse Design

In order to perform database clustering, we design one tailored -k T -points pulse according to eq. ( . ) for each of the N S,0 subjects, then form the matrix

N = v s,p 1≤s,p≤N S,0 ( . )
where v s,p denotes the NRMSE achieved by the pth pulse when applied to the sth subject.

By defining subject vectors v s = v s,p 1≤p≤N S,0 (i.e. the pth column of N ), we compute D, the distance matrix between subjects:

D = v s -v s 2 1≤s,s ≤N S,0 ( . )
We then perform agglomerative hierarchical clustering on D with complete linkage

[Müllner ], i.e. with the distance between two clusters of subjects I and J defined as

d(I, J) = max vs∈I,v s ∈J v s -v s 2 ( . )
which tends to produce a few number of large groups of data, as opposed to single or average linkage, for instance. It is a bottom-up process that starts with each individual subject forming a singleton cluster. A new cluster K is created by joining the two clusters I and J of minimal pairwise distance d(I, J); I and J are then removed from the set.

Clusters are iteratively joined two by two to form new larger clusters, until a single cluster containing all subjects is obtained. This process both leverages and represents all the distances between individuals and between groups of subjects. It emphasizes the inherent structure of the set of subjects, and allows to group subjects that display similar behaviour to various RF pulses in terms of NRMSE. Then, given a number of desired clusters N C , it is possible to stop the merging process to reach this exact number. Finally, if we denote by C j the set of indices of subjects belonging to the jth cluster, clustered pulse design boils down to solving eq. ( . ) for each subset A j :

A j = {A i | i ∈ C j }, 1 ≤ j ≤ N C ( . )
to obtain N C pulses p j = (x j , k j , t j ).

Assigning Additional Subjects to Groups

For the second step, a classification algorithm is trained on N train labelled subjects. For good classifier performance, a large number of training subjects is desirable. To expand the training set, N S,1 additional subjects are acquired (N train = N S,0 + N S,1 ); they were not included in the clustering as some of them induced the creation of a fourth cluster, too small for training.

The N S,0 subjects used for clustering are labelled from 1 to N C according to the cluster they belong to. Since the performance criterion used eventually is the NRMSE obtained by applying a pulse to a subject, each of the N S,1 new subjects is labelled according to . . Methods the cluster pulse p j that yields the lowest NRMSE. If we denote by y i the class assigned to the ith subject:

y i =      j ∈ {1, . . . , N C } such that i ∈ C j if i ∈ {1, . . . , N S,0 } arg min j∈{1,...,N C } A i (x j , k j , t j ) -α T 2 if i ∈ {N S,0 + 1, . . . , N S,0 + N S,1 } ( . )
This is a simple and fast way to expand the training database, making the proposed method easily scalable.

. Methods

. . Subjects and Scanner

Data acquired for the study from chapter on consecutive subjects were reused here as the clustering set: it corresponds to subjects through (N S,0 ). For the present work, measurements were performed over a three-week period on (N to 43.7 kg/m 2 ) were therefore included. subjects from the testing population underwent DCE-MRI while in the presence of a pulse designer (Raphaël Tomi-Tricot), over the last two weeks of the study; they constitute the imaging population.

Our study was approved by the institutional review board of Centre Hospitalier Universitaire Henri Mondor; informed consent was waived. Acquisitions were carried out on a MAGNETOM Skyra (Siemens Healthcare GmbH, Erlangen, Germany) 3 T scanner, equipped with a two-channel pTx system used in clinical routine. Two -channel coil arrays (anterior and posterior) were used for reception.

. . Transmit B and Off-Resonance Mapping

B + 1 maps were measured through a manufacturer automatic adjustment procedure, a freebreathing magnetisation-prepared turbo FLASH sequence performed in about seconds.

They were the same maps as the ones used for patient-specific static RF shimming. ∆f 0 maps were needed for pulse design and FA simulations per se, but also to discriminate between water and fat voxels. Indeed, the pulses were intended for a fat-suppressed sequence, so only water voxels were considered for FA homogenisation, leading to increased pulse performance in water as well as lower computation times. Assuming that both tissues do not mix, this was achieved with a two-echo FLASH acquisition acquired in one breath-hold ( seconds) with ∆TE = 0.95 ms, short enough to avoid phase wrapping over a ±500 Hz frequency range.

Pulse design was performed from a d mesh of 5-mm isotropic voxels, so both B + 1 and ∆f 0 maps were down-sampled to match that resolution.

. . Pulses Compared

For each subject of the testing population (Subjects through ), six pulse types were used:

• p TF : TrueForm, the scanner default elliptically polarised pulse (cf. section . . );

• p TSS : manufacturer's patient-tailored static RF shimming (cf. section . . ) with coefficients automatically calculated by the scanner based on the subject's B + 1 maps, but with a maximum voltage constrained to be less than or equal to that of True-Form;

• p OTSS : optimal static RF shimming, computed offline;

• p TKT : patient-tailored k T -points dynamic RF shimming, computed offline;

• p UKT : universal k T -points; • p SP : SmartPulse k T -points.
Duration of hard pulses p TF , p TSS and p OTSS was set to 100 µs. Pulse design for other techniques is described below.

Tailored and Universal K T -Points Pulse Design

-k T -point-point tailored pulses (p TKT ) were designed, under SAR and hardware constraints, as done in chapter and explained in section . . and chapter . With the goal of using them for DCE-MRI, a FA of α T = 11°was targeted, for a TR of 6 ms, and a 1300-µs pulse duration limit was set. For local SAR prediction, virtual observation points (VOPs) [Eichfelder ] provided by the scanner were used.

A universal pulse was also designed on Subjects through , according to eq. ( . ).

The pulse used throughout this study, p UKT , had five sub-pulses and was 770-µs-long: it was returned shorter than the tailored version, most likely to achieve more broadband behaviour.

All pulse designs were performed using the active-set constrained optimisation algorithm from MATLAB R a (The Mathworks, Natick, MA) on a laptop computer (Intel Core i -HQ CPU, NVIDIA Quadro K m GPU). All p SP and p UKT were applied to every subject without voltage scaling.

SmartPulse Clustering and Pulse Design

. . Subject Classification

Ten features likely to influence abdominal composition and geometry, and therefore B + ) a Abdomen dimensions measured in the anterior-posterior (AP) and left-right (LR) directions, and ratio: AP/LR. b Reference voltage measured by the scanner: voltage required for a 500-µs hard pulse to perform 90°excitation. c Global specific absorption rate due to the localizer acquisition, as measured by the scanner. d For all columns except sex: Mean (SD) over the testing set (Ntest = 53). For sex: number of male (M) and female (F) subjects.

specific metadata was available, among which the reference voltage, calibrated by the scanner for each subject, and defined as the voltage necessary for a 500-µs hard pulse to create 90°excitation in a 1-cm-thick transversal slice at magnet isocentre [Feiweier ].

In the default transmit configuration, this value is related to the B + 1 distribution within this slice. The subject's abdominal width and height ( features) were estimated by fitting an ellipse inscribed in the most caudal axial slice, and retrieving its major and minor axes (respectively). The most inferior slice was picked to ensure the ellipse fitting was performed in the abdomen, not in the thorax. In this pilot study, however, for some patients, the localizer was really off-centred; in those cases, the ellipse fitting was performed on the central slice of the magnitude images associated with the ∆f 0 map. One last feature was derived from these measurements: the abdominal ratio (height over width).

The classification algorithm was implemented using Scikit-learn [Pedregosa ] and trained on the population of N train = subjects. Two algorithms were separately tuned by repeated stratified cross-validation on this set, with shuffles and splits. An extremely randomised trees algorithm [Geurts ] with trees reached 84.3 % crossvalidation accuracy. A support vector machine multiclass classifier [Cortes ,Wu ] with a radial basis function kernel achieved 84.9 % accuracy. The algorithm selected for this study was a voter classifier averaging the output class probabilities of both algorithms; its cross-validation accuracy was 85.4 %. Prediction score on the whole training set was 100 %.

To assess classification performance, a prediction accuracy score was calculated on the training test, i.e. the proportion of subjects who were assigned the pulse yielding minimal NRMSE. A relaxed accuracy score was also determined, which regarded subjects as misclassified only if the NRMSE associated with their assigned pulse was 2% above the lowest possible.

Finally, the time needed for feature extraction and pulse prediction time on individual subjects from the testing population was measured.

. . Methods

. . Excitation Homogeneity

FA maps obtained with each technique were simulated by numerical integration of Bloch's equations based on actual B + 1 and ∆f 0 maps measured in subjects. FA average, coefficient of variation (CV) and NRMSE over water voxels in the volume of interest were estimated.

In the SmartPulse case, all three cluster pulses were tested, and the one yielding the best NRMSE was defined as p SP,best , and used to assess the performance of an 'ideal' process with no prediction errors.

Matched-pair Wilcoxon signed-rank tests were computed using the SciPy [Jones ] stats package whenever FA NRMSE, CV or means of different techniques were compared.

Reported p-values are two-sided significance levels; null hypothesis of equality of distribution medians was rejected for p less than 0.05.

. . In Vivo Acquisitions

Additional sequences were run on subjects from the imaging population to compare images obtained with p TF , p TSS , p TKT and the predicted p SP . To avoid disturbing the diagnostic DCE-MRI protocol, those sequences were only inserted prior to contrast agent injection and in late phase, as pictured in fig.

. .

The sequence used was a T 1 -weighted d FLASH, with 'quick fat-saturation' [Le ] to remove hypersignal due to the short T 1 of fat that could mask contrast-agent-related enhancement. Fat saturation was achieved with a fat-selective 90°-pulse of Gaussian shape, identical in all sequences. Sequence parameters were: FA = 11°, TR/TE = 6/3 ms, 320 × 220 × 72 matrix, (1.2 × 1.2 × 3.5) mm 3 resolution, GRAPPA factor 2 in the phase encoding direction (anterior-posterior), 80 %/50 % phase/slice resolution, PF = 6 /8, 505 Hz/pixel bandwidth, for an acquisition time of less than seconds. The matrix size or/and resolution was sometimes slightly adjusted to accommodate larger patients while ensuring an acquisition time compatible with a breath-hold. Up to 33 % oversampling was needed in the partition-encoding direction to avoid aliasing. Two -channel surface coils (anterior and posterior) were used for reception. Only the channels necessary to cover the FOV were selected; this was done automatically by the scanner, and allowed to keep oversampling to a minimum. The manufacturer's 'Prescan Normalize' procedure was applied to all series in order to correct images for reception profile. However, this technique assumes homogeneous body coil reception, which is not the case in the abdomen as the corresponding reception profile is also affected by the B artefact; some inhomogeneity may therefore remain.

Elastic registration was applied to all acquisitions using Siemens software. This allowed to calculate, for each technique, the contrast enhancement (CE) and the enhancement ratio where S ref and S late represent signal before and after contrast agent injection, respectively. ER presents the advantage of completely removing the reception profile; however it will artificially increase with FA overshoot, contrarily to CE.

. Results

. . Subject Classification

Once the localizer sequence was acquired, the full process of feature extraction and Smart-Pulse prediction for one subject systematically took less than two seconds. Strictly speaking, the accuracy of the algorithm on test data was 74 %. However, in many cases two pulses would perform similarly well, so the second best pulse may not necessarily be re- (sd: 1.3°) respectively (p < 0.0001). This was not the case for p SP , which achieved better performance on FA average as well, with 10.7°(sd: 1.3°), and even 10.8°(sd: 0.8°) for p SP,best (p < 0.0001 in both cases).

Finally, table . and fig.

. also point out that while p OTSS and p TKT yield better NRMSE than p TF and p TSS , SAR is much higher on average (p < 0.0001 in all cases). This is not the case for p SP : associated SAR is significantly higher (p = 0.003) than that of p TSS , but not by much. p SP SAR was 21 % (sd: 4 %) of the maximal authorized value vs 38 % (sd: 12 %) for both p UKT and p TKT , and 18 % (sd: 5 %) for p TSS . One may be concerned about implications of mispredictions in terms of SAR, but SmartPulse seems to behave favourably in this respect. Indeed, out of the test subjects, the highest SAR encountered was 37 % of the maximal allowed value, considering all three p SP options. 

. . In Vivo Acquisitions

. Discussion

. .

Results Summary

The SmartPulse process as presented here provided correct pulse assignments in 87 % of the cases. NRMSE simulation results were generally better with p SP than either with p TF , p TSS and p UKT , and comparable to those obtained with p OTSS . This is even more salient when considering perfect predictions (p SP,best ). SmartPulse was especially convincing in tempering inhomogeneity in the most difficult subjects. Moreover, these results are obtained almost instantly after completion of the introducing localizer sequence.

Comparing actual acquisition results brought out that SmartPulse does not produce images worse than tailored k T -points pulse design, despite simulations favourable to the latter. Due to their 'universal' nature, SmartPulse k T -points may be more robust to patient motion during the acquisition or between calibration and DCE than their tailored counterpart, not forgetting that B + 1 maps are acquired in free-breathing, and thus generally do not correspond to breath-hold positions of subjects. Bias in CE and ER was avoided by randomly assigning sequence order for each subject.

Better results can be obtained by further improvement of the two main aspects of this work: subject classification and pulse performance.

. . Improving Subject Classification

The difference between training and testing accuracy indicates model overfitting. This can be alleviated by using a larger training set, but this alone may not be enough.

Firstly, the way additional subjects are labelled for training and testing -i.e. selecting the pulse yielding the best NRMSE -is different from the way clusters are made. High machine learning performance, for these subjects, expresses that the selected pulses are the best in terms of NRMSE. Of course, this is an interesting metric, as the aim is to obtain a low NRMSE eventually, but it is only loosely connected to the clustering scheme. Even though it is not really a problem, as such errors would occur between pulses with similar NRMSE on a given subject, it would still result in lower test scores. This is why a tolerance margin of +2 % on NRMSE was used to further analyse classification performance.

Secondly, there were a few imprecisions in the features used for extraction. Subject's height and weight were provided by the patients themselves, not measured on site, thus leading to slight approximations as people tend to give round values or to understate their weight, for instance. Most importantly, abdomen measurements could be much improved by automating localizer placement. This would ensure consistent localizer axial slice locations in the body, and would allow using more than one slice for abdominal dimensions estimation. Measurements at different locations in the abdomen would discard the assumption of a somewhat cylindrical body, while making the database more consistent.

Another refinement would be to analyse other slice orientations, such as the coronal view -which is already acquired (fig. . ). For instance, subject suffered from massive splenomegaly, which probably explains its misclassification. Because of its mostly rostrocaudal extension, the abnormal spleen did not impact much abdominal dimensions in the axial plane; still it had an influence on excitation inhomogeneity.

. . Improving Pulse Performance

Flawless class prediction would make NRMSE of all subjects in a 9 % to 21 % range, which could induce perfectly acceptable examinations for every patient. Still, those results could be improved. In some cases (subjects , , ), p SP,best NRMSE was slightly higher than that of p TF . Also, because of an inadequate average FA, some subjects showed relatively high NRMSE despite having low CV.

This issue could be addressed by defining more (finer) clusters. This would require the acquisition of more subjects in order to train the classifier to discriminate between even more categories.

Another -more seductive -approach would be to train a regression model to infer the average FA that the predicted pulse is expected to yield on a given subject, and to adapt the pulse's amplitude accordingly. Preliminary works on this aspect are ongoing and seem promising, but indicate that such a regression model would require more training data to make precise average FA estimates.

.

Conclusion and Perspectives

Universal pulse design does not suffice to homogenize excitation in 3 T abdomen imaging consistently for the whole population. Once implemented, the proposed method provides a simple and efficient trade-off between tailored and full universal pulse design approaches.

Although SmartPulse did not systematically provide better homogenisation than the best possible tailored static RF shimming, it performed equally well or better in most difficult subjects without sacrificing easier ones. Interestingly also, SmartPulse could be used on single-channel systems [Eggenschwiler ], where patient-tailored RF shimming does not exist.

. . Conclusion and Perspectives

The proposed approach is extremely fast as it gets rid of all calibration and optimisation. This could prove useful especially for ultra-high field explorations of the body, where the increased number of transmit channels used to perform RF shimming makes calibration and pulse design even more tedious and challenging. SmartPulse is not particularly demanding in terms of SAR. Energy deposition was not a limiting factor in this DCE study, but this property would be of interest in more SAR-inducing sequences.

Finally, the SmartPulse approach with underlying k T -points pulses is readily implementable for non-selective preparation and d imaging to tackle B ], or proton-density-weighted imaging. As universal selective pulses, it could also be extended to fast-kz spokes to achieve slab-or slice-selective behaviours and thereby tackle full protocol optimisation. Allowing the optimisation of k T -point pulse and sub-pulse durations at design time in addition to complex RF coefficients and k T -point locations proved useful in brain imaging at 7 T, especially in presence of large static field inhomogeneities. This improvement to the original algorithm was also included in the pulse design in clinical liver studies at 3 T as it gave more flexibility and required less user involvement to find a good compromise between pulse length and homogeneity performance.

+ 1 inhomogeneity in T 1 -, T * 2 -, T 2 -[Gras , Massire 
Our breast imaging study on a single-channel scanner showed that the default True-Form transmission mode implemented on Siemens scanners was already satisfactory for almost all subjects we encountered, and that there was no particular need for more homogeneity in clinical applications. The k T -points implementation on the sTx scanner could be improved in the future by better masking breast tissues.

On the contrary, k T -points proved essential in liver imaging, even on a dual-transmitchannel scanner capable of performing patient-tailored static RF shimming. We demonstrated the superiority of k T -points in terms of quantitative performance as well as image quality. Indeed, considering that an acquisition is of good quality when it receives a global confidence grade of at least 2 on a scale from 0 to 3, static RF shimming produced good quality images in only 55 % of the population. With k T -points, 85 % of the patients received a good examination. K T -points therefore enforce equality for all in diagnosis quality.

With the SmartPulse method, a step forward has been taken towards the integration of dynamic RF shimming solutions in the clinical world. This proof of concept with underlying k T -points pulses for non-selective excitation in abdominal imaging is very promising.

From a pre-formed database of pulses, the classifier algorithm managed to select the one yielding the best homogeneity in 87 % of the patients. The result was generally more homogeneous than with subject-tailored static RF shimming, even though it did not require any specific calibration (neither mapping nor in-line pulse design), which saves precious time for the examination. Additionally, some subjects showed strong RF inhomogeneity: in those cases, tailored static RF shimming showed its limits, while SmartPulse was still performant.

Future developments could consist in including dynamic RF shimming in as many clinical protocols as possible. In this thesis, we focused on the k T -points technique, which is suited for non-selective excitation, inversion, or refocusing, in particular for d imaging. One interest of dynamic RF shimming compared to static methods is that, although it takes advantage of parallel transmission, it does not require it. This means that k T -points can be used on any scanner, with no need for additional hardware, as done in chapter for our study in breast MRI. Figure GC. c is an example of the flip angle homogeneity that could be obtained in the liver with k T -points on a single-channel transmission system. This result was obtained in simulation on one of the most difficult patients we encountered, and we can see that sTx k T -points, although they are not as effective as pTx ones, clearly surpass the best possible two-channel static RF shimming. Considering that contrast is quite immune to small flip angle errors, this should be enough to radically improve acquisition quality. Finally, Siemens Healthineers have recently introduced the MAGNETOM Terra, a clinical 7 T scanner, that received both CE (European Conformity) and FDA (US Food an Drug Administration) markings. This imager has two operating modes: sTx and eight-channel pTx. Although today clinical use of the Terra is legally restricted to singlechannel transmission, it seems likely that pTx will be authorised in the upcoming years, thus opening the door to ultra-high field exploration of the body. However, we expect that static RF shimming will not be sufficient to overcome the strong flip angle inhomogeneity encountered in body imaging -especially in the liver -even with eight channels as shown in fig. GC. . Furthermore, B + 1 mapping will be longer. The TIAMO technique has already demonstrated good mitigation of signal voids due to B + 1 inhomogeneity in the liver at 7 T by acquiring two time-interleaved images with a different excitation mode for each [Orzada ]. However it requires every sequence to be played twice: in addition to being a burden in clinical routine, it is hardly compatible with breath-hold examinations.

Therefore, we can easily imagine that the k T -points method will be a promising alternative to obtain high quality d imaging. Moreover, with the SmartPulse approach, the need for complex and time-consuming calibration usually associated with static or dynamic RF shimming will simply vanish away. . Fat and water voxels were finely intertwined so a higher resolution was needed.

Additionally, on the spectrum, we can see significant overlap between water and fat peaks, making discrimination between both tissues difficult.

. We needed to clean the FOV from isolated voxels and from a number of irrelevant organs and tissues: liver dome, heart, pectoral muscles, etc.

A. . Mapping a Wide Range of Off-Resonance Frequencies

In addition, there is a wide variety of breast sizes and compositions, including patients with mastectomy (unilateral or bilateral), or with silicone-based prostheses (off-resonance peak at -600 Hz). Sometimes, the water peak is insignificant, sometimes it dominates fat.

Fortunately, breast examinations are performed in free-breathing and breathing does not induce significant breast movement, so increasing the acquisition time of the ∆f 0 mapping sequence was not really an issue.

A. Mapping a Wide Range of Off-Resonance Frequencies

To solve the first issue, and acquire a range of frequencies as large as needed, we acquired two distinct single-echo FLASH sequences, each with a slightly different TE. Choosing ∆TE = 0.25 ms allowed to distinguish frequencies in a ±2000 Hz bracket, which was more than enough to cover the entire spectrum. Both echo times were picked so that water and fat were in phase or close (for instance 2.20 ms and 2.45 ms), so that signal was maximal in every voxel, and phases as precise as possible in voxels containing a mix of water and fat. Also, this two-sequence scheme allowed us to use a readout bandwidth narrower than with a single two-echo acquisition, which increased the SNR.

Running two sequences, of course, means doubling the time needed to acquire the ∆f 0 map. To achieve an isotropic resolution of 2 mm, a total acquisition time of about one minute was needed.

In order to increase the precision of the ∆f 0 mapping, we decided to acquire a third echo -using a + or + echo acquisition scheme -as suggested in section . . 'Off-Resonance Mapping'. As we are about to see, choosing adequate echo times enabled us to easily segment fat and water voxels, despite the overlap between their respective peaks on the histogram.

A. Using Dixon Reconstruction to Mask Water and Fat

Here we consider a + echo acquisition. The first sequence can be acquired with a Dixon 

   S w = τ w S w,0 S f = τ f S f,0 (A. )
with S w,0 and S f,0 the theoretical signals in voxels containing solely water or solely fat, respectively. S w,0 and S f,0 are given by eq. ( . ):

         S w,0 = k PD w sin α 1 -E 1,w 1 -E 1,w cos α E * 2,w S f,0 = k PD f sin α 1 -E 1,f 1 -E 1,f cos α E * 2,f (A. )
Let us make a few approximations: we consider that PD w = PD f , and we consider identical T * 2 values for both tissue types (cf. table . on page ). We know that the ratio between theoretical signals from both tissues should be equal to that of measured signals:

S f S w = S f S w ⇐⇒ S f S w = τ f S f,0 (1 -τ f ) S w,0 (A. )
This gives:

τ f = 1 1 + S w S f S f,0 S w,0 (A. )
For a given {TR, α} pair, the only relevant parameters in the ratio We developed an ICE functor (image reconstruction program for Siemens systems) that incorporates default Dixon reconstruction along with -echo ∆B 0 calculation, that outputs water and fat signal images along with the off-resonance map. This way, we only had to retrieve a compact file on the scanner that we would use for pulse design, rather than working with raw data or DICOM images.

A. Additional Masking Steps

Apart from water and fat separation considerations, it was necessary to have a mask clean enough to avoid including background noise voxels in the pulse design, thus improving its robustness. on parle de précession libre. C'est durant cette période qu'un signal correspondant à cette relaxation peut être mesuré : la FID (de l'anglais free induction decay). Ce mouvement de précession, et donc la FID, est empiriquement décrite par deux constantes de temps :

-T 1 correspond à la relaxation spin-réseau, qui décrit le retour à l'équilibre de la composante longitudinale de l'aimantation ; -T 2 correspond à la relaxation spin-spin, qui correspond à la disparition progressive de la composante transverse de l'aimantation.

Ces deux constantes varient selon les tissus et permettent de les caractériser. En pratique, le champ B 0 n'est pas parfaitement homogène, ce qui accélère la disparition de la composante transverse, que l'on décrit alors par T * 2 . 

IRM à haut

Etudes cliniques

Trois études cliniques ont été réalisées au Centre Hospitalier Universitaire Henri Mondor (Créteil), en IRM du sein et du foie. En voici un résumé. 

Imagerie du sein avec des points k T en mono-canal

Approche par apprentissage automatique pour utiliser des points k T en IRM du corps sans calibration

Enfin, dans une dernière étude, nous avons présenté une nouvelle technique, dénommée SmartPulse, qui s'appuie sur la méthode des pulses universels, présentée plus haut, et l'étend à l'imagerie du corps où la variabilité morphologique est plus importante que dans le cerveau, et où une impulsion unique ne fonctionne pas pour toute la population.

A partir des cartes de champ acquises sur les sujets de l'étude précédente, nous La méthode SmartPulse pourrait alors permettre de réaliser des examens de qualité tout en évitant la perte de temps et la complexité que constitue la calibration généralement associée au shim RF statique comme aux points k T . Title: Clinical applications of the kT-points method to homogenise spin excitation in 3T MRI Keywords: MRI, parallel transmission, kT-points, radiofrequency inhomogeneity, 3T, clinical imaging Abstract: High field magnetic resonance imaging (MRI) is often used in clinical practice, for the high signal-to-noise ratio it offers. However, at high field, the radiofrequency (RF) wavelength used for imaging is shorter, which can induce loss of signal and contrast when it is close to or shorter than the dimensions of the irradiated objects. At 3T, RF wavelength is about 30 cm in human tissues, and such artefacts are frequently observed in the abdomen, as well as in the thighs or in the breasts. This is certainly one of the main reasons why high field MRI has failed to establish itself as the gold standard in hospital, where 1.5T scanners are more frequent. Recent 3T scanners usually come with a two-RF-channel parallel transmission setup: in principle, each channel can transmit completely independent waveforms. However, this technology is not exploited fully in practice, as only the static RF shimming is implemented: a single waveform is used, with adjusted amplitude and phase on each channel. This allows to create interference patterns, calculated to counteract transmission inhomogeneities measured beforehand in the patient (RF and possibly static field). This method works best when many channels are available, but shows its limits when good homogeneity is expected over a large field of view. The kT-points method, developed at CEA-NeuroSpin for brain imaging at ultra-high field (7T) relies on a succession of short rectangular RF pulses interleaved with static gradient "blips" to modulate magnetisation at will, thus producing homogeneous excitation in spite of an imperfect RF field. Those composite pulses are even more effective as they can take advantage of parallel transmission (eight channels at 7T). In this thesis, the kT-points technique is applied at 3T. The objective is to demonstrate its usefulness and its compatibility with a clinical routine workflow. First, several changes made to the kT-points pulse design algorithm and to static field mapping in order to adapt them to body imaging (liver, breasts) are described. Indeed, the presence of lungs and fat add further constraints compared to the brain. Then, several clinical studies are detailed. The first one regards T2-weighted breast MRI on a single-channel scanner. It shows that in that case the default transmit mode is satisfactory, and only slightly improved by kT-points. A second study focuses on T1-weighted dynamic contrast-enhanced imaging of the liver, with two transmit channels. Static RF shimming and kT-points were compared on a large cohort. For some "difficult" patients, acquisitions were quantitatively and qualitatively better with kTpoints, which therefore offer a more uniform diagnostic quality among the population. Finally, a novel method is proposed: SmartPulse. It is based on the universal pulse concept, developed in NeuroSpin for brain imaging, whose principle is to design pulses (e.g. kT-points) for a given application, that homogenise excitation in the whole population, and not only for one subject. Thus, there is no more need for cumbersome mapping and inline pulse design. SmartPulse extends the range of universal pulses to body imaging, by adequately clustering the population, designing different pulses for each cluster, and applying a machine learning classifier to assign the most appropriate pulse to any new subject. Proof of concept was undertaken in abdominal imaging, where inter-subject variability is considerable. We hope this thesis will give a new outlook on RF inhomogeneity handling in routine 3T MRI, and in the long run will help making body imaging more accessible at high and ultra-high field.
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  spin relaxation time s α magnetisation nutation angle (flip angle) degree (°), rad α complex nutation angle: α = |α| degree (
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  Figure GI. : ISEULT project: 11.7 T MRI scanner being built in NeuroSpin.
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Figure . :

 . Figure .: Classical representation of macroscopic net magnetisation M 0 (hollow vector) in an isochromat consisting of several adjacent spins immersed in an external static magnetic field (B 0 , grey vector). It is induced by the slight excess of magnetic moments (black vectors) parallel to B 0 , compared to anti-parallel ones. ω 0 is the Larmor angular frequency at which each spin precesses about B 0 . Adapted from[Luciani , ch. ].

Figure . :

 . Figure . : Effect on macroscopic magnetisation of a B + 1 field rotating at the Larmor frequency ω 0 viewed (a) from laboratory frame (XYZ) where B 0 is aligned with the Z axis. (b) It is generally convenient to represent it in a rotating frame of reference (xyz) of frequency ω rf , where B + 1 lies along with the x axis. The z axis is aligned with Z. Adapted from [Décorps ].

Figure . :

 . Figure . : Longitudinal (grey) and transversal (black) relaxation of magnetisation for a given T 1 and T 2 . From [McRobbie ].

Figure . :

 . Figure . : Free induction decay signal representation, showing the signal oscillating at the carrier frequency (128 MHz at 3 T), weighted by a decreasing exponential caused by T * 2 decay. No values are shown on the time axis, as in this simple representation, for the sake of readability, the frequency is orders of magnitude lower than in reality.

Figure . :

 . Figure . : Illustration of spatial selection of a transversal slice by coupling a linear static field gradient G Z along Z and a spectrally selective pulse with a sinc envelope. A slice of thickness W around isocentre (left, in black) is selected by applying a pulse whose carrier frequency ω rf matches ω 0 , and whose envelope corresponds to a bandwidth BW = γG Z W. Keeping the same envelope but increasing ω rf to ω rf,C = ω 0 + γG Z Z C allows to select a slice of identical thickness W, but centred around Z C (right, in grey) .

  a signal (FID) associated with the precession of M xy . Now let us focus on spatial encoding of signal, considering only modern methods introduced by the works of Mansfield in the seventies [Mansfield a, Mansfield b], and a 'traditional' Cartesian sampling pattern.

  obtained in d MRI are named 'partitions'), and it is generally played simultaneously with G Phase . To acquire a full d k-space, we have to repeat the G Part → G Phase → G Read pattern N Part × N Phase times, with N Part the number of partitions to encode, and N Phase the number of lines, and apply an inverse d Fourier transform to retrieve the imaged volume. The difference between d and d imaging in terms of encoding is pictured in fig. . . One drawback of d imaging is its sensitivity to patient motion, as the whole d kspace must be filled -which takes time -before reconstructing. Any spatial information corrupted by movement occurring during acquisition affects the quality of all images within the volume. In comparison, in d imaging, each slice is reconstructed separately: motion during the acquisition of one slice has no effect on the rest of the FOV.

  most basic ways -though historically not the first -to obtain an MRI image is via the GRE sequence, introduced in by Haase et al. in [Haase , Frahm ]. In a GRE sequence, one first tilts magnetisation by a flip angle α (with α ≤ 90°). The kernel of a basic GRE is pictured in fig. . , for both d selective and d non-selective imaging. As described before, phase-encoding (and partition-encoding in d) is ensured by gradients on G Phase (and on G Part in d). Signal in the remaining direction is encoded by a dephasing gradient played on G Read -here of negative polarity -which causes a phase dispersion of the spins. It is followed by a positive gradient whose integral is twice that of the negative lobe: the spins gradually refocus, producing an echo during which signal is sampled, hence the name 'gradient-recalled echo'. Signal is said to be frequencyencoded, as the readout gradient forces spins to precess at different frequencies depending on their location along that axis. Shaded lobes are of equal area in fig. . . Gradientinduced dephasing is fully compensated in the middle of the readout (positive) gradient, thus marking the sequence TE, when the echo peak occurs.

  GRE sequence with selective excitation and D Cartesian acquisition. GRE with non-selective excitation and D Cartesian acquisition.

Figure . :

 . Figure . : Timing diagrams for a 'basic' gradient-recalled echo (GRE) pulse sequence, as introduced in [Haase ], for (a) D and (b) non-selective D imaging. This sequence requires TRT 1 , which is too idealistic; in practice, spoiling is used (fig..). Notice the slice-selection gradient along with a sinc pulse in (a), and the rect pulse without accompanying gradient in (b). For D imaging, a second phase-encoding gradient (G Part ) is needed. Greyedout gradient lobes of a given shade are of identical area (moment). The negative grey G Slice lobe in (a) is a rephasing gradient, to ensure that phase dispersion introduced by the sliceselection gradient is corrected, thus avoiding signal loss due to intra-voxel dephasing.

  Figure . : D fast low angle shot (FLASH) sequence diagram with non-selective excitation.In comparison with the basic GRE (fig. . b), notice the added gradients opposed to phaseand partition-encoding gradients, to counteract the effect of the latter after signal reception by rephasing the spins. A spoiler gradient (grey) is also used in conjunction with RF phase cycling (ϕ i ) to suppress transverse magnetisation between consecutive TRs.

  conventional spin-echo (SE) [Hahn b], whose kernel is illustrated in fig. . for a d Cartesian sampling, allows to address different contrasts depending on the TE and TR used: proton-density-, T 1 -or T 2 -weighting. After a 90°excitation pulse along the

  Figure . : D conventional spin-echo (SE) sequence diagram. Notice the gradient crusher pair (dark grey) to remove any unwanted FID in case of an imperfect 180°. A gradient spoiler (light grey) is often used to suppress transverse magnetisation, especially when TR is small compared to T .

to T 2

 2 imaging was introduced by Hennig et al. in under the acronym RARE (rapid acquisition with refocused echoes) [Hennig ]. This technique was later tuned and refined, and gave rise to commercial sequences known as fast spin-echo (FSE) or turbo spin-echo (TSE). It is illustrated in its original d form in fig. . a, to encode one slice. Similarly toIn T w SE, one could lower the flip angle to reduce TR as done in the FLASH sequence, but here we are considering T2 imaging.

Figure . :

 . Figure . : Timing diagrams for two typical fast spin-echo (FSE) sequences, respectively used for (a) D and (b) D imaging. Notice in both cases the crusher gradient pairs on G Read (like in fig. . ), to get rid of undesired FIDs induced by the non-180°refocusing pulses (b)or imperfect 180°(a), and the gradient spoiler (grey) to ensure that magnetisation is fully longitudinal before every 90°pulse.

  Figure . : SPACE sequence acquisition and associated flip angle train. (a) Comparison between a D slice (thickness: 3 mm) acquired with a conventional spin echo sequence, and a D partition (1 mm) from a SPACE acquisition. Arrowheads point to white matter lesions. (b) Variable flip angle train used in the SPACE sequence. The 160-echo train allowed to encode each partition (160 phase lines) in one TR. Notice how the FAs are all much below 180°, with values as low as 20°. Illustration from [Mugler ].

Figure . represents an

  Figure . represents an example of spectrum of the different resonance frequencies found in tissues.

  phase (OP) every t OP,n = (n+ 1 2 ) 2.3 ms. Signal resulting from the water-fat mix fluctuates in time as shown in fig. . : depending on the TE chosen, water and fat signal can either add up (TE IP ) or cancel out (TE OP ).

Figure . :

 . Figure . : Example of a resonance frequency spectrum acquired in the bone marrow in the calcaneum. From [Le Ster]. The tissue was mostly fatty, so the water peak (W) at 4.7 ppm is low. We can clearly see several peaks associated with fat (A-F). The dominant fat peak (B) is at 1.3 ppm. Note: NMR spectra are shown with increasing ppm from right to left; in the rest of this document, frequency plots will follow the MRI convention, with increasing frequencies from left to right.

Figure . :

 . Figure . : Fluctuation of the combined signal of water and fat as a function of time. Markings indicate times at which water and fat subject to the same field are in phase (IP) at 3 T. Adapted from [Haacke ].

  (a) CHESS: fat is selectively saturated and spoiled, so only water magnetisation remains. (b) Water excitation: example of 90°excitation with a 45°-45°binomial pulse. (c) Two-point Dixon: both water and fat are excited, signals cancel out on first echo (they are in phase opposition), and signals add up on second echo (they are in phase).

Figure . :

 . Figure . : Fat suppression techniques based on chemical shift. Blue arrow = water, yellow arrow = fat.

Figure . :

 . Figure . : Images acquired with CHESS-based fat suppression. Note that the two images shown are not meant to be compared: the standard fat saturation (a) works better than the 'quick' one (b) when performed in the same B homogeneity conditions.

FLASH

  for fast T 1 -weighted imaging of the abdomen in chapters and . An example of image obtained with quick-fat-saturation is shown in fig. . b.

Figures

  Figures . c and . d show reconstructed water and fat images.

  (a) In-phase image (acquired). (b) Opposed-phase image (acquired). (c) Water image (computed). (d) Fat image (computed).

Figure . :

 . Figure . : Images obtained using the Dixon water-fat separation technique.

  (a) STIR: both water and fat signals are inverted with a non-selective 180°pulse; acquisition begins after the inversion time (TI) that nulls fat magnetisation (shorter T ). However, contrast in water tissues is changed as excited magnetisation is reduced. (b) SPIR and SPAIR: only fat magnetisation is inverted by the spectrally-selective 180°pulse. Fat signal is nulled at TI like in (a), but contrast in water tissues is unchanged compared to a non-fatsuppressed sequence.

Figure . :

 . Figure . : Fat suppression techniques based on (a) relaxation only, and (b) on both relaxation and chemical shift. Blue arrow = water, yellow arrow = fat.

Figure . :

 . Figure . : Comparison between CHESS and SPAIR fat suppression in the presence of B + 1 inhomogeneity: in this case, fat is suppressed more uniformly with SPAIR. As we will see in chapter , such artefacts often occur in the thighs (cf. fig. . ). Both images are T w and show the same slice in the same subject. From [Del Grande].

Figure . :

 . Figure . : Anatomy of the breast. Illustration from [Drake ].

  So-called ' -channel' surface body coil: two -receive-channel phased arrays (anterior and posterior).

Figure . :

 . Figure . : Surface coils proposed by Siemens for (a) breast imaging and (b) abdominal imaging. Illustrations from www.healthcare.siemens.com.

  fig. . , we can see that the liver is located beneath the lungs (separated from them by the diaphragm): the presence of air can induce a significant B 0 gradient in the liver dome, just below the right lung. The beating heart and the air in the intestines can also cause artefacts, especially in the left liver.As shown in fig. . , the liver is irrigated by two afferent systems: the hepatic arteries and the portal veins, that bifurcate inside the liver to reach different regions, called segments. Segments are independent from each other in terms of vascularisation and function;

  (a) Transverse section of the abdomen (illustration from [Drake ]).(b) MRI T w OP view of a similar section as in (a). Notice the air in the stomach. Only one kidney is visible on this slice. Note that the pancreas also appears on this image.

Figure . :

 . Figure . : Environment of the liver in the peritoneal cavity.

Figure . :

 . Figure . : Location and extension of the liver in the abdomen on a T -weighted coronal MRI acquisition. The field of view needs to be large in all directions to acquire a whole-liver image. Air in the lungs above the liver and in the intestines below can induce significant B distortion. Image from www.healthcare.siemens.com.

Figure . :

 . Figure . : Liver irrigation and functional segmentation. From humanbodyanatomy.co.
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Figure . :

 . Figure . : Measured SNR values in four different brain compartments at different field strengths. The red line corresponds to the SNR ∝ B 0 1.65 model. From [Pohmann ].

Figure . :

 . Figure . : Evolution of the geometrical factor g as a function of B and of the acceleration factor R, for a given coil array. This shows an interest of UHF, where g decreases for high acceleration factors. From [Wiesinger ].

  Figure . : Chemical displacement artefacts observed in the abdomen of the same patient at 3 T for different receiver bandwidths. Displacement occurs in the readout direction, here left-right, and provokes light and dark bands (arrows). The receiver bandwidth was increased in (b), resulting in a reduced artefact, at the expense of SNR. Illustration from [Soher ].

  Figure . : Susceptibility artefacts observed in vivo at 3 T. Axial T w D GRE images show susceptibility artefacts (arrows) and parallel-imaging-induced ghosting particularly pregnant due to susceptibility (arrowheads). Susceptibility artefacts shown arise from (a) dental hardware and (b) a metallic leg implant. Illustration from [Yanasak ].

  Figure . : B artefact observed at 3 T in the abdomen, with different imaging sequences. Notice the presence of ascites (T hyposignal around the liver corresponding to liquid) in the patient pictured in (a). Courtesy of Alexandre Vignaud.

  (a) Large bilateral asymmetry in signal intensity in a subject with large dense breasts, and significant signal dropout in the right breast [Brink a]. (b) T -weighted D GRE. TR is 6 ms, target FA is 20°. Numbers in ROIs give FA deviation relative to the target (ideal angle would have the value 1.00). The observed FA varies between 22°and 12.5°[Kuhl ].

Figure . :

 . Figure . : Examples of B artefacts in the breasts..

Figure

  Figure . : B artefact observed at 3 T in the thighs for multiple subjects and different sequences. Top: T -weighted D TSE. Bottom: T -weighted D TSE [Childs ].

Figure . :

 . Figure . : Central brightening artefact observed at 7 T with a FLASH sequence [Cloos c]. The blue line in the middle panel outlines the typical pattern, with a higher signal in the centre and loss at the periphery. Dashed circles highlight extreme zones of shade in the cerebellum and near the brainstem.

Figure

  Figure . : Extreme B artefact in an obese patient with severe ascites, on a T -weighted TSE sequence [Donato ]. Ascites being a liquid characterised by long T and T constants, it appears bright here, and dark on T -weighted images (cf. fig. . a).

  can be particularly pronounced in ascites (fig. . a), or even amniotic fluid [Soher ].

  One simple -in the sense of relatively cheap and technically non-demanding -solution to easily reduce B 1 inhomogeneity -or to shim the RF field -is to place high-permittivity materials near the most field-deprived regions [Yang , Webb ]. At 7 T for brain imaging (and at 3 T e.g. in the thighs [Brink b]), dielectric pads made of CaTiO 3 (ε r up to 110) [Teeuwisse b] or BaTiO 3 (ε r up to 210) [Teeuwisse a] powder mixed in a solvent are often used (fig. . ) [Neves ]. However, those pads have many drawbacks. In particular, they age rapidly and lose their properties within a few months, and they represent an important bulk in the coil and are in direct contact with the patient, which can cause discomfort. In addition, BaTiO 3 , the most efficient compound, is referenced as highly toxic [ECHA ]. For those reasons, research is still going on inThe 'A' in SPAIR stands for 'Adiabatic'.

Figure . :

 . Figure . : Effect of BaTiO 3 pads, placed at the base of the head, at 7 T on a T -weighted TSE acquisition [Teeuwisse a].

  (a) Gel-filled RF cushion; dimensions (L×W×H):36 cm × 26 cm × 3 cm. Water-based gel mix is located in the white part, while the grey part is a simple foam pad.(b) Placement on the abdomen for optimal impact on RF homogeneity, with the white side on the patient. This can however induce B distortions.(c) Coronal HASTE image acquired in a healthy male volunteer, without RF cushion.(d) With an RF cushion, the left liver lobe is depicted more clearly, but is not completely free of artefact.

Figure

  Figure . : RF cushion proposed by Siemens Healthcare for routine abdominal imaging at 3 T. It can be used either with the main (body) coil as receiver, or with abdominal coil arrays.Image from[Merkle ].

  RF amplifier to control the transmit coil (fig. . a) in quadrature -also called circular polarisation (CP) -several amplifiers drive different transmit channels independently.

Figure . b represents

  Figure . b represents schematically a 'birdcage' coil with four excitation sources, driven with two transmit channels (blue and red): each channel controls two coil elements. If we denote by N Ch the number of independent transmit channels, eq. ( . ) becomes:

  (a) Circular polarisation: one amplifier generates one waveform that is transmitted by different coil elements, with a 90°phase difference between excitation sources in the birdcage coil pictured.(b) Elliptical polarisation with pTx: several (here two) amplifiers drive different coil elements independently (transmit channels). Amplitude and phase are adjusted to homogenise the B field.

Figure . :

 . Figure . : Schematic comparison between the traditional circular polarisation (CP) transmit mode (a) and the elliptical polarisation (EP) transmit modes offered by pTx (b) for static RF shimming. Here we represent a body coil transmitting through the abdomen (the liver and the spleen are drawn).

  Figure . shows two examples with standard pulses introduced in chapter -a slice-selective sinc and a non-selective hard pulse -and describes in detail the k-space interpretation.

  Figure . : Transmit k-space interpretation of standard pulses.To selectively excite a slice in the z direction, typically a sinc pulse is played along with a B gradient (dark blue) on the z axis (a). In terms of k-space (b), the selection gradient sweeps through k z while the pulse is applied: energy is deposited along spatial frequencies in the k z direction according to a sinc pattern (reported here in the k-space picture for better visualisation), which corresponds to exciting a rect in the image space, i.e. a slice (c). As no gradients are played in the x and y directions, this trajectory is centred in the (k x , k y ) plane: only zero-frequencies are explored in those directions (DC components) which means the slice is uniformly excited. Also note the light blue gradient (half the area of the dark blue one) used to refocus the selected slice (see fig.. a for explanation). For non-selective excitation, no gradient is played along with the RF pulse (d): all the energy is deposited in the centre of the transmit k-space (e), so in the image space, the whole volume is excited (f).

  Figure . : Transmit k-space trajectories of multidimensional RF pulses to selectively excite (a) any D pattern repeated along the z axis and (b) a portion of the FOV delimited in the three dimensions. From [Cloos c].

•

  d spiral trajectories to selectively excite a cylinder, e.g. along z, with excitation modulation in the (k x , k y ) plane only, and k z = 0 m -1 everywhere (fig. . a). Those can be used for pencil-beam navigators [Köhler ]. With a d spiral, one can also select a square beam, and image a zoomed volume by placing the read direction in the beam direction [Amadon ]. • d spiral trajectories that produce excitation modulation along all transmit k-space dimensions, to select only a small volume (fig. . b) and reduce the acquisition FOV without fear of aliasing, thus gaining either on TA or resolution [Schneider , Malik ].

  sompop b]. For instance, more complex excitation patterns require more extensive exploration of the transmit k-space. Similarly, to achieve better homogeneity, k T -points (or fast-k z spokes) pulses require more points (spokes) to explore a wider range of spatial frequencies. Ultimately, pulse complexity is limited by hardware and physiological restrictions related to RF energy and gradient amplitude and slew rate. Approaching those limits also makes the pulses prone to system imperfections [Ullmann ]. The advent of pTx systems has revived the interest for multidimensional pulses. Making use of different transmit channels by carefully mapping their respective sensitivity profiles has allowed for shorter pulses [Katscher , Grissom ], more controlled SAR [Zhu , Beqiri ], or both.

  Figure . : Illustration of the use of excitation modulation to compensate transmit sensitivity inhomogeneity (eq. ( . )). Standard pulses (selective and non-selective) (a) and some example dynamic RF shimming pulses (also selective and non-selective) (b) used on a coil with inhomogeneous transmit profile. By modulating the excitation, dynamic RF shimming pulses restore an homogeneous FA distribution. Dark blue arrows show trajectories concomitant with RF, while light blue ones correspond to gradients played alone to reach a different k-space location. For k T -points, no gradient is played during RF transmission. NB: only one slice shown to demonstrate the effect on FA profile, even though rect and k T -points pulses excite the whole volume. Adapted from [Setsompop b].

  vector containing the complex weights for each channel, and Q(r) is an N Ch × N Ch matrix summarising tissue properties and electric field in the small volume centred in r. Similarly to what is done in sTx, for a given transmit coil model and exposed region -e.g. the head -those Q-matrices can be evaluated via careful modelling.

  study on breast MRI presented in chapter was carried out on a Siemens MAG-NETOM Verio 3 T scanner at Henri Mondor hospital in Créteil (France). The Verio is a wide-bore (70 cm) single-transmit-channel scanner, equipped with the VQ gradient engine (theoretical maximal performances: 43 mT/m, for a slew rate of 180 T/m/s) and operated by syngo.MR vb a software. Although it is a sTx system, the body coil consists in two ports. RF signal output from a single amplifier is then split into two components, that are adjusted in amplitude and phase before feeding either port. This technology, called TrueForm ™ of static RF shimming. It is however a very limited implementation as the pulse is not adapted to the patient in the magnet: it is an anatomy-specific static RF shimming. For instance, head imaging is executed in CP mode, while the body coil is used in a fixed EP mode. Some initial developments were led on a MAGNETOM Prisma 3 T scanner, either in NeuroSpin or within the Association Institut de Myologie (AIM) in Paris. This is a 60-cm-bore scanner that comes with the XR gradient engine (theoretical performances: 80 mT/m, for a slew rate of 200 T/m/s), running syngo.MR ve c, and equipped with twochannel pTx as standard. Liver-related clinical studies (chapters and ), were performed at Henri Mondor hospital on a MAGNETOM Skyra, a wide-bore 3 T scanner with an XQ gradient engine (same performances as the VQ engine), running syngo.MR ve c. Some . . B 1 Artefacts Reduction in Clinical Routine 3 T MRI Skyras have a two-channel pTx option, which is the case for this scanner. Several transmit modes are offered on these clinical pTx systems [Siemens Healthcare ]:

Figure . :

 . Figure . : SAR distribution in the body of nine volunteers at 3 T with single-channel transmission (CP mode). Local SAR values reach 46 W/kg (average: 31 W/kg) in torso and even up to 80 W/kg (average: 58 W/kg) in extremities. [Homann ].

Figure . :

 . Figure . : Global and 10 g SAR simulations in two-channel pTx at 3 T on anatomical models from the Virtual Population [Christ , Gosselin ], as a function of imaging landmark (corresponding to different imaging regions, which means different patient centrings in the body coil), and for different transmit modes: CP, worst-case SAR and static RF shimming. Highest-SAR configurations are indicated, e.g. as F for the 'Fats' model imaged at knee height. Full study in [Murbach ].

Figure

  Figure . : Example -k T -points pulse on a two-channel pTx system. Left-hand side: RF amplitudes (blue) for each channel (solid and dashed lines) and gradient amplitudes (orange) for each axis (solid, dashed and dotted lines); RF phase is not shown. Right-hand side: corresponding transmit k-space trajectory.

  pth sub-pulse and the end of the pulse. If we denote the duration of gradient blips by τ b , then T p = (N kT -p)(τ + τ b ) + τ b + 0.5τ . The sinc term expressing off-resonance excitation corresponds to the Fourier transform of each individual square sub-pulse.

Figure . :

 . Figure . : Evolution of the flip angle after each sub-pulse of an -k T -point pulse. The average FA in the volume is denoted by α . In this simulation, a FA α T = 45°is targeted, which lies perfectly within the STA approximation. Nevertheless, much higher FAs are reached after the rd sub-pulse, with an average of 100°. This way, the k T -points pulse can take advantage of the non-linearity of Bloch's equation.

Figure . :

 . Figure . : Zero-order approximation derived from average Hamiltonian theory. The rotation matrix arising from a k T -points pulse of duration T producing a FA α can be decomposed into an instantaneous transverse rotation α evaluated under the STA approximation, surrounded by two free-precession periods of duration T/ . Adapted from [Gras ].

  Figure . : Proton-density-weighted FLASH images obtained at 7 T using CP mode and k T -points excitations [Cloos a].

K

  T -points have been around since , and many demonstrations of their ability to reduce flip angle inhomogeneity have been carried out at UHF for brain imaging. Among others, we can cite Cloos et al. who have successfully applied k T -points to PDw MRI [Cloos a], as pictured in fig. . . In a subsequent publication, they have also produced homogeneous T w acquisitions [Cloos b]. T w d imaging, which is challenging due to the number of refocusing pulses involved, as well as the constraint on phase, has been tackled by several authors [Massire , Eggenschwiler ,Eggenschwiler ]. Recently, Gras et al. used the scalable k T -points approach described above to design a single pulse that was used throughout the entire SPACE excitation-refocusing train [Gras ].

  fig. . ), with fast-k z spokes [Gras a], and with DSC [Beqiri ]. They were also implemented with single-channel SPINS for brain imaging at 3 T [Mooiweer ].

Figure . :

 . Figure . : Universal Pulses (UPs) concept. Traditional dynamic RF shimming (red box) requires calibration data as well as pulse design for each sequence. These steps are bypassed by pre-computed universal pulses, whose design is made offline on population data (green box). Courtesy of Vincent Gras.

Figure . :

 . Figure . : Coronal SPACE images acquired in CP mode (top row) and with pTx universal k T -points pulses (bottom row) at 7 T [Gras ]. A clear signal enhancement is observed in the cerebellum and temporal lobes.

Figure . :

 . Figure . : Difference in NRMSE from the algorithm with fixed sub-pulse durations to the interleaved one. Positive values express an improvement (lower NRMSE). The cross shows the average value: 0.84 % gain. The line inside the box indicates the median: 0.62 %. The edges of the box correspond to the th and the th percentiles, while the whiskers delimit the th and th percentiles. Circles show outliers.

  (a) Experiment (i): robustness to initial conditions. (b) Experiment (ii): resilience to ∆B 0 .

Figure . :

 . Figure . : Simulation workflows used to assess VarDur compared to NoVarDur.

Figure . :

 . Figure . : Examples of B inhomogeneity maps obtained with different multipliers, as used in experiment (ii). See fig. . b.

  (a) Total pulse duration at the end of VarDur optimisation, for each initial duration. The dashed black plot is the : line. Notice how durations lower than 5-6 ms are increased while higher ones are decreased. (b) Gain in NRMSE with VarDur compared to No-VarDur, for each initial duration. In the 2 ms case, NoVarDur encounters particularly high SAR limitations. Long pulses (15 and 20 ms) suffer more from B inhomogeneity effects.

  (a) Total pulse duration at the end of VarDur optimisation, for each ∆B 0 multiplier. The dashed black plot shows the initial pulse duration (5 ms). (b) Gain in NRMSE with VarDur compared to NoVarDur, for each ∆B 0 multiplier.

Figure . :

 . Figure . : Resilience of VarDur to ∆B 0 . For each box, the cross shows the average value, the line indicates the median, the edges correspond to the th and the th percentiles, while the whiskers delimit the th and th percentiles.

  Figure . : Example of strong B inhomogeneity observed in the breasts at 3 T. (a) Flip angle distribution. (a) T w image showing the resulting image shading. From [Winkler ].

Figure . :

 . Figure . : In vivo acquisition using square pulses. Notice the presence of silicone-based prosthetics. T -weighted SPACE with SPAIR fat-suppression. The selected slice highlights substantial local hypersignal in the left breast (circle), which tends to exclude malignancy.

Figure . :

 . Figure . : Flip angle (FA) simulations, based on actual B + 1 and ∆f 0 maps, of the maximal FA pulse used in the SPACE refocusing train (135°). FAs were calculated in water voxels only, from (a) 700-µs square pulse, and (b) a -k T -point pulse; the waveform was scaled and used for all refocusing pulses and for the 90°excitation. The 20-mm-diameter sphere defining the ROI used to calculate hypersignal in table . is shown in red on (a).

  Figure . a shows the simulated FA map corresponding to the slice pictured in fig. . . A zone of local FA overshoot (red circle) aligns with the highlighted T H from fig. . .

  Figure . : Acquisition example : -year-old patient with very dense breasts. (a) Histogram of the FA distribution in the whole volume of interest for the square pulse (orange) and the k T -points (blue); the target is the highest FA in the flip angle train: 137°. (b) FA map in water voxels in a selected slice for both techniques. (c) Corresponding SPACE acquisition; image windowing is the same for both techniques. Despite the dimensions and density of the breasts, no local T H is visibly correlated with FA inhomogeneity.

  Figure . 

.

  . Is This a Recurring Situation?shows an example of a patient with large breasts, with a very high water content: we could expect strong B 1 artefacts. However, we see on the histogram (fig. . a) that the NRMSE is low for both pulses -square and k T -points. The distributions are similar, and wellcentred around the target FA (137°). Still, we can see on the FA map in one specific slice (fig. . b) that excitation shows some inhomogeneity, especially in the square pulse case, with flip angles as low as about 120°and as high as about 160°. Nevertheless, on SPACE acquisitions (fig. . c), both techniques produce similar images, where hyperintensities do not correlate with RF inhomogeneity. The T H in the right breast are indeed associated with lesions.

Figure

  Figure . introduces a second example. Here k T -points achieve a clearly better NRMSE over the volume of interest than the standard pulse (13.2 % vs 18.4 %). The histogram is also more narrow. Nevertheless, both techniques are indiscernible in most slices in terms of image quality: a representative slice is shown in figs. . b and . c (FA map and SPACE acquisition respectively). In some regions however, especially in the lower slices, k T -points achieves significantly better FA homogeneity, as shown in fig. . d. With the square pulse , the important FA undershoot leads to severe signal loss, which is recovered with k T -points (fig. . e). Note that in the area that lacked signal the most, the flip angle was below 90°-100°, which corresponds to about 70 % of the target: this tends to point out that the SPACE signal is relatively robust to FA inhomogeneity. However, there is not enough breast tissue in this example to comment on contrast. Finally, fig. . reports the example of a patient with left mastectomy and silicone implants on both sides. As in fig. . , here the NRMSE for k T -points is slightly lower than for square pulses, and the histogram is less broad. The slice shown in fig. . b highlights a noticeable local FA overshoot (up to 160°), which correlates with a T H in the SPACE acquisition (fig. . c). On the other hand, with k T -points, the FA distribution is closer to the target and more homogeneous -with a slight undershoot in the anterior part of the breast. In terms of image quality, this translates into a better contrast in breast tissues. Unfortunately, because the contralateral breast is absent, the T H observed with the square pulse does not have a real impact on interpretation, unlike on fig. . .

(

  figs. . and . ). After further inspection of the examples pointed out in the literature, we realised that they were all obtained with 3 T systems different from ours. What was common to those examples is that the body coil was driven in circular polarisation (CP) mode (cf. fig. . a on page ).

  Figure . : Acquisition example : -year-old patient with dense breasts and reconstruction in the right breast. Same layout as fig. . , for two different slices. (b,c) On the first slice, almost no difference in image quality is visible between techniques. (d,e) On the second slice (lower edge of the FOV), k T -points show some improvement in FA and signal homogeneity.

  Figure . : Acquisition example : -year-old patient with left mastectomy and bilateral silicone implants. Figure layout is the same as in fig. . . FA and signal overshoot induced by the square pulse seems to be corrected with k T -points. Signal in the implants (c) is very different between techniques, because silicone, just like fat, was discarded from the k T -points optimisation, as one can see in (b).

  (a) Black: quadrature. Orange: TrueForm. (b) Quadrature RF excitation. (c) TrueForm RF excitation.

Figure . :

 . Figure . : Comparison between CP and TrueForm driving modes on a modified Verio's body coil, for breast imaging. (a) Maximum relative deviation of the measured FA from the nominal FA, with both modes for volunteers, and with TrueForm only for additional volunteers. (b,c) Measured FA distribution maps of conventional (CP) and TrueForm RF excitation in one volunteer. Greyscale values 0 to 4095 represent -180°to +180°. From [Geppert ].

  the k T -points pulse design algorithm described in chapter . As k T -points are spatially non-selective, they are appropriate for d imaging provided image aliasing is avoided along phase and partition directions. In particular, they may be used on patients with liver conditions in dynamic contrast-enhanced (DCE) MRI based on a fat-suppressed T 1weighted d FLASH sequence applied in one breath-hold. The clinical interest of DCE-MRI was detailed in section . . . In such a protocol, one reference d image is acquired prior to an injection of contrast agent, then the acquisition is repeated at different times in order for the radiologist to follow the perfusion of tissues, which is crucial to characterise certain focal lesions.

Figure . :

 . Figure . : Insertion of our sequences (light grey) within the routine liver MRI protocol (white).Injected sequences relevant to this study were acquired at the far end of the acquisition protocol to preserve diagnostics routine timing. 8 The order of our sequences was regularly reversed.† The calibration procedure included automated manufacturer B + 1 mapping and a custommade breath-hold ∆f 0 map for proper water-fat resolution. Abbreviations: SAR = specific absorption rate; GRE = gradient-recalled echo; TSE = turbo spin-echo; SPACE = sampling perfection with application-optimized contrasts using different flip angle evolutions; IVIM = intravoxel incoherent motion[Luciani ]; DWI = diffusion-weighted imaging; EPI = echoplanar imaging; SVS = single-voxel spectroscopy; STEAM = stimulated echo acquisition mode; DCE-MRI = dynamic contrast-enhanced MRI; TRA = transverse plane; COR = coronal plane.
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  prototypical k T -points pulse design algorithm minimised the FA NRMSE, i.e. the rootmean-square error normalized to the target FA over the volume of interest, by optimising simultaneously RF complex coefficients, k T -point locations, pulse and sub-pulse durations under SAR and hardware constraints [Gras , Hoyos-Idrobo , Tomi-Tricot ].

Figure . on the

  Figure . on the next page compares the NRMSE obtained via simulation with the two techniques for each scanned subject: the 99 %-confidence-interval mean NRMSE was 20.7 % (sd: 1.8 %) for 'patient-specific' RF shimming over the whole population, and improved to 8.5 % (sd: 0.3 %) for k T -points. 34 % of subjects showed NRMSEs over 20 % with static RF shimming, and none with k T -points. www.r-project.org

Figure . :

 . Figure . : Comparison of the flip angle NRMSE obtained for each of the consecutive subjects. Red dots correspond to subjects included in the image quality analysis (table B. on page ). Arrows point out subjects shown in figs. . and . . Solid line represents identity. Notice how the NRMSEs achieved by k T -points are systematically lower than the static RF shimming ones, and how they are all gathered close to their mean, pointing to strong robustness of the k T -points design.

Figure . :

 . Figure .: From left to right: pre-injection, post-injection and calculated enhancement ratio (ER) images obtained from two subjects( and ) showing no particular a priori inhomogeneity. For both subjects, the top row images were obtained using a 'patient-specific' static RF shimming pulse, and the bottom row corresponds to the k T -points excitation. Anatomical image windowing is the same in all cases for a given subject. Windowing is also the same in all ER images. Subject :-year-old male. Anatomical images are almost identical, and there is no significant gain nor loss of contrast enhancement between static RF shimming and k T -points. Subject :-year-old male. Although anatomical images look similar, ER calculations highlight a large contrast enhancement gain in segments and (hollow arrow) brought by the k T -points technique over the 'patient-specific' static RF shimming. For each subject, on bottom row, residual image inhomogeneity (pre-and post-injection) is mostly due to coil array receiving profile, with no impact on ER.

Figure . :

 . Figure . : Same layout as fig. . , for the three subjects ( , and ) with ascites. Subject :-year-old male. The contrast between ascites and adjacent liver is better defined with k T -points; liver signal is more homogeneous (hollow arrow); enhancement ratio (ER) is improved; a siderotic nodule (full arrow) was almost hidden by the zone of shade on the RF shim images. Subject :-year-old male. Signal homogeneity and ER are improved; hypointensity within the embolised HCC lesion (full arrow) is more clearly demarcated. Subject :-year-old male. Shading is present in static RF shimming anatomical images and there is virtually no contrast enhancement in most of the liver. Images acquired with k T -points are almost free of shading artefact, especially in terms of ER. Also notice the well-defined cystic structure (arrow) in segment . For each subject, on bottom row, residual image inhomogeneity (pre-and post-injection) is mostly due to coil array receiving profile, with no impact on ER.

Figure . :

 . Figure . : Distribution of the qualitative grades, averaged over readers, obtained by static RF shimming (blue) and k T -points (orange) for all five criteria. P-values were calculated from an exact matched-pairs one-tailed Wilcoxon signed-rank test; statistically significant P-values (p < 0.05) are printed in bold font. Liver signal homogeneity generally received bad grades, even for k T -points, as reception profiles still alter image quality; in addition, targeting an 11°F A is suitable for contrast enhancement and signal homogeneity on post-injection images, but not for pre-injection ones. Cross in each box = mean value; central mark = median; edges of the box = th (Q ) and th (Q ) percentiles; whiskers = th (D ) and th (D ) percentiles; circles = outliers.

Figure . :

 . Figure . : Examples illustrating the inter-subject variability of transmit B field in the abdomen for four subjects (top to bottom). (a) B + 1 magnitude for both transmit channels. (b) B + 1 phase. Field of view and windowing are identical for all subjects.

.

  Figure . : Main types of machine-learning-achievable tasks.

  Common clustering approaches include hierarchical, centroid-based (e.g. k-means [MacQueen ]), distribution-based (e.g. Gaussian mixture) or density-based (e.g. DBSCAN [Ester ]) techniques. As expressed in the introduction, clustering a database of subjects is the first . . Theory step of the SmartPulse process. We will see in section . . that hierarchical clustering presents the advantage to output a dendogram showing the bottom-up process of pairwise agglomeration into larger and larger groups (cf. fig. . e), along with the distance between the successive groups formed in the process. Thanks to this useful representation of data, the user can then choose the number of clusters that seems most appropriate. Supervised learning can be further divided into classification and regression methods. In classification tasks, the output is a set of discrete categories, or classes. When one thinks of machine learning, they often have classification in mind, especially as far as medical imaging is concerned. Algorithms commonly used for supervised classification include bayesian methods, support vector machines [Cortes ], k-nearest neighbours [Hastie ], and decision trees [Breiman ]. The latter are the basis for random forests [Ho ], an ensemble method which consists in aggregating (or bagging) multiple decision trees -each using a different subset of features or/and training examples -and voting the prediction, in order to reduce overfitting to the training set (i.e. generalise better to new data). Another classification method relies on artificial neural networks. When such networks are made of many layers, they are referred to as deep neural networks, which are the underlying architecture of deep learning approaches. Deep learning has become increasingly popular in image recognition applications -in particular with convolutional neural networks -since the introduction of AlexNet [Krizhevsky ] for handwritten digit recognition. Lately, there has been much enthusiasm for deep learning in medical imaging, for applications as varied as lesion classification [Yan ] or fat-water separation [Goldfarb ].

  compromise between references [Gras b] and [Gras a]: in order to reduce the global FA inhomogeneity in the whole population while avoiding outliers, the mean plus standard deviation of the normalised root-mean-square FA errors (NRMSE) achieved in each subject was chosen as the cost function to be minimized. If we represent by A = {A 1 , . . . , A N S } the set of Bloch operators associated with each of the N S subjects in the population, then we solve the following problem:

  Clustering and SmartPulse design was based on Subjects through (N S,0 ), as pictured in fig. . , where matrices N and D (eqs. ( . ) and ( . )), obtained using tailored k T -points described above, are shown both before and after clustering. Agglomerative hierarchical clustering was done using Python v . (Python Software Foundation ) and the fastcluster package [Müllner ]. Given the relatively small number of training data, a limited number of clusters ( ) was chosen. Subject behaved as an outlier and formed its own cluster, so it was manually assigned to cluster C 3 (fig. . e).www.python.org

Figure . :

 . Figure . : Creation of three clusters from subjects through . (a) Matrix N (eq. ( . )) of NRMSEs. (b) Matrix D of subject pairwise distance (eq. ( . )). (c-d) Reorganised matrices N and D (respectively) using permutation π output by agglomerative hierarchical clustering applied on D. Cluster structure becomes visible. (e) Dendogram output by agglomerative clustering applied on D. Definition of C 1 , C 2 and C 3 , the three clusters used for SmartPulse pulse design in this study.

Figure . :

 . Figure .: Features extracted from a 'localizer' acquisition (compulsory sequence at the beginning of any protocol). Abdomen dimensions were measured by fitting an ellipse in one axial slice; more slices could be analysed with the help of automated patient and field of view positioning, allowing finer patient characterisation. Additionally and with some postprocessing, coronal and sagittal views could provide useful liver and spleen geometry information. TRA/COR/SAG = transverse/coronal/sagittal planes; SAR = specific absorption rate; BMI = body mass index; reference voltage = voltage required for a 500-µs hard pulse to perform 90°excitation.
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  distribution, were used for classification, all of them extracted from data from the localizer (fig. . ), which is a compulsory sequence placed at the very beginning of the protocol and used to set up the field of view (FOV) of subsequent acquisitions. The localizer sequence used locally for liver imaging consists in axial, coronal and sagittal T 1 -weighted 7.0-mm-thick slices of 0.8-mm in-plane resolution, all acquired in one breath-hold (TA = 17 s).
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Figure . :

 . Figure . : Insertion of our sequences (light grey) within the routine liver MRI protocol (white). Injected sequences relevant to this study were acquired at the far end of the acquisition protocol to preserve diagnostics routine timing. Data from the breath-hold localizer was used for subject classification. 8 The order of our sequences was randomly assigned. † The calibration procedure was needed for flip angle simulations and for tailored pulse design, not for SmartPulse nor TrueForm. It included automated manufacturer transmit B + 1 mapping and a custom-made breath-hold ∆f 0 map for proper water fat resolution. Abbreviations: GRE = gradient-recalled echo; TSE = turbo spin-echo; SPACE = sampling perfection with application optimized contrasts using different flip angle evolutions; IVIM = intravoxel incoherent motion; DWI = diffusion-weighted imaging; EPI = echo-planar imaging; SVS = single-voxel spectroscopy; STEAM = stimulated echo acquisition mode; DCE-MRI = dynamic contrast-enhanced MRI; TRA = transverse plane; COR = coronal plane.

Figure . :

 . Figure . : NRMSE simulation results for all test subjects, sorted in increasing TrueForm inhomogeneity. (a) Performance of predicted SmartPulse (filled circles) compared to other SmartPulse options (hollow circles). Colours render the three different possible SmartPulse classes. For instance, for subject (first entry), p SP = p SP,best = SmartPulse 3, while for subject (fourth entry), p SP = SmartPulse 1 and p SP,best = SmartPulse 3. (b) Comparison of TrueForm, Universal and SmartPulse pulse designs. For each subject, only the predicted SmartPulse is shown, not all three possibilities. The dashed line indicates 25 % NRMSE. Notice how subjects with a high TrueForm NRMSE are brought towards more acceptable values.

Figure . :

 . Figure . : Distribution of the different metrics used to assess pulse performance: p TF = TrueForm; p TSS = patient-tailored static RF shimming calculated by the scanner; p OTSS = optimal patient-tailored static RF shimming; p TKT = tailored k T -points; p UKT = universal k T -points; p SP = predicted SmartPulse; p SP,best = optimal SmartPulse. Green triangle = mean value; orange lin = median; edges of the box = th (Q ) and th (Q ) percentiles; whiskers = th and th percentiles; circles = outliers. (a) Flip angle (FA) NRMSE; the dashed line corresponds to the 25 % threshold. (b) FA coefficient of variation. (c) FA average; the dashed line corresponds to the 11°target.

Figures

  Figures . and . show examples of images acquired before contrast agent injection and in late phase, with CE and ER maps calculated according to eqs. ( . ) and ( . ).

Figure . focuses on

  Figure.focuses on two subjects whose p TF NRMSE was above 25 %. In both cases, using TrueForm (p TF ) and tailored static RF shimming (p TSS ) pulses, the enhancement and ER maps lacked intensity and homogeneity. This artefact was largely alleviated with tailored k T -points (p TKT ) and SmartPulse (p SP ). For subject , T contrast was quite poor with p TF and p TSS . Some lesions (yellow arrowheads) were harder to see and less delineated than with p SP . Scarcely no difference was visible between p SP and p TKT images or enhancement maps, despite sensible disparity in NRMSE. For subject the ER map was even slightly better defined with SmartPulse in outer regions of the liver.

Figure . :

 . Figure . : From left to right: pre-injection, post-injection, calculated CE and ER obtained with four pulse techniques applied to two 'difficult' subjects (TrueForm NRMSE over 25 %, fig. . ). See table . for patient characteristics and table . for performance metrics. p TF : TrueForm; p TSS : patient-tailored static RF shimming; p TKT : patient-tailored k T -points; p SP : SmartPulse attributed to the subject. (a) Notice the lack of ER in liver segment with p TF (notched arrowhead) also visible on the CE image. p TSS results in a more homogeneous ER, but at the expense of global enhancement (full arrowheads). ER is improved with p TKT , and even more with p SP . (b) Substantial shading is visible on anatomical, CE and ER images with both p TF and p TSS . Two hepatocellular carcinomas (yellow arrowheads) are barely visible. T contrast is retrieved with both p TKT and p SP , and no shading remains in CE nor ER. Additional inhomogeneity can be noticed on anatomical and CE images, due to coil array receiving profile; only ER images are completely free of it.

Figure . :

 . Figure . : From left to right: pre-injection, post-injection, calculated CE and ER obtained with four pulse techniques applied to two 'standard' subjects (TrueForm NRMSE below 25 %, fig. . ). See table . for patient characteristics and table . for performance metrics. p TF : TrueForm; p TSS : patient-tailored static RF shimming; p TKT : patient-tailored k T -points; p SP : SmartPulse attributed to the subject. (a) Arrowhead points out lack of CE in segment , also noticeable in ER maps, for both p TF and p TSS . This artefact is absent from p TKT and p SP maps, which look very much alike. (b) All techniques perform similarly, except for a slight CE abnormality (arrowhead) with p TF .

  end of this three-year project, we hope we have helped giving a fresh boost to RF inhomogeneity management in clinical practice MRI at 3 T. The aim of this thesis was to demonstrate the applicability of the k T -points technique in clinical applications. The works conducted in this thesis may contribute in convincing the industry of the usefulness of k T -points.

  (a) Static RF shimming, pTx. (b) K T -points, pTx. (c) K T -points, sTx.

Figure

  Figure GC. : Performance of single-channel k T -points compared to other pulse designs on subject from chapter . The sTx k T -points pulse was obtained by enforcing quadrature between the two channels. All pulses fit in the protocol used in chapter (in particular TE/TR = 3/6 ms). Simulated NRMSEs over the volume: (a) 38 %; (b) 14 %; (c) 23 %.

  Having implemented k T -points on a FLASH sequence for DCE MRI, and on a SPACE for T w imaging, we can address most of the d sequences portfolio needed in clinical applications. Additional demonstrations could be considered in other regions where B artefacts remain, such as the spine or thighs. Applications would be, for instance, MR angiography of the lower limbs (using a similar FLASH sequence) or T w SPACE imaging. Still, many routine protocols include d or slab-selective d sequences: to achieve selective excitation, one would need to use fast-k z spokes. Moreover, homogeneous excitation seems essential in the fast-growing field of quantitative imaging. Indeed, whereas in 'conventional' MRI radiologists rely on the contrast of tissues compared to their surroundings, in quantitative imaging actual values are measured (T 1 , T 2 , diffusion coefficient, . . . ) to characterise lesions. Inappropriate flip angles could shift those values, thus dramatically corrupting the diagnosis.

  Figure GC. : Excitation profiles obtained in the liver on a 7 T scanner equipped with eightchannel pTx. (a) Static RF shimming excitation; (b) -spoke dynamic RF shimming excitation. Image from [Wu ].

  Figure A. : Typical off-resonance map and associated histogram obtained in the liver in one subject. Most of the FOV is occupied by the liver, and water voxels dominate the histogram.Water and fat peaks are easy to distinguish and a threshold can be picked to isolate water tissues (here -250 Hz).

Figure

  Figure A. : Example of off-resonance map (left) and associated histogram (right) in the breast in one subject. Compared to the liver (fig. A.), a wider range of frequencies must be acquired, and the water and fat peaks significantly overlap. In addition, we can see on the left panel that both tissues are finely intertwined. Here, water voxels in the breast are very sparse. Also notice the liver dome and the heart in the FOV.

  and fat. We can choose T 1,f = 300 ms, and T 1,w = 1500 ms (breast glandular tissue). An example of obtained fat fraction map is shown in fig. A. , along with the corresponding water and fat masks. We picked a τ f threshold of 60 % to separate water from fat.

  Figure A. illustrates the different steps we implemented to process this mask: (a) A first mask was obtained by applying a threshold on a magnitude image from the ∆f 0 mapping acquisition (e.g. the in-phase image): most of the background was removed. (b) This mask was cleaned from remaining isolated voxels and from voxels at the border between the background and the region of interest by morphological erosion.(c) We were not interested in the liver dome nor the heart. Taking advantage of the convexity of the torso, we could easily remove most of them. Indeed, any horizontal line of the mask should include at most four interfaces.

Figure

  Figure A. : Example of a fat fraction map obtained from Dixon images, and the associated masks. To obtain the water and fat masks, voxels associated with a fat fraction below 60 % were regarded as water, and included in the pulse optimisation.

  et très haut champ : plus de signal, mais de nombreux défis L'amplitude du signal mesuré est, entre autres, proportionnelle à M 0 , et donc à la valeur du champ statique B 0 . Partant de ce constat, depuis les débuts de l'IRM, des aimants de plus en plus puissants ont été construits afin d'améliorer le rapport signal sur bruit des acquisitions et ainsi obtenir des images de meilleure résolution par exemple. Actuellement, en pratique clinique, on rencontre des aimants de 1.5 T et de 3 T. En recherche, les champs de 7 T sont courants -et ont même été très récemment introduits en clinique -et montent aujourd'hui jusqu'à 10.5 T. Dans ce cadre, les laboratoires IRFU et NeuroSpin du CEA se sont lancés en dans le projet ISEULT, qui consiste en la conception et la mise en oeuvre d'un imageur à 11.7 T, qui deviendrait l'IRM la plus puissante au monde. L'aimant a été livré en juillet (figure D. ), et à ce jour les premières images sont attendues fin . L'objectif de ce projet est à terme d'obtenir des images de cerveau d'une résolution inégalée. Néanmoins, de nombreux défis se présentent lorsque l'on augmente le champ magnétique. Par exemple, il devient plus difficile d'obtenir un champ B 0 homogène. De plus, la résolution d'image accrue impose de trouver des méthodes d'acquisition rapides. Un problème qui nous intéresse tout particulièrement, et que nous allons développer plus loin, est celui de l'inhomogénéité du champ B + 1 . Tous ces défis à relever pour obtenir des images de qualité ont donné lieu à autant de champs de recherche en IRM, sur lesquels travaillent de nombreuses équipes dans le monde. En particulier, dans le cadre du projet ISEULT, des financements ont été attribués au sein du CEA pour préparer l'arrivée de cet imageur hors normes et assurer autant que possible une bonne qualité d'image. Un de ces finan-

  (a) Ecorché de l'IRM 11.7 T. (b) Livraison de l'aimant.

Figure

  Figure D. : Projet ISEULT d'IRM à 11.7 T, en cours de construction à NeuroSpin.

Figure

  Figure D. : Schéma comparant le mode de transmission CP traditionnel (a) avec les modes EP de RF shim statique offerts par la pTx (b). N.B. : certains systèmes sTx sont ajustés non pas en CP, mais avec un mode EP fixé..

Figure

  Figure D. : Exemple de points k T à sous-impulsions sur un système pTx à deux canaux, et trajectoire correspondante dans l'espace réciproque d'émission. A gauche : amplitudes RF (en bleu) sur chaque canal (lignes continue et en pointillés) et forme des gradients (en orange) sur chaque axe ; la phase RF n'est pas représentée. A droite : trajectoire associée dans l'espace réciproque.

Figure

  Figure D. : Images SPACE pondérées en T acquises à 7 T en mode CP (en haut) et avec des points k T universels (en bas).

  Le cas d'une patiente présentant un hypersignal sur une séquence T 2 de type SPACE avec une impulsion standard (rectangulaire) laisse penser à un artéfact lié aux inhomogénéités RF (figure D. ). Or, une lésion présentant un hypersignal T 2 est interprétée comme bénigne : cet artéfact, s'il était avéré, pourrait conduire à un faux négatif. Une simulation du signal SPACE à partir de la carte de champ RF et de ∆f 0 , en considérant un tissu

Figure

  Figure D. : Acquisition in vivo T SPACE avec suppression de graisse utilisant une impulsion rectangulaire standard. Présence de prothèses en silicone. On remarque un hypersignal local important dans le sein gauche (cercle), tendant à exclure un diagnostic de malignité.

  avons pu séparer la population en trois groupes. Pour cela, nous avons simulé l'effet de chaque impulsion points k T personnalisée (une par sujet) sur chacun des sujets (soit simulations) : l'impulsion conçue pour un patient donné pouvait donner de bons résultats sur certains, et une mauvaise homogénéité chez d'autres. Pour chacun des trois groupes ainsi déterminés, une impulsion universelle de type points k T a été optimisée, qui permette d'obtenir une homogénéité d'angle de bascule aussi bonne que possible chez tous les sujets du groupe. L'étape suivante a été d'entraîner un algorithme d'apprentissage automatique à classifier un nouveau sujet dans le groupe qui lui correspond le mieux, afin de lui attribuer l'impulsion points k T qui permette la meilleure homogénéité, et ce à partir de données morphologiques et d'informations de base (taille poids, âge, . . . ) obtenues à partir d'une simple séquence de localizer, jouée systématiquement au début de tout protocole. Cet algorithme a été entraîné sur les sujets initiaux ainsi que sur sujets supplémentaires.

  Figure D. : De gauche à droite : images pré-injection, post-injection et taux de rehaussement obtenues, pour chaque sujet, avec un shim RF statique (rangée du haut) et des points k T (en bas), pour un patient « standard » et un présentant de l'ascite.

Figure

  Figure D. : De gauche à droite : images pré-injection, post-injection, de rehaussement et de taux de rehaussement obtenues, de haut en bas, avec TrueForm (p TF ), un shim RF statique personnalisé (p TSS ), des points k T personnalisés (p TKT ), et SmartPulse (p SP ), pour un patient « difficile ».

  GRASP with reconstruction of extra motion-state dimensions Paris-Saclay Espace Technologique / Immeuble Discovery Route de l'Orme aux Merisiers RD 128 / 91190 Saint-Aubin, France Titre : Applications cliniques de la méthode des points kT pour homogénéiser l'excitation des spins en IRM à 3 teslas Mots clés : IRM, transmission parallèle, points kT, inhomogénéités radiofréquence, 3T, imagerie clinique Résumé : L'imagerie par résonance magnétique (IRM) à haut champ offre un bénéfice certain en rapport signal-sur-bruit. De ce fait, les imageurs à 3T sont souvent utilisés en pratique clinique. Cependant, à haut champ, les images d'IRM sont entachées de pertes de signal et de contraste liées à la baisse de la longueur d'onde radiofréquence (RF) en deçà des dimensions de l'objet irradié. A 3T, où la longueur d'onde est de 30 cm environ dans les tissus humains, de tels artéfacts sont fréquents en imagerie abdominale, des seins ou encore des cuisses, ce qui peut expliquer la difficulté que rencontre l'IRM à haut champ à s'imposer comme référence dans les hôpitaux. Les imageurs 3T les plus récents disposent en général d'un système de transmission parallèle à deux canaux RF. Chaque canal peut en principe émettre des formes d'impulsion RF indépendantes. En pratique, sur la plupart des systèmes IRM cliniques, la méthode dite de shim RF statique est utilisée. Les différents canaux transmettent la même forme d'onde, en ajustant amplitude et phase de sorte à entraîner des motifs d'interférences pour contrer les inhomogénéités, mesurées au préalable sur le patient: cartes de champ RF et éventuellement de champ statique. Cette méthode fonctionne d'autant mieux qu'un grand nombre de canaux est disponible, mais montre ses limites lorsqu'il s'agit d'homogénéiser l'excitation sur un grand champ de vue. La méthode des points kT, développée à NeuroSpin pour l'IRM cérébrale à ultra-haut champ (7T) utilise une alternance d'impulsions RF rectangulaires et de gradients de champ statique pour moduler à dessein l'aimantation des spins et ainsi homogénéiser l'excitation malgré un champ RF inhomogène. Les impulsions ainsi créées sont d'autant plus efficaces qu'elles peuvent exploiter la transmission parallèle (huit canaux à 7T). Dans cette thèse, les points kT sont employés à 3T avec pour objectif d'en démontrer l'intérêt et l'applicabilité en routine clinique. Dans un premier temps, nous décrivons des modifications apportées à l'algorithme de conception de points kT et à la cartographie de champ statique permettant d'adapter la technique à l'imagerie du corps -foie, seins -où la présence des poumons et de la graisse entraîne des contraintes supplémentaires par rapport au cerveau. Dans un second temps, plusieurs études cliniques sont exposées. La première concerne l'IRM du sein en pondération T2 sur un imageur à canal d'émission unique. Elle met en évidence que le mode d'émission par défaut fonctionne correctement et n'est que peu amélioré par les points kT. Une deuxième étude se penche sur l'imagerie dynamique du foie avec injection de produit de contraste, avec deux canaux. Des analyses quantitatives et qualitatives sont menées sur un grand nombre de patients pour comparer le shim RF statique avec les points kT. Ces derniers améliorent très nettement les images obtenues chez certains patients « difficiles », permettant ainsi d'offrir une qualité d'examen et de diagnostic plus homogène sur l'ensemble de la population. Enfin, une nouvelle technique est présentée, intitulée SmartPulse, qui s'appuie sur le concept d'impulsions universelles, développé à NeuroSpin pour l'imagerie du cerveau, et dont le principe est de concevoir des impulsions de type points kT qui, pour une application donnée, soient efficaces sur toute la population et permettent de se passer de calibration. En divisant la population en catégories pour lesquelles des impulsions différentes sont conçues, et en utilisant un algorithme de classification par apprentissage automatique, SmartPulse étend la portée des impulsions universelles au corps, et en particulier à l'abdomen, où la variabilité morphologique est importante. Par ces travaux de thèse, nous espérons donner un nouveau souffle à la gestion des inhomogénéités RF en routine clinique à 3T, et apporter des éléments permettant à terme de démocratiser l'imagerie des gros organes à ultra-haut champ.

  

  

  

Table . :

 . T 1 and T 2 relaxation times at 1.5 T and 3 T for a selection of human tissues.

						Values
	are from [Stanisz	] (*), [Rakow-Penner	] ( †) and [Gold	] ( ‡).
	Tissue		T 1 (ms)		T 2 (ms)
			1.5 T	3 T	1.5 T	3 T
	Blood*		1441 ± 120	1932 ± 85	290 ± 30	275 ± 50
	Brain (grey matter)*		1124 ± 50	1820 ± 114	95 ± 8	99 ± 7
	Brain (white matter)*	884 ± 50	1084 ± 45	72 ± 4	69 ± 3
	Breast (glandular) †		1266 ± 82	1445 ± 93	58 ± 10	54 ± 9
	Fat (breast) †		296 ± 13	367 ± 8	53 ± 2	53 ± 2
	Fat (marrow) ‡		288 ± 5	365 ± 9	165 ± 5	133 ± 6
	Fat (subcutaneous) ‡		288 ± 8	371 ± 8	165 ± 6	133 ± 4
	Liver*		576 ± 30	812 ± 64	46 ± 6	42 ± 3
	Skeletal muscle*		1008 ± 20	1412 ± 13	44 ± 6	50 ± 4

  They consist in a succession of sinc RF pulses ('spokes') applied along the k z direction to excite a slice, interleaved with small G x and G y gradient pulses -often called 'blips' -to place each spoke in a different (k x ; k y ) location. The resulting transmit k-space trajectory is pictured on the top-left panel of fig. . b. Doing so, each successive {blip; spoke} pair modulates the in-slice FA distribution with a different pattern, so that at the end of the pulse, the sensitivity profile is compensated (bottom panel).

	selective excitation, fast-k z spokes [Saekho	,Yip	,Grissom	,Wu	]
	are a popular approach. For non-selective excitation, two notable techniques are SPINS (short for spiral non-
	selective RF pulses) [Malik	] and k T -points [Cloos	, Amadon	]. A typical
	transmit k-space trajectory produced by k			

T -points is shown on the top-right panel on fig. . b. Contrarily to fast-k z spokes, as they are non-selective, they are based on a succession of rect pulses, whose energy is successively deposited at different (k x ; k y ; k z ) locations to modulate excitation patterns over the whole FOV. Note that all RF is transmitted at fixed points in k-space, i.e. when all gradients are off.

  Passive RF shimming, described in section . . , and especially the RF cushion for abdominal imaging (fig. . ) exists in clinical routine at 3 T. It is however no longer regarded as state-of-the-art, as parallel transmission is now available on some 3 T scanners. Here we will describe the RF transmission modes available on the different clinical scanners utilised throughout this thesis. All are manufactured by Siemens Healthcare GmbH, so we will mostly focus on the products and solutions proposed by this vendor.

	dissipation capacity into account, so they generally overestimate the actual temperature
	increase [Fiedler	]. There is ongoing research to improve patient safety monitoring by
	directly monitoring temperature, for instance with 'temperature VOPs' [Boulant	].
	.	Current State of B 1 Artefacts Reduction in Clinical
		Routine 3 T MRI

Table . :

 . SAR limitations as defined in [IEC---] for body coils and local transmit coils ( -minute average). Normal OM: default mode of operation of the scanner, in which none of the outputs have a value that may cause physiological stress to patients. First-level controlled OM: mode of operation of the MR equipment in which one or more outputs reach a value that may cause physiological stress to patients, which needs to be controlled by medical supervision.

		Normal OM a	First-level controlled OM a
		(W/kg)	(W/kg)
	Volumic coils:		
	SAR global		
	SAR global (head) SAR exposed b	. -	. -
	SAR g	-	-
	Local transmit coils:		
	SAR g (head and trunk)		
	SAR g (extremities)		

a OM: operating mode. b Exposed body sar scales dynamically with the ratio r = exposed patient mass / total patient mass; normal OM: SARexposed = 10 -8 W/kg; first-level controlled OM: SARexposed = 10 -6 W/kg. positions in the scanner (centred at head-, torso-, knee-level for instance) has demonstrated that peak local SAR can exhibit large variations, and significantly exceed limitations imposed to local transmit coil, with values over 100 W/kg in first-level controlled operating mode

[Murbach ]

. Still, 1.5 T MRI has existed for more than two decades, and is deemed safe. This can be attributed to the fact that such high SAR values generally occur in extremities, where tissue perfusion and heat dissipation are quite efficient, so a high SAR does not necessarily induce a high temperature elevation.

Part II Methodological Developments and Clinical Studies Chapter Optimisation of K T -Points Pulse and Sub-Pulse Durations Chapter Outline

  

	Parts of this chapter (especially section . . ) were presented at the European Society
	for Magnetic Resonance in Medicine and Biology conference in	:
	R. Tomi-Tricot, V. Gras, N. Boulant, A. Vignaud and A. Amadon. K T -Points Pulse Design
	at T: Optimization of Pulse and Sub-Pulse Durations. In Magnetic Resonance Materials in
	Physics, Biology and Medicine, volume , pages	-	, Vienna, AT, September	.
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Table . :

 . Flip angle (FA) homogeneity simulation results, and SPACE signal simulation at effective TE. FAs were calculated in water voxels only. The ROI mentioned in rightmost column is a 20-mm-diameter sphere whose axial great circle is depicted in red on fig. . . Values represent the relative difference between average SPACE signal in this ROI and in both breasts.

	Pulse type	FA NRMSE	SPACE hypersignal in ROI
	Square	. %	. %
	k T -points	. %	. %
	the relative difference between (i) the mean signal in a 20-mm-diameter sphere centred on
	region of FA overshoot in the left breast, and (ii) the mean signal in both breasts. RF
	inhomogeneity alone is accountable for a 12.6 % T H. Figure . b and table . report the
	FA map simulation for the k		

Table . gathers FA and signal homogeneity results. In the rightmost column, we reported T -points pulse. K T -points substantially lower FA NRMSE. Most importantly, this would translate into reduced RF-induced T H.

  As we have seen in chapter , the abdomen is one of the regions where B artefacts are the most noticeable. They do not systematically appear in every subject, but when they do, the examination quality can drop dramatically, especially in patients with ascites (figs. . a and . ).

	8 8 8 Clinical Assessment of K T -Points in Abdominal DCE-MRI 8 8 Chapter Chapter Outline
	Several methods have been proposed in order to take advantage of the gain in SNR
	offered by high-field MRI, with the hope to reduce the variability in examination qual-
	ity between patients. In clinical routine abdominal imaging, we mentioned passive RF
	shimming (section . . ) with a gel-filled cushion (fig. . ), or static RF shimming (sec-
	tion . . ) on recent scanners equipped with pTx. Researchers have long been develop-

. Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . Materials and Methods . . . . . . . . . . . . . . . . . . . . . . . Protocol . . . . . . . . . . . . . . . . . . . . . . . . . . K T -Points Pulse Design . . . . . . . . . . . . . . . . . . . . Transmit B 1 and Off-Resonance Mapping, SAR Control . . . . . . . Excitation Homogeneity Assessment . . . . . . . . . . . . . . . Image Analysis . . . . . . . . . . . . . . . . . . . . . . . Statistical Significance . . . . . . . . . . . . . . . . . . . Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . Excitation Homogeneity Assessment . . . . . . . . . . . . . . . Image Analysis . . . . . . . . . . . . . . . . . . . . . . Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . Conclusion and Perspectives . . . . . . . . . . . . . . . . . . . Introduction ing more advanced techniques, under the general name of dynamic RF shimming (section . . ). However, we have seen in section . that to date, these methods have not been tested in clinical practice for abdominal and liver imaging, where static RF shimming is still the gold standard.

Table . :

 . Clinical information about the five subjects focused on in this study. Data corresponding to the patient population for image analysis (n = ) is available in table B. .. As indicated in the clinical MRI study reprts by a radiologist with years of experience in liver MRI, based on the analysis of the default DCE-MRI and a T -weighted fat-suppressed TSE sequence (fig. . ).

	Subj. Sex Age	Height	Weight	BMI	Contrast	Investigation	Visual
	years	cm	kg	kg/m 2	agent		cues*
	M			.	Gd-BOPTA monitoring after radioembolisation of	ascites
						several HCC nodules in segment	
	M			.	Gd-BOPTA HCC chemoembolisation assessment	ascites
							(moderate)
	M			.	Gd-DOTA	acute pancreatitis assessment	-
	M			.	Gd-BOPTA alcohol-and HCV-induced cirrhosis	-
	M			.	Gd-BOPTA bile duct obstruction in a cirrhotic	ascites
						liver	
	Abbreviations: HCC = hepatocellular carcinoma; HCV = hepatitis C virus.	

*

  . .

	Subject	Mean FA degrees	FA CV %	FA NRMSE %	Global SAR a,b W/kg	g SAR a,b %	Duration c µs
			RFS	KTP	RFS	KTP	RFS	KTP	RFS	KTP	RFS	KTP	KTP
			.	.	.	.	.	.	.	.			
			.	.	.	.	.	.	.	.			
			.	.	.	.	.	.	.	.			
			.	.	.	.	.	.	.	.			
			.	.	.	.	.	.	.	.			
	All	d	. ( . )	. ( . )	. ( . )	. ( . )	. ( . )	. ( . )	. ( . )	. ( . )	( )	( )	( )

  Table . gathers simulation FA homogeneity results (average, coefficient of variation and NRMSE) as well as SAR and pulse duration information for the five subjects from table . on page . Results for all subjects are listed in table B. on page . K T -points systematically attained average FA values very close to the 11°target excitation,

	whereas static RF shimming was not as regular: 10.9°(sd: 0.03°) versus 9.6°(sd: 1.4°)
	across subjects, respectively. K T -points achieved lower NRMSEs compared to static RF
	shimming, with much less variability across subjects: 8.5 % (sd: 1.5 %) (k T -points) vs
	20.7 % (sd: 9.8 %) (RF shimming), p < 0.0001. The worst NRMSE encountered was
	13.0 % (k T -points) instead of 54.9 % (RF shimming) for subject	, who suffered from
	heavy ascites according to the radiologists (table . ).	

  This chapter is under review for publication in Magnetic Resonance in Medicine as: R. Tomi-Tricot, V. Gras, B. Thirion, F. Mauconduit, N. Boulant, H. Cherkaoui,

	8 8 8 Approach for Calibration-Free Dynamic RF Shimming: Preliminary Study in a Clinical Environment. Magnetic Resonance in Medicine. Submitted. The methods presented in sections . and . were the object of the following patent: R. Tomi-Tricot, B. Thirion, V. Gras, A. Amadon, N. Boulant, A. Vignaud. A Computer-Implemented Method of Building a Database of Pulse Sequences for Mag-netic Resonance Imaging, and a Method of Performing Magnetic Resonance Imaging 8 8 P. Zerbib, A. Vignaud, A. Luciani, A. Amadon. SmartPulse, a Machine Learning Using Such a Database, no. ep , July . Pending.

Table .

 . 

	. . Methods	
	gathers the features corresponding to the subjects shown in the figures of
	this study, as well as a population summary. Subject's age, sex, weight and height, given
	by the patients during registration, are compulsory data for any MRI examination on this
	scanner, and are available as DICOM fields, as specified in PS . : Data Dictionary [The
	National Electrical Manufacturers Association	]. The global SAR measured by the
	machine during the localizer acquisition was also retrieved from DICOM fields. Subject's
	body mass index (BMI) was derived from height and weight. Additional manufacturer-

Table . :

 . Features extracted from the localizer for the five subjects focused on in this study.

	Subject number	Age	Sex	Height Weight	BMI	Abdomen AP a	Abdomen LR a	Abdomen ratio a	V ref	b	Localizer SARg c
		years		m	kg	kg/m 2	mm	mm	%	V		W/kg
			M	.		.						.
			F	.		.						.
			M	.		.						.
			M	.		.						.
			M	.		.						.
	Ntest d	( )	M: F:	. ( . )	( )	. ( . )	( )	( )	( . )	( )	. ( .

  garded as a 'wrong' option. This is illustrated on fig. . a where, for each testing subject, coloured circles represent the NRMSE of the different p SP options; filled circles correspond to the actual prediction. Relaxed accuracy (with a +2 % NRMSE tolerance) was 81 %. SmartPulse to TrueForm, the default calibration-free pulse provided by the vendor. Universal pulse performance is also indicated. Considering the same +2 % tolerance, predicted p SP yielded lower NRMSE than p TF or was at least the best available p SP for subjects (87 %). FigureC. on page gathers individual NRMSE results for all tested pulse designs. p SP performed consistently better than p TF , p TSS and p UKT ; they were comparable to p OTSS for the majority of subjects, but the latter showed their limit for SP,best ). Other metrics allow deeper understanding of pulse performance: FA CV expresses sheer homogeneity, while FA average measures a possible FA bias as compared to the nominal value. With a mean CV of 13 %, p SP outperformed all pulses but p TKT . Although p TSS yielded better homogeneity than p TF (p < 0.0001), it drifted further away from the FA target average: 9.6°(sd: 1.3°) and 9.3°

	. .	Excitation Homogeneity	
	Figure . b compares the most difficult ones (cf. subject	on fig. C. ). All were unsurprisingly outperformed
	by p TKT .	
	In addition, p SP allowed 93 % of subjects to get a NRMSE below 25 % (dashed line on
	fig. . ), which is much more than p UKT (72 % of subjects), p TSS (77 %) and p TF (79 %);
	comparable to p OTSS (96 %), but less than p TKT (100 %). However, p SP,best would also
	have allowed 100 % of subjects below that threshold. Yet, in three cases, even the optimal
	SmartPulse (p SP,best ) gave a lower performance than TrueForm: subject	(18 % NRMSE
	for p SP,best , 14 % for p TF ), subject	(18 % instead of 15 %) and subject	(18 % against
	13 %).		
	Sample average and SD of NRMSE, CV and mean of FA are available in table . , with
	more detail on their distribution in fig. . . Average p SP NRMSE was 16 % (sd: 5 %), lower
	than that of p TF , p TSS and p UKT , respectively 20 % (sd: 9 %, p = 0.002), 21 % (sd: 10 %,
	p = 0.0005) and 20 % (sd: 5 %, p < 0.0001). Again, p OTSS were slightly more efficient,
	with 14 % (sd: 4 %, p = 0.001), but this difference would disappear (p = 0.44, not sig-
	nificant), with perfect classification (p

Table . :

 . Detailed homogeneity assessment results of all tested pulses for the five subjects from table . . p SP,best values are in bold in case of misprediction (when different from p SP ). b For each metric and each pulse: Mean (SD) over the testing set. Ntest = 53. c Maximum local SAR, estimated from the pulse shape, TR and virtual observation points provided by the scanner for each subject, expressed as a percentage of the maximal value authorized in quadrature mode.

					Flip Angle NRMSE (%)			
	Subject		p TF	p TSS	p OTSS	p TKT	p UKT	p SP	p SP,best	a
	All N test	b	( )	( )	( )	( )	( )	( )	( )
				Flip Angle Coefficient of Variation (%)		
	Subject		p TF	p TSS	p OTSS	p TKT	p UKT	p SP	p SP,best	a
	All N test	b	( )	( )	( )	( )	( )	( )	( )
				Flip Angle Average (degrees)		
	Subject		p TF	p TSS	p OTSS	p TKT	p UKT	p SP	p SP,best	a
			.	.	.	.	.	.	.
			.	.	.	.	.	.	.
			.	.	.	.	.	.	.
			.	.	.	.	.	.	.
			.	.	.	.	.	.	.
	All N test	b	. ( . )	. ( . )	. ( . )	. ( . )	. ( . )	. ( . )	. ( . )
					Maximal SAR c (%)			
	Subject		p TF	p TSS	p OTSS	p TKT	p UKT	p SP	p SP,best	a
	All N test	b	( )	( )	( )	( )	( )	( )	( )
	p TF = TrueForm; p TSS = patient-tailored static RF shimming calculated by the scanner; p OTSS = optimal patient-
	tailored static RF shimming; p TKT = tailored k T -points; p UKT = universal k T -points; p SP = predicted SmartPulse;
	p SP,best = optimal SmartPulse.					

a

  ). See table . for patient characteristics and table . for performance metrics. p TF : TrueForm; p TSS : patient-tailored static RF shimming; p TKT : patient-tailored k T -points; p SP : SmartPulse attributed to the subject. (a) Arrowhead points out lack of CE in segment , also noticeable in ER maps, for both p TF and p TSS . This artefact is absent from p TKT and p SP maps, which look very much alike. (b) All techniques perform similarly, except for a slight CE abnormality (arrowhead) with p TF . TF NRMSE of 14 %). Here, all techniques yielded similar results, all satisfying. Yet, some slight localised enhancement underestimations remained on p TF and p TSS acquisitions (arrowheads), but not with p TKT nor p SP . TF and p SP was clear on ER maps and on the signal level of native images. However all images showed reasonable inhomogeneity. Indeed, one can see from table . that NRMSE was 14 % with p TF and 23 % with p SP . However, CV values are the same. The main difference lies in the fact that the mispredicted p SP overshot the average FA in subject , while p TF was close to the target. Note however that p SP,best showed much better behaviour than p SP , and so that an improved SmartPulse decision would have solved the problem here.

	In fig. . , one can compare the different pulses on two 'easier' cases: subject	(p TF
	NRMSE of 19 %) and subject (p Finally, fig. C. on page shows an example of SmartPulse misprediction, with
	subject	. The difference between p

  scheme, i.e. with TE OP = 1.23 ms and TE IP = 2.46 ms. As seen in section . . , Dixon reconstruction provides water and fat signal images. In order to use this information to create water and fat masks, we need to estimate the water and fat fractions in every voxel. Let us call S w and S f the measured water and fat signals (respectively), and S w and S f the theoretical water and fat signals. Introducing the water and fat fractions τ w and τ f , such that τ w = 1 -τ f , we can write:

Table B .

 B : Detailed results of the quantitative analysis based on simulations of 'patientspecific' static RF shimming and k T -points on all subjects. Extreme values are printed in bold. The last line indicates the means and standard deviations across subjects. Targeted flip angle was 11°. While the difference between the two techniques was negligible for many subjects, k T -points yielded considerably better results in some cases (e.g. , , , and ). These include the three subjects with ascites (table B. ). ou anti-parallèle et, d'un point de vue macroscopique, on voit apparaître un moment magnétique moyen : c'est l'aimantation à l'équilibre M 0 , alignée avec B 0 et dont la valeur augmente linéairement avec B 0 . Pour l'instant, aucun signal n'est mesurable. Pour cela, une onde radiofréquence (RF) est appliquée, qui permet de faire basculer tout ou partie de cette aimantation dans un plan transverse à B 0 . Le champ RF utilisé est dénommé B + 1 , et sa fréquence doit être ajustée pour résonner avec les spins : elle est proportionnelle à B 0 . Une fois l'aimantation basculée, le champ B + 1 est arrêté, et l'aimantation revient lentement vers son état d'équilibre purement longitudinal en « tournant » autour de B 0 :

	Subject a	Mean FA degrees	FA CoV %	FA NRMSE %	Global SAR b,c W.kg -1	10g SAR b,c W.kg -1	Duration d µs
		RF shim kT-points	RF shim kT-points	RF shim kT-points	RF shim kT-points	RF shim kT-points	kT-points
	1	6.6	10.8	26.8	11.7	43.4	11.7	0.2	0.4	1.3	2.9	1750
	2	8.3	10.9	15.5	7.3	26.9	7.3	0.2	0.3	1.5	3.2	1530
		9.9	10.9	16.9	8.8	18.1	8.7	0.4	0.6	2.1	5.3	1360
		9.4	10.9	13.7	6.5	18.7	6.5	0.2	0.4	1.6	3.7	1340
		9.7	10.9	18.2	9.1	20.1	9.0	0.4	0.4	2.4	4.2	1570
		9.8	10.9	19.1	8.1	20.4	8.1	0.5	0.4	3.3	3.6	1580
		9.7	10.9	14.5	8.2	17.3	8.2	0.2	0.3	1.7	3.6	1350
		11.0	10.9	16.5	9.3	16.4	9.3	0.4	0.5	1.9	2.6	1410
		9.6	11.0	15.1	7.4	18.1	7.4	0.3	0.4	1.8	3.8	1390
	3	10.3	10.9	13.7	6.9	14.3	6.9	0.5	0.5	4.1	3.8	1720
		11.4	10.9	14.4	8.8	15.3	8.8	0.5	0.4	2.3	2.3	1440
		8.0	10.9	13.9	6.8	28.8	6.8	0.2	0.4	1.3	2.6	1400
		9.9	10.9	16.0	7.7	17.3	7.7	0.3	0.5	1.8	4.0	1360
	4	6.7	10.9	21.1	10.2	41.3	10.2	0.2	0.4	1.4	4.6	1380
		10.1	10.9	17.2	10.5	17.8	10.4	0.4	0.3	2.4	3.7	1390
	5	9.7	10.9	20.2	10.7	21.4	10.6	0.5	0.4	3.1	3.7	1450
	6	9.7	10.9	13.9	7.9	17.1	7.9	0.3	0.3	2.0	3.7	1350
	7	8.6	10.9	16.4	9.9	25.2	9.9	0.3	0.3	1.5	3.1	1360
		7.5	10.9	20.3	9.2	34.7	9.2	0.2	0.5	1.3	5.4	1360
	8	6.9	10.9	22.5	11.1	39.8	11.1	0.2	0.3	1.3	4.6	1460
		10.3	10.9	15.5	7.7	15.9	7.6	0.4	0.4	2.0	5.4	1360
		9.1	10.9	16.8	7.3	21.9	7.3	0.4	0.3	3.8	5.5	1470
	9	10.5	10.9	15.7	9.1	15.7	9.0	0.5	0.4	3.9	3.7	1390
	10	10.7	11.0	10.7	6.6	10.8	6.6	0.2	0.3	1.3	1.3	1370
		9.8	10.9	15.3	8.4	17.5	8.4	0.3	0.3	1.4	5.0	1420
		10.4	10.9	13.7	8.2	14.0	8.2	0.4	0.4	2.4	2.6	1430
		10.0	11.0	11.4	6.1	13.6	6.1	0.3	0.4	1.5	2.4	1380
		10.0	10.9	13.2	7.5	14.8	7.5	0.5	0.3	4.7	4.2	1410
	11	10.2	10.9	12.6	6.4	13.7	6.4	0.3	0.5	1.8	3.2	1320
		10.6	10.9	19.3	9.3	18.9	9.3	0.5	0.4	3.2	4.3	1420
	12	10.2	10.9	14.1	8.5	14.8	8.5	0.5	0.3	3.5	4.5	1420
	13	11.0	10.9	13.8	7.5	13.8	7.5	0.4	0.4	2.2	2.7	1410
	14	10.1	10.9	15.7	9.9	16.6	9.9	0.3	0.2	1.8	4.2	1370
		10.5	10.9	13.7	7.1	13.8	7.0	0.4	0.3	2.5	5.0	1380
	15	6.1	10.9	23.9	11.1	46.7	11.1	0.2	0.4	1.3	4.9	1420
	16	10.3	10.9	12.2	8.4	12.9	8.3	0.3	0.3	1.7	2.4	1390
		10.0	10.9	15.9	9.3	17.1	9.3	0.5	0.3	3.2	2.7	1410
	17	10.7	10.9	14.1	8.2	14.0	8.2	0.4	0.4	2.2	2.9	1420
		10.4	10.9	16.6	8.5	16.7	8.5	0.5	0.3	3.5	4.7	1420
		10.3	11.0	13.0	6.8	13.6	6.8	0.3	0.4	1.9	4.3	1410
		10.6	11.0	13.2	7.0	13.2	7.0	0.4	0.3	2.8	4.1	1340
		11.0	10.9	16.6	9.5	16.6	9.4	0.5	0.4	3.8	4.1	1410
		10.7	11.0	11.4	6.5	11.5	6.4	0.3	0.3	1.7	3.5	1350
	18	9.4	10.9	17.4	9.1	20.6	9.1	0.4	0.4	2.2	2.7	1430
		9.5	10.9	16.7	8.8	20.1	8.7	0.2	0.4	1.6	3.0	1340
		11.6	10.9	21.3	8.7	23.1	8.7	0.6	0.5	3.7	5.4	1450
		10.5	11.0	12.6	6.6	12.8	6.6	0.4	0.4	2.0	2.7	1380
	19	7.5	10.9	17.3	8.6	34.3	8.5	0.2	0.3	1.2	2.8	1370
		10.4	10.9	16.5	8.9	16.6	8.8	0.3	0.4	2.1	2.9	1300
	20	5.4	10.8	42.6	13.1	54.9	13.0	0.2	0.4	1.2	7.0	1660
	All e	9.6 ± 1.4 10.9 ± 0.0	16.6 ± 5.0 8.5 ± 1.5	20.7 ± 9.8 8.5 ± 1.5	0.3 ± 0.1 0.4 ± 0.1	2.2 ± 0.9 3.8 ± 1.1	1420 ± 92
	Abbreviations: FA = flip angle; CoV = coefficient of variation; NRMSE = normalised root-mean-squared error from the target.		
	Global SAR was measured by the scanner and read directly from the DICOM files. Local SAR was evaluated from the pulse shape, TR, and VOPs
	(virtual observation points) provided by the scanner.							
	c 6-minute average SAR limits (IEC 60601-2-33): 2 W.kg -1 for whole body global SAR; 10 W.kg -1 for local SAR (10g of contiguous tissue).	

a Only subjects included in image analysis were numbered. b d Duration of static RF shimming square pulses was systematically set to 100 µs. e For each metric: mean ± standard deviation over the 50 subjects.
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This chapter was accepted for publication as: The methods and principles contained in this chapter were also presented at international conferences as: T he purpose of this chapter is to assess excitation homogeneity and image quality achieved by k T -points pulses, compared to static RF shimming, on abdominal imaging in clinical routine with a commercial 3 T scanner.

Fat Management for Pulse Design in Breast Imaging

O ff-resonance mapping, as we have seen throughout this manuscript, is necessary for accurate pulse design. Additionally, in the two liver studies, the ∆f 0 map was used to discriminate water voxels from fat ones. Indeed, as the imaging sequence used eventually performed fat suppression, it was not necessary to homogenise the excitation in fat, and those voxels could be removed from the optimisation problem. For the study on breast imaging, a ∆f 0 map and a water mask were needed for the same reasons. In this appendix, we will describe by what aspects the study on breast MRI was different from the liver ones in terms of fat management, and what process we used to perform mapping and masking. The intention is not to provide guidance, as better solutions could be imagined, but rather to describe what methods we implemented at the time, so that future readers could consider improvements.

A. Off-Resonance Mapping and Fat Mapping: Comparison Between Liver and Breast

In the liver, we could not use the off-resonance map provided by the scanner (see footnote on page ), mostly because it was not acquired in breath-hold. Fat and water tissues could occupy the same spatial location at different time points along the acquisition, and the apparent measured frequency at that location was the temporal average of the observed voxel. We therefore used the vendor's product FLASH sequence with an isotropic resolution of 4 mm, acquired in one breath-hold, with two echoes as close as possible to distinguish a wide range of spatial frequencies without ambiguity due to phase wrapping. The shortest ∆TE achievable was 0.96 ms, which allowed to map frequency offsets between -520 Hz and +520 Hz. With some quick and trivial unwrapping work based on the asymmetry of the spectrum, this was enough to map all frequencies present in the region of interest, as shown in fig. A. . In addition, water and fat peaks almost did not overlap, so it was easy to discriminate both tissue types by setting an arbitrary limit (d) For breast imaging acquisitions, the B shimming 'FOV' is much smaller than the imaging FOV. The coordinates of the shimming box were included in our ICE functor's output file, so that the volume could be cropped accordingly in post-processing.

Additional semi-automated processing of the mask was also performed (not shown here), that consisted of 'cropping out' a d ellipsoid from the torso, to remove as much pectoral muscle tissues as possible.
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Additional Data from Chapter *A different set of receive coils was used: 18-channel anterior phased array and 32-channel posterior "spine" phased array. case where predicted p SP was not at all optimal, yielding % NRMSE, compared to % for p TF and p SP,best (table . ). Homogeneity is the same for both pulses, but p SP overshoots the flip angle target, hence the overall excessive ER.

Appendix C Additional Figures from Chapter

Appendix D

Résumé en français

Abstract in French

Sujet : Applications cliniques de la méthode des points k T pour homogénéiser l'excitation des spins en IRM à teslas.

N

ous résumons ici les différents aspects abordés au cours de cette thèse. Après un exposé des contextes stratégique et technique qui ont conduit à la mise en oeuvre de ces travaux, nous nous attacherons à décrire l'état de l'art antérieur de la méthode des points k T (ou k T -points), au coeur de cette thèse. Dans un second temps, nous présenterons quelques développements méthodologiques autour de cette méthode et de son implémentation. Enfin, trois études en milieu hospitalier ont été menées pour démontrer l'intérêt pratique des points k T en routine clinique, en imagerie du sein et du foie. 

Contexte et état de l'art