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The second main aspect of this work are perspectives in wireless RF coil development. A comprehensive review of the state-of-the-art, an outline of hardware developments in the MR receive system, and an analysis of efficient wireless data transmission strategies including power supply and control signaling is given.

Experimentally, an optical wireless communication module aiming at sensor data transmission, was shown to deliver 2 Mbps over 1.5 m using off-the-shelf optical components.

The successfully implemented coaxial coil design offers a versatile and robust alternative to rigid standard coils and combines the high sensitivity of conformal surface coils with the freedom to optimally set the coil size for a wide range of applications. Together with their low weight and flexibility, and in combination with wireless motion sensors, coaxial coils could be an ideal building block for wearable coil arrays with increased diagnostic value in breast, knee, or cardiac MRI. L'augmentation de l'intensité du champ magnétique statique B0 (par exemple 7 T, [1 3]) permet de créer une aimantation nette plus élevée des tissus et, par conséquent, des amplitudes de signal détectables plus élevées. Le champ statique de référence pour l'imagerie clinique standard est de 3 T, mais un premier scanner clinique certifié à ultra-haute intensité de champ 7 T est déjà sur le marché.

Les axes de développement des gradients concernent l'amélioration de ses principales caractéristiques, c'est-à-dire la linéarité, l'intensité et la vitesse de commutation du gradient. L'augmentation de l'amplitude du gradient permet d'obtenir des résolutions spatiales plus élevées et des vitesses de commutation élevées permettent une imagerie plus rapide.

Un autre aspect important est l'optimisation des caractéristiques de transmission et de réception des antennes RF et le développement de réseaux d antennes [4]. À 3 T, il est courant d'utiliser une grande antenne « corps entier » intégrée dans l'alésage du scanner pour créer un champ de transmission RF homogène. Cette grande antenne est ensuite souvent combinée avec de petites antennes de surface utilisées en réception seule avec une sensibilité accrue à proximité de la région du corps à imager.

À 7 T, en raison des difficultés à produire un champ de transmission RF homogène lié aux effets de longueur d'onde, aucune antenne corps entier n'est intégrée et, par conséquent, des antennes de surface sont généralement utilisées en mode émission réception Tx Rx Un nombre plus élevé de canaux d antennes permet l'imagerie parallèle [5 7] et les techniques de transmission parallèle [8], ce qui réduit Deux publications scientifiques sont le résultat de ce projet de thèse :

1. « Antennes coaxiales multi-tours multi-fentes flexibles: conception et mise en uvre pour l IRM à et à Tesla [9], publié dans IEEE Transactions on Medical Imaging et désigné Article I dans ce qui suit.

« Perspectives dans le développement d antennes radiofréquences pour

l IRM [10], publié dans Frontiers in Physics et désigné Article II dans ce qui suit.

Chapitre 2 : Contexte théorique

Ce chapitre décrit les concepts de base de la résonance magnétique nucléaire (RMN) et de l'imagerie par résonance magnétique (IRM). Il est suivi d'une introduction au contexte théorique concernant les antennes radiofréquences et les simulations électromagnétiques numériques.

Aujourd'hui, les scanners dédiés aux examens cliniques humains par RMN reposent sur la technologie supraconductrice pour la conception de l'aimant principal et fonctionnent généralement à des intensités de champ magnétique statique B0 de 1.5 T ou 3 T. Au cours de la dernière décennie, les scanners IRM ultra haut champ ( 7 T) sont également devenus accessibles pour une utilisation clinique et de recherche haut de gamme. Le principe de la RMN est le suivant un échantillon est composé d un ensemble de moments magnétiques, qui dans leur état d'équilibre sont orientés de manière aléatoire. Sous l'influence de B0, les moments magnétiques sont alignés et forment une aimantation M0 dont l axe de précession est aligné selon B0 et la fréquence angulaire dénotée fréquence de Larmor. Ce système peut être perturbé par un champ radiofréquence B1(t) perpendiculaire à B0 et oscillant à la fréquence de Larmor. Le champ B1(t) décale les moments magnétiques de tous les spins pour les mettre en phase et crée une aimantation transversale détectable Mxy. L'excitation des spins repose sur le phénomène de "résonance magnétique nucléaire" qui ne se produit que lorsque l'on utilise une fréquence de résonance égale à la fréquence Larmor. Une antenne de réception RF peut détecter la magnétisation transversale tournante par l'induction d'une force électromotrice (fem). Des bobines de gradient sont utilisées pour générer des champs magnétiques variant le long des directions x, y et z, les gradients de champ magnétique. Les gradients de champ attribuent des informations spatiales au signal RMN détecté, de sorte que lors de la reconstruction de l'image, l'origine du signal détecté est connue.

Les antennes RF sont donc l'instrument utilisé pour l'excitation de l'ensemble des spins par l'émission d'impulsions RF de forte puissance et pour la réception du signal RM.

Le choix de la géométrie et du matériau de l antenne est lié à des considérations relatives au signal et au bruit En général le diamètre d une antenne de surface doit être choisi en fonction de l'application cible : pour un RSB idéal à une profondeur de pénétration p le diamètre de l antenne d doit être environ égal à p. Les petites antennes de surface offrent une sensibilité supérieure à celui des antennes de volume.

Il faut veiller à ce que le fonctionnement se fasse dans le régime dominé par le bruit de l échantillon et non par le bruit de l antenne ce qui impose une limite à la réduction de taille des antennes. De plus, les antennes de surface ont une distribution inhomogène de B1 qui diminue fortement avec la distance dans l échantillon Il existe différents types d antennes de surface La construction peut être basée sur des éléments discrets, c'est-à-dire en utilisant des condensateurs discrets, formant un circuit RLC "standard". Une autre méthode pour réaliser une antenne RF est l'utilisation d une capacité distribuée dans des structures auto-résonnantes.

Des résonateurs à ligne de transmission (TLR) de différentes formes ont été proposés. Ce nouveau concept est étudié par calculs analytiques de la fréquence de résonance basée sur un circuit électrique équivalent, par simulations électromagnétiques, et par mesures sur table analyseur de réseau pour différentes configurations d antennes coaxiales. Le fonctionnement de ces antennes coaxiales a ensuite été validé en IRM.

Principe des antennes coaxiales MTMF

La Figure 1 

𝑋 T 𝜔 = -𝑍 0 cot 𝜔𝑙 √ 𝜀 r 𝑐 0

(2)

𝑍 tot 𝜔 = 𝑅 + 𝑖 𝑋 shield + 2𝑛 g 𝑋 T

Pour illustrer l'extension du diamètre réalisable des antennes auto-résonantes en utilisant le concept MTMF par rapport aux antennes mono-tour mono-fente (1T1F), les diamètres d0 des antennes coaxiales ont été calculés dans Matlab en utilisant des plages de valeurs réalistes pour tous les paramètres (εr, d1, Z0, nt, ng, B0). La Figure 2 montre que, par rapport à une antenne coaxiale 1T1F, l'utilisation de plusieurs tours permet d obtenir des diamètres d antennes plus petits et l utilisation de plusieurs fentes permet d'obtenir des diamètres plus grands. 
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Motivation

Magnetic resonance imaging (MRI) is a constantly developing medical imaging technique for a wide range of applications which has gained accessibility over the last few decades. MRI is routinely used for diagnostic purposes in clinical routine and in the research domain for pre-clinical human and animal studies.

The major advantages of MRI over other imaging modalities are its non-invasiveness and relative safety as no ionizing radiation is used, its outstanding soft-tissue contrast, and the versatility of the technique offering structural, functional (fMRI), and metabolic (MR spectroscopy) information. Whole-body imaging is feasible with standard clinical MR scanners at resolutions in the mm range, while advanced setups allow imaging of small structures down to tens of μm.

The nuclear magnetic resonance (NMR) phenomenon is exploited to create a signal originating from excited nuclear moments spins in a biological tissue, located in a strong static magnetic field B0. The instrument used for spin excitation and signal reception is a resonating structure, the so-called radio frequency (RF) coil. The RF coil s operation frequency is determined by the B0 field strength and the gyromagnetic ratio of the nucleus under investigation. Additional magnetic field gradients spatially encode the signal.

The MR image quality depends on the achievable signal-to-noise ratio (SNR).

Therefore, several development strategies related to hardware, aiming for signal enhancement have been pursued:

The increase in static magnetic B0 field strength (e.g. 7 T, [1 3]) to create higher net tissue magnetization and, therefore, higher detectable signal amplitudes. The benchmark for standard clinical imaging is 3 T while a first certified clinical ultra-high field (UHF) 7 T MR scanner is already on the market.

Gradient hardware development is focused on improving its main performance characteristics, i.e. linearity, gradient strength and gradient slew rate. With increased gradient amplitude, higher image resolutions can be obtained, and high slew rates allow for high-speed imaging.

Another main aspect is the optimization of transmit and receive characteristics of RF coils and the development of coil arrays [4]. At 3 T, it is common to use a large body coil integrated in the scanner bore for homogeneous RF transmit field creation in combination with small receive-only surface coils with enhanced sensitivity close to the body region to be imaged. At 7 T, due to the difficulties in producing a homogeneous RF transmit field related to wavelength effects, no such body coil is integrated and, therefore, typically surface coils are used in transmit/receive (Tx/Rx) mode. Higher coil channel counts allow for parallel imaging [5 7] and parallel transmission techniques [8] resulting in drastically shorter examination times, and, more recently, more homogeneous, RF excitation which is especially required at UHF.

In addition, the development of form-fitting and flexible or even stretchable RF coils has been emphasized. This is motivated by signal gain and increased patient comfort 

Thesis Outline

This PhD thesis was conducted in the frame of a project between the Laboratoire This thesis manuscript is divided into six chapters:

In the present chapter 1, a general introduction of the context, the main objectives and an overview over the following chapters are given.

In chapter 2, the theoretical background and physics related to the thesis work will be thoroughly explained. A focus will be put on MR fundamentals, RF coils, and electromagnetic (EM) simulation basics.

In chapter 3, several interrelated aspects important for wearable MR devices are discussed based on the motivation for wearable devices, the state-of-the-art, and challenges in their development. This chapter will establish the contextual link between the two subsequent chapters In chapter 6, an outlook on required future work and potential applications will be given. This will then be ultimately followed by a general conclusion of this thesis work.

The overall thesis structure is depicted in This chapter starts with the description of the basic concepts of nuclear magnetic resonance physics and magnetic resonance imaging (2.1). This will be followed by an introduction to the theoretical background concerning radio frequency (RF) coils (2.2) and numerical electromagnetic simulations (2.3).

Magnetic Resonance Basics

NMR physical principles can only be explained in depth using quantum mechanics which is beyond the scope of this thesis. For a basic understanding, the classical view with some quantum mechanical elements gives a sufficiently accurate approach for the description of most relevant phenomena. The mentioned principles, equations and conclusions are summarized based on sources [12 15] unless otherwise stated.

2.1.1

The Nuclear Magnetic Resonance phenomenon where I denotes the spin quantum number and ℏ is the reduced Planck constant (ℎ/2𝜋).

The intrinsic angular momentum vector, or spin, I is linearly related to a moving charge s magnetic dipole moment 𝝁 via the gyromagnetic ratio 𝛾 which depends on the nucleus.

𝝁 = 𝛾 • 𝑰

Eq. 2.3

𝛾 = 𝜇 N 𝑔 n ℏ

Eq. 2.4

𝜇 N is the nuclear magneton and 𝑔 n is the nuclear g-factor.

In general, all nuclei with a net spin 𝐼 ≠ 0 create a magnetic moment and can therefore be employed in NMR experiments. The 1 H (hydrogen) nucleus, consisting of one proton with a spin quantum number of 𝐼 = 

Spins in a static magnetic field

In absence of magnetic fields, the magnetic moments of a spin system within a sample, e.g. the human body, are randomly orientated. As soon as an external static magnetic field (B0) is applied, conventionally along the z-direction, the magnetic moments align either parallel or antiparallel to the static magnetic field direction. 𝐼 𝑧 describes the component of the angular momentum vector I along B0 and is quantized to:

𝐼 𝑧 = ℏ • 𝑚 𝐼 Eq. 2.5
where 𝑚 𝐼 denotes the magnetic quantum number which is limited to 2𝐼 + 1 values.

𝑚 𝐼 = -𝐼, -𝐼 + 1, … , 𝐼 -1, 𝐼 Eq. 2.6
Using Eq. 2.3 the z-component of the magnetic moment 𝜇 𝑧 can be derived.

𝜇 𝑧 = 𝛾 • ℏ • 𝑚 𝐼 Eq. 2.7
For the example of a 1 H nucleus where 𝑚 𝐼 = ± 1 2

, 𝜇 𝑧 has two possible states.

𝜇 𝑧 = + 1 2 𝛾 • ℏ - 1 2 𝛾 • ℏ Eq. 2.8
The phenomenon of distinct split energy levels of magnetic moments under the influence of a static magnetic field is called the Nuclear Zeeman effect and is schematically depicted in Figure 2.1. It is shown that spins aligned antiparallel to the B0 field (𝑚 𝐼 = -

) have higher potential energy E than spins aligned in parallel to B0 The potential energy E of the magnetic moment in presence of a B0 field is given by

(𝑚 𝐼 = + 1 2 ).
𝐸 = -𝜇 𝑧 • 𝐵 0 = ± 1 2 𝛾 • ℏ • 𝐵 0
Eq. 2.9

For the 1 H nucleus, this results in an energy difference or energy necessary for the transition between energy states Δ𝐸 which linearly increases with B0 as given in Eq. ), the transition between energy states is possible.

Δ𝐸 = 𝛾 • ℏ • 𝐵 0 = ℏ • 𝜔 = ℎ • 𝑓 Eq. 2.10
The angular frequency 𝜔 (Eq. 2.11) is the so-called Larmor frequency which increases with magnetic field strength and depends on the gyromagnetic ratio in rad • s - where k is the Boltzmann constant and T the absolute temperature in Kelvin. Usually, the number of excess of spins parallel to B0 (𝑁 + ) is very small but still results in a net magnetization 𝑴 which can be written as the vector sum of individual magnetic moments of the total number N = 𝑁 + + 𝑁 -of spins.

𝑴 = 𝝁 𝑖

𝑁 𝑖=0

Eq. 2.14

Using Eq. 2.13, the number of excess spins ∆𝑁 in parallel to B0 (𝑁 + -𝑁 -) can be approximated taking into account that, typically, the thermal energy 𝑘𝑇 is much larger than the magnetic energy 𝛾ℏ𝐵 0 .

∆𝑁 = 𝑁 • tanh 𝛾ℏ𝐵 0 2𝑘𝑇 ≈ 𝑁 • 𝛾ℏ𝐵 0 2𝑘𝑇 Eq. 2.15
When combining Eq. 2.14 and Eq. 2.15, this results in the expression given in Eq. 2.16.

This equation establishes the linear relationship between the equilibrium magnetization 𝑀 0 in a static magnetic field B0 and the total number of spins N as well as the angular momentum 𝜇 𝑧 . This means that for a spin ensemble, the net magnetization in a static magnetic field can be increased by increasing the B0 magnetic field strength which is the trend followed by major MR system vendors.

𝑀 0 = ∆𝑁 • 𝜇 𝑧 ≈ 𝑁 • 𝜇 𝑧 • 𝛾ℏ𝐵 0 2𝑘𝑇 Eq. 2.16
The macroscopic measure of a net magnetization vector 𝑴 is practical for the description of a spin ensemble as thereby, classical physics can be used to formulate equations of motion for the magnetization M.

According to classical mechanics, one can consider that magnetic moments in a static magnetic field experience a torque 𝑻 that strives for the minimization of potential energy, and therefore the alignment to the external B0 field.

𝑻 = 𝑑𝑰 𝑑𝑡 = 𝝁 × 𝑩 0
Eq. 2.17

Using Eq. 2.3 and Eq. 2.17, the following relationship can be found:

𝑑𝝁 𝑑𝑡 = 𝝁 × 𝛾𝑩 0 = 𝝁 × 𝝎 Eq. 2.18
Further substituting the individual magnetic moment by the macroscopic magnetization for a spin ensemble according to Eq. 2.14 yields

𝑑𝑴 𝑑𝑡 = 𝑴 × 𝛾𝑩 0 = 𝑴 × 𝝎 Eq. 2.19
The above-derived equation of motion for the magnetization (Eq. 2.19) describes a precession of M around 𝑩 0 (or the z-axis) at the Larmor frequency 𝜔 . As the precessing spins are largely out of phase, there exists no detectable net transverse component of 𝑴 in the x-or y-direction but only along z. This is sketched in Figure 2.2a.

Spins in a radio frequency field

The spin system is in its equilibrium state under the influence of 𝑩 0 only and can be disturbed using a time-dependent RF field 𝑩 1 𝑡 , oscillating at the Larmor frequency.

With an RF coil employed for the emission of such a B1 field perpendicular to the B0 field direction, the RF field shifts the magnetic moments of all spins to precess in phase and creates a, now detectable, transverse magnetization component Mxy. The spin excitation relies on the nuclear magnetic resonance phenomenon which only occurs when using a resonance frequency that equals 𝜔 . A receive RF coil can detect the transverse rotating magnetization by induction of an electromotive force (emf).

Under the presence of an RF field, the magnetization precesses around the sum of the 𝑩 0 and 𝑩 1 𝑡 field which is given by

𝑩 𝑡 = 𝑩 0 + 𝑩 1 𝑡 = 𝐵 1 • cos 𝜔 𝑡 𝐵 1 • sin 𝜔 𝑡 𝐵 0
Eq. 2.20

The equation of motion for the magnetization taken from Eq. 2.19 therefore becomes

𝑑𝑴 𝑑𝑡 = 𝑴 × 𝛾𝑩 𝑡 Eq. 2.21
As illustrated in Figure 2.2a, in the laboratory frame of reference (x, y, z), under the influence of a static magnetic field only, the equilibrium magnetization M0 precesses at 𝜔 around the z-direction (B0). The trajectory followed by the magnetization in the laboratory frame under the application of a B1 field is more complex and resembles a helix. It is more convenient to visualize and describe this motion in the rotating frame of reference (x y z with a rotating frequency equal to 𝜔 around z which is shown in Figure 2.2b. For an observer in the rotating frame, M0 appears stationary and is tilted towards the xy-plane resulting in a magnetization M with a net transverse (Mxy)

and longitudinal component (Mz), when a 𝑩 1 field is applied along the x -direction. The tilting of the magnetization towards the xy-plane is quantized by the flip angle 𝛼.

Over a certain volume, the flip angle distribution 𝛼 𝒙 results from the application of an RF field with the spatial distribution 𝐵 1 𝒙 produced by a pulse of shape b(t) for a certain pulse duration 𝑇 p lse .

𝛼 𝒙 = 𝛾𝐵 1 𝒙 𝒃 𝑡 𝑑𝑡 𝑇 p lse 0 Eq. 2.22
For a rectangular pulse, the flip angle distribution can be simplified to

𝛼 𝒙 = 𝛾𝐵 1 𝒙 𝑇 p lse
Eq. 2.23

Relaxation

After spin polarization by a static magnetic B0 field and spin excitation by an RF (B1) field, the spin system will return to its equilibrium state, i.e. to the initial magnetization M0. This process is called relaxation and one can differentiate between two mechanisms: longitudinal (spin-lattice) and transversal (spin-spin) relaxation which are characterized by the time constants T1 and T2, respectively. The longitudinal magnetization component Mz recovers to its initial amplitude M0

based on the interaction of spins with their surrounding molecular lattice. Mz regains amplitude at a rate given by

𝑑𝑀 𝑧 𝑑𝑡 = 1 𝑇 1 M 0 -M 𝑧 𝑡 Eq. 2.24
The solution to this differential equation is the exponential recovery process of the longitudinal magnetization (Eq. 2.25) which is plotted in Figure 2.3a. T1 characterizes the time at which Mz has regained ≈ 63 % of its initial amplitude.

𝑀 𝑧 𝑡 = 𝑀 𝑧 0 • 1 -𝑒 - 𝑡 𝑇 1
Eq. 2.25

Transversal or T2 relaxation refers to the decay of transversal magnetization Mxy with time which is caused by interactions between spins and the resulting loss of spin phase coherence. The decay is characterized by the time constant 𝑇 2 indicating when Mxy has decreased to ≈ 37 % of its initial amplitude. This is illustrated in Figure 2.3b. 

Slice selection and spatial encoding

The sample to be imaged can be divided into small volumes, so-called voxels, with a three-dimensional spatial location 𝒙. In order to reconstruct an MR image, magnetic field gradients in all three orthogonal directions (𝐺 𝑥 , 𝐺 , 𝐺 𝑧 ) are necessary to map the signals originating from each of these voxels onto a specific location in image space.

The total gradient field is composed of gradients in x-, y-and z-direction with linearly varying magnetic fields.

𝑮 𝑡 = 𝐺 𝑥 𝑡 𝒙 + 𝐺 𝑡 𝒚 + 𝐺 𝑧 𝑡 𝒛 Eq. 2.32

𝑮 𝑡 superimposes the main magnetic field B0 yielding a total magnetic field of

𝐵 𝒙, 𝑡 = 𝐵 0 + 𝑮 𝑡 • 𝒙 Eq. 2.33
which results in a different precessional frequency and phase of the spins, depending on their spatial location 𝒙. As schematically drawn in Figure 2.5, in MRI, three different gradients fields are used for slice selection (in z-direction), frequency encoding (in x-direction) and phase encoding (in y-direction). The selective excitation of a slice parallel to the xy-plane is done with an RF transmit pulse that has a certain bandwidth Δ𝑓 Tx which determines the thickness Δ𝑧 of the selected slice according to the following relationship:

Δ𝑧 = Δ𝑓 Tx 𝛾𝐺 𝑧 Eq. 2.35
where Gz is the gradient strength (usually given in mT/m). The slice thickness can be modified by the gradient slope and the RF transmit bandwidth Δ𝑓 Tx (see Figure 2.5).

Ideally, transverse magnetization is only created in the targeted slice, which is determined by the RF excitation pulse shape in the time domain. The pulse shape can be chosen such as to achieve the desired slice excitation profile in the frequency domain. As time and frequency domain are related via Fourier transformation, a sincshaped RF pulse is commonly employed in MRI for rectangular slice profile excitation.

In addition to slice selection, spatial encoding in the x-and y-direction is performed by frequency and phase encoding. A frequency encoding readout gradient in x-direction, denoted Gx, is switched on during data acquisition (readout). As a consequence, the Larmor frequencies vary depending on their x-location and this information can be used to identify the spatial origin of signals in x-direction.

𝜔 𝑥 = 𝜔 + 𝛾𝐺 𝑥 • 𝑥 Eq. 2.36
The third spatial dimension (y) is encoded by the Gy gradient introducing a certain phase shift shortly before data readout. This is referred to as phase encoding and to fully encode a 2D image, a phase encoding gradient of different amplitude, as schematically indicated in Figure 2.5, has to be repeated for every readout (frequency encoding) step. The number of times the phase encoding gradient is applied determines the duration of image acquisition.

The frequency and phase variation in the received MR signal depending on the x-and y-direction for 2D imaging can be translated into spatial information using Fourier transforms during image reconstruction.

k-space

During each MR experiment, the signal acquired in the presence of a gradients for slice excitation, frequency and phase encoding is stored in a matrix which is known as spatial frequency space or k-space. Depending on the timing of RF pulses and gradients, the k-space matrix is filled in line by line. Conventionally, and as mentioned above, the x-direction is referred to as frequency encoding and the y-direction as phase encoding direction. The k-space trajectory covered during image readout after RF excitation (𝑡 = 0) is determined by the gradient waveforms and given by

𝒌 𝑡 = 𝛾 𝑮 𝑡 𝑑𝑡′ 𝑡 0
Eq. 2.37

The resulting signal can be written as The center of the k-space contains low spatial frequency information mainly responsible for basic image shape, contrast and brightness. The periphery of the kspace corresponds to high frequencies which define sharp edges and image details.

𝑆 𝒌 𝑡 = 𝜌 𝒙 𝑠𝑎𝑚𝑝𝑙𝑒 𝑒

Imaging sequences

In MRI, different techniques for image formation, i.e. sequences determining the timing and amplitude of RF pulses and gradients, exist. As the FID decays very rapidly (with time constant 𝑇 2 * ), an echo generated by refocusing of the transverse magnetization by a spin or gradient echo is used in basic imaging sequences, shortly described in the following.

A spin echo sequence is illustrated in a diagram for one frequency-encoding line in Figure 2.7. First, a 90° flip angle RF pulse is applied, creating a transverse magnetization component and a measurable FID. The spins start to dephase but a refocusing pulse reverses the dephasing process and due to the rephasing a spin echo is detectable after the echo time TE. When applying multiple 180° pulses, a spin echo appears after each TE and their amplitudes decay with time constant 𝑇 2 . The slice selection gradient Gz is switched simultaneously with the 90° RF pulse, followed by a gradient of opposite polarity and half the duration to rephase spins along the slice thickness. Also, during the 180° RF pulse, Gz is switched on again. The phase encoding gradient Gy is switched on shortly between slice excitation and spin echo.

For a k-space matrix of size 256 x 256 (kx x ky), the phase-encoding gradient is switched on 256 times with different amplitudes and with repetition time TR (time interval between two 90° pulses). The frequency-encoding gradient is marked by Gx and is active during the spin echo readout. To avoid full dephasing of the spins precessing in the frequency encoding direction during the echo time TE, another Gx gradient is applied before the 180° pulse. This leads to a rephasing of the spins so that at the center of the readout interval and the maximum of the spin echo, they are in phase again. A gradient echo (GRE) sequence produces an echo based on the application of a gradient pulse which artificially dephases the spins so that the FID decays more quickly than at 𝑇 2 * . By reversing the polarity of the gradient, the spins are rephased again and an echo is measurable after TE, as shown in Figure 2.8. The TE of gradient echoes is much shorter than for spin echoes as the echo creation has to fit within the 𝑇 2 * decay. This is the reason why the GRE is faster than the spin echo imaging technique. 

MR signal characteristics

The above-mentioned basics explaining the origin of MR signals and image formation allow for a summary of MR signal properties which will strongly influence further signal processing stages, e.g. preamplification, down-sampling and analog-to-digital conversion in the MR receive chain. This will be complemented with additional considerations on the achievable signal amplitude and noise mechanisms in MR.

Carrier frequency and receive bandwidth

For most clinical MRI scenarios, the RF carrier frequency of MR signals lies between 64 and 300 MHz (following Eq. 2.12) or speaking in terms of B0 field strengths, the range is from approximately 1.5 to 7 T. The bandwidth of the received MR signal Δ𝑓 Rx is given by the frequency range that readout gradients map the spatial locations onto.

It is directly proportional to the maximum gradient strength and the FOV size, which is illustrated in Figure 2.9.

Δ𝑓 Rx = 𝛾 • 𝐺 𝑥 • FOV Eq. 2.39
Figure 2.9: MR receive bandwidth depending on the gradient strength and FOV, adapted from [19] In some scenarios, the receive bandwidth Δ𝑓 Rx can reach more than 1 MHz. This is the case with strong gradients (e.g. 𝐺 𝑥 = 80 mT/m) and a large FOV (e.g. FOV = 30 cm) but typical receive bandwidths are in the range of hundreds of kHz or only a few kHz for MR spectroscopy (MRS). Note that here, one speaks of receive bandwidth whereas for slice excitation, the transmission bandwidth of the excitation pulse is decisive to determine the slice profile (see Figure 2.5).

The RF carrier frequency and receive signal bandwidth will in general have an effect on the signal digitization approach used in the RF receive chain, i.e. the sampling frequency of the analog-to-digital converter (ADC) that has to be chosen to correctly The principle of reciprocity establishes a link between the transmit field and the receive sensitivity of an RF coil [20,21]. The exact derivation for NMR signal amplitude calculations based on fundamental equations in electromagnetic theory, i.e. Ampère s and Faraday s law describing the magnetic field produced by an alternating current passing through a coil and the 𝑒𝑚𝑓 induced by a time-dependent rotating magnetic field in the RF coil, respectively, can be found in reference [20]. The central aspect stated by D.I. Hoult is that the 𝑒𝑚𝑓 induced in a receive coil by the precessing spins is proportional to the hypothetical magnetic field produced by the coil when applying unit current, assuming that the transverse component of the B1 field, 𝐵 1,𝑥 , is homogeneous over the whole voxel volume V (which is realistic for small voxels in the mm 3 range). This fact can be used to estimate the coil s receive sensitivity based on its transmit performance. The induced 𝑒𝑚𝑓 is given by 𝑒𝑚𝑓 = 𝜔 𝐵 1,𝑥 /𝐼 𝑀 0 𝑉cos 𝜔 𝑡 Eq. 2.40

where 𝐵 1,𝑥 /𝐼 is the magnetic coupling coefficient which describes the ability of the RF coil to produce a magnetic field 𝐵 1,𝑥 per unit current I.

As 𝜔 ∝ 𝐵 0 (Eq. 2.11) and 𝑀 0 ∝ 𝐵 0 (Eq. 2.16), the following relationship is found:

𝑒𝑚𝑓 ∝ 𝐵 0 2
Eq. 2.41

The induced 𝑒𝑚𝑓 generates current flow in the coil conductor and a detectable voltage at the coil terminal also called coil port The maximum received signal voltage (Vmax) can reach the tens of mV range for 3D imaging at high 𝐵 0 fields (neglecting relaxation effects) but is usually even weaker and rather situated in the hundreds of μV range [15,22,23].

Noise

The minimum voltage of the MR signal that can be detected is limited by the thermal noise and is typically in the nV range [22]. Therefore, a difference of up to six orders of magnitude between highest and lowest detected signal voltage is possible in MR.

According to Johnson-Nyquist s theorem the thermal noise is determined by

𝑉 noise = 4𝑘𝑇 eq 𝑅 eq Δ𝑓 Rx Eq. 2.42
where 𝑘 is the Boltzmann constant and Δ𝑓 Rx the receiver bandwidth. 𝑇 eq 𝑅 eq denotes the equivalent temperature-weighted sum of resistances according to respective dissipation rates and local temperatures in different media [24]. The two principal noise sources contributing to 𝑅 eq in MRI are the coil resistance (𝑅 c ) and sample resistance (𝑅 s ). Coil noise can be minimized e.g. by using highly conductive conductor material, by reducing the number and size of solder joints or by employing cooled or superconducting coils.

Sample noise arises mainly due to the magnetic coupling with the RF coil to the sample, depending on its conductivity (e.g. ≈ 0.77 S/m for muscle tissue at 300 MHz [25]) and temperature. The associated magnetically coupled noise originates from the thermal excitation of charges in the sample in presence of the RF excitation field. Circular components of the Brownian motion of these electrical charges induce a voltage in the RF coil at the same time of MR signal induction which results in random fluctuation of the measured signal, detected as noise.

Another factor contributing to sample noise is capacitive coupling due to stray capacitances between the coil and the sample. Electric potential differences along the coil conductor create E fields that reach the sample surface and induce dielectric losses. As a consequence, noise is coupled to the coil by thermal fluctuation of these electric dipoles distributed at the surface of the sample. This noise effect can be limited for example by distributed series capacitors along the coil loop that equilibrate the electric potential distribution.

Spin noise is the third noise mechanism contributing to sample noise, originating from fluctuations of transverse magnetic moments. This is not a major factor for MRI with high receive bandwidths but can be limiting in MRS with high spectral resolution [24].

When dielectric losses are limited, magnetic coupling between the coil and the sample is the main contribution to sample noise. In this case, the noise voltage induced in the coil increases linearly with frequency. Therefore, the power dissipation in the sample is proportional to the square of the frequency, resulting in the following relationship for the effective sample resistance [24,26]: which represents the time-domain SNR achievable with an RF coil per unit of magnetic moment and unit receive bandwidth.

𝑅 s ∝

Considerations for RF coil design

In RF coil design, the focus lies on the improvement of the sensitivity factor 𝑆 𝑅𝐹 . For a given 𝜔 this can be achieved by increasing the magnetic coupling factor or by reducing the noise.

Using Biot-Savart s law to establish a relationship between the magnetic coupling coefficient, the coil radius 𝑟 0 of a circular surface coil and the distance 𝑎 from the coil along the central axis yields:

𝐵 1,𝑥 𝐼 = 𝜇 0 2 𝑟 0 2 𝑟 0 2 + 𝑎 2 3/2
Eq. 2.47

It can be seen that very close to the coil (𝑎 = 0) the magnetic coupling coefficient and therefore the SNR is inversely proportional to the coil radius.

𝐵 1,𝑥 𝐼 = 𝜇 0 2𝑟 0 Eq. 2.48
Hence, for same applied current, smaller coils produce higher 𝐵 1,𝑥 than large coils.

The drawback of using small coil is that their magnetic coupling coefficient decreases more rapidly in depth and these coils therefore only allow for imaging of superficial areas.

In the case of a circular, lossless loop positioned at the surface of a uniformly conductive sample, optimal SNR at a certain penetration depth p inside the sample is achieved when the coil diameter 𝑑 equals approximately the desired penetration depth [ 27 29].

𝑑 = 2𝑝 √5 ≈ 𝑝

Eq. 2.49

Eq. 2.49 can be taken as an initial guideline assuming sample noise dominance and no coil losses. In practice, as investigated by Kumar et al. [30], including coil losses and depending on the B0 field strength and target depth, the optimum coil diameter differs from the one calculated for the case without coil losses. Furthermore, the distance between coil and the sample influences the achievable SNR in a certain depth inside the sample [24].

Assuming a constant 𝐵 1,𝑥 /𝐼 over the sample volume 𝑉 𝑠 , 𝑆 RF can be rewritten into [24] 𝑆 RF ≈ 𝜇 0 𝜔 𝜂𝑄 4𝑘𝑇 eq 𝑉 s

Eq. 2.50

The filling factor 𝜂 represents the geometrical relationship between the RF coil and the sample and is defined as the ratio of the magnetic field energy stored inside the sample volume 𝑉 s to the total magnetic energy stored by the RF coil [21]. The electrical quality factor 𝑄 indicates the contribution of power loss mechanisms and is given by 𝑄 = 𝐿 eq 𝜔 𝑅 eq

Eq. 2.51

where the equivalent self-inductance 𝐿 eq represents the total magnetic energy stored per unit current in the coil conductor. The factor 𝜂𝑄 proportional to 𝑆 RF indicates the amount of magnetic energy the RF coil can store in the sample volume per input power. This factor should ideally be maximized by placing the coil very close to the sample and by aiming for high Q factors which is achieved when reducing the noise

𝑅 eq .
With the goal of relating the achievable SNR to the 𝐵 0 field strength, equations Eq. . At low static magnetic fields with small coils or small samples, the coil noise usually dominates. For a given 𝐵 0 field strength, the coil size has to be larger than a defined critical value to reach the sample noise domain. With increasing 𝐵 0 field, this critical coil size decreases [24]. Therefore, high 𝐵 0 field strength does not only bring the advantage of higher induced signal (Eq. 2.41) but also offers the possibility to use miniature RF coils while still operating in the sample noise domain.

The scaling rules for the 𝑄 factor, SNR and RF sensitivity factor for the two different noise domains are summarized in Table 2.3 [24]. In the case of non-conductive samples, the noise stems solely from coil losses whereas with conductive samples it is assumed that noise originates only from the sample. The factor 2 in Eq. 2.53 accounts for positive and negative amplitudes of the oscillating signal. For MRI, the DR is typically around 90 dB but can also reach more than 120 dB for example in the case of high-resolution 3D acquisitions at ultra-high field [31,32], i.e. when the signal ranges from nV to mV. The MRI noise floor and signal peak, i.e. the whole DR, must fit within the ADC dynamic range given by the ADC bit resolution. Therefore, to correctly represent the MR signal in the digital domain, a suitable ADC bit resolution b has to be chosen according to the following criterion shown in reference [33]. This asymmetry has to be taken into account when tailoring the 𝐵 1 + and 𝐵 1 -field at UHF depending on the coil type used and the specific anatomical target application.

DR = 20log

RLC circuits

In its most basic form, an RF coil can be described as a resonant circuit consisting of an inductance (L) determined by the conductor geometry, a resistance (R)

proportional to both coil and sample losses, and a capacitance (C) determined by capacitors placed at conductor intersections. The RLC circuit, i.e. the RF coil, can interact with the precessing magnetization and is sensitive to signal induction by the rotating magnetization, only if it is designed so that its B1 field vector and coil area is oriented perpendicular to B0 and if it has a resonance frequency 𝜔 0 which is equal to the Larmor frequency 𝜔 depending on the B0 field strength and the nucleus under investigation. This process of resonance frequency adjustment is called tuning .

Having a closer look at series and parallel resonant circuits, depending on how R, L and C are assembled, allows for the derivation of the resonance condition for 𝜔 0 calculations. A basic representation of an RF coil, forming a series or parallel RLC circuit, is shown in Figure 2.11a and b, respectively. The inductance L is determined by geometrical properties of the coil (a circular loop in this example). The coil conductor material has a certain resistance R. Lossy capacitors and inductors will also contribute to the effective R. CT denotes the tuning capacitor. 

Resonance in series and parallel RLC circuits

The impedance of an AC circuit is given by

𝑍 = 𝑅 + 𝑖𝑋 Eq. 2.57
where the real part Re(Z) is the resistance R and the imaginary part Im(Z) is the reactance X.

In case of a series RLC circuit configuration, the total coil impedance across the coil port indicated by the terminals A and B in Figure 2.11a, is the sum of individual components impedances 𝑍 coil,series = 𝑅 + 𝑖 𝜔𝐿 -1 𝜔𝐶 T

Eq. 2.58

The resonance occurs when the imaginary part is zero (Im 𝑍 = 0), i.e. when the capacitive equals the inductive reactance. This means that the energy in the RLC circuit is exchanged back and forth between capacitor (electric energy) and inductor (magnetic energy) and is dissipated in the resistance R. The resonance frequency 𝜔 0 is therefore given by 𝜔 0,series = 1 𝐿𝐶 T

Eq. 2.59

As can be seen in Figure 2.12a, the impedance is at a minimum on resonance and equal to the resistance. In case of a parallel resonant circuit, as sketched in Figure 2.11b, the total coil impedance across the port (AB) is given by

1 𝑍 coil,parallel = 1 𝑅 + 𝑖𝜔𝐿 + 𝑖𝜔𝐶 T Eq. 2.61
When defining the resonance condition the same way as for series RLCs (Im 𝑍 = 0), it can be derived [34] that

𝜔 0,parallel = 1 𝐿𝐶 T - 𝑅 2 𝐿 2 ≈ 𝜔 0,series Eq. 2.62
Typically, L is much larger than R (∝ 1/𝑄) and the parallel resonance frequency differs less than 1 % [34] from the series resonance frequency (Eq. 2.59).

On resonance, the impedance magnitude equals

𝑍 coil,parallel 𝜔 0 ≈ Re 𝑍 ≈ 𝐿 2 𝜔 0 2 𝑅 ≈ 𝑄𝐿𝜔 0 Eq. 2.63
and is at a maximum, as can be observed in Figure 2.12b. With typical values for the inductive reactance L𝜔 0 (100 Ω) and assuming 𝐿 ≫ 𝑅, the impedance can reach a value of 10 kΩ [34].

Q factor

As illustrated in Figure 2.12b, Δ𝜔 is defined as the bandwidth at half height of the real part of Z, i.e. the -3 dB bandwidth. The ratio between the resonance frequency and the bandwidth yields the expression for the Q factor.

𝑄 = 𝜔 0 Δ𝜔

Eq. 2.64

The higher the Q factor, i.e. the sharpest the resonance peak, the more frequency selective the coil. Complementarily, the Q factor is a parameter that also indicates how much energy is stored and dissipated in the RF coil (or the coil and the sample).

𝑄 = 2π

energy stored energy dissipated per cycle = 𝐿𝜔 0 𝑅 Eq. 2.65

When examining the coil only, the loss mechanism responsible for setting a limit to the achievable Q factor, called the unloaded Q factor (𝑄 , is coil loss Rc.

𝑄 = 𝜔 0 𝐿 𝑅 c

Eq. 2.66

In presence of a sample, i.e. in loaded coil configuration, the loaded Q factor (𝑄 l ) will be limited due to the addition of sample losses 𝑅 𝑠 arising from magnetic coupling.

𝑄 l = 𝜔 0 𝐿 𝑅 c + 𝑅 s Eq. 2. 67 In coil design, the goal is to achieve a ratio between unloaded and loaded Q factor which is larger or at least equal to 2. Following the relationship in Eq. 2.68 this indicates that sample noise dominates over coil noise (𝑅 s 𝑅 c which is the desirable operating regime for RF coils.

𝑄 𝑄 l = 𝑅 c + 𝑅 s 𝑅 c = 1 + 𝑅 s 𝑅 c
Eq. 2.68

When coil sizes get smaller, the sample noise (magnetic coupling) decreases and as soon as 𝑅 s 𝑅 c , i.e. the coil noise is dominant, either this noise source has to be reduced, for instance by cooling the RF coil, using less resistive material or less lossy capacitors, or the coil diameter has to be increased again.

From the above-described, one can understand that one goal in RF coil design is the maximization of the unloaded Q factor, i.e. the reduction of Rc. As already stated in The distributed capacitors equilibrate E fields as the voltage across one capacitor is reduced. This is advantageous as high E fields can lead to heating and cause dielectric losses. As the energy stored in the electric field is proportional to 𝐸 2 ∝ 𝑉 2 , a reduction of the voltage and resulting E field by a factor of 4 divides the energy loss by a factor of 16. Further, homogeneous current along the loop as shown in Figure 2.13b leads to a uniform B1 field distribution whereas for the non-segmented case shown in Figure 2.13a, a B1 cancellation in the center of the coil will occur. As a rule of thumb, ideally the segment length between capacitors should be between 𝜆/20 and 𝜆/10 [34], where 𝜆 denotes the wavelength in free space.

Impedance matching

An RF coil tuned to the target Larmor frequency and ideally equipped with distributed tuning capacitors has to undergo an impedance matching process before it can be connected to the MR scanner s RF Tx and Rx chain. By convention, all components are optimized to work in a 50 Ω system. For efficient power transfer in this system, the coil impedance and impedance of other devices and cables has to be matched to 50 Ω.

If the impedance is off, this results in reflected power which in the case of transmit coils for example results in only a fraction of the power transferred by the amplifier available the coil. As shown in Figure 2.12b, the parallel RLC has a resistance Re 𝑍 that is frequency dependent and equals 50 Ω at two resonance frequencies 𝜔 1 and 𝜔 2 .

In contrast to the resonance 𝜔 0 , where Im 𝑍 = 0, at 𝜔 1 an inductive and at 𝜔 2 a capacitive imaginary part of the impedance remains. This reactance can be cancelled by a series capacitance (at 𝜔 1 ) or inductance (at 𝜔 2 ). In practice, as shown in Figure 2.14a, impedance matching is mostly done by a series capacitor CM as they are less lossy than inductors [15,34]. CM cancels the remaining inductive reactance and shifts the resulting resonance frequency to 𝜔 1 . In addition to capacitive segmentation along the loop, the implementation of balanced matching capacitors as depicted in Figure 2.14b is advantageous to limit the E field near the coil and thereby dielectric losses.

To do so, the matching interface consisting of one capacitor CM in unbalanced configuration has to be modified so that the capacitors are split into two series capacitors, i.e. the capacitor value has to be doubled to 2CM. Further, balanced matching provides an electrical symmetry with respect to the ground which reduces common mode currents in the coil winding. Often, a capacitor CTM is used which not only influences the matching but also the tuning. 

Coil types

Geometrical shapes of commonly used coil types are shown in Figure 2.15. They can be grouped into volume and surface coils which will be described in the next sections. 

Volume coils

Two examples of volume coils are shown in Figure 2.15: a birdcage coil and a solenoid coil. For RF transmission, the goal is to create a strong, homogeneous 𝐵 1 field, perpendicular to the 𝐵 0 field direction. For this purpose, large volume coils that fit around different patient anatomies have been designed over the years. One prominent example is the cylindrical birdcage coil [35,36] which can be employed for head and knee but also whole-body imaging. A number of conductor legs, typically between 12 and 24, connects the end rings (top, bottom) of the coil. Tuning capacitors can be positioned either on the legs (low pass birdcage) or on end rings between the legs (high pass birdcage). The band pass birdcage is a combination of the two. As a birdcage resonator creates a 𝐵 1 field which is perpendicular to the legs, i.e. the coil axis, the coil can be inserted in the scanner bore along its axis which facilitates positing of the head or knee inside the coil. In contrast, a solenoid volume coils produces a 𝐵 1 field which is parallel to its axis (see Figure 2.15) and therefore has to placed perpendicular to the 𝐵 0 field direction. For large anatomies, the use of such coils is clearly impractical but solenoid coils have shown to yield very homogeneous and high 𝐵 1 fields suitable for microscopic and for human finger imaging [37].

For reception, the volume coil type is often a suboptimal solution as in various cases, the coil conductors are placed far away from the sample, i.e. the filling factor is low.

Further, large coil elements that cover a wide FOV do not allow to achieve highest possible SNR. As a consequence, birdcage coils are often used for RF transmission in combination with small surface coils or coil arrays for reception.

Surface coils

The choice of the surface coil geometry and material is linked to signal and noise considerations discussed more in detail in section 2.1. As mentioned above, small Rx-only surface coils are often combined with large Tx coils to benefit from the advantages of each distinct coil design. During RF transmission, it is indispensable to avoid coupling between Tx and Rx coil as both coils are designed to resonate at the same frequency 𝜔 . Coupling of high RF transmit power to the Rx coil can become a safety issue as concentrated E fields risk patient burns. Furthermore, the preamplifier might be damaged due to high induced currents which can also lead to 𝐵 1 + distortion resulting in MR imaging artifacts. This implies the necessity of implementing a mechanism in the surface coil to switch it off during RF transmission. This is often realized by an active detuning (AD) trap circuit which will be discussed for the case of a standard coil below. For self-resonant coils, i.e. coaxial Rx-only coils described in this work, AD doesn t rely on a trap circuit but on creating a short between the conductors responsible for the resonant behavior of the coil. This will be discussed more in detail in chapter 4. It shall be mentioned here that, in addition to AD, further safety measures for sufficient decoupling are commonly implemented in Rx-only coils, e.g. passive detuning by two crosses diodes or fuses that intersect the RF coil conductor if high currents are induced.

Standard coils

For standard surface coils, the choice of suitable inductors with a low resistivity is important. Mostly copper or silver is employed in wire or tape form, and sometimes printed or etched on a circuit board. Capacitors and other components in the circuitry should have a high 𝑄 and be suited for use in MRI, i.e. not contain any ferro-or strongly paramagnetic parts. A typical example of a standard Rx-only coil is shown in during RF transmission so that the trap circuit intentionally couples with the RF coil and splits the resonance peak. During RF reception, the diode is reverse biased (-30 V for Siemens systems) so that it appears as an open and the RF coil is tuned again 

Self-resonant structures

Another method to fabricate an RF coil is the use of self-resonant structures.

Transmission line resonators (TLRs) in different forms are currently employed in MRI. They resonate without the use of discrete capacitors, but a capacitance which is continuously distributed in a dielectric substrate separating the inductor paths. The inductors are intersected by gaps, typically placed at diametrically opposite positions, such as to create an external magnetic field. The self-resonance is determined by the coil geometry, material properties and number of gaps. As for standard surface coils, the choice of materials with low resistivity for conductors and low dielectric losses for the substrate is important. This section will be focused on a description of the basic functioning principle of TLRs. Different implementations and the advantages in terms of flexibility will be discussed in the next chapter and in Article I. While this work is concerned with coaxial TLRs, other variants, e.g. parallel-plate TLRs exist.

In Figure 2.17, schematic drawings of both TLR types are shown. For both structures, the fabrication can be done using a flexible or rigid dielectric substrate. Further, single-turn single-gap (1T1G), single-turn multi-gap (1TMG), multi-turn single-gap (MT1G) or multi-turn multi-gap (MTMG) variants are possible. For a target Larmor frequency, multiple gaps allow for larger coil diameters and multiple turns for smaller coils as compared to the 1T1G coil. For parallel-plate TLRs, every configuration has successfully been designed or implemented in MRI [38 47]. The design of coaxial coils for MR was largely inspired by previous publications introducing shielded loop resonators or coaxial TLRs [48 52] which are also employed for other applications than MRI e.g. for wireless power transfer [53,54]. For MR imaging, coaxial coils (CCs)

have only been used in 1T1G configuration, e.g. in references [52,55] and one special 1TMG configuration with arbitrarily arranged gaps in [56]. Furthermore, MT1G [51] or 1TMG [57,58] coaxial coils have been suggested in patents or publications but not tested in MRI so far. In Figure 2.17, an example of a 1T1G and 1T2G (double-gap) TLR is shown for the parallel-plate and coaxial configuration. The transmission line (TL) is either formed by the top and bottom conductor in case of the parallel-plate TLR and for the coaxial structure, the TL is given by the inner conductor and the inner surface of the outer conductor. Differential mode currents in the transmission line have opposed phase and equal amplitudes and therefore do not create a magnetic field outside of the transmission line [34]. By gap introduction, the differential mode is disturbed and allows the common mode current to flow. Thus, due to the common mode current, an external magnetic field is created outside of the transmission line. This current can be considered constant along the transmission line for large wavelengths compared to the conductor length [34]. For the case of a coaxial structure, when the skin depth is inferior to the thickness of the outer transmission line conductor, i.e. at high frequencies, three conductor paths can be distinguished:

the inner conductor and the inner surface of the outer conductor (i.e. the transmission line parts), and the outer surface of the shield which carries the current creating the magnetic field.

As already mentioned, the main difference to standard wired coils is that the resonance is given by the distributed inductance and capacitance rather than by discrete elements. For parallel-plate TLRs, an exact derivation of the analytical model and resonance condition can be found in reference [59]. The self-resonance frequency 𝜔 0 can be numerically calculated using the following equation:

𝐿 tot 𝜔 0 4𝑛 g 𝑍 0 tan 𝜔 0√ 𝜀 r 𝑙 4𝑛 g 𝑐 0 = 1 Eq. 2.69
where 𝐿 tot is the sum of the individual inductances of all 𝑛 t conductor turns and their respective mutual inductances. 𝑛 g is the number of gaps, 𝜀 r is the relative permittivity of the substrate, 𝑙 is the total length of the conductor on one side of the substrate (including gaps) and 𝑐 0 is the vacuum speed of light. The characteristic transmission line impedance 𝑍 0 can be derived using semi-empirical models and the corresponding equation can be found in [40].

For coaxial TLRs, a resonance condition for 1T1G configurations has been proposed

in reference [55]. For sake of completeness, the resonance condition for frequency calculations found for the most general case of MTMG structures will be given here.

This is an anticipation of what will be explained in Article I and examined more in detail in the supplementary study section 4.3.2. The total reactance 𝑋 tot of a coaxial coil which equals zero at resonance is given by

𝑋 tot 𝜔 0 = 𝑋 shield 𝜔 0 + 2𝑛 g 𝑋 T 𝜔 0 = 𝑛 t 2 𝜔 0 𝜇 0 𝑑 0 2 ln 8𝑑 0 𝑑 1 -2 -2𝑛 g 𝑍 0 cot 𝜔 0 𝑙 √ 𝜀 r 𝑐 0 = 0 Eq. 2.70
where 𝑋 T describes the coaxial stub reactance and 𝑋 shield the outer shield reactance.

𝑑 0 is the coil diameter of a circular loop coil and 𝑑 1 the outer coaxial conductor (shield) diameter. Z0 is the characteristic transmission line impedance which is usually 50 Ω or 75 Ω for commercial coaxial cables. An approximation for Z0 when using non-standardized coaxial structures is given in Article I. 𝑙 denotes the length of one coaxial stub which depends on the number of turns 𝑛 t and gaps 𝑛 g , and the gap width. The schematic representation of a 1-gap, 2-gap and 3-gap coaxial coil and the corresponding equivalent circuit is shown in Figure 2.18. Open-circuited coaxial stubs act as a capacitor if their length is inferior to < 𝜆/4 (where 𝜆 denotes the wavelength in the coaxial line). The coaxial stubs are in series and interconnected via the coaxial shield, i.e. the inductance of the outer conductor. If the coil diameter is assumed to stay constant for the examples shown in Figure 2.18 and the same coaxial structure is used, the increase in number of gaps will lead to a higher resonance frequency. This is due to the fact that the coaxial stubs (= capacitors) in series decrease the total capacitance. Among other aspects, the implications of using multiple turns and/or gaps in coaxial coils, the investigation of coil flexibility, and the discussion of the equivalent circuit model will be central topics of chapter 4. 

Coil arrays

The arrangement of single surface coil elements in array configuration allows to combine large FOV coverage and high sensitivity by using small coil elements.

Furthermore, coil arrays can be employed in parallel imaging [5 7] which allows for the accelerated acquisition of MR images. Also, parallel transmission [8] (pTx) enables spatially selective excitation with short pulses and transmit field homogenization (shimming). Nevertheless, with the use of multiple coils in close vicinity, mutual inductive coupling between elements is an issue that needs to be addressed as it leads to resonance peak splitting resulting in sensitivity reduction at the Larmor frequency and therefore an overall coil performance degradation. Mutual coupling can be described by the shared magnetic flux between two magnetically linked coils which is proportional to the current in a coil and the mutual inductance between coils. Two common methods to ensure decoupling between elements which are often jointly applied in arrays are overlap and preamplifier decoupling. 

Conventional interfacing to the MR scanner

In addition to RF coil design considerations mentioned above, when relating the coil to the MR scanner s electronics, some other key hardware components are indispensable for the proper functioning of the MR signal excitation and detection chain. They will be shortly explained below.

Preamplifier

While in the transmit chain, signal voltages are very high and power matching (2.2.2.3) has to be considered, the received MR signal is weak (usually in the mV range [15,22,23]) and needs to be pre-amplified before further linking it to the MR scanner receive chain. After the RF coil, the preamplifier is one of the devices in the receive chain which adds noise to the signal which is indicated by the noise factor 𝐹 preamp (Eq. 2.71). This noise factor is minimized for a specified input impedance Zopt,in which can be equal to 𝑍 0 = 50 Ω (see Figure 2.19). Therefore, the coil impedance has to be transformed to Zopt,in in order to achieve minimal noise factor. This process is called noise matching. The SNR output depends on the preamplifier noise figure NF (in dB) given by

NF = 10log 10 𝐹 preamp = 20log 10 SNR in SNR o t Eq. 2.71
which should ideally be 0 but is typically in the range of 0.5 dB, also for the preamplifier used during measurements in this work (Hi-Q.A. Inc., Carleton Place, Ontario, Canada). It is advantageous to place the preamplifier as close as possible to the coil s signal output as long cable connections also add unwanted noise to the receive signal. Friis formula [60] states that the noise factors in the receive chain are scaled according to the amount of amplification in the preceding stages. The total noise factor 𝐹 tot is given by:

𝐹 tot = 𝐹 1 + 𝐹 2 -1 𝐺 1 + 𝐹 3 -1 𝐺 1 𝐺 2 + 𝐹 4 -1 𝐺 1 𝐺 2 𝐺 3 + ⋯ Eq. 2.72
where the index labels the noise factor (𝐹 𝑛 ) and gain (𝐺 𝑛 ) of the n th amplification component. Therefore, the preamplifier must have lowest possible noise figure ( 0.5 dB) and high enough gain (typically around 30 dB) so that additional components have minimized influence on the total receive chain s noise figure.

T/R switch

If a coil is used for both transmission and reception, the signal paths have to be carefully separated and during the imaging sequence, switching between both coil functions has to be performed. A transmit/receive (T/R) switch is used for exactly this purpose. An active T/R switching circuitry is shown in 

Common mode current traps

In conventional MR systems, coaxial cables are used for MR signal transmission from the coil to the coil plug inside the MR bore. The outer conductor of coaxial cable As a consequence, the unwanted common mode currents on the coaxial cable shield are blocked by the floating trap. When the cylinder is separated into two parts, the gap distance between half-cylinders allows for fine-tuning of the trap. Also, this facilitates measuring the trap and placing it on the cable assembly. 

Coil performance characterization

On the bench and during MRI experiments, several methods and tools are used to characterize the performance of an RF coil. In the following, basic concepts will be introduced which should help to understand the examination process of RF coils described in chapter 4.

S-parameters

A vector network analyzer (VNA) is a tool that consists of a signal generator which can be connected to a network under test. The VNA can measure amplitude and phase as a function of frequency and capture, subsequently process and display the signal influenced by the connected network under test. The VNA enables the measurement of so-called scattering (S-) parameters on the bench. S-parameters are used to describe the relationship between incident, reflected and transmitted waves of a 2port network under test, as shown in Figure 2.22. The vector a stands for the incident wave (Eq. 2.73) whereas b denotes the outgoing wave (Eq. 2.74) and they depend on the voltage, the characteristic impedance and resulting current in this network.

𝑎 1 = 𝑉 1 + 𝑍 0 𝐼 1 2 𝑍 0 𝑎 2 = 𝑉 2 -𝑍 0 𝐼 2 2 𝑍 0 Eq. 2.73 𝑏 1 = 𝑉 1 -𝑍 0 𝐼 1 2 𝑍 0 𝑏 2 = 𝑉 2 + 𝑍 0 𝐼 2 2 𝑍 0
Eq. 2.74

Figure 2.22: 2-port network

When port 1 is used for transmission (a2 = 0), 𝑆 11 and 𝑆 21 (in dB) are the reflection and transmission S-parameters (or coefficients), respectively, and given by:

𝑆 11 = 10log 𝑏 1 𝑎 1 2 = 20log 𝑏 1 𝑎 1
Eq. 2.75

𝑆 21 = 𝑆 12 = 10log 𝑏 2 𝑎 1 2 = 20log 𝑏 2 𝑎 1 Eq. 2.76
𝑆 11 is also often denoted as the reflection coefficient 𝜌 r .

Displayed on a logarithmic scale on the network analyzer, the S-parameters are commonly used for resonance frequency and Q factor measurements and impedance matching.

The RF coil can either be directly related to one port of the VNA via a 50 Ω connection to carry out a 𝑆 11 measurement. The 𝑆 11 parameter gives information about the resonance, i.e. at which frequency (ideally) none of the energy is reflected

(𝑆 11 = -∞ dB).
In practice, the 𝑆 11 curve will show a dip at the resonance and levels of -20 dB are desirable as this corresponds to only 1 % of reflected power. The transmission coefficient 𝑆 21 can be used to measure coupling from port 1 to port 2 (or coil 1 to coil 2). If 𝑆 21 = 0 dB this scenario would imply that all of the power emitted by coil 1 ends up in coil 2, i.e. the coils strongly couple. Ideally, in coil arrays, S21 should be minimized.

Resonance frequency and Q factor measurements

Probes connected to the VNA which are used for RF coil resonance frequency f0 and Q factor measurements on the bench are commonly called sniffer loops loop probes or pick-up probes These probes allow for characterization of the RF coil via inductive coupling, also when the coil is not directly connected to the one of the VNA ports.

The double-loop probe method [62] uses two identical loops geometrically decoupled from each other. When the probe is placed close to the RF coil to be investigated, a transmission measurement with each of the sniffer loops connected to a VNA port is carried out. The signal is transmitted through one sniffer loop and induces a signal in the RF coil which is picked up again by the second sniffer loop. The resonance frequency f0 can be derived from the maximum of the resulting S21 curve and the Q factor can be measured using the -3 dB bandwidth method (Eq. 2.64) which is typically an integrated VNA function. It has to be considered that probe loops should be small compared to the RF coil and placed far enough from the coil, else it could perturb the B1 field and lead to measurement inaccuracy. The coupling between the dual-loop probe and the RF coil should not be too strong because this would lead to added noise (equivalent resistance) and an erroneous measured Q factor. In practice, S21 should be below -40 dB and the lowest detectable signal is determined by the baseline value (usually -80 dB) indicating the noise from coupling between the sniffer loops.

With a single-loop probe method [63], reflection measurements are performed. To achieve a measurement of the coil s properties only two separate measurements of the reflection coefficient need to be performed consecutively: one with the loop probe alone in free space (𝜌 r,0 ) and the other one with the RF coil placed close to the loop probe (𝜌 r,c ). By subtraction of the environmental influence from the measurement with coil, this yields a compensated reflection coefficient measurement (𝜌 r,comp = 𝜌 r,c -𝜌 r,0 ). Similarly to the double-loop probe method, from this compensated S11 (𝜌 r,comp ) curve, f0 and the Q factor can be determined on the VNA.

B1 + mapping

It is interesting to investigate the RF transmit field (𝐵 1 + ) distribution and transmit efficiency, i.e. the 𝐵 1 + amplitude per square root of input power (𝐵 1 + /√𝑃), created by an RF coil to tailor the B1 field for a specific application, optimize the coil design and compare different designs or geometries. This can be done in MRI experiments or using electromagnetic simulations. The latter will be detailed in section 2.3.

With MR imaging methods, the flip angle (FA) distribution can be measured and this information together with knowledge about the duration, voltage amplitude and shape of the applied RF transmit pulse can be used to calculate the transmit efficiency.

The general relationship between FA distribution 𝛼 𝒙 , the transmit field distribution 𝐵 1 + 𝒙 , the pulse shape and pulse duration 𝑇 p lse is given in Eq. 2.22. For a rectangular pulse voltage amplitude 𝑉 p lse , and assuming a 𝑍 0 = 50 Ω system, the transmit efficiency can be calculated pixel-or voxel-wise using a measured FA map.

𝐵 1 + 𝒙 /√𝑃 = 𝛼 𝒙 𝑍 0 𝛾𝑇 p lse 𝑉 p lse Eq. 2.77
Commonly, also the transmit efficiency (TE) averaged over a certain region of interest (ROI) or volume of interest (VOI) is given as a measure for coil performance.

TE = mean 𝐵 1 + /√𝑃 Eq. 2.78
In this work, the saturated turbo fast low-angle-shot (FLASH) method was used for FA mapping [64].

It is based on two image acquisitions: a proton density weighted image for normalization with the signal intensity 𝑆 0 𝒙 , and an image acquired directly after a slice-selective saturation RF pulse with signal intensity 𝑆 sat 𝒙 . A Turbo FLASH sequence is used for readout. Ultimately, the flip angle can be calculated by [64]:

𝛼 𝒙 = arccos 𝑆 sat 𝒙 𝑆 0 𝒙 Eq. 2.79

Specific Absorption Rate

The specific absorption rate (SAR) in W/kg is defined as the time-averaged dissipated RF energy in a certain body region per mass unit 𝑚 due to an applied RF field and thereby created electric field 𝑬 𝒙 . The SAR in the volume of interest 𝑉 can be obtained from the E field, the mass density 𝜌 𝒙 and the electrical conductivity 𝜎 𝒙 .

SAR = 𝜎 𝒙 2𝜌 𝒙 𝑉 |𝑬 𝒙 | 2 𝑑𝒙 Eq. 2.80
It is important to determine the E field pattern which can be the superposition of multiple RF transmit channels E fields as locally concentrated E fields, or so-called SAR hotspots, can cause patient burns. Local SAR must not exceeded certain limits defined in the IEC (International Electrotechnical Commission) standard 60601-2-33 [65]. This becomes especially challenging at higher 𝐵 0 field strengths as the SAR scales with |𝑬| 2 . Local SAR limits in the IEC norm [65] are given for an averaging volume of 10 g body mass. Furthermore, in addition to spatial averaging, temporal averaging is required as SAR limits are either given for 6 min or 10 s averaging time (see Table 2.4). This can be done by adding the temporal weighting factor 𝜏/𝑇 a g in Eq. 2.80, indicating the RF duty cycle, i.e. the time 𝜏 the RF pulse is applied during the total averaging time. In Table 2.4. the defined 10 g SAR limits for local transmit coils as published in the IEC standards [65], are listed. The normal operating mode corresponds to the mode of operation of the MR equipment in which none of the outputs have a value that can cause physiological stress to patients [65]. Table 2.4: Excerpt from the SAR limits set for the "normal operating mode" in the IEC standard, [65].

According to Pennes bioheat equations [66], as long as heat conduction and perfusion is negligible, the SAR can be directly related to the temperature increase Δ𝑇 in tissue over a duration Δ𝑡. The heat capacity constant of the tissue is denoted as 𝑐.

𝑐 Δ𝑇 Δ𝑡 = SAR

Eq. 2.81

However, in reality, perfusion, thermal conduction and the heat generated by the subject are not negligible and need to be considered for temperature simulations.

For RF coil characterization, the SAR efficiency (SE) can be formulated, indicating how much transmit field is produced on average over a certain ROI or VOI per square root of the maximum local 10 g SAR.

SE = mean 𝐵 1 + / max SAR 10g
Eq. 2.82

EM simulations are a helpful tool to obtain a SAR estimation using simulated E field data. The basics of EM simulations and comparison of two simulation methods will be presented in the next section.

Numerical electromagnetic simulations

Basic principles

Full wave 3D electromagnetic simulations of RF coils are commonly used to calculate their EM field distribution by solving Maxwell s equations for a discretized simulation space. It is especially interesting to simulate the coil in the presence of a sample to obtain knowledge about the E and B field distribution inside the tissue. This can be done prior to actual coil fabrication to investigate different geometries with respect to the target application. Most common RF simulation tools provide the possibility to model the geometry of the RF coil conductor and the sample with CAD tools and to assign them electrical properties (𝜀 r , 𝜎). In some cases, even segmented realistic whole-body models are available, consisting of a variety of different tissue types.

In simulations of RF coils employed at UHF, some specific effects can be observed as the wavelength in tissue decreases with frequency and depends mainly on the dielectric permittivity 𝜀 r (which is also frequency-dependent, [25]).

𝜆 = 𝜆 0 √ 𝜇 r 𝜀 r ≈ 𝜆 0 √ 𝜀 r ≈ 𝑐 0 𝑓 √ 𝜀 r

Eq. 2.83

For 7 T (≈ 300 MHz) and assuming a relative permeability 𝜇 r ≈ 1 and a relative permittivity of 𝜀 r ≈ 80 for a biological sample, this leads to a shortened EM wavelength in tissue of only ≈11 cm, which is comparable to the dimensions of human body parts, e.g. the head. As a consequence, for large volume coils, as used e.g. in head imaging, this can lead to EM field interferences that create an inhomogeneous 𝐵 1 + distribution causing a central brightening effect [33,67]. In advanced designs, the field distribution can be optimized using static or dynamic B1 shimming, or parallel transmission.

Furthermore, the square dependency of the 𝐸 (and 𝐵 1 ) field on the field strength poses constraints on the SAR when using coils in Tx mode. This needs careful investigation and is also possible with EM simulations. Full wave EM simulation of a coil including a body or phantom model as well as a dedicated post-processing workflow allow for the calculation of e.g. 𝐵 1 + /√𝑃 and SAR maps from simulated fields.

In the following, two wide-spread simulation methods for RF coil simulation, the finite difference time domain (FDTD) [68] and finite element method (FEM) [69] are shortly introduced and compared with respect to the application of coaxial coil simulations.

FDTD vs. FEM

FDTD is based on the discretization of Maxwell s equations directly in the time domain using their partial differential form. The propagation of the EM field is approximated in a grid of rectangular cuboid cells, the Yee cells [68]. This allows for the simulation of complex and inhomogeneous simulation spaces with cuboid meshing. Many anatomical numerical body models are available, e.g. the Virtual family models consisting of more than 80 different tissue types [70]. A possible simulation workflow for the design of form-fitting transceiver coils at UHF using the XFdtd simulation software by Remcom (State College, PA, USA) in combination with a circuit co-simulation approach [71] and a realistic body model is described in-depth in reference [72]. A disadvantage of the FDTD method is that not only the structure under test but also the surrounding simulation space is discretized. In this surrounding space, wave propagation can be limited by suitable boundary conditions.

Nonetheless, this simulation approach is time-consuming. Usually, for large simulation spaces and complicated geometries, convergence is only reached after a large amount of simulated time steps. The required memory and computation time scale proportionally to the geometry, the frequency and the size of the surrounding space. The simulation mesh has to be composed of cuboid cells which results in problems encountered when curved structures have to be modelled. This applies to the concrete case of circular coaxial coils consisting of sub-mm structures, i.e. with an inner and outer coaxial conductor thickness of typically only ≈ 0.2 mm and an overall cable diameter of ≈ 1-2 mm. FDTD meshing can result in a too coarse staircase-type mesh, meaning that the grid cell size is too big to yield accurate simulation results.

Finely resolving the coil conductors with many small grid cells leads to an accurate representation of the coaxial coil but the fine mesh an example is shown in Figure 2.23 results in very long computation times, not feasible for coaxial coil simulations in practice.

The Finite Elements Method is based on a numerical solution of Maxwell s equations in the frequency domain. This can be done for a single frequency at a time or a number of frequency samples in the course of a frequency sweep. The simulation space is typically composed of finite elements using a tetrahedral mesh. This way, small (even sub-mm) coaxial coil structures can be efficiently resolved, and the resolution can be adapted to the geometry, i.e. larger mesh cells can be used for surrounding free space.

An example of a coaxial coil s FEM mesh is shown in Figure 2.23. Further, this simulation method is time efficient due the fact that a narrow band, i.e. single frequency simulation is possible. After the introduction of the general theoretical background, including magnetic resonance, RF coils and EM simulation, in this chapter the focus will be shifted to the specific topic of wearable technology (WT) in MR hardware development. First, the question Why wearable and what does it mean is answered, i.e. a definition of the term and the motivation for smart wearable electronics in MR is discussed. Secondly, the different requirements for wearable MR devices are presented which is followed by a conclusion on the most needed technological advances.

Definition and motivation

Following the definition of Godfrey et al. [ 

Requirements for wearable MR devices

This sub-chapter analyzes the most important requirements for wearability, specifically focused on MR devices. The current goals and challenges in the development of wearable MR devices are flexibility, reduction or removal of cabling and in vivo usability. These topics are discussed in the following sections, supported by references to the state-of-the art.

Flexibility

One of the central keywords of this thesis is flexibility A paradigm shift from rigid to flexible assemblies in the context of MR hardware has clearly been noticeable

within the last decade. The goal is to make MR devices more versatile, handling around the patient and the MR bore easier, and to find the ideal balance between flexibility and robustness of the designed hardware for clinical routine use.

Flexible RF coil technology

Especially for RF coil and coil array technology the benefits of flexibility are convincing: An RF coil ideally closely adapted to the patient anatomy yields constant filling factor and strong magnetic coupling to the target imaging FOV. This leads to signal enhancement, performance stability and increased patient comfort, especially when combined with lightweight design, in the confined space of the MR bore where conventional bulky rigid coils are often perceived as intimidating and heavy.

An overview over the current flexible RF coil development is given in the introduction section of Article I but this chapter leaves more room for details and discussions. In the following, different approaches for RF coil design are systematically categorized depending on their degree of adaptability to the body contour and the manufacturing process, ranging from completely rigid to flexible and stretchable RF coils.

Rigid anatomy-adapted RF coils

The most commonly used coils in conventional MR set-ups are fabricated of copper wires or copper traces with high conductivity on a rigid printed circuit board (PCB).

These coils are tuned and matched using lumped components, encapsulated in a rigid (often injection-molded or 3D-printed) housing that is form-fitted to the average or often largest possible anatomy of the target body region. Birdcage coils for example can be used for all kinds of anatomies, e.g. the knee or the head, but for small patients the coil-sample distance is often too large to achieve satisfying receive sensitivity whereas the produced Tx field is ideally homogeneous over the whole FOV. Therefore, in addition to a large local birdcage coil or the body coil (the birdcage coil integrated in the scanner bore) used for transmission, a rigid but anatomy-adapted RF coil or coil array is used for signal reception. At UHF ( 7 T), mostly the same anatomyadapted coil is used in Tx/Rx mode since there is no body coil integrated in the MR scanner.

Examples for anatomy shaped rigid coils exist for various body parts, such as a tightfitting helmet for the head [START_REF] Clément | A combined 32-channel receive-loops/8-channel transmitdipoles coil array for whole-brain MR imaging at 7T[END_REF][START_REF] Gilbert | A conformal transceive array for 7 T neuroimaging[END_REF], cup-shaped formers for the breast [START_REF] Nnewihe | Custom-fitted 16-channel bilateral breast coil for bidirectional parallel imaging[END_REF], halfcylinders for the calf [START_REF] Goluch | A form-fitted three channel 31 P, two channel 1 H transceiver coil array for calf muscle studies at 7 T[END_REF][START_REF] Goluch | Proton-decoupled carbon magnetic resonance spectroscopy in human calf muscles at 7 T using a multi-channel radiofrequency coil[END_REF] or a cylinder for a single finger [37] A recent paper discusses the relevance of novel D plastronics technologies for the fabrication of tailored, multifunctional MRI coils [START_REF] Gerges | 3D Plastronics for Smartly Integrated Magnetic Resonance Imaging Coils[END_REF].

Semi-flexible/semi-rigid RF coils

Taking a step towards flexibility but keeping rigid parts of the coil, several mechanically adjustable, size-adaptable semi-flexible or semi-rigid coils have been developed over the years. These coils are restricted to bending or size-adjusting in one direction at a time only. Below, a selective list of interesting work, sorted in chronological order, is presented. Nordmeyer-Massner et al. [START_REF] Nordmeyer-Massner | Mechanically adjustable coil array for wrist MRI[END_REF] constructed a wrist array for proton MRI at 3 T with 8 trapezoidal surface coil elements of 7 cm length arranged around the wrist in a truncated cone shape with a mechanism for modifiable coil inclination, i.e. cone opening, and can therefore be fitted to the individual wrist anatomy.

Mager et al. [START_REF] Mager | An MRI receiver coil produced by inkjet printing directly on to a flexible substrate[END_REF] demonstrated that inkjet printing of coil conductors and in-line capacitors was possible with ink containing silver that was sintered after printing.

Flexible polyimide (Kapton) foil was used as a substrate (or dielectric for the capacitor) and experiments conducted with a coil operating at 400 MHz.

Wu et al. [START_REF] Wu | Flexible transceiver array for ultrahigh field human MR imaging[END_REF] presented a flexible microstrip array with parallel imaging capability (16 coils on Teflon, attached onto a soft canvas former) designed to be wrapped around the human anatomy for various applications (liver, torso, head, knee, palm) at 

Iwasawa et al.

[107] claimed that with their size-adaptable 8-channel prototype RF receiver, the inter-element distance can be changed with negligible SNR degradation at 3 T because of the use of a high blocking impedance in the preamplifier decoupling circuit.

Flexible RF coils

In contrast to semi-rigid or semi-flexible coils of various forms as listed above, those described as completely flexible can be bent in all three spatial dimensions. Therefore, limitations to bending occur only because of concerns regarding mechanical robustness. The following manufacturing processes or flexible coil technologies have been identified: Under strain (up to 60 %), the unloaded Q decreases moderately and the larger the cylindrical phantom, the more the SNR of the liquid metal coil formed to the phantom approaches the SNR of a reference copper coil. Liquid coil elements can be sewn onto a knee bandage [135] or for an even more convenient solution, two layers of textile with embedded electronics and pouches for the coil conductors were used. Using this coil concept, a 4-channel array was constructed for kinematic knee imaging. Still, the potential danger of leakage and patient contact with toxic liquid metal is one drawback of these coils.

3.2.

Varga et al. [136] and Mehmann et al.

[137] investigated coils made of liquid metal stencil-printed onto neoprene foam, where the liquid metal was not encapsulated and therefore not directly patient-use friendly. Due to the higher resistivity compared to copper, a 34 % lower SNR was reported for liquid metal coils. An automated re-tuning system [76] attached to the coil port can help achieve more stable coil performance with strong bending and stretching.

Conductive elastomers

To circumvent the potential leakage of toxic liquid metals, an interesting alternative is the use of a conductive elastomer consisting of a fully washable polymer exhibiting elasticity with added conductive wires, fibers, carbon nanotubes, flakes or particles.

Port et al.

[138] presented a study using an elastomer with a resistivity of 𝜌 elastomer = 700 μΩ • cm and therefore 417 times higher than for copper but again, due to the skin effect at 128 MHz, this is reduced to a factor of approximately 20 for the effective resistance. Under strain, the unloaded Q is reduced and recovers when strain is released and after some initial measurement cycles, the Q-value stabilizes for the remaining measurements. A 14 % lower SNR was observed in the phantom center for elastomer coils as compared to the copper reference coil and in a comparable set-up as used with liquid metal coils, the proof-of-concept of employing this coil concept for knee MRI was successfully demonstrated.

With flexible and stretchable designs, coils can be ideally conformed to the body part to be imaged but this entails different technical challenges which can be summarized in the following bullet points: In practice, it is the central goal to find a suitable coil design for a defined target application yielding high SNR, patient safety and comfort but also robustness.

Whereas standard coils can be adapted to the average anatomy, they are often placed in a rigid housing and bending of copper wires used for standard coil construction is not easily reversible from one anatomy size or application to another. Also, solder joints along the coil are prone to breaking with bending. Since the coil geometry and distance between coil and sample is the main factor to be considered for optimal SNR, the design of body-conforming rigid coils can be quite restrictive to some anatomy sizes, often the largest possible. The more conformal a rigid coil is, the smaller the percentage for which the shape is fitting. Furthermore, rigid coils are often more cumbersome and heavier than flexible alternatives. For flexible coils which are perfectly fitted to the anatomy, the difficulty lies in finding a suitable conductor material with high conductivity which -in exchange for high flexibility and lightweight -doesn t introduce too much penalty on SNR when used in MRI.

Furthermore, the design of flexible and robust housings for the clinical usage of flexible coils is a challenging task. The benefits and disadvantages of different coil designs have to be carefully evaluated before using them on a larger scale, e.g. for clinical applications. -data rate pushes the limits of current wireless technology (e.g. Wi-Fi, Li-Fi) 

Removal of cabling

Optical fiber transmission

The schematics shown in Figure 3.1 and Figure 3.2 represent different strategies for analog or digital optical fiber signal transmission and were completed with the possibility of optical wireless data transmission (indicated by the dashed line) instead of optical fibers, which will be discussed in the next sub-section (3.2.2.2).

Analog optical fiber transmission

Two main strategies for analog optical fiber signal transmission exist which are shown in Figure 3.1: (a) direct and (b) external optical modulation. In the following, examples of published work for both approaches will be given and shortly explained:

(a) Direct modulation

The simplest method is the direct intensity modulation of a laser or LED (lightemitting diode) current with the advantage of the optical fibers being immune to interaction with the RF Tx field and therefore eliminating the risk of heating due to EM coupling. The two main possible strategies are (a) direct digitization or (b) analog downconversion prior to digitization, also listed in Figure 2 Ideally, the ADC supports a high number of input channels (to connect more than one RF Rx channel), high precision (> 16-bit for high DR), has a low power consumption per channel and the output is in a high-speed serial format (for example JESD204B, commonly used in combination with optical fiber data transmission) to avoid the need for an additional serializer on-coil.

The output format and data rate, e.g. JESD204B which supports up to 12.5 Gbps lane rate, should also be compatible with the FPGA (field programmable gate array) and the optical fiber or wireless transmission approach used.

Out of the commercially available options, the ADS52J65 would be a good candidate to perform on-coil digitization for example using a direct undersampling approach in order to minimize the form factor of discrete on-coil components. The secondary objective is data compression before storage and post-processing that takes place out-of-bore, again using an FPGA, for example. One way to reduce the amount of data used in processing is to exploit the redundancy of the signal from different coils through coil compression. By combining the original coil data into a new, reduced set of virtual coils, the amount of data is decreased by several factors, which reduces the computational burden for reconstruction [163,164].

The on-coil FPGA could also ensure stable synchronization between the MR system and digital wireless or optical fiber transmission system (e.g. via a phase-locked loop, PLL) and handle the interfacing between ADC(s) and wireless/optical fiber transceiver(s). As for ADCs, MR compatibility, a small form factor and low power consumption is crucial for the FPGA. 

Wireless transmission

Even if optical fibers can be assembled to thinner bundles than coaxial cables and do not need common mode traps as they are not conductive, they still limit handling and do not allow for a truly wearable MR device solution. Therefore, the goal of implementing wireless data transfer in MR seems evident.

In Figure 3. approach is proposed as a high-speed alternative to Wi-Fi for the future development of wireless RF coils. Furthermore, a prototype OWC module is presented in section 5.3.2. Therefore, the basics of optical wireless communication with digital signals and the relevance for wearable MRI will be explained more in detail.

Analog wireless transmission

In literature, inductively coupled coils [170] or RF field concentrators based on metamaterials [171,172] are sometimes presented as wireless coils. Although in principle this is correct as there is no direct wired connection from the RF coil or field concentrator to the MR scanner input, in case of inductive coupling, the sniffer loop is usually placed very close to the RF coil for high coupling efficiency and is related to the MR scanner input via coaxial cables. In case of using a metamaterial placed close to the ROI, the MR signal reception still has to be performed by the RF coil, conventionally with a tethered connection to the scanner. As a consequence, the whole set-up cannot be considered as a truly wireless solution.

Approaches where the MR signal itself is modulated or upconverted with an analog carrier of higher frequency, in the microwave (mostly low GHz) range, will be For daily-life wireless networks, e.g. in offices, homes, public spaces, the advantage of Li-Fi in comparison to Wi-Fi is the possibility of integration in existing lighting infrastructure and as light does not penetrate walls, full data security is given as access is only possible within the coverage of the Li-Fi network. Also, the optical spectrum offers a large license-free bandwidth which is five orders of magnitude (100 000 times) wider than the entire RF spectrum, as indicated in Figure 3.4. Furthermore, OWC approaches rely on small low-power components, e.g. LEDs and

PDs, to transmit signals over free space which is practical for on-coil integration.

Achievable high data rates are interesting, especially for multi-channel applications with on-coil digitization of the MR signal. With OWC data rates, even the transmission of directly digitized data without on-coil data compression would be imaginable.

While OWC transceivers could also be integrated in the MR room s lighting infrastructure, the establishment of an often required LOS between transmitter and receiver for high-speed data transfer can become a challenge. 

𝐸 g = ℎ𝑣 = ℎ𝑐 0 𝜆 Eq. 3.2
where ℎ is Planck s constant, 𝑣 the photon frequency and 𝑐 0 the vacuum speed of light.

As illustrated in Figure 3.7, light emission can occur due to spontaneous emission as it is the case for LEDs, emitting incoherent light. Lasers are equipped with some optical gain medium and optical feedback method, e.g. an optical cavity, which leads to the stimulated emission of coherent light. 

𝑓 3dB = 1 2π𝑡 c Eq. 3.3
For component choice, usually not the carrier lifetime 𝑡 c but the rise 𝑡 r and fall time 𝑡 of LEDs and PDs are indicated in data sheets and can be taken as a conservative guideline [204] for achievable modulation frequency and bit rate calculations in the design of OWC systems. The rise time 𝑡 r is defined as the time during which the response increases from 10 % to 90 % of its final output value when the input is changed abruptly. For LEDs, 𝑡 r is the time over which the emitted optical power builds up from 10 % to 90 % of its final value when the incident current is changed abruptly.

For PDs, 𝑡 r is the time over which the current builds up from 10 % to 90 % of its final value when the incident optical power is changed abruptly. Conversely, fall times describe the time for the transition from 90 % to 10 %.

The inverse relationship between the bandwidth and the rise/fall time 𝑡 r/ can be explained by considering a simple RC circuit as a suitable equivalent model for the optical component. The time constant 𝜏 = 𝑅𝐶 of this system has the following relation to the component s rise time

𝑡 𝑟 = ln9 𝜏 Eq. 3.4
From the above-mentioned equation for the 3 dB cut-off frequency (Eq. 3.3), one can approximate:

𝑓 3dB = 1 2π𝜏 = ln9 2π𝜏 ≈ 0.35 𝑡 r/ or ≈ 0.7 𝑡 r +𝑡 (assuming 𝑡 r = 𝑡 ) Eq. 3.5
The upper limit for the achievable bit rate (𝐵 = Lasers can be modulated at higher frequencies (GHz range) because of short recombination times associated with the stimulated light emission. Therefore, lasers are used in applications where high data rates are required. As shown in the graph in Figure 3.8, the laser threshold current (Ithreshold) and therefore power consumption is higher than LED drive currents. LEDs provide higher linearity over a large range of drive currents than lasers which in practice show linear behavior only in a limited range above their threshold current. Usually, heating will also lead to non-linear behavior of LEDs and laser diodes. Amongst a large variety of different laser types, the VCSEL is interesting for OWC in general but also for use in MRI. A VCSEL emits light in a direction perpendicular to the active-layer plane. It is a high-speed optical transmitter option that has a small form factor, and low power requirements. Besides the responsivity, typical PD characteristics include the wavelength of peak sensitivity which depends on the PD material and should be matched to the transmitter s peak wavelength Further the radiant characteristics should be in accordance with the needs of the OWC system, i.e. when a divergent light beam is used, the radiant sensitivity of the PD ideally is large. By the application of a reverse bias voltage, the PD is operated in photoconductive mode, which results in faster response times but also a dark current, i.e. a current generated through the diode without light applied (usually in the nA range) which sets a lower limit for the detectable optical power. The PD s frequency response time depending on its rise and fall time and the role for the system rise time have been discussed together with LED switching speeds above.

Photodiodes with an additional intrinsic, undoped i-layer in between p-and n-type semiconductor (PIN diodes) are commonly used as photodetectors as they have a larger depletion region and therefore increase the responsivity and the frequency response. APDs generate multiple electron-hole pairs per photon due to the avalanche effect. Therefore, APDs have an even higher responsivity than a PIN photodiode.

However, APDs require a higher reverse bias voltage and usually come at higher cost.

This condensed summary of OWC fundamentals will serve as a basis for describing the prototype OWC transceiver design in section 5.3 and for further discussions on the implementation of OWC in MRI.

Low power electronics

Besides the development of flexible and wireless MR hardware solutions, the difficulty of providing wireless power supply for this hardware is of major concern for the future of wearable MR devices. In Article II, the issues with DC cables or battery power in MR are discussed and some alternative wireless strategies are mentioned alongside with exemplary wireless RF coil power budget calculations. To limit the needed power for wearable MR devices in the first place, the choice of implemented electronics has to be carefully made. For wireless RF coils this especially concerns:

the preamplifier (e.g. 70 the needed optical power and therefore total power consumption increases.

Omitting additional gain stages or additional components that might be needed for example for clocking circuitry or when using other MR receiver architectures, the total estimated power consumption easily adds up to more than 0.5-1 W per channel.

Often, for on-coil electronics integration in MR, a trade-off between high performance and power consumption has to be found. For example, a suitable alternative to readily available large power consuming Wi-Fi antennas has been proposed for short distances using a 60 

In vivo usability

In addition to the above-mentioned technological aspects, some other important aspects concerning patient safety, comfort, or medical product certification have to be taken into account for the usage of an ideally wearable, i.e. flexible and wireless MR device in vivo.

Lightweight and ergonomics

The motivation for developing lightweight ergonomic MR devices is the improvement of patient comfort and ease of handling. For RF coils, ergonomic design can be achieved by miniaturization of the coil electronics and adaptation of the shape of the Challenges with lightweight and flexible materials can be encountered when attaching the coils to the support material so that a rather stable coil position is ensured with regard to overlap while still providing full flexibility. Further, the coil s mechanical robustness and performance with different bending scenarios have to investigated, even more carefully when the goal is that the coil is not only handled by the coil operator but also patients.

Suitable materials

The choice of coil support and fabrication materials has an effect on overall coil flexibility, weight, safety and hygiene for in vivo use.

Suitable materials can either be a thin layer of flexible substrate (e.g. for screenprinted coils) or stretchable textile (e.g. for liquid metal or coaxial coils). The support material should offer the desired flexibility and stretchability with respect to the target application but also account for the coil s robustness upon bending or stretching. The coils can be fixed at certain positions to their support material, e.g. for strain relief to prevent mechanical damage of soldering upon bending.

To contain the coils and provide electrical isolation, for flexible coils, different layers of thin stretchable or flexible material can be sewn together. 

Safety

With both, rigid or wearable MR technology, the patient safety aspect is of great importance for in vivo use. While in general, MRI can be considered as a safe imaging modality, some risks remain. A recently published 10-year FDA report on adverse events that occurred in the MR environment [219] analyzed approximately 1550 event reports in total. Out of all reported MRI-related adverse events, 59 % were of thermal, 11 % of mechanical and 9 % of projectile nature. Within the thermal events that were produced due to contact with an object MRI coils and cables were cited in the first place (54 %) for the cause of burn injuries. ECG electrodes or leads, patient clothing and pulse oximeters are other examples of objects that can be involved in thermal events. Detailed event descriptions mention that burn injuries were caused when (third party or vendor) coils were routed over the patient, when there was direct contact between patients and coil cables or baluns, or when only thin sheets or blankets were used for padding. SAR and heating issues and IEC/FDA limits were discussed in the theoretical background section 2.2.5.4. To prevent potential thermal events, it has to be ensured that legal limits and regulations for medical devices are respected [65,220]. This can become challenging with flexible coil design as E fields superimpose depending on the coil position and, therefore, the SAR distribution has to be investigated for different coil positioning and bending scenarios. Furthermore, additional electronics on-coil, e.g. wireless transceivers, digitization components or physiological sensors, could potentially heat up during long operation or lead to local heating induced by RF transmission. Coupling between the RF transmit field and the Rx coil elements or cables has to be suppressed by detuning circuits and cable traps. Electrical contact of wearable electronics and cables with the patient has to be avoided and, obviously, moving or loose ferromagnetic parts that could lead to projectile effects must not be part of a wearable MR device.

Conclusion

To conclude this chapter, two main aspects were identified to be amongst the most needed technological advances, indispensable for the emergence of wearable MR technology:

The development of flexible lightweight RF coils and coil arrays.

Strategies for wireless signal and power transmission in the MR environment.

The following chapters of this thesis each focus on the study of one of the abovementioned aspects: and supplementary studies are concerned with the development of an OWC module prototype, optical FOV simulations and a test summary for OWC modules in MR.

Prelude

The outline of different flexible and stretchable RF coil fabrication techniques has demonstrated the growing interest in conformal RF coils and coil arrays in the MR hardware research community. Amongst recent publications, especially the investigation of coaxial cables as flexible coil conductors stands out.

While the basic design concept of coaxial transmission line resonators has been introduced in some early MRI-related publications [51,52], only in 2018

Zhang et al. [55] presented the benefits of a multi-channel MRI glove coil constructed out of single-turn single-gap coaxial loops in comparison to rigid standard coil arrays.

The aim was to explore and understand the characteristics and the performance of coils fabricated of non-magnetic coaxial cables more deeply. More specifically, the 
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I. INTRODUCTION

I NM A G N E T I Cr e s o n a n c ei m a g i n g( M R I ) ,r a d i of r e q u e n c y (RF) coils are used to excite the nuclear magnetic moments, and to receive the MR signal at the Larmor frequency ( f Larmor ) which is proportional to the static magnetic field (B 0 ).RFcoils can be operated in receive-only mode if a separate transmit coil is available. For clinical MRI systems up to 3 T, this is a highpower body coil incorporated in the scanner bore. At ultrahigh field (UHF, ≥ 7T) [1]- [3] ,nosuchwhole-bodytransmit coils are available. Therefore, transmit/receive (Tx/Rx) coils are often employed at UHF. In general, the target field of view (FOV) and penetration depth p determine the optimal coil size to be chosen for a certain biomedical application. Assuming a lossless circular coil, the coil diameter d 0 should equal 2 p √ 5

≈ p to achieve optimal SNR in depth p inside a uniformly conductive sample [4]. Proximity to the target tissue is key for high magnetic coupling, resulting in high receive sensitivity and transmit efficiency. A high filling factor with the RF coil placed close to the sample results in less variation in coil performance due to varying loading conditions between different subjects and/or applications. Coils form-fitted to the average anatomy, e.g. for theh u m a nh e a d ,b r e a s t ,c a l fo r finger [5]- [8], have already been implemented with rigid housings. However, weight, sizea n dfl e x i b i l i t yr e s t r i c t i o n s as well as suboptimal form-fitting in some cases are the drawbacks of these coils.

Flexible and stretchable RF coils are ofg r e a ti n t e r e s t , as they can be closely fitted to the anatomy. The degree of flexibility depends on the respective design approach. Some investigations focused on coils with mechanically adjustable rigid or semi-flexible housing parts that can be wrapped around a2 Dc u r v e db o d yc o n t o u r[ 9 ] -[ 1 6 ] .F u r t h e ri m p r o v e m e n t in flexibility was reached with printed and stitched coils on flexible substrate or even elastic textile. Screen-printed MRI coils [17] developed by Corea et al. have shown to be a reliable alternative to bulky conventional coils with comparable SNR, suitable especially for pediatric imaging [18]. Stretchable Rx coils produced with copper braids [19], [20], meandered conductors [21], liquid metal printed into neoprene support material [22], liquid metal filled tubes [23], [24] or conductive elastomers [25] mostly target wrist or knee imaging and offer a truly wearable solution.

In other studies targeting the fabrication of flexible RF coils, transmission line resonator (TLR) technology has been extensively employed [26]- [38]. All these approaches have in common that they are formed by at least two transmission line segments separated by gaps in one of the conductors. The TLR self-resonance is determined by the coil geometry and material properties (loop diameter, wire and substrate width, number of conductor turns and gaps, dielectric permittivity, etc.). In contrast to printed or braided copper structures, the advantage of self-resonant TLRs is that, ideally, e.g. when inductively matched and used in Tx/Rx mode, no lumped components with solder joints adding rigidity and losses are required. With capacitive matching and cabled connection to the MR system and depending on the coil function (Tx/Rx or Rx-only), still, some lumped components, e.g. for active detuning, are required either at the coil feed port or along the coil conductor. Initial MRI experiments with single parallel-plate TLR elements by Gonord et al. were conducted using a rigid dielectric substrate with a single-turn single-gap (1T1G) conductor deposited on both sides of the dielectric [39]. This was continued by the introduction of single-turn multi-gap (1TMG) TLR design to allow for larger coil diameters at UHF and multi-turn single-gap (MT1G) TLR design for small coils at UHF [40], [41]. So far, different flexible implementations of parallel-plate TLRs have been proposed: Ginefri et al. used small implantable multi-turn single-gap TLRs printed on a polymeric layer for rat brain MRI at 7 T [31]. Frass-Kriegl et al. extended the design to multi-turn multi-gap (MTMG) TLRs (MTMG-TLRs) which considerably increased the degree of freedom in parallel-plate TLR design [32]. Flexible coil arrays for 7 T were fabricated with single-turn multi-gap TLRs [13], [16]. Recently, a TLR structure of two parallel wire conductors encapsulated in a thin loop of dielectric material was proposed by Stormont et al., which can be employed in blanket-like arrays [37].

Coaxial cable TLRs -with inner and outer conductor (cable shield) separated by a dielectric and gaps intersecting both conductors on opposite sides as for parallel-plate TLRs -have already been proposed as self-resonant RF coils by Zabel et al. for 1.5 T and Haziza et al. for low field [26], [27] and have recently been patented [33]. Equally as the embedded parallelline TLRs in [37], coaxial coils (CCs) provide higher flexibility than parallel-plate TLRs; since they can be bent along a 3D curved body contour and therefore ideally form-fitted to the anatomy of interest, even with large inter-subject variability. Further, lightweight wearable array design and imaging of moving body parts becomes possible. CCs are especially interesting as some of the challenges arising in flexible coil development seem to be alleviated: they demonstrate robustness against coil deformation, load variation and inter-element coupling (overlap change) in an array configuration [29], [34], [38]. The re-occurring research interest in coaxial coil design has clearly been inspired by previous work on "shielded loop" (surface) [42], [43] and "coaxial cavity" (volume) resonators [44].

In 2018, Zhang et al. proposed 1T1G -"high impedance" -s u r f a c eC C st of a b r i c a t eaw e a r a b l eg l o v er e c e i v e -a r r a y for 3 T MRI [34]. As the self-resonance frequency of a 1T1G-CC is given by the coil diameter and the properties of the chosen coaxial structure, the coil design is limited to one specific coil diameter in order to tune the self-resonance of the CC to the desired Larmor frequency. In the supplementary material of [34], the possibility to slightly vary the coil diameter with different cable properties, i.e. the dielectric constant of the substrate, cable thickness and characteristic cable impedance (depending on the ratio between outer and inner conductor thickness) is shortly discussed. No strict criteria to maintain flexibility were applied, i.e. also rigid dielectrics and cable thicknesses > 1c mw e r ec o n s i d e r e d , but still, the range of accessible diameters was very limited and not necessarily the optimum for a given anatomical application. With 1T1G-CCs, e.g. 1 HMRIofthebreastcanbe realized at 3 T with a required coil diameter of approximately 8-10 cm to achieve the desired penetration depth. However, at 7 T, the 1T1G-CC diameter is restricted to a maximum of around 4-6 cm which can be suitable for human wrist/hand MRI or ex-vivo small animal imaging [30], [36] whereas at 1.5 T, the 1T1G-CC diameter is constrained to a minimum of 14-23 cm, only suitable e.g. for abdomen or pelvis imaging [35].

The purpose of this work is to explore the size limits of 1T1G-CCs and introduce and examine the extended design concept of coaxial coils with more than one gap and/or cable turns -multi-turn multi-gap CCs (MTMG-CCs) -as proposed by Laistler and Moser [45]. Some publications have suggested [46] or proven [29] the feasibility of introducing multiple gaps (at arbitrary positions) in the coaxial coil conductor to tune the surface coil to a desired resonance frequency. However, to the knowledge of the authors, this approach has never been investigated more systematically. Based on parallel-plate MTMG-TLRs [32], the goal is to increase the degrees of freedom in coaxial coil design, i.e. to allow for free choice of the CC diameter at any B 0 field to optimize the coil elements for the target application, which is not possible with 1T1G-CCs.

II. MAT E R I A L S A N D METHODS

A. MTMG-CC Design Theory

In Fig. 1a,e x a m p l e so fC Cl a y o u t ss h o w i n ge q u i d i s t a n t inner and outer gap positioning with one or multiple turns and/or gaps are given. The coil and cable parameters are specified in Fig. 1b and the equivalent circuit of a CC with an arbitrary number of turns and gaps is sketched in Fig. 1c.

In order to design and fabricate a CC, self-resonant at the target Larmor frequency, it is useful to formulate the resonance condition based on an equivalent circuit model. In measurements, the self-resonance can be determined inductively with a pick-up probe; in that case the CC can be seen as a series resonant circuit consisting of the impedances of the transmission line segments, and the inductance and resistance of the outer surface of the coax shield.

It is noteworthy that in a CC three distinct conductor parts can be identified, as illustrated in Fig. 1b: iC,thesurfaceofthe inner conductor; oCi,theinnersurf aceoftheouterconductor , and oCo,t h eo u t e rs u r f a c eo ft h eo u t e rc o n d u c t o r .T h el a t t e r two are separated due to the skin effect at high frequencies and are only connected at the outer gaps. This way, the CC can be seen as transmission line segments formed by iC and oCi,i n t e r c o n n e c t e dv i at h ei n d u c t a n c er e p r e s e n t e db yoCo.

The total impedance Z tot can, therefore, be estimated by the following equations:

X shield (ω) = n 2 t ωµ 0 d 0 2 ln 8d 0 d 1 -2 (1) 
X TL (ω) = -Z 0 cot ωl √ ε r c 0 (2) Z tot (ω) = R + i X shield (ω) + 2n g X TL (ω) (3) 
The inductive reactance X shield is the classical approximation of the inductance of a conductive loop of the same diameter and thickness as oCo and is proportional to the squared number of turns (n t ) of the coaxial cable. The reactance X TL of each transmission line segment is calculated with the classical formula for a lossless open-ended coaxial stub. The imaginary part of the total impedance Z tot is the sum of the reactances of the outer shield and 2n g (twice the number of gaps) transmission line segments in series. The resonance condition is met, when the imaginary part of Z tot disappears. Multiple resonances occur as the coaxial stub reactance alternates periodically with λ/4b e t w e e nc a p a c i t i v e and inductive. In this work, only coils operated close to their first self-resonant mode f 0 are considered. The motivation to do so will be explained based on electromagnetic simulations in results section C.

From equations (1)-( 3), the resonance frequency of the CC can be calculated in dependence of the coil diameter d 0 ,t h e number of turns n t and gaps n g ,andthecablepropertiesε r , d 1 , and Z 0 .ThecharacteristicimpedanceZ 0 of a coaxial structure can be approximated and depends on the diameters of inner (d 2 ) and outer (d 1 ) conductor and the dielectric properties: where µ 0 is the permeability of free space and ε 0 is the vacuum permittivity. For calculations in this work, Z 0 values given in the coaxial cable's data sheets were used and gap widths of 5 mm were taken into account for coaxial stub lengths. The high impedance of the CC (c.f. "high impedance coil (HIC)", Zhang et al. [34]) appears if the inner conductors at an inner gap are viewed as the coil port, since the first two coaxial stubs are then connected in parallel to the port and a parallel resonant circuit is formed (see also the schematic in Fig. 1c). Since the electric and magnetic fields of a coaxial transmission line are confined to its inside, the part of the CC interacting with the environment is the outer surface of the shield, oCo.I nt h er e c e i v ec a s e ,v o l t a g ei si n d u c e do nt h e shield and, therefore, across the outer gap. In the transmit case, the excitation voltage at the CC port produces a current flow on the shield, which in turn creates the B + 1 field.

Z 0 = 1 2π µ 0 ε 0 ε r ln d 1 d 2 (4) 

B. Extension of Achievable Coil Diameter Range

To illustrate the extension of the achievable coil diameter range with MTMG-CCs as compared to 1T1G-CCs, the achievable coil diameters d 0 with self-resonant CCs were calculated using realistic value ranges for all coil and cable parameters (ε r , d 1 , Z 0 , n t , n g , B 0 ).Thereasoningforthelimits for each parameter is detailed in Table I.

Using equations ( 1)-(3), numerical forward calculation of the resonance frequency f 0 was done in Matlab 2017b (The Mathworks, Inc., Natick, MA, USA). The parameter ranges from Table I were discretized for the calculations: the coil diameter range was sampled in 0.5 mm steps from 28.5 to 300 mm, resulting in 544 diameters. Five different cable All 100 combinations of n t ≤ 10 and n g ≤ 10 were used. From the resulting 544 × 5 × 10 × 10 = 272 000 coil variants, only the solutions obeying the inequality constraints regarding n t and n g from Table I,a n dt h o s ew i t hr e s o n a n c ef r e q u e n c i e s close to one of the five target Larmor frequencies (maximum ± 1%d e v i a t i o n )w e r er e t a i n e d .T h er e s u l to ft h i st h e o r e t i c a l approach is a range of possible coil diameters d 0 for each n t /n g CC configuration and B 0 field strength.

C. Realistic Coil Designs and Fabrication

In a second step, a more practical approach was pursued to select and fabricate CCs that are useful for different applications, and feasible in terms of non-magnetic flexible coaxial cable availability and geometry. The process to extract suitable CC solutions from the many calculations described in section B is summarized in Fig. 2.

For RF coils in the sample dominated noise regime, the SNR-optimum for a target penetration depth p is obtained with a d 0 approximately equal to p [4], the following four target coil diameters with respective possible biomedical applications were chosen: 4 cm (skin, hand, wrist), 7 cm (elbow, ankle, breast, head), 10 cm (breast, head, knee) and 15 cm (heart, abdomen). Further, 6 non-magnetic commercially available coaxial cable types were selected. For all cables, the outer conductor (shield) is thick enough to separate the currents on oCi and oCo over a frequency range from 50-500 MHz. The skin depth is always at least a factor of 10 smaller than the shield thickness. The steps to calculate d 0 for each target Larmor frequency, within a parameter space given by the cable types and n g /n t configurations, were the same as described in section B. Solutions with ± 1c mm a x i m u md 0 deviation from the target value and self-resonance frequency deviating ± 10 % from f Larmor were kept. From these, the designs with the least number of gaps and turns were selected, since each gap is a potential breaking point even if covered with heat shrink tubing. Also, flexibility is reduced by soldering of the shield at inner gaps, heat shrink tubing, and by the number of turns. As a result, for each target field strength B 0 and target coil diameter d 0 , one CC design was found that could be fabricated out of one of the 6 coaxial cable types, accepting the mentioned slight deviations between f Larmor and the calculated f 0 .

In this study, the 3 and 7 T 1 Hc o i l sf r o mt h i sd e s i g n set were fabricated. The resulting eight (MTMG-)CCs had diameters of 4, 7, 10 and 15 cm, n t,max = 2a n dn g,max = 5, and were fabricated from five different coaxial cables. Exact CC configurations and used cable types are detailed in results section B. For comparison, rigid standard coils (SCs) fabricated out of 1 mm copper wire and the same coil diameters as the CCs were constructed. All coils were tested on the bench and in MRI. For 3 T, Rx-only coils and for 7 T Tx/Rx coils were constructed.

Photographs and respective interface schematics of all fabricated coils are shown in Fig. 3.T h ei n t e r f a c i n gc i r c u i t r ya t the coil port includes components for fine-tuning, matching and active detuning (AD) with PIN diodes (DH80106-10N, Cobham, Wimborne, UK) to decouple the 3 T Rx-only coils during transmission. A low-noise preamplifier (Hi-Q.A. Inc., Carleton Place, Ontario, Canada) was placed directly after the matching network of 3 T Rx-only coils. At 7 T, a transmit/receive (T/R) switch (Stark Contrast, Erlangen, Germany) with integrated low-noise preamplifier (Siemens Healthcare, Erlangen, Germany) was used to interface the coil to the scanner.

Rx-only CC interfaces were designed with a tuning inductor L T which shifts the resonance to a higher frequency. In the loaded case, self-resonances f 0 of the CCs were generally lower than f Larmor and a residual capacitive imaginary part of the impedance appeared at resonance that could be compensated with an inductor, as also explained in [34]. AtuningcapacitorC T instead of L T would add to the coaxial stub capacitance (X TL ) and could therefore be used to lower the frequency if the self-resonance was higher than the target f Larmor .N o t et h a ti nw o r ko fR u y t e n b e r get al. [28], [38], purely capacitive tuning and matching is used for 10 cm Tx/Rx CCs with a first self-resonance of ≈ 110 MHz (see simulated and calculated values shown in Table II for a 10 cm 1T1G, cable A). For this coil example, with a tuning capacitor across the coil port (Fig. 1), the first parallel resonance mode measured across the port shifts to tens of MHz, whereas the second resonance mode shifts closer to the desired Larmor frequency, i.e. around 300 MHz. Therefore, due to the multiple resonances of a CC originating fromt h ec o a x i a ls t u bi m p e d a n c e behavior, the 1T1G-CC with a self-resonance f 0 < f Larmor used in [28], [38] can still be tuned and matched to 297.2 MHz with only capacitive components. To compare coil designs and motivate the use of a coil with an f 0 as close as possible to f Larmor ,t h ec u r r e n td i s t r i b u t i o na n da m p l i t u d ea l o n gt h e oCo,dependingonthecoilgeometryandoperationfrequency , was analyzed using electromagnetic simulation of the abovementioned example of a 10 cm 1T1G-CC ( f 0 < f Larmor ) compared to a 1T2G-CC used in this study ( f 0 ≈ f Larmor ),for f Larmor = 297.2 MHz.

The determination of values for L T and matching capacitors (C M ) for all CCs relied on S 11 measurements of the unmatched and untuned loaded CC at the coil port using a vector network analyzer (VNA, E5071C, Agilent, Santa Clara, CA, USA). S 11 measurements were exported for circuit simulation in ADS (Keysight Technologies Inc., Santa Rosa, CA, USA) where tuning (to f Larmor ) and matching (< -40 dB) components were determined. Inner gaps were constructed by cutting out ≈5m ml e n g t ho ft h ei n n e rc o n d u c t o ra n dt ok e e ps t a b i l i t y and a round coil shape, either heat shrink tubing was placed over the inner conductors close tothegappositionortheinner conductors were bent away from the coil (with their isolating layer, especially with thin cables) and the outer conductors were soldered back together. Then again, heat shrink tubing was placed over the soldered outer conductor. Heat shrink tubing was also placed over the outer gaps for electrical insulation and mechanical stability. In CCs with multiple turns, insulating tape was wrapped around all cable turns to prevent f 0 shifts due to changes in the relative position of the individual cable turns.

The copper wire SCs were capacitively tuned (C TM ) and matched (C M ) and segmented by tuning capacitors along the loop at a length of maximum ≈ λ/10 to limit losses due to high electric fields [47].

D. Electromagnetic Simulations

Simulations of all implemented CCs were performed using the finite element solver of CST Studio Suite 2020 (Dassault Systèmes, Paris, France). Curved surfaces were approximated using second order finite elements. For accurate results, adaptive mesh refinement was used, with the S-parameter convergence criterion set to 0.001. Broadband results were generated using the general-purpose broadband sweep method of CST with a maximum S-parameter interpolation error of 0.001, which allowed to extract a broadband response between 50 and 500 MHz using approximately 10 frequency samples. In a first simulation run, the self-resonances f 0 of the unloaded coax loops were determined by finding the first local maximum of |Z |.Inasecondrun,3Dcurrentmonitorswereplacedatthese frequencies in addition to monitors covering the respective target Larmor frequency. Subsequently, surface current density (K = dI /dl) as well as S-matrices were exported for further analysis. Forward power was set to 0.5 W. Multi-turn coils were modeled as helical structures, where outbound wires at the start and end were used in order to close the coil without crossing the coaxial line in between (Fig. 6b). Further, CCs and SCs designed for Tx/Rx use at 7 T were simulated in loaded configuration. The box-shaped phantom dimensions were adapted depending on the coil diameter (4d 0 cm × 4d 0 cm × 25 cm), electrical properties set to a conductivity of σ = 0.6 S/m and permittivity of ε r = 80 and the phantom placed at 0.5 cm from the coil.

Post-processing of the simulated data was performed with Matlab 2017b. Simulations were scaled to 1 W accepted input power (P acc ),t a k i n gi n t oa c c o u n tt h er e s p e c t i v er e fl e c t i o n coefficients (S 11 ) from simulation. The surface current density K was analyzed on the three mentioned conductor parts iC, oCi,andoCo.ThesurfacecurrentI was derived by integrating K over volumes along the structures of a length of 1 mm.

Multiplication with ther e s p e c t i v ec o n d u c t o rd i a m e t e ry i e l d s the surface current I .T h eo u t b o u n dw i r e sf o rt h em u l t i -t u r n

CCs were excluded from the surface current evaluation. Specific absorption rate (SAR) was calculated pointwise and 10 g averaged from simulated E-field data over the whole phantom. Maximum intensity projections (MIPs) of the point SAR in the coronal plane, i.e. parallel to the coil plane, and SAR efficiency (B + 1 / √ max. 10g SAR) maps in all planes (sagittal and transversal through the coil's center, coronal at a distance d 0 /4 from the coil) were calculated for 7 T CCs and SCs. Maximum 10 g and point SAR values per 1 W P acc were extracted and mean transmit efficiency (mean B + 1 / √ P) as well as mean SAR efficiency (mean B + 1 / √ max. 10g SAR) were calculated in a half-spherical volume of interest with its center at the coil center, and a diameter equal to d 0 to yield quantitative measures for comparison between CCs and SCs.

E. Bench Measurements

Phantoms used in bench tests and MRI experiments are shown in Fig. 4.A5 -o r2 5 -l i t e rc o n t a i n e rp h a n t o m( Fig. 4a) was used for measurements where the coils were placed in afl a tc o n fi g u r a t i o no nt h ep h a n t o ms u r f a c e .M e a s u r e m e n t s with bent coils were performed using a 3D-printed holder-set up with slits to place a bent polytetrafluoroethylene (PTFE) sheet and balloon phantoms of different sizes depending on the target application and bending radius (Fig. 4b). The average bending case ("half-bent") was defined as opposite coil conductor ends spanning a 90 • angle and in the maximum assumed bending case ("bent"), coil ends span a 180 • angle in the cross-section, as shown in Fig. 4b.

All phantoms were filled with saline solution (1.6 g NaCl/l deionized water) with a DC conductivity of 0.2 S/m, and doped with 1 ml/l Gd-based contrast agent to shorten acquisition time. For 3 T measurements, all coils were directly placed on or under the phantom. The same applies for 7 T measurements, except for the 15 cm coils, which were placed at 1 cm distance from the sample using a foam spacer, in order to reduce loading.

Bench tests were performed using the VNA. First, the selfresonance frequency of CCs was measured inductively with a decoupled double-loop probe (baseline value < -80 dB) [48] without interface. SCs were tuned by distributed capacitors. Inductive measurements were performed with SCs and CCs in flat position and CCs in half-bent and bent position. For these coil setups, the unloaded and loaded resonance frequency ( f 0,u and f 0,l ) and quality factor (Q 0,u and Q 0,l ), respectively, were determined. Copper wire SCs cannot be reversibly bent, therefore, only CCs were investigated in bent configuration.

Coils with interfaces were connected to the VNA via their 50 matching circuit and using a custom-built test rig to mimic the MR scanner's coil connectors including DC supply to switch either the AD circuit or the transmit/receive switch. All coils were initially tuned and matched in flat position on the container phantom with a volume listed in Fig. 4c. S-parameter measurements (S 11 in dB) of the matching level at f Larmor were carried out to track changes during CC bending and characterize the behavior in two different bending scenarios with different balloon phantom sizes, also measuring f 0,l and Q l .I nan e x ts t e p ,t h ec o i l sw e r er e -t u n e da n d re-matched to be used in either flat position (SC) or bent position (CC) on a balloon phantom (see Fig. 4b). Again, the matching level at f Larmor and Q loaded was measured. With the test rig, the functioning of AD components in the Rx-only coils was verified: for SCs the AD circuit was tuned to f Larmor to efficiently block currents at this frequency and for CCs, the switching of all PIN diodes between tuned and detuned state was checked. 

F. M R I E x p e r i m e n t s

MRI experiments were carried out on a 3 T and a 7 T MR scanner (Prisma Fit and 7 T Magnetom, Siemens Healthineers, Erlangen, Germany) in the following setups: SCs and CCs in flat position on a container phantom, and SCs in flat and CCs in bent position on a balloon phantom. The aim was to compare CCs and SCs in terms of SNR performance (3 T and 7T ) ,a n de v a l u a t et r a n s m i te f fi c i e n c y( 7To n l y ) .

At 3 T, gradient-echo (GRE) images were acquired in a transversal slice through the coil center (scan parameters: T R /T E = 50/10 ms, FOV = 290 × 290 mm 2 ,0 . 6× 0.6 mm 2 in-plane resolution, 6.5 mm slice thickness). Data from GRE scans were used to calculate SNR maps and to evaluate SNR in a circular ROI with diameter d 0 /4 centered underneath the coil. The distance D between coil and ROI center was 1, 2.5, 4a n d5 . 5c mf o rt h e4 ,7 ,1 0a n d1 5c mc o i l ,r e s p e c t i v e l y . Relative SNR difference maps for the CC vs. the SC on a balloon phantom were calculated as SNR CC /SNR SC -1.

To determine the reliability of AD circuits in CCs and SCs, we performed flip angle mapping with and without the Rx coil present in flat position, using the body coil for Tx/Rx. From these data, the relative flip angle difference maps with vs. without Rx coil were calculated. Efficient decoupling from the body coil in Rx-only CCs has already been demonstrated in single-gap CCs [34]. To test this for coils with multiple gaps, measurements of the flip angle distribution (saturated Turbo FLASH [49]) with and without the detuned MTMG coil present were performed. The transmission decoupling performance of the coil with the highest number of gaps in the study (2T5G-CC) with only one pair of detuning PIN diodes at the coil port, was compared to another one with a pair of PIN diodes at each of the inner gaps. In the latter case, at every outer gap an RF choke (1812CS, Coilcraft, Cumbernauld, UK) was placed to provide the DC connection for biasing the PIN diodes (see photograph in Fig. 3a).

At 7 T, flip angle maps in the central sagittal slice were acquired, using the saturated Turbo FLASH method [49]. The excitation pulse amplitude V ref was adjusted to achieve an average flip angle of 90 • in a ROI with diameter d 0 /4 and the ROI center at a distance D from the coil center in flat position (D = 1, 2, 2.2, 2.7 cm for the 4, 7, 10 and 15 cm coil, respectively). For the balloon phantom and the SC in flat or the CC in bent position, the pulse amplitude V ref was again adjusted to obtain a 90 • flip angle in the same ROI. B + 1 / √ P maps, i.e. the RF transmit field normalized to the input power, indicating the transmit efficiency, were calculated from flip angle maps and the respective pulse parameters. GRE images were also acquired in the central sagittal slice (scan parameters: T R /T E = 50/4.8 ms, in-plane resolution 0.5 × 0.5 mm 2 ,F O V= 256 × 256 mm 2 ,3m ms l i c et h i c k n e s s ) . As the flip angle in the ROI was kept constant for each coil setup, SNR evaluation in the same ROI allows comparison of the coil's receive sensitivity contribution only. Relative SNR and B + 1 / √ P difference maps for the CC versus the SC on a balloon phantom were calculated.

III. RESULTS

A. Extension of Achievable Coil Diameter Range

Fig. 5 illustrates the possible coil size ranges for 1T1G (yellow) versus MTMG-CCs (blue) within the chosen parameter space detailed in Table I.A sc a nb es e e n ,1 T 1 G -C C s are limited to large coils at low field and small coils at high field. Allowing for multiple turns and/or gaps, the possible diameter range starts at approximately 3 cm for all B 0 field strengths. The range is almost continuous up to 30 cm in diameter and discontinuities only appear at ultra-high field. In practice, commercially available coaxial cables only cover the assumed continuous range forp e r m i t t i v i t ya n dc a b l e diameter discretely, and thereforeobviouslyleadingtodiscrete achievable CC diameters. These, however, still offer sufficient freedom in choice of the coil size to obtain results close to the target coil size. On the right side of Fig. 5,thearrowsindicate how coil and cable parameters influence the coil size.

B. Realistic Coil Designs

In Table II,realisticdesignparametersforthefabricationof CCs made from non-magnetic commercially available flexible coaxial cable types are listed for different B 0 fields and target d 0 with their self-resonance as close as possible to the target f Larmor .T h ed e v i a t i o n sf r o mt h em e a s u r e dr e s o n a n c e frequency are < 13.9 % for calculated and < 6.9 % for the simulated values. Note that the values for f 0,meas here differ from the unloaded values in supplementary Table I,1 since they were obtained without AD components or interface connector on the coil. 

Tw o r e p r e s e n t a t i ve s i mu l a t i o n r e s u l t s a r e s h o w n t o d e p i c t t h e c o a x i a l

coils' behavior for a (a) single turn single gap, (1T1G, d 0 = 10 cm, f 0 = 109 MHz) and (b) am u l t it u r nm u l t ig a p( 2 T 5 G ,d 0 = 15 cm, f 0 = 115.6 MHz) at their respective self-resonances f 0 .T h es u r f a c ec u r r e n t densities K at f 0 are depicted as 3D plots for iC, oCi,andoCo,scaledto their individual maximum. The corresponding magnitudes of the surface currents |I| along the coil windings are shown as line plots, starting from 0atthefeedpointton t × 2π in the case of iC and oCi.ThecurrentonoCi has opposite direction to its mirror-current on iC.F o roCo,t h es u r f a c e current was integrated over all turns, since this represents the effective current seen at distance from the coil, and the plot only goes to 2π.The feeding and necessary connecting structures to avoid self-intersection of the geometry are depicted in grey/black.

C. Electromagnetic Simulations

Fig. 6 shows simulation results of a 1T1G (a) and a MTMG (b) CC at their respective self-resonances f 0. Results for all investigated coils (blue area in Table II)attheirtar getLarmor frequency f Larmor are shown in supplementary Fig. 1 1 .T h e typical transmission line behavior can be observed for iC and oCi,wherethecurrentoniC is the mirror-current of the current on oCi,withamaximumincurrentdensitymagnitudeateach outer gap and a zero at each inner gap. However, the current along oCo, which corresponds to the effective current seen at distance from the coil, is rather constant along the conductor.

The motivation to use a CC with a first self-resonance as close as possible to the Larmor frequency which is the case for all MTMG-CCs employed in this work, is illustrated with the example shown in Fig. 7.B o t hc o i l sh a v ead i a m e t e ro f 10 cm and are simulated at a Larmor frequency of 297.2 MHz. The 1T1G-CC geometry was chosen according to details given in [38] (cable A) and has a simulated f 0,sim of 109.0 MHz. The 1T2G-CC used in this work has an f 0,sim of 276.2 MHz (see Table II). Simulation results of the surface current density and surface current I in Fig. 7 are in agreement with the ones shown for the 1T1G-CC in [38] and demonstrate that, scaled to 1 W accepted power, I along the oCo is higher in amplitude and more homogeneous for the 1T2G-CC. SAR simulations targeted the comparison between SCs and CCs used in Tx/Rx mode at 7 T. Fig. 8 shows a representative simulation result for a 10 cm CC and SC, i.e. SAR MIPs in the coronal (xz)p l a n ea n dS A Re f fi c i e n c ym a p si nat r a n s v e r s a l and sagittal slice through the coil center as well as in a coronal slice (at a distance of 2.5 cm from the coil). The coaxial coil in this example has two gaps and the standard coil is segmented by three capacitor "gaps". In supplementary Fig. 2 1 ,S A Rs i m u l a t i o nr e s u l t sf o ra l lC C sa n dS C s( 8i n total) are presented. Table III summarizes maximum local 10 g SAR, maximum point SAR, mean transmit (TE) and mean SAR (SE) efficiency values for all 7 T CC and SCs. All maps and parameters are very similar for the 7, 10 and 15 cm SCs and CCs. The 4 cm SC has slightly lower maximum local 10 g SAR and higher mean TE, i.e. also higher SE than the CC, although still comparable in performance (see supplementary Fig. 2 1 ).

D. Bench Measurements

Bench measurement results for 3 T and 7 T SCs and CCs without and with interface, different coil positions, and tuning and matching configurations are summarized in supplementary 0 n 2 t in accordance with equations 8 and 9 given in [50]. Generally, Q u of CCs is comparable or lower as for SCs and Q l of CCs is comparable or higher as for SCs. Therefore, the Q-ratio (Q u /Q l ) is mostly lower for CCs than for SCs. At both 3 and 7T ,f o rb o t hc o i lt y p e s ,d i f f e r e n tc o i ls e t u p s( fl a t ,h a l f -b e n t , bent) and phantom volumes (container, balloons) the Q-ratios were always superior to 2, demonstrating coil operation in a sample noise dominated regime.

In flat and loaded coil configuration, SCs and CCs with their interfaces were tuned to the respective f Larmor and matched to al e v e lb e t t e rt h a n-18.4 dB. During CC bending, either to half-bent or bent position, f 0,l increases. Thus, matching at f Larmor is degraded. The higher Q l and the higher f 0,l ,t h e stronger the observed degradation in matching. For some CCs, re-tuning and re-matching to the balloon phantom is indispensable. The CCs with 15 cm diameter at 3 T and the ones with 7, 10, and 15 cm at 7 T were acceptably matched even during strong bending (assuming a threshold of -8d B / 1 5%r e fl e c t e d power). During re-tuning and re-matching of SCs in flat and CCs in bent position on the balloon phantom, matching levels better than -15 dB were reached.

E. MRI Experiments

At 3 T, flip angle mapping results with a 2T5G-CC using an AD circuitry consisting of PIN-diodes shorting inner and outer conductor only at the coil port (see circuit scheme in Fig. 3a)r e v e a ln o n -s u f fi c i e n td e c o u p l i n go fR xa n db o d yc o i l with relative flip angle changes of over 60 % shown in Fig. 9b. With an AD network consisting of a set of PIN diodes at every inner gap and RF chokes connecting the outer gaps (Fig. 9a), reliable AD is ensured as any residual resonances are eliminated (Fig. 9c). For all SCs and CCs used in this study, the relative flip angle difference without vs. with Rx coil present is < 10 -20 % over the whole phantom.

3TS N Rm a p sa r ep r e s e n t e di nFig. 10.A l li m a g e ss h o w n in Fig. 10 and Fig. 11 were cropped to the respective coil size. In flat position, the average SNR in a circular ROI is lower for CCs as compared to SCs (-48.6 %, -33.9 %, -28.2 % . CCs in bent configuration showed higher transmit efficiency than the flat SC with a gain in B + 1 / √ P of +17.1 %, +14.8 %, +9.1 % and +21.9 % for the 4, 7, 10 and 15 cm CC, respectively (Fig. 11a). 7 T SNR maps demonstrate that, in flat position, the average SNR in a circular ROI is comparable or slightly lower for CCs as compared to SCs (+0.5 %, +1.1 %, -8.1 % and -6.9 % for the 4, 7, 10 and 15 cm CC, respectively), see Fig. 11b.H o w e v e r ,w h e nC C sa r ef o r m -fi t t e dt ot h eb a l l o o n and compared to the flat SCs, a considerable SNR gain can be observed (+40.5 %, +18.0 %, +11.1 % and +10.6 % for the 4, 7, 10 and 15 cm CC, respectively), see Fig. 11b.

Standing wave patterns occurring in both B + 1 / √ P and SNR maps, which are more pronounced for larger coil sizes, can be explained by the electrical properties and dimensions of the phantom. For a wavelength (≈11 cm) smaller than the phantom size and low sample conductivity, resulting in a skin depth larger than the phantom size, the forward and reflected wave can create EM interference patterns. Alternatively, dielectric phantom resonances could be the cause for standing wave patterns [51].

IV. DISCUSSION AND CONCLUSION

In this work, the design concept for multi-turn multi-gap coaxial RF coils is presented. An equivalent circuit is modeled; One of the causes for deviations between measured, calculated and simulated f 0 is most likely the limited accuracy of handmade gap construction, where asymmetries and gap length variations might shift f 0 .A l s o ,t h ee q u i v a l e n tc i r c u i t model does not account for stray capacitance at the gaps. The fabricated CC geometries slightly deviate from simulated ones, e.g. the multi-turn CC geometry was modeled as a helical structure and the conductor material was assumed to be solid copper for all coils although some conductors may in reality be braided and/or coated by other materials. Nevertheless, calculated resonance frequencies sufficiently match the measured results, so that the equivalent circuit was deemed valid to be used for finding suitable MTMG-CC designs for at a r g e tr e s o n a n c ef r e q u e n c ya n dd e s i r e dc o i ld i a m e t e r .I nt h e choice of coaxial structures used in this work, an emphasis was put on flexibility and commercial availability of the cable. This comes with advantages, e.g. easier reproducibility and fast prototyping but also with drawbacks, e.g. soldering joints along the loop to re-connect the outer conductors at inner gaps. However, in principle also semi-rigid or rigid coaxial structures (commercial or custom 3D printed) or other elaborate techniques for flexible coaxial structure manufacturing could be used for coil fabrication. In that case, e.g. the cable impedance could be varied in an even larger range and the CC resonance could be more precisely tuned for a given coil diameter. Furthermore, solder joints along the loop could be avoided with customized manual assembling of inner conductor and outer conductor with beforehand introduced gaps, and a separating dielectric.

Clearly, additional active detuning components required for multi-gap coils operating in Rx-only mode impair flexibility, lead to suboptimal coil robustness and increase coil noise. Nevertheless, we believe it is interesting to show the proofof-concept of fabricating MTMG-CCs for Rx-only use at 3 T and the implications of introducing multiple gaps on the active detuning reliability, not least to ensure patient safety when experimenting with this novel coil design concept. The multigap design is certainly more advantageous for Tx/Rx coils where additional active detuning components are not needed. When employed at UHF ≥ 7T ,w h e r es t a n d a r dc o i l sw o u l d require many segmenting capacitors, stub segments between gaps in multi-gap CCs become shorter (in contrast to the single-gap coil of same size), yielding homogeneous current distribution on the outer surface of the outer coaxial conductor (see Fig. 7), similar Tx/Rx performance (see Fig. 11)andSAR efficiency (Fig. 8,s u p p l e m e n t a r yF i g .2 1 )c o m p a r e dt or i g i d segmented copper loops.

The characteristics of single-element (MTMG-)CCs could be more ideally exploited in array configuration: the size-optimized CC elements achieving optimal SNR in the target penetration depth, combined with large FOV coverage of an array would result in a flexible, light-weight coil improving patient comfort and image quality compared to rigid arrays with large variations in sample-coil distance. Also, in array configuration, depending on the application, the single element coil radius may be rather small and therefore single elements not necessarily as strongly bent as demonstrated in this work. Furthermore, in practice, the baseline bending and loading configuration for coil matching can be changed from flat to a certain average bending and a more specific load depending on the anatomical application.

For in vivo use of Tx/Rx MTMG-CCs EM simulations are required to estimate the specific absorption rate. These simulations should ideally be based on a finite element method (FEM) solver due to the fine sub-millimeter structures involved, as also employed for EM simulations presented in this work. For heavily populated coil arrays, the computational complexity could potentially become unfeasible to be computed with a FEM solver, due to the sophisticated meshing necessary to resolve the coil structures and a human sample. As demonstrated in this work, CCs could be approximated by standard loops for H -a n dE-field simulations, since it was shown here that the current interacting with the sample and neighboring coils (on the outer surface of the outer conductor) is rather uniform and EM simulation results on SAR and transmit efficiency were comparable between SCs and CCs at 7T .L a r g eC C s> 20 cm not fabricated in this work could be interesting for use as Tx coils at 7 T although other coil types (e.g. dipoles alone or combined with loop coils) might be more advantageous for large penetration depths at UHF [52], [53]. Although a homogeneous current distribution along the oCo was targeted in this work (as with most segmented standard coils), it is conceivable that a non-uniform placement of the gaps leading to unbalanced current distribution on the oCo [29] could also be exploited at UHF, in analogy to "loopole" designs [54], [55] which combine loop and dipole antenna properties. The 1T1G coil shown in Fig. 7 (see also [38]), operating far from its self-resonance can cause a similar "loopole"-type current distribution and might yield improved performance compared to a simple loop coil, depending on the coil orientation relative to B 0 [54]. Furthermore, the asymmetric current pattern might be an explanation [55] for improved inter-element decoupling observed in references [29], [38].

As a future perspective, tracking of the flexible coils using MR-visible materials containedi nt h eo u t e rc a b l ej a c k e t [ 5 6 ] can be envisioned, possibly useful for localized on-coil B 0 shimming or motion correction.

In conclusion, the major asset of MTMG coaxial coils presented in this work is their low weight, flexibility, and the fact that the coil size can be chosen (almost) freely for various B 0 field strengths. Implementing the MTMG principle, the size-restriction of 1T1G-CCs can be overcome, and CC elements can be size-optimized for a wide range of anatomical applications. The high flexibility of CCs especially benefits applications where inter-subject variability is strong (breast, abdomen, joints, heart etc.) and where standard rigid coils would usually be placed far away from the anatomy of interest. Furthermore, the low weight and flexibility allows the fabrication of versatile, "wearable" coils, increasing patient comfort.

Design theory

As mentioned in Article I, the novel design concept for flexible MTMG coaxial coils was introduced in analogy to parallel-plate MTMG TLRs fabricated using semi-flexible substrate [41] and was initiated by the increasing recent research interest in flexible coaxial RF coils [55,118,120,121]. The studies summarized below were dedicated to the validation of the proposed equivalent circuit model and to a better understanding of the (MTMG-)CC functioning principle.

Validation of the equivalent circuit model

One focus of preliminary studies was the experimental validation of the theoretical circuit, modelled for self-resonance calculations of coaxial coils.

The data collection includes 55 coaxial coils fabricated of 6 different cables (A-F, see The scatter plot in Figure 4.1 visualizes the correlation between bench-measured (𝑓 0,meas ) and theoretically predicted self-resonance frequency values (𝑓 0,calc , 1 st resonant mode). On the bench, all coils were measured using the double-loop probe method [62] in unloaded configuration. Larger absolute deviations between measured and calculated frequencies occur when f0 increases. 4.1, it was found that the maximum deviation for calculated values is +13.9 % (10 cm 1T2G coil, cable C) whereas for values determined in EM simulations, the maximum relative deviation is +6.9 % (10 cm 1T2G coil, cable C). The bullet area in Figure 4.2 is proportional to the number of gaps and proportional to the number of turns in Figure 4.3. There was no direct correlation that could be identified between the relative deviation, the number of turns, number of gaps, resonance frequency or cable type. In general, there is a slight tendency towards larger relative deviations between 𝑓 0,calc and 𝑓 0,meas with a high number of gaps and/or turns and at high frequencies (≈ 250 MHz and above), where 𝑓 0,calc tends to be an overestimation of what is measured on the bench. It is evident that one also has to consider initial inaccuracies in the coaxial coil fabrication process as potential source for deviations in resonance frequency. The difficulty of accurate gap fabrication and re-soldering of outer conductors depends on the number of gaps and turns but also on the cable type.

When the dielectric material of either the insulation layer between outer and inner conductor or the cable jacket is foamed polyethylene (PE), e.g. as in cable C, which has a much lower melting point than other materials (e.g. polytetrafluoroethylene, PTFE), this complicates soldering of surrounding conductors, and thus, gap construction. 

In conclusion, the equivalent circuit model presented in

Coaxial coil diameter ranges

After having demonstrated the validity of the equivalent circuit model, the calculated coaxial coil diameter range shown in the boxplot figure (Fig. 5) of Article I can be modified to contain more detailed information about possible CC solutions. In Figure 4.4 a distinction is made between possible coil diameter ranges for 1T1G-CCs (yellow boxes), 1TMG-CCs (dark blue boxes), MT1G-CCs (orange boxes) and ranges where either MTMG or 1T1G (dark grey boxes) and MTMG or MT1G (light grey boxes) CC solutions can be found. It is shown that for the chosen parameter space (Table I, Article I), only a very limited range of small coil diameters can be covered with MT1G

solutions. If one would consider also smaller B0 field strengths, these ranges would increase accordingly. At high field strengths, for large coil diameters, only 1TMG solutions were found. This range would extend to smaller coil sizes for higher B0 field strengths. It has to be noted that within the ranges where either MTMG-or 1TMG-/MT1G-CC solutions are possible, the coil designer can chose between the solution closest to the target frequency and the easiest to fabricate (low number of gaps) or the one with the least coil losses and highest flexibility (low number of turns and gaps). In Article I, a trade-off was found to limit coil losses but still use a flexible coaxial coil with a calculated self-resonance close to the desired Larmor frequency (±10 %).

At a given resonance frequency (or B0 field strength) for 1 H imaging (or any other nucleus), compared to a 1T1G-CC, using multiple turns allows for smaller coil diameters, whereas adding gaps allows for larger coil diameters. For a fixed coil diameter, the resonance frequency increases with the number of gaps and decreases with the number of turns.

In conclusion, it is demonstrated, that by enabling more than one turn and/or gap, practically any coil diameter can be chosen, which allows for optimization of the coil size with regard to target penetration depth. 

Resonance behavior and interface component analysis

Until now, only the self-resonances of CCs as described in Article I were considered.

For MR experiments with CCs, the coil has to be related to the MR scanner with an interfacing circuitry for tuning, matching and AD for Rx-only coils. For MTMG-CC interface design, the 1T1G-CC interface as described by Zhang et al. [55] was used as a starting point. Modifications were made mainly concerning the AD for multi-gap coils as described in Article I.

To better understand the resonance frequency behavior of a CC, the self-resonances of a CC alone and resonances of a CC interfaced to the MR scanner using different tuning, matching and AD components have to be explained. First, it has to be noted that the self-resonance frequency of a coaxial coil can be determined assuming a series resonant circuit with impedance 𝑍 coil,sel ,series 𝜔 (Eq. 4.1) only when it is measured inductively via a pick-up loop (as also mentioned in Article I, Eq. 4.1). The equivalent circuit schematic for the coaxial coil alone is shown in Fig. 1 If the coil s self-resonance frequency is measured connecting the coil to the VNA across the coil port (at the inner conductors, at an inner gap, see Article I Fig. 1c), the formula for a parallel resonant circuit has to be considered. The coil s parallel impedance without any tuning or matching components, 𝑍 coil,sel ,parallel 𝜔 , is given by Eq. 4.5.

𝑍 coil,sel ,parallel 𝜔 = 1 1 𝑅 + 𝑍 shield 𝜔 + 𝑛 g -1 2𝑍 T 𝜔 + 1 2𝑍 T 𝜔 Eq. 4.5
R is the sum of coil (Rc) and sample losses (Rs). One can also write:

𝑍 coil,sel ,parallel 𝜔 = 2𝑍 T 𝜔 • 𝑅 + 𝑍 shield 𝜔 + 𝑛 g -1 2𝑍 T 𝜔 2𝑍 T 𝜔 + 𝑅 + 𝑍 shield 𝜔 + 𝑛 g -1 2𝑍 T 𝜔 Eq. 4.6
Eq. 4.6 explains the high impedance characteristics of coaxial coils, if 𝜔 approaches 𝜔0, i.e. 2𝑍 T 𝜔 + 𝑍 shield 𝜔 + 𝑛 g -1 2𝑍 T 𝜔 = 0 and assuming R = 0, then 𝑍 coil,sel ,parallel 𝜔 = ∞. Realistic values for R are in the tens of Ω range, which can result in kΩ input impedances of CCs [55].

Multiple self-resonance modes in coaxial coils (1T1G-CCs and MTMG-CCs) can be attributed to the coaxial stub reactance (𝑋 T 𝜔 ) behavior. The formula for 𝑋 T 𝜔 (part of Eq. 4.2) can be rewritten to express the relationship between the wavelength 𝜆, the physical stub length 𝑙 to the stub reactance:

𝑋 T 𝜔 = -𝑍 0 cot 𝜔𝑙 √ 𝜀 r 𝑐 0 = -𝑍 0 cot 2π𝑙 𝜆 Eq. 4.7 𝜆 = 𝑐 0 2π √ 𝜀 r 𝜔 Eq. 4.8
The cotangent is a periodic function with period π. The -cot 𝑥 is negative for 𝑛π 𝑥 2𝑛 + 1 , the open-circuited coaxial transmission line acts as a series resonant circuit and the impedance is at a minimum (low resistance, i.e. it appears as a short).

At frequencies where the coaxial stub length equals 𝑛 + 1 The modified circuit schematic with additional tuning components LT and/or CT used to adjust the coaxial coil s resonance frequency measured at the coil port is shown in The impedance formula for the parallel resonant circuit with tuning and matching components 𝑍 coil,TM 𝜔 is as follows:

𝑍 coil,TM 𝜔 = 1 1 𝑅 + 𝑍 shield 𝜔 + 𝑛 g -1 2𝑍 T 𝜔 + 1 2𝑍 T 𝜔 + 1 𝑍 𝐿 T 𝜔 + 1 𝑍 𝐶 T 𝜔 + 𝑍 M 𝜔 Eq. 4.9
The tuning and matching components impedances assuming ideal capacitors and inductors, thus neglecting resistive parts) are given by:

𝑍 𝐿 T 𝜔 = 𝑖𝜔𝐿 T Eq. 4.10 𝑍 𝐶 T 𝜔 = - 𝑖 𝜔𝐶 T Eq. 4.11 𝑍 𝐶 M 𝜔 = - 𝑖 𝜔 𝐶 M 2 Eq. 4.12
To illustrate the effect of tuning components in parallel to the coaxial coil port, exemplary impedance calculations (see Figure 4.7) and consequently the determination of the resonance frequency (Im 𝑍 = 0 at resonance) were performed for the following coil and interfacing configurations: While the second self-resonance of this specific CC example lies outside of the plotted frequency range, in case of tuning with a CT or a CT + LT it is visible slightly above 700 MHz.

Also, for multi-gap coils (ng > 1), additional parallel resonances can occur due to inductive tuning components (LT), following Eq. 4.9. As sketched in Figure 4.6, the coaxial stubs at the coil port form a resonant circuit with LT and the remaining stubs along the loop form a series resonance circuit. This is the reason why AD components are needed at every gap for Rx-only coils, to eliminate any residual resonance. Still, also with multiple resonances, for the self-resonance of the coaxial coil close to the desired operation frequency (fL), the trends for resonance frequency fine-tuning (described more in detail for a 1T1G-CC above) apply: the CC resonance seen across the coil port can be tuned down with a CT and increased with an LT. S21 measurements and impedance calculation results for 7 T CCs (those constructed in Article I) in Figure 4.9 demonstrate the effect of the tuning LT across the coil port with a single gap (4 cm CC) and multiple gaps (7, 10 and 15 cm CCs). The 4 cm CC shows a resonance only at a frequency slightly above the target fL. Multi-gap coils have a second resonance appear at a frequency that can be approximated by Eq. 4.9.

Differences between measured and calculated resonance frequencies are due to an approximation of the value LT, the baseline discrepancy between measured and calculated frequency without tuning components and inaccuracies added during the measurement process (e.g. the coil shape being slightly bent).

In 1T1G-CCs, an additional resonance can also occur if the coil is used in Rx-only mode with an AD circuitry at the coil port as used by Zhang et al. [55] and described in In general, for fine-tuning with an LT, the small added capacitance CPIN doesn t strongly counteract the desired shift to a higher frequency. This is illustrated in For a given 1T1G-CC with a self-resonance already close to but slightly lower than the target resonance frequency 𝜔, a large tuning inductor value 𝐿 T,large is needed. 𝐿 T,large can be decreased to 𝐿 T,small if a tuning capacitor CT is employed in parallel to 𝐿 T,small , following Eq. 4.13 and Eq. 4.14 . This can be advantageous to reduce the PCB form factor, but one has to trade smaller inductor size (which allows the use of a smaller 

1T1G vs. MTMG coaxial coils

In this supplementary study section, the aim was to investigate the difference between the use of coaxial coils with a self-resonance very close to the operation frequency of the MR system, which is the case for the investigated MTMG-CCs in Article I, and 1T1G-CCs of same size which have a self-resonance frequency that deviates (more or less) from the Larmor frequency.

Comparison of same-size 1T1G-and MTMG-CCs at 3 T

The motivation for using a 1T1G-CC in Rx-only mode at 3 T instead of a MTMG-CC could be easier fabrication, a lower AD component count along the coil than with multi-gap coils (RF chokes at every outer gap, PIN diodes at every inner gap) as well as a lower number of turns and gaps and therefore lower coil noise. Also, an argument for 1T1G-CCs could be that, compared to same-size MTMG-CCs, they are lighter, depending on the cable type slightly more flexible and more robust to bending as the worst case of damaging the coil due to excessive deforming is less likely to occur with only one gap.

The two MTMG-CCs used for 3 T MRI in Article I, namely the 7 cm 2T2G-CC and the 15 cm 2T5G-CC were chosen to be compared to same-size 1T1G-CCs in flat position.

1T1G-CCs were fabricated using the same coaxial cable type as used for the respective MTMG-CC fabrication (cable E for the 7 cm coil and cable B for the 15 cm coil). Cable references and properties are given in Fig. 2 of Article I.

For 1T1G-CCs, additional analytical calculations to determine the self-resonance frequency and EM simulations to evaluate the surface current density distributions and current amplitude on all three coaxial coil conductors (iC, oCi, oCo, see Fig. 1b of Article I) were carried out. Bench measurements and MR experiments were performed with 1T1G-CCs and MTMG-CCs during the same measurement session.

Analytical calculations and EM simulations

First, analytical calculations of the self-resonance were carried out in MATLAB 2017b

(The Mathworks, Inc., Natwick, USA) using the resonance condition described in Eq.

2.70 and Eq. ( 1)-(3) of Article I. For MTMG-CCs, the measured, calculated and simulated frequency values can be taken from Table II in Article I. The relative deviation between measured MTMG self-resonance frequency and the Larmor frequency without PIN diodes or chokes along the coil is -2.8 % (7 cm 2T2G-CC) and 0.0 % (15 cm 2T5G-CC). With AD components along the coil, the resonance frequency is shifted down due to capacitive effects, the relative deviation of the Larmor frequency from measured ones then is +3.4 % (7 cm 2T2G-CC) and +9.7 % (15 cm 2T5G-CC). The oCo surface current determines the B1 + seen at a distance from the coil, thus, following the principle of reciprocity, EM simulation results suggest higher Rx sensitivity for MTMG-CCs than for 1T1G-CCs, considering coil noise only.

1T1G-CCs

Coil fabrication and bench measurements

The main difference in coil interface design for this study was that for tuning the The optimal interface configuration would be with the use of an 𝐿 T only [216], which is possible if the self-resonance frequency is below the target frequency (fL). This was the case for all loaded MTMG-CC self-resonance frequency bench measurements in Article I (see supplementary Table I) and also for the 15 cm 1T1G-CC (see Table 4.3).

With respect to findings in reference [216], the largest possible tuning inductor was chosen that could fit on the to the small PCB in order to maximize SNR and to keep the resonance frequency shift to a higher frequency at a minimum. CT was adapted so that the resonance frequency was shifted down to 123.2 MHz.

As can be seen in photographs of the fabricated CCs in Figure 4.17 and Figure 4.18, the 1T1G-CCs are inarguably easier to construct, especially because of the lack of gaps along the loop and the AD components concentrated to the coil port only. For the 15 cm MTMG-CC, the PIN diodes are a major factor, increasing the overall weight of the coil. In terms of flexibility, these specific coils are quite comparable as the coaxial cable is very thin. The advantage of using a 1T1G instead of a MTMG coil could become more relevant with thicker cables. Even after numerous cases of strong bending, no breaking point along the MTMG coils conductor neither at the gaps nor the soldering pads containing PIN diodes and RF chokes was observed. For the 15 cm 1T1G-CC fabrication, inductive tuning to the Larmor frequency was done with an LT smaller than the one used for MTMG-CC fabrication as the shift in resonance frequency has to be higher. Bench measurements were carried out using a VNA (E5071C, Agilent, Santa Clara, CA, USA) with the coils in flat position on a 5-l container phantom with a DC conductivity of approximately 𝜎 = 0.2 S/m and dimensions of 24 x 18.5 x 14 cm 3 .

Coil only measurements of the CC without any fine-tuning and matching network at the coil port were carried out with a decoupled double-loop probe [62], with a As coil and sample losses are frequency-dependent [24], coil only measurements have to be normalized to the Larmor frequency to be comparable for coils of same size.

𝑅 c = 𝐿𝜔 𝑄 𝜔 𝜔

Eq. 4.15

𝑅 s = 𝐿𝜔 l 𝑄 l -𝑅 c 𝜔 l 𝜔 • 𝜔 𝜔 l 2
Eq. 4.16

Using Eq. 4.15 and Eq. 4.16, 𝑅 c and 𝑅 s at the Larmor frequency can be calculated from measurement values, results are given in Table 4.7.

coil only with interface Without interface, for coil only measurements it can be observed that coil losses are higher for MTMG coils due to the longer cable length with multiple turns (𝑅 c ∝ √𝜔𝑛 t 2 , [24]) and the amount of AD components (PIN diodes, RF chokes) along the loop. Sample noise is also higher for MTMG-CCs as more turns provide higher magnetic coupling to the sample (𝑅 s ∝ 𝜔 2 𝑛 t 2 , [24]).

d0 [cm] nt ng L [nH] Rc @ fL [𝛀] Rs @ fL [𝛀] Q ratio @ fL (Rs+Rc)/Rc Rc @ fL [𝛀] Rs @ fL [𝛀] 7 
The Q ratio with tuning and matching interface is comparable between 1T1G and MTMG coils (see Table 4.6) and respective calculated coil and sample noise (depending on the inductance) are given in Table 4.7. It can be clearly seen that the coil noise is higher for MTMG coils but also sample noise is higher which suggests higher magnetic coupling to the sample with multiple turns.

MR experiments

SNR maps for all coils shown in Figure 4.19 were calculated from 2D GRE acquisitions in the transversal imaging plane using the following imaging parameters: The average SNR was evaluated in a circular ROI with a diameter of d0/4 and the ROI center located at distance D from the coil center, as depicted in Figure 4.20. D was chosen to be 1.5 or 2.5 cm for the 7 or 15 cm CC, respectively. In Table 4.8, the average SNR values and the relative SNR difference in the ROI between the MTMG-CC and 1T1G-CC are listed for comparison of 7 and 15 cm coils. It can be seen that the average SNR is slightly higher for the MTMG-CC, more significantly for the 15 cm coil than the 7 cm coil. for the 7 cm and 15 cm coaxial coils demonstrate that the 1T1G and MTMG coils perform quite comparably at larger depths (> 1.5 cm for the 7 cm coils and > 10 cm for the 15 cm coils). At smaller depths, the MTMG-CC yields better SNR. To characterize the AD reliability of 1T1G and MTMG coaxial coils, the minimum and maximum values taken from FA difference maps over the whole phantom (with vs.

without Rx coil, body coil in Tx/Rx) are given in Table 4.9. Except the minimum value of the 15 cm coils, the relative FA difference values are comparable. Imperfections in phantom alignment in between the scan with Rx coil and the reference scan without the Rx coil or partial volume effects can lead to evaluation inaccuracies.

minimum (phantom) [%] maximum (phantom) [%] d 0 [cm] MTMG-CC 1T1G-CC MTMG-CC 1T1G-CC 7

-12.0 -10.8 +8.5 +8.7 15 -19.5 -9.9 +19.1 +17.9 

Conclusion

To sum up this section, there are several factors that have to be taken into account when comparing a 1T1G-CC and MTMG-CC of same-size at 3 T MRI.

Concerning fabrication, weight and robustness, one could lean towards the use of the 1T1G-CC if the compromise between flexibility or lightweight and SNR loss is acceptable.

Bench and MRI tests of the two investigated coil pairs (1T1G and MTMG) have demonstrated that different aspects can have an influence on the coil performance.

Following EM simulations, it has been shown that the oCo current amplitude at the Larmor frequency is higher for the MTMG configuration than for the 1T1G coil. Bench measurements demonstrated that for MTMG-CCs, PIN diodes and RF chokes increase coil noise (low Qu). For the 7 cm 1T1G-CC, adding the tuning capacitor CT might be responsible for an increase in coil noise (due to the interface). Lower SNR performance with a tuning interface consisting of LT and CT instead of an LT only was also shown in a more extensive study in reference [216]. From MRI experiment results it seems that still, in terms of SNR, it is advantageous to employ a coil as close as possible to its self-resonance which is the case for the MTMG-CCs, even if in this case, additional AD components are required along the loop, increasing coil noise and impairing total flexibility in some cases.

Comparison of a 10 cm 1T1G-and 1TMG-CC at 7 T

In a sum of publications presenting 1.5 T, 3 T or 7 T 1T1G-CCs [55,119 121,124] and this work on MTMG-CCs, coils with a first self-resonance mode close to the target resonance frequency fL are employed. In contrast to that, in recent publications by Ruytenberg et al. [122,123], a 10 cm 1T1G-CC with a first self-resonance below fL was used at 7 T in Tx/Rx mode and in array configuration for human neck (carotid), hand and knee imaging. EM simulation results for both CCs (1T1G and 1T2G) in unloaded configuration are shown in Article I (Fig. 7) and demonstrated that the 1T1G 10 cm loop has a surface current density maximum at the iC gap (as also shown in [122])

and the current distribution on the oCo is more inhomogeneous than in a 1T2G-CC. The main difference is the lower mean oCo surface current amplitude in a 1T1G-CC as compared to a 1T2G-CC, when simulated at fL = 297.2 MHz.

In the following, the goal was to experimentally validate analytical calculations of the multi-resonance behavior of a 10 cm 1T1G-CC on the bench. Calculated resonance frequency values (parallel resonances) are given in Table 4.10.

Analytical calculations and bench measurements

The first calculated self-resonance frequency of a 10 cm 1T1G-CC is closer to the 3 T Larmor frequency than to the desired Larmor frequency of 297.2 MHz (7 T). A second self-resonance appears at around 700 MHz. With a tuning CT across the coil port, the calculated first parallel resonance is shifted to 51.4 MHz and the second parallel resonance shifts to 368.9 MHz.

configuration f 0,calc [MHz] f 1,calc [MHz]
self-resonance 114.7 700.9 ∥CT 51.4 368.9 

Conclusion

In this section, the multi-resonance behavior of a 1T1G-CC found in analytical calculations is validated by bench measurements. Results show that for a 10 cm 1T1G-CC with a first self-resonance f0 < fL, tuning and matching capacitors can be used so that, when measured across the coil port, a parallel resonance tuned down second self-resonance f1) appears close to the 7 T Larmor frequency of 297.2 MHz and the coil is matched to 50 Ω. Presumably, according to EM simulation results in Article I (Fig. 7), it could be advantageous to employ a 10 cm 1T2G-CC instead of a 1T1G-CC at 7 T MRI. The coil performance comparison in loaded EM simulations and MRI is the goal of an on-going study. Suggested future work on EM simulations will be presented in section 6.1.1 and the 10 cm 1T2G-CC could potentially find its application in knee imaging (discussed in 6.2.2).

MR experiments

While in previous sections, also additional CCs to the ones used in Article I were fabricated and analyzed, the following sub-sections present results acquired in MRI with the 3 or 7 T MTMG-CCs and SCs described in Article I. Each coil was placed directly on the 5-l container sample with a wall thickness of only a few mm. Comparing SCs and CCs of different sizes, the AD performance over the whole phantom is very similar. Too strong coupling between the body coil and the detuned Rx-only coil could lead to image degradations and patient safety risks, i.e.

heating due to a not sufficiently decoupled structure creating an E-field when excited by the RF transmit field. In this study, values between 10 and 20 % maximum relative FA difference over the whole phantom (higher percentage the larger the coil, Figure 4.22) were considered as safe especially as for in-vivo measurements, these coils would need to be embedded in some textile or flexible coil housing, isolating electrical components from the patient and ensuring mechanical robustness. In this case, the coil itself would be placed farther away from the sample. With increasing sample-coil distance given by the textile/housing layer properties, the influence on the FA distribution would decrease. To prevent damage to the patient, in product coils, an additional fuse and passive detuning network (crossed diodes) would be implemented in the Rx coil as supplementary safety measures in case of the malfunction of the AD circuit.

To give some quantitative measure, the minimum and maximum relative FA difference values are listed in Table 4.12. As mentioned before, phantom misalignment in between the reference scan and the scan with Rx coil present as well as partial volume effects may be the reason for inaccuracies in this evaluation. 

SNR and transmit efficiency profile analysis

Data presented in SNR and 𝐵 1 + /√𝑃 (transmit efficiency) maps in Article I (Fig. 10 and11) can be plotted along the central coil axis, aiming for a depthdependent analysis of the SNR and transmit efficiency depending on the coil type and size, and position on a large container phantom or a balloon phantom.

In superficial depts for some coils: at distances < 0.5 cm, < 1.5 cm, < 0.5 cm from the 7, 10 and 15 cm coils, respectively. Else, the CC bent to the balloon phantom yields higher 𝐵 1 + /√𝑃 as compared to a flat SC.

As only for flat measurements at 7 T, the same reference voltage was used for the rectangular 500 𝜇𝑠 excitation pulse, only those SNR profiles in for experiments with the 4 / 7 / 10 / 15 cm CCs, respectively.

For the acquisition of a transversal slice of the papaya using the 15 cm 2T5G coaxial coil, some of the above-listed imaging parameters were adapted for better contrast and visibility of structures inside the fruit: 
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Study II: Wireless data transmission in MR

Prelude

Within the MR community, not only the discussions about flexible coil technology but also wireless MRI have increasingly gained interest during the last two decades.

Several meetings with international experts in MR hardware and RF coil engineering The goal of the perspective article Article II) was to provide a synthesized summary of the status-quo and to detail promising strategies and challenges encountered in the development of key technologies for wireless MR. This will give an outlook on the feasibility of wireless RF coils in the future, including opinions and ideas of the authors.

5.2

Article 

INTRODUCTION

Magnetic resonance imaging (MRI) has become one of the major tools in non-invasive medical diagnostics, providing a multitude of quantitative and functional information with ever-increasing performance. The constant search for improved sensitivity and specificity in MR examinations has coined the trend toward MR scanners with higher static magnetic field strength (B 0 ) [ 1,2] and radio frequency (RF) coil arrays with larger numbers of individual receive elements [3]. Today's high-end clinical MR scanners have a static magnetic field strength of 3 T (together with first clinical 7 T systems being installed currently) and feature up to 64 receive channels (128 or more in some research units), allowing for shorter examination times using parallel imaging [4,5]. Typically, the excitation of the nuclear spins is done with a large high-power RF transmit coil-the system body coil-included in the scanner bore, while signal detection is performed with a local receive-only coil array, followed by on-coil preamplification and digitization in either the MR room or the technical cabinet, or rarely, on-coil. Coaxial cables are commonly used to transfer the received RF signal to the image reconstruction unit outside the MR scanner room and to power active electronic devices, such as preamplifiers, typically using DC current running on the coaxial cable's shield, which requires a bias-tee arrangement usually already integrated in commercial scanner hardware and thus avoids supplementary power cables. In addition, single wires carrying DC control signals are routed together with the coaxial cables, e.g., to bias PIN diodes as part of an on-coil switching circuitry. With increasing cabling complexity of modern high field scanners equipped with high-density and/or mechanically flexible receive arrays, the use of a large number of coaxial and wire cables gives rise to several challenges. One main concern with cabling is the increased patient risk due to local heating phenomena associated to currents induced on the cable shields during RF transmission and fast switching of magnetic field gradients [6][7][8]. Secondly, as each receive element requires its own set of coaxial cable and wires, adjacent routing of cables may lead to cross talk and increase coupling between receive elements, causing a significant reduction of RF detection sensitivity. Since the coaxial cables are routed within the system body coil, a partial loss of transmit power may also occur, as some of the RF power is dissipated in the coil's cabling rather than in the target patient tissue. Baluns and RF traps [9,10], conventionally used to reduce the abovementioned electromagnetic issues, make the receive coil heavy, bulky, and potentially intimidating and ill-fitting for patients. Moreover, handling of the coil becomes cumbersome and delicate in a way that the coil installation can occupy a significant fraction of the total exam time. This is of particular concern for applications requiring very long coaxial cables, such as abdominal MRI.

Consequently, the use of coaxial cables is one of the bottlenecks that have to be overcome to develop the next generation of coil arrays with improved sensitivity and less patient risk in high field MRI. Several approaches were proposed for the replacement of coaxial receive cables in MR experiments by optical fibers for analog [11][12][13][14][15][16][17] or digital [18][19][20][21][22][23][24] MR signal transmission. While the use of optical fibers avoids safety issues and reduces signal interferences, the positioning and handling of the receive coils are still limited by the length, placement, and maximum curvature of the optical fibers.

Fully wireless RF coils could lead to a safer, more costand time-efficient receive system for MRI and ultimately enable lightweight, flexible, or even "wearable" coil arrays (e.g., [23][24][25][26]), improving patient comfort and supporting the evolution of on-coil sensor integration. Challenges in the development of wireless RF coils can especially be related to the harsh MR environment as all envisioned devices must be designed to be MR compatible, i.e., not ferro-or strongly para-magnetic. Additionally, all parts must function robustly in the strong static B 0 field and handle coil vibrations, patient movement, bore reflections, and most importantly, gradient and RF fields present during MRI. To this end, some sensitive parts can be covered by Faraday cages. Possible current induction on the devices should be avoided with regard to patient safety, and added on-coil devices, e.g., digitization units or wireless transceivers, must appear transparent during imaging. Also, it is desirable to preserve high linearity and a low system noise figure (<1 dB [27]) even with the inclusion of wireless technologies. Especially for flexible arrays, a reduction of the total amount, size, and weight of on-coil components is crucial.

In this work, we focus on the realizability of completely wireless MR receive arrays by addressing and interrelating different aspects of the MR receive system. The aim is to outline feasible and efficient approaches toward wireless communication in MRI and prospect digital wireless RF devices, highlighting the most promising strategies as well as associated benefits and challenges.

WIRELESS APPROACHES FOR DIFFERENT PARTS OF THE MR RECEIVE SYSTEM

Three subsystems that have to undergo significant changes for wireless MRI were identified: the MR receive signal chain, control signaling, and on-coil power supply. Their functional blocks and respective possible physical location are depicted in Figure 1A. Different wireless transceiver positioning variants, estimated transmission distances, and angles are sketched in Figure 1B.

In Figure 2, the state of the art in wireless RF coil development, listing existing technologies or strategies for each respective subsystem, corresponding to sections "MR Receive Signal Chain", "Control Signaling", and "On-Coil Power Supply" in the manuscript, is summarized. Specific requirements that need to be met for each of the functional blocks are included, and benefits of current technology as well as current limitations or challenges encountered in their development are listed. The following general requirements apply to all of the mentioned subsystems and corresponding components: MR compatibility (no impact on MRI or component functioning), patient safety (no heating), linearity, low noise figure, low power consumption, low number of additional components, miniature component size, and minimum weight. For all wireless paths, a reliable, ideally lossless, spatial data transmission (≈10-100 cm, see Figure 1B) is required.

MR Receive Signal Chain

The features of the MR signal directly impact signal conditioning, which comprises (pre)amplification, digitization, analog and/or digital data compression, and filtering. The MR signal is characterized by high signal frequency (the Larmor frequency), depending on the investigated nucleus and B 0 field strength, typically in the order of 50-300 MHz. Further, the DR easily reaches ∼90 dB [28]. In extreme cases, especially for highresolution 3D acquisitions at high B 0 fields, the DR can attain up to ∼120 dB [29,30]. To enable proper signal conditioning for various imaging scenarios (frequency, DR, number of receive coil elements, etc.), necessary adaptations for a wireless receive chain imply the relocation of many components inside the MR bore or directly on-coil, e.g., adjustable gain amplifiers, analog-to-digital converters (ADCs), or mixers.

Signal Digitization

The choice of suitable digitization components is a critical task, as there is always a trade-off between achievable conversion rates, bit resolution, power dissipation, cost, and scalability to multichannel systems. In general, on-coil digitization is advantageous, as it improves signal and phase stability, yielding better image quality, and offers easier scalability to multi-channel systems [18,19,31]. For component selection, the main challenges are related to the MR signal properties. Concerning the DR, ADCs should provide high bit resolutions (≥DR in decibels divided by 6.02 [28]) to correctly quantize analog MR signal amplitudes.

To date, commercially available high-speed ADCs dedicated to MRI are limited to 16-bit [32,33], insufficient for some imaging scenarios with very high DR. Concerning the sampling rate, one possibility is direct sampling at the Nyquist rate, employing ADCs capable of sampling at high rates greater than twice the Larmor frequency [34]. However, the essential imaging information of the MR signal lies only within a small signal bandwidth (maximum 1-2 MHz), determined by the maximum gradient strength and the field of view (FOV), modulated onto the carrier wave at the Larmor frequency. Therefore, demodulation of the amplified analog RF signal to baseband (around zero frequency) or to an intermediate frequency (IF) by mixing with a local oscillator (LO) signal on-coil before conversion to digital data is possible. This significantly lowers the ADC sampling rate requirement. Analog down-conversion is often used in traditional systems [31,35] but can also be advantageous for easier system reconfiguration to other B 0 fields and higher power efficiency (<240 mW/channel [21]). This was shown with broadband on-coil receivers for optical fiber transmission of digital signals from two [21] or four [24] wrist coil channels at 1.5-10.5 T. Direct undersampling corresponds to sampling at lower than twice the maximum frequency and digital demodulation at the same time. This technique was applied for single receive elements at 0.18 and 4.7 T [36,37]. Multichannel scalable solutions in combination with optical fibers were proposed for in-field receivers with one ADC per coil element at 1.5 and 3 T [18,19], and four-channel ADCs for MRI up to 2.4 T with an eight-channel coil [38,39]. Recent research also demonstrated a digital RF front end adaptable for 16 channels and useable from 1.5 to 11.7 T [20,22]. Direct (under)sampling approaches are useful, as no analog conversion step is needed prior to digitization, and the amount of on-coil components is usually low. However, this technique can be demanding in terms of power consumption (>1 W/channel [20,22]). Care has to be taken to remove signal ambiguities, e.g., by quadrature (I/Q) demodulation and digitization method-dependent signal filtering. Using I/Q demodulation, the number of components (e.g., amplifiers, ADCs, filters) after the quadrature mixer will be doubled, as there are two separate (I/Q) signal paths. Therefore, especially with discrete components, the form factor and power consumption of the receiver increase. Nevertheless, it can be advantageous to use baseband (I/Q) demodulation, e.g., in an integrated-circuit (IC) design [21,23], to keep the resulting data rate at a minimum, which can be lower than with IF conversion or direct (under)sampling approaches.

Data Rate

Taken together, the required data rate for wireless transmission depends on the digitization approach and ADC bit resolution for any MR receive system with a specific B 0 field strength, imaging bandwidth, and number of coil elements. Sequence parameters, such as the receive duty cycle (the ratio between acquisition and repetition time), also influence the effective data rate. Estimations of up to 2.6 Gbps, assuming two coil elements at 1.5 T with direct sampling (130 Msps, 20-bit, 50% receive duty cycle) or 64 coil elements at 7 T with baseband sampling of a high bandwidth signal (2 Msps, 20-bit I/Q, 50% receive duty cycle), reveal that these high resulting data rates are difficult to handle with current wireless technologies, as will be detailed in section "Wireless Transmission Technologies and Protocols". An evident remedy against high data rate and storage requirements is data compression, which can be realized in the analog domain by means of down-conversion before digitization as described above and/or in the digital domain, which requires dedicated signal processing units on-coil (e.g., a field-programmable gate array (FPGA) and digital frequency synthesizer [40]). Digital strategies for DR compression and coilwise demodulation can be combined to efficiently reduce the data size to one-third of the original amount [41]. Nonetheless, with digital compression directly after digitization, the number of components and, therefore, also the power needed on-coil will increase [22,42].

To give an estimate for the minimum data rate requirement, we take a modern clinical MRI setup at 3 T with 64 RF receive elements as a reference. In this case, a data rate of at least 512 Mbps would be desirable, assuming moderate signal bandwidth (500 ksps minimum sampling rate), average DR of around 90 dB (covered by 16-bit I/Q ADCs), 50% receive duty cycle, and baseband demodulation to keep the resulting data rate and component power consumption low. Our estimation is in line with other published values [43,44], only differing in terms of assumed ADC bit resolution, receive duty cycle, or number of receive elements.

Wireless Transmission Technologies and Protocols

Wireless transmission setups have been investigated for their usability in MRI, testing only the wireless link with "synthetic" MR image data without RF coil or signal conditioning components. Except early work on analog wireless MR signal transmission with carriers in the low gigahertz range (<3 GHz [45][46][47]), research was mostly oriented toward digital wireless MR signal transceivers following IEEE Wi-Fi standards. For digital wireless communication in MRI, apart from achievable data rate and power consumption, lossless spatial transmission is an important criterion. First MR data transfer tests based on the 802.11b [48] or 802.11n [49] standards revealed that long range (>10 m) comes at the cost of low achievable data rates as well as large and power-consuming antennas. These approaches are clearly impractical for wireless MRI. More recent attempts were conducted with higher carriers in the 5 GHz band (802.11ac Wi-Fi protocol), showing reliable inbore operation of client and router antennae during an MRI scan at data rates around 90 Mbps [44]. This Wi-Fi approach is interesting as small client routers, used in most portable devices nowadays, are available, providing sufficient spatial range for MRI. Efficient data throughput could be improved up to 350 Mbps, suitable for low-channel and low-bandwidth MRI. However, power consumption for only one transmitter antenna can exceed 1 W [50], which can be problematic with limited wireless on-coil power supply, as explained in section "On-Coil Power Supply". Aiming for enhanced data rate capability and reduced power consumption, subsequent work focused on even higher carriers-60 GHz "WiGig" links-included in the 802.11ad Wi-Fi protocol. At 1.5 T, without the presence of RF pulses or gradients, data rates up to 500 Mbps over 10-65 cm were achieved using a miniature transceiver that can achieve up to 2.5 Gbps with only 14 mW DC power per wireless transmitter [43]. Recently, out-of-bore experiments with shielded WiGig dongles [51] have shown transmission rates of 187-665 Mbps over 3-5.5 m distance. This Wi-Fi standard meets our estimated minimum data rate requirement for a modern clinical MRI setup and is therefore viable for wireless coil arrays. Also, the shorter spatial transmission range of one of the presented 60 GHz links [43] is sufficient for some transceiver positioning variants (see Figure 1B).

Optical wireless communication (OWC) [52,53] with visible, infrared, or ultraviolet light carriers (i.e., several 100 THz) could be an attractive alternative to Wi-Fi with distinct benefits [54]: large license-free bandwidth, small and low-power components, immunity to electromagnetic interference, and the possibility for integration into available illumination infrastructure; moreover, OWC can operate well below light intensities considered dangerous for the human eye. Data rates over 3 Gb/s in visible light communication have been shown using a single LED [55]. An MR-compatible OWC front end has been tested for 2 m analog positron emission tomography detector signal transmission [56], but the technology has not yet been exploited for MR signals. Unlike Wi-Fi, high-speed OWC mostly requires a direct line of sight between transceivers, although some systems can even communicate via diffuse light reflections [57]. Suitable components for Li-Fi (Light-Fidelity, i.e., high-speed optical wireless networking [58]) in MRI still remain to be identified and tested on-coil in future studies.

Authors' Opinion on a Wireless MR Receive Signal Chain

Wireless digital MR signal transmission appears feasible with current Wi-Fi strategies under the condition that appropriate measures for data rate reduction prior to wireless transmission are implemented on-coil, e.g., analog baseband demodulation, if possible even combined with further digital data compression methods. Wi-Fi protocol-dependent or component-related drawbacks, e.g., the trade-off between achievable data rate, spatial transmission range, and required power as well as questionable full MR compatibility, restrict the usability of today's Wi-Fi technologies. WiGig (60 GHz) seems to be a promising strategy because of high data rate capability, sufficient transmission range, and low power consumption, although full functioning of WiGig hardware on-coil during an MR scan and the effect on image quality still have to be examined. Also, the final interfacing of the chosen wireless (WiGig) transceiver to a digital RF coil still has to be demonstrated and can be challenging, as it requires the smooth interaction of various on-coil components. So far, Wi-Fi technology benefited from rapid development pushed by the portable device industry; therefore, we think that the implementation of future high-performance Wi-Fi transceivers in RF coils is an aspect to be followed up by the research community. Alternatively, OWC strategies could be investigated for wireless MR signal transmission. With OWC, the wireless transmission of uncompressed, directly digitized MR signals could be envisioned, which is advantageous with respect to miniaturized device size and low system complexity but is questionable concerning a limited on-coil power budget.

Control Signaling

Striving for full removal of coil cabling, a bidirectional wireless link is indispensable as signals must be sent not only from the coil to the MR scanner but also from the scanner control unit to the coil, mainly for triggering, synchronization, and in some cases, control of B 0 shimming.

Active Detuning

Trigger signals need to be distributed to the coil electronics, e.g., to bias PIN diodes for detuning receive coils during RF transmission. Wireless detuning triggers transmitted via a 418 MHz antenna during an MRI scan at 1.5 T have been investigated [59], involving power-efficient replacement of PIN diodes by field-effect transistors (FETs) [60]. Presumably, these trigger signals could also be applied to activate power-consuming components (preamplifiers, ADCs) only during signal reception.

Synchronization

A stable clock, phase-synchronous with the MRI, controlling oncoil electronics (such as ADC or down-conversion), is critical. Clock jitter, which decreases the effective number of ADC bits and creates image artifacts, must be limited. For synchronization of MR unit and in-bore receivers, one method is to physically transmit the MRI master clock to the receiver, which has been demonstrated with 1.6, 2.4, and 3.5 GHz carriers [34,61]. This requires additional on-coil clocking electronics (e.g., a phase-locked loop, PLL) and a wireless back channel from the MR unit to the coil. In contrast, on-coil clock generators can be used but are particularly impaired by gradient induction; therefore, free-running oscillator information has to be sent to the MR system alongside sampled data to detect and correct for frequency and phase errors as well as time offsets, i.e., to synchronize the two clocks by software. This often requires both additional hardware and software in the wireless receive system [62][63][64][65].

On-Coil B 0 Shimming

Several MRI applications benefit from localized on-coil B 0 shimming with DC currents on the RF coil elements compensating for B 0 inhomogeneities [66]. High shim currents themselves cannot be wirelessly transmitted but can be wirelessly controlled, which has been successfully demonstrated by 2.4 GHz Wi-Fi communication [67], using the RF coil itself as a wireless transponder.

Authors' Opinion on Wireless Control Signaling

Overall, less stringent requirements concerning data rate and DR apply to wireless control signals, but correct timing and reliable, simultaneous operation to other wireless paths, especially the MR signal transmission, play a crucial role. Wireless control of active detuning and on-coil B 0 shimming circuits is feasible with existing technologies and has been implemented during an MRI scan in combination with a wired or battery power supply and MR signal transmission via coaxial cables. Solutions for the synchronization of LO signals or ADC sampling clocks to the MR system clock, crucial to avoid image artifacts and signal degradation, were presented but not demonstrated with a realistic wireless MR receive chain yet because implementation in practice seems challenging. Patient movement and coil vibrations can become an issue for synchronization, but to date, physical system clock transmission via a wireless back-channel appears to be a quite robust solution for wireless MRI. The long-term stability of the external reference clock might be combined with further clock correction in post-processing. Also, a possibility for software synchronization with a free-running oscillator might be included in any case as a fallback strategy if the physical clock transmission fails.

On-Coil Power Supply

The electric power required on-coil is of major concern for wireless RF coil development. In wired coils, generally only components for preamplification and detuning (plus B 0 shimming in some applications) have to be supplied with DC power. In contrast, wireless digital MR signal transmission will add on-coil power requirements for ADCs, potential downconversion, and wireless transceivers. In this case, the power budget can easily exceed 1-2 W per channel, especially with high-speed ADCs. Power requirements scale with the number of receive channels and depend on multiplexing strategies, i.e., if one ADC and/or wireless transceiver is used for one or multiple coil element(s). For a 64-channel coil and one direct sampling ADC per channel, the power requirement could thus exceed 100 W, which is not feasible with current wireless power supply strategies in MRI as detailed below. Therefore, the first step to implement power supply for wireless coils is to reduce power consumption. Realizable low-power solutions for digitization, detuning, and wireless transceivers have been investigated in studies cited above [21,43,60] and could be further improved employing passive components whenever possible, e.g., passive mixers for downconversion. Assuming a low power consumption in the range of hundreds of milliwatts per receive channel, for arrays up to 64 channels, this still results in on-coil power requirements of tens of watts.

Batteries

The use of non-magnetic rechargeable batteries could be envisioned, although available battery power capacities are limited, and as a consequence, the need for recharging limits scan time. Li-ion batteries (e.g., 5,000 mAh, 7.2 V [21]) or, more specifically, Lithium-ion polymer batteries, e.g., used for motion sensors (250 mAh, 3.7 V, 6.5 × 18 × 25 mm 3 [68,69]), themselves are generally non-magnetic. However, care must be taken because voltage conversion circuits often include ferrite core transformers not suitable for use in MRI. Typically, an increase in power capacity means bigger battery pack size (e.g., 6,000 mAh, 3.7 V, 5.8 × 58 × 138 mm 3 [69]), and it is therefore obvious that with higher channel count, battery power supply becomes cumbersome and suboptimal for use in-bore or on-coil with limited space.

Wireless Power Transfer

Optical wireless power transfer (WPT) has been suggested for recharging medical implants (<10 mW [70]) or portable devices [71] and could be used in analogy to power-overfiber approaches previously employed in MRI [12,72]. To satisfy the power budget for an MR receiver array, it is likely that multiple free-space lasers with high optical powers in combination with efficient photodetectors would be required, possibly resulting in solutions that-depending on optical powers and wavelengths-are not eye-safe [73] and would require sophisticated alignment mechanisms.

For MRI, WPT in the RF range and energy harvesting have been investigated as attractive alternatives. The latter converts energy from electromagnetic fields present during an MR examination, namely the transmit RF field (tens of kilowatts) and gradient fields, into DC power, using inductive coupling in resonant "harvesting" loops [74][75][76][77]. Harvesting loops rely on induction at the Larmor frequency, and thus, to avoid system interferences, the size and placement of the loops cannot be chosen freely; further, variations in harvested power depending on the imaging sequence have to be taken into account, which limits the achievable power supply (tens of milliwatts). RF WPT implies the construction of a dedicated system consisting of primary (e.g., in the patient table) and secondary (close to the receive coil) loops for the sole purpose of power delivery by inductive coupling. Byron et al. [78,79] propose an MRcompatible WPT system operating at 10 MHz transferring up to 13 W over a few centimeters' distance in a 1.5 T system.

Authors' Opinion on Wireless On-Coil Power Supply

The analysis of existing approaches for wireless on-coil power supply leads us to the conclusion that this aspect is still a bottleneck, currently preventing completely wireless MRI. Limitations due to available on-coil power reappear in every subsystem, e.g., concerning the choice of digitization components, analog/digital compression steps, and wireless transceivers. To overcome this bottleneck, ideally, solutions should be found to reduce the total power consumption per wireless MR channel to around 200 mW, so that a 13 W RF WPT system would be sufficient to supply DC power for a 64-channel coil array. Further advances in wireless power development are also desirable to increase available on-coil power budget and therefore alleviate related restrictions. Batteries are currently the only solution for a simple implementation of oncoil power supply, but considering weight, size, and uncertain MR compatibility in some cases, this approach should not remain the only accessible strategy in the future. Out of the other existing strategies, we believe that RF WPT is currently the most sophisticated and promising wireless power supply solution for receive arrays including electronics, as it is capable of supplying a high amount of DC power with negligible impact on MRI performance. A drawback of RF WPT is that the developed system is not yet optimized for on-coil (secondary loop) or in-bore (primary loop) integration. Power transfer distance should ideally be increased and system size and complexity reduced to yield an easily reproducible and efficient WPT solution. Perhaps, another alternative DC power source in MRI might be a technology based on the magnetoelectric effect, using a piezoelectric material between magnetostrictive layers [80]. However, this technology has not been adapted for MRI conditions yet and will, as we believe, rather be suitable for power delivery in the milliwatt range, similar to existing harvesting techniques, as it is now employed for medical implant charging.

DISCUSSION AND CONCLUSION

In this paper, we summarized the status quo of wireless RF coil development and analyzed existing strategies for the adaptation of the three subsystems of wireless RF coils: the MR receive signal chain, control signaling, and on-coil power supply. We reviewed the benefits of current technology as well as technological challenges or limitations encountered in their development and suggest some future directives.

Over the last years, considerable progress has been made investigating wireless MR and control signal transmission. Feasible strategies exist for on-coil digitization, wireless in-bore signal transmission, cordless active detuning, synchronization to the MR system, and B 0 shim control. However, regarding the numerous requirements for a complete removal of coil cabling in high-density coil arrays, there is still a need for improvement. Solutions described in this work have limitations concerning data rate capabilities and spatial transmission distance as well as power consumption and device size. In addition, full MR compatibility is often questionable. Despite required innovations, we think that future work should focus on the first demonstration of a complete bidirectional wireless MR and control signal chain. This implies the connection of an RF coil with on-coil digitization to a suitable wireless transceiver and the inclusion of wireless active detuning and synchronization circuitry oncoil (leaving out B 0 shimming in a first step, reserved for some specific applications). An important aspect is to thoroughly test this assembly under realistic MRI scan conditions, i.e., with B 0 , RF, and gradient fields present and patient movement or coil vibrations possibly impairing component functioning, especially wireless links, and MRI performance. For a proof of concept, only a low number of RF receive elements could be targeted to circumvent high system complexity and high demands in terms of system miniaturization, required data rate, and on-coil power.

Already with low channel counts, wireless on-coil power supply seems to be the main bottleneck, currently preventing fully wireless MRI. Other than bulky rechargeable batteries, no easily accessible WPT technology exists. We believe that reduction of on-coil component power consumption will be achieved and more efficient technologies for WPT will be developed that can be more easily integrated in existing MR systems.

In conclusion, based on our investigations of the state of the art, we predict that completely wireless RF coils will be feasible in the future. Their final implementation will require the combination of already-available technologies and the investigation of alternative promising strategies. Ultimately, with innovations especially required for wireless technologies (e.g., OWC for MRI), MR-compatible components, as well as wireless power supply, efficient solutions for each of the subsystems could be assembled. The realization of wireless RF coils would lead to a significant improvement in coil usability, image quality, patient safety, and comfort.

In the future, wireless RF coils could also follow the trend of additional sensor integration, providing a multitude of complementary information during MRI, e.g., patient motion [81,82], to further improve image quality and physiological monitoring. While wireless sensor data transmission often relaxes data rate constraints, efficient power supply and reliable data transmission still have to be ensured.

5.3.2

Development of an OWC module prototype

Motivation

As discussed in Article II, the on-coil digitization and wireless transmission of high data rate signals is challenging. In order to alleviate data rate and digitization requirements for the development of a first prototype managing the optical wireless signal transmission in the MR, already digitized motion sensor signals were the target for preliminary tests. An MR compatible accelerometer for respiratory motion sensing short MARMOT as described by Chen et al. [11], was chosen to be a suitable example for a wearable sensor that could benefit from a wireless signal data transmission chain whilst providing relaxed requirements in terms of data rate Each MARMOT contains a 3-axis accelerometer, 3-axis gyroscope, and motion modelling and correction performance as with a pneumatic belt [11].

(≈ 1 
To further improve motion sensor handling, the goal is to replace the long optical fiber bundles, which can become especially cumbersome with a multitude of sensors, by an optical wireless transmission set-up. For OWC module prototype development, achieving the required data rate of 1 Mbps (or 1 MBd) for one MARMOT, a sufficient spatial transmission distance of at least ≈ 1 m and the conception of a general PCB layout were the primary goals. MR compatibility of the used components was a requirement that was considered during component selection but for the final implementation of OWC modules in the MR bore, parts of the current set-up will have to be replaced by a completely non-magnetic equivalent. Therefore, until now, preliminary tests were only conducted outside of the MR scanner.

OWC module design

The aim was to first characterize the performance of a designed OWC module consisting of an optical transmitter and receiver and surrounding Tx and Rx circuitry at a very basic level, as shown in Figure 5. Thus, in a first step, the RasPi takes over the TTL (transistor-transistor logic) signal generation, power supply and control functions which could later be replaced by the MARMOT itself, a battery and a microcontroller integrated on the OWC module. A list of main active components required to construct this OWC card can be found in the appendix of this thesis. 

Component description

In the following, a short overview and explanation of the main components used in the OWC module prototype is given.

RasPi GPIO pin interface

The transmit signal (U1TX, Figure 5 Further GPIO pins provide DC power and are used for interfacing to the DAC and ADC.

LED power adaptation

Different combinations of resistors (R1-R7, Figure 5. 

Optical transmitter and receiver

Concerning LED(s) and PDs, apart from a short rise/fall time to ensure fast switching response, the peak wavelength and spectral sensitivity has to be matched between LED and PD, i.e. they should have the same band pass characteristics. The PD ideally has a large radiant photosensitive area but usually there is a trade-off between speed and the size of the photosensitive area since the PD s capacitance increases with size.

The reason why the PD is reverse biased (-3.3 V), i.e. operated in photoconductive mode, is to increase the width of the depletion layer, therefore reduce the junction capacitance and as a consequence achieve faster response times.

During initial tests with a VLC system based on four white phosphorus LEDs as suggested in reference [229], insufficient data rates < 600 kbps (< 300 kbps using Manchester encoding) for the targeted purpose and transmission distances < 40 cm were achieved at high optical output powers that were perceived as very bright for the human eye. Also, a daylight filter was part of the PDs, matched with 870 nm to 950 nm emitters.

Short rise/fall times of the optical components (15 ns for the LED, 100 ns for the PD) let us expect to achieve high data rates. The rise time of PDs is higher than for the LEDs therefore the system s modulation frequency will be limited by the optical Rx chain. According to Eq. 3.6 and Eq. 3.8 it can be calculated that the system rise/fall time is dominated by the PD and neglecting the influence of surrounding Rx and Tx circuitry, with NRZ OOK encoding, theoretically a bit rate of ≈ 7 Mbps would be achievable. In practice, rise/fall times of amplifier and comparator will reduce the achievable switching speed.

Transimpedance amplifier (TIA)

A transimpedance amplifier consisting of a CMOS operational amplifier (op amp), a feedback resistor (Rgain, R15 = 20 kΩ in Figure 5.4) which determines the gain and a capacitor (C22) to ensure stability and low-pass filter the signal is used to convert the small PD current to a usable voltage signal. The TIA is suitable because it increases both gain and speed with the feedback resistor as compared to the use of a simple resistor for current-voltage conversion.

Rectifier

The rectifier can be used to extract the values of dark current (PD current without any incident light) or current due to ambient light (Uambiant) as well as the maximum signal voltage (Umax), in order to correctly set the reference voltage CVRef fed to the comparator. CVRef needs to be above the signal minimum Uambiant at approximately half the maximum signal amplitude Umax after the TIA. It can be calibrated depending on the ambient light conditions, LED power used and the Tx/Rx distance before data transmission, each time the set-up is modified. For preliminary tests, CVRef was manually set via the Python GUI or could be read via the ADC as described below.

Comparator

The comparator takes the value set for CVRef as an input and interprets analog voltage levels below CVRef as a binary digital output 0 and voltages above CVRef as 1 .

Therefore, the comparator filters dark or ambient current and sets the output signal to levels between 0 and 3.3 V.

The Rx signal after the TIA is inverted as the PD is reverse biased but the comparator re-inverts it again so that the received signal levels are equal to the transmitted ones. of CVRef. The ADC is not automatically used but can be employed to read Uambiant and Umax which has been implemented in the Python GUI via a Read ADC button (see Figure 5.6). As a consequence, the operator is able to determine the value that has to be set for CVRef (e.g. at Umax-Uambiant/2).

Analog-to-digital converter and digital-to-analog converter

Experimental validation

On the bench, the test set up consisted of two monitors, each one connected to a RasPi, and an oscilloscope to measure the signal amplitudes of transmitted and received bit sequences as well as CVRef. The fabricated OWC modules each connected to a RasPi are shown in Figure 5.5. Whereas for preliminary tests, a dedicated Tx and Rx board was used, the optical transmitter and receiver could be mounted on both modules to carry out bidirectional tests. The test result summary in 5.2). These tests revealed that the number of active LEDs and resulting received signal amplitude needs to be adjusted so that the average variation of the signal amplitude was still accommodated within the threshold below or above CVRef. It should be noted that when using a high number of LEDs at low transmission distances, the mean received signal amplitude was higher than the maximum value that could be set for CVRef 

Conclusion

Preliminary tests revealed that short (0. An advantage of this OWC module configuration is the operation with optical transmitters producing light in the near-IR range, which is invisible for the human eye. The transmitters can therefore be operated at high powers while not being perceived as too bright For the IR detector, ambient light in the visible range has no influence on the data link performance as a daylight blocking filter is integrated in the PD housing.

Possible improvements and directions of future work mainly concerning the adaptation of the OWC module for in bore use and the minimization of power consumption will be discussed in section 6.1. 

General set-up in the MR scanner

With a required line-of-sight between OWC modules, one option is to place one optical transceiver centered at the top of the, back end of the scanner bore. The other optical transceiver should be integrated on-coil to limit cabling between the digital coil or sensor output and the on-coil OWC module s electronics. Of course, another possibility would be the placement of one optical transceiver at the center of the bore, directly above the on-coil transceiver. However, no issues for the maintenance of a LOS are expected for this scenario, unlike with scenarios as shown in Figure 5.12 where the subject s head could move in the LOS. As can be seen in Figure 5.14, the large beam angle of 22° can compensate slight misalignments between receivers due to breathing motion or patient movement to a certain degree (± 11°). in supine position, one of the concerns could be that the breast is an obstacle in the LOS between OWC modules. As can be observed in Figure 5.15, for the simulated subject size (male, female) and an ideal placement of the OWC transceiver at the highest point of the chest, the red light beam always hits the front side of the on-coil OWC module and, thus, a LOS is provided. From what is shown in optical FOV studies in this section, for the presented standard cases of patient positioning and ideal transceiver positioning on-body, the LOS between modules is maintained for head and feet first examinations for both men and women. In reality, with suboptimal transceiver positioning, large patients or unexpected patient movements of the head or the limbs, the LOS and therefore the data transfer can be interrupted. Also, different OWC module characteristics, e.g. a more directive beam, shorter transmission distance or sensitivity to bore reflections will have an influence on the effective data transmission.

OWC module test summary

For future OWC module investigations, the aim is to either use a non-magnetic modified version of a commercially available OWC (or Li-Fi) module or a custom-built module in-bore. This section provides a list of possible tests to perform divided into 3 categories:

MR compatibility device performance patient safety where the OWC module should be used in its final implementation on-coil and could suffer from the influence of the B0, B1 and gradient fields. The following aspects concerning patient safety could already be taken into consideration during tests outside the MR scanner:

Outside of the MR scanner

1. Weight of on-coil OWC module?

2. OWC module heating during ≈ 30 min. operation (assuming that this is the average scan duration) at the maximum achievable data rate and in standby (no data Tx) mode? Fiber-optic probes could be used to measure the temperature at the OWC module surface. 

Laser class of optical transmitter? [209]

In vivo use

The list above covers a basic set of tests that would be carried out to examine robust performance, MR compatibility and safety of the device for research purposes. For future use during in vivo experiments or even the commercialization of such OWC modules, more rigorous, systematic tests would have to be conducted. The following standards concerning medical devices exist and criteria set in these directives have to be strictly followed and all applicable requirements would have to be fulfilled: In this section, a list covering different aspects for OWC tests concerning device functioning, MR compatibility, patient safety and considerations for in-vivo use is proposed. It will serve as a guideline for tests with non-magnetic OWC modules in the future.

Outlook and Conclusion

Future work

The presented work on flexible lightweight coaxial coils, the perspectives of wireless RF coils, as well as the development of an optical wireless communication module reveals several aspects that can be considered for future work. In the following, some ideas for further investigations and possible improvements are suggested.

Flexible coaxial coils

The comparison between 1T1G and MTMG coaxial coils shown only for some cases at 3 and 7 T calls for a more systematic and in-depth study of the difference between employing a coil with a self-resonance close to the target Larmor frequency versus a coil with a self-resonance that is either lower or higher than the Larmor frequency.

One possibility would be the simulation of a 1T1G coaxial coil of a certain diameter at various resonance frequencies (below and above self-resonance). Then, for each simulated frequency, a suitable MTMG configuration with a self-resonance as close as possible to the specific frequency could be found and simulated as well. This would allow for a pairwise comparison of an MTMG operated at self-resonance and an a 1T1G operated off-self-resonance.

Another approach for a comparison using a larger parameter space would be the simulation of a single-turn coaxial coil of defined size and a number of gaps ranging from 1 to 6 for example. The resonance frequency increases with the number of gaps and each coil could be simulated at its respective self-resonance frequency f0 as well as frequencies above and below f0, e.g in an interval spanned by values of fsim/f0 = [0. For this purpose, but also more generally, tuning and matching components should also be integrated in EM simulations to account for losses in the coil interface.

Array configurations with coaxial coils could be interesting as high SNR of small flexible surface coils may be exploited over an extended FOV. Studies could focus on the investigation of the parallel imaging and parallel transmission performance of such an array. Possible applications for arrays with large coaxial coil diameters at 7 T that could be constructed using multi-gap coaxial elements, are cardiac, knee or calf imaging targeting proton-only or multi-nuclear acquisitions. In preliminary tests with coaxial coil arrays, the overlap decoupling was found to be optimal for same overlap distances as measured for SCs [119]. For receive-only arrays, reversed preamplifier decoupling and the broadband resonance destruction could lead to better decoupling performance than for SCs [55]. For transceiver arrays, it has also been shown that coupling between elements is lower between CCs and that CCs are more stable to variations in the phantom load [56]. This will require a more detailed investigation depending on the number of coil turns and gaps as well as interfacing circuitry used to construct the array.

Another aspect especially important for flexible coaxial Tx/Rx arrays dedicated to in vivo imaging at 7 T is the investigation of local and global SAR using EM simulations and different bending scenarios of the coil as the superposition of E fields is influenced by the coil position.

Wireless data transmission in MR

The described OWC prototype development is the first step towards the goal of an MR compatible OWC system. In order to achieve a fully MR compatible OWC module solution, some parts will have to be exchanged by a suitable non-magnetic version.

Further, components that did not show significant attraction to a strong Neodymium magnet on the bench should in a next step be tested in MR phantom imaging.

First of all, the RasPi is not suitable for use inside the MR bore and therefore, it is necessary to move all control operations now handled by the RasPi to a microcontroller integrated on the PCB. While the PCB now holds only the optical components and surrounding circuitry, the options are either the design of an extension card or a complete redesign which could also aim for a miniaturization of the whole card. Another major aspect is power supply which is currently realized via the RasPi. It would need to be replaced by a non-magnetic rechargeable battery for example. The optical components did not show strong attraction to the Neodymium magnet except the leads of the IR LED used. Maybe, if shortened enough and mounted directly on PCB, the remaining ferromagnetic parts will be sufficiently minimized and the influence on MRI negligible. Else, the optical transmitter will have to be exchanged e.g. using a surface-mount LED or a customized option.

Improvements are possible concerning the manual adaptations necessary for setting the reference voltage and LED power. This calls for automation of the control of these parameters. This could be done by an automatic gain control circuit to adapt the received voltage amplitude depending on the distance between the transmitter and receiver or the used transmitter power. Another possibility to accommodate for transmission distance variations is software-based, i.e. programming the microcontroller in a way that it measures the dark current and maximum received amplitude before actual data transmission and automatically sets the adequate CVRef from these values. Further, future software implementations could use random bit sequences and bit error detection via checksum comparison to test the reliability of the OWC link.

In the current OWC version, power consumption is rather high as all LEDs are driven with high currents to ensure data transmission also over a large distance. Therefore, as soon as the above-mentioned primary goal of implementing a fully MR compatible module is achieved, the focus will be put on finding a module configuration with minimum power requirements to prolong battery runtime. The modifiable parameters are the number of optical transmitters and receivers used for example.

Also, the LED drive current can be reduced depending on the required optical power for reliable OWC over a certain free-space distance.

OWC module tests in a mock-up scanner and in MRI can be performed according to the test summary in section 5. A long-term perspective is the investigation on how to scale up the achievable data rate for potential use of the OWC prototype for MR data transmission. Most probably, this will require faster switching optical circuitry, for example employing VCSEL and APD technology. Furthermore, alignment mechanisms to direct the focused laser beam to a receiver or receiver array will have to be studied.

The ultimate goal for the future of MR receive coils and coil arrays would be to merge flexible technology and wireless signal transmission developments.

In the larger context of the future implementation of flexible wireless Rx coils, all different parts of the receive system need to be considered: wireless MR data transmission, wireless on-coil power supply and wireless control signals. Wireless data Tx in MRI is feasible with current Wi-Fi standards that support high data rates for high channel counts but still, the need for demodulation and data compression before wireless transmission is evident. Maybe one could even envision the use of optical wireless links in MRI supporting data rates in the Gbps range. Some promising strategies for wireless control signaling have been published and synchronization is feasible but challenging. Wireless power transfer by RF seems to be the most promising option to obtain DC power on-coil but requires a lot of additional hardware in the MR. The remaining main challenges are related to finding fully MR compatible digitization and power components, and wireless transceivers. High power requirements can quickly become a bottleneck in getting rid of the cord. According to the knowledge of the author, a completely wireless Rx chain consisting of a digital coil interfaced to a wireless transceiver, which is wirelessly powered and controlled, even for a single element, has not been demonstrated yet.

Potential applications

Various imaginable applications for flexible wireless RF coil designs exist. Pushing aside the very challenging aspect of wireless data transmission in a first step, still, multiple applications would benefit from the development of lightweight flexible wired RF coils. With the development of suitable solutions for wireless MR data transmission, sensor data transmission and power supply, these could also be integrated gradually. In the following, two potential fields of application are presented where the implementation of flexible RF coils in the form of coaxial coils could have a considerable impact on a large number of examinations in the clinic and a broad mass of patients in the future.

MR mammography

According to the World Health Organization, breast cancer is the most common carcinoma in women, impacting 2.1 million women each year and also causes the greatest number of cancer-related deaths among women [238]. The biggest risk factors are age, family history and genetic factors. Nowadays, X-ray based mammography to assess the breast tissue and potentially detect carcinoma is recommended at a rather high age (40-50 years) as it employs ionizing radiation. Also, the conventional X-ray mammography procedure is often described as painful.

Although it is not yet common practice to rely on MRI for routine breast cancer screenings, the trend points towards preferring MR mammography for several reasons:

As MR mammography doesn t rely on ionizing radiation this could lead to a paradigm shift so that also younger patients could routinely be screened for breast cancer prevention, i.e. to find breast cancer at the earliest possible stage where the chance of recovery is the best. MR-mammography has proven to be the best method for early detection of breast cancer, both in women with increased risk of breast cancer and in Currently, MR mammography is performed with a coil integrated in two rigid cupshaped molds and the patient in face-down (prone) position. Depending on the breast size, the coil loading can be suboptimal, e.g. for small breasts, which leads to SNR penalty. For large breasts, the positioning is complicated and in general, the imaging position is unconformable for the patient. This underlines the need for technological advances for improved patient comfort and image quality.

A versatile solution would be the development of a flexible lightweight coil vest that could be worn like a sports bra, with integrated flexible RF coil elements and miniaturized on-coil electronics. Using coaxial coil elements, the total weight of a coil array consisting of up to 32 channels could be kept very low (approximately 1.5 kg as discussed in section 3.2.3.1). The main benefits of the design of such a coil for MR mammography can be summarized as follows:

one size-fits-all approach: ideal form-fitting of highly sensitive flexible surface coils to the tissue of interest for a variety of breast sizes.

imaging in supine position: increase in patient comfort.

A challenge related to this MR mammography approach in supine patient position is motion management. Presumably, the influence of breathing motion on the image quality will be more prominent than with imaging in prone position. This could be addressed by real-time or retrospective motion correction, e.g. using wireless motion sensors on-coil in the future.

Knee imaging

A second possible application is knee imaging. Knee injuries can involve different parts of the joint, i.e. the tendons, ligaments, cartilage, bones, and muscles which can be efficiently resolved in MRI, especially at UHF. This application has already been targeted in some publications demonstrating the use of flexible transceiver 

General conclusion

In conclusion, this thesis work presents the development and implementation of flexible RF coils based on coaxial transmission line resonator technology for 3 T MRI in receive-only and 7 T MRI in transmit/receive mode. The design concept relies on the extension to multiple coaxial cable turns and/or gaps enabling the construction of form-fitting coils of optimal size for a target penetration depth depending on the anatomical application. The flexible design yields optimal coil sensitivity and transmit efficiency when conformed to a bent shape and can be exploited in array configuration in the future.

This work also includes a comprehensive review of the perspectives in wireless radio frequency coil development for MRI and gives an outlook on the future implementation of a custom-built optical wireless communication system in the MR environment. 

List of Figures

List of Tables

RésuméL

  'imagerie par résonance magnétique (IRM) est devenue une modalité d'imagerie médicale non invasive largement accessible dans les diagnostics cliniques et fait l'objet de recherches dynamiques dans divers domaines médicaux et technologiques. D'un point de vue technologique, la poursuite de l'objectif d'amélioration de la valeur diagnostique, d'acquisitions plus courtes et de réduction de la complexité de la prise en charge des patients, ainsi que l'amélioration de la qualité de l'image, donnent la tendance à une intensité de champ magnétique statique (B0) plus élevée et à des conceptions créatives d antennes radiofréquences (RF). Par conséquent, du matériel et des dispositifs électroniques RF optimisés pour l in men a i n able en IRM sont en train d'émerger. La portabilité implique des instruments d IRM légers, flexibles et sans fil qui améliorent le confort des patients, la sécurité et la facilité d'utilisation. L'adaptabilité à différentes formes et tailles corporelles permet d'obtenir une sensibilité significativement plus élevée. Dans ce contexte, nous avons travaillé à l étude et au développement d antennes flexibles basées sur le principe des lignes de transmission à fentes auto-résonantes et fabriquées à partir de câbles coaxiaux commerciaux non magnétiques. La combinaison d antennes à câbles coaxiaux avec le principe des résonateurs multi-tours multi-fentes augmente les degrés de liberté dans la conception des antennes et permet d'optimiser leurs tailles selon l application visée. Ce nouveau type d antennes a été étudié in silico par des calculs analytiques et des simulations électromagnétiques 3D. De nombreux prototypes ont été construits et leurs performances ont été testés à la fois sur banc et sur des fantômes en IRM à 3 et 7 T. Il a pu être démontré que les antennes coaxiales sont résistantes à la flexion, ont un taux d'absorption spécifique local (TAS) similaire aux antennes en cuivre rigides standards et permettent d améliorer le rapport signal sur bruit (RSB) et l efficacité de transmission lorsqu'elles sont adaptées à la forme de l'échantillon. Le deuxième aspect principal de ce travail concerne le développement d antennes RF sans fil. Nous avons réalisé une revue complète de l'état de l'art et avons fourni un aperçu des récents développements instrumentaux des systèmes de transmission du signal en IRM ainsi qu une analyse des stratégies de transmission sans fil des données IRM, de l alimentation électrique et des signaux de commandes. Nous avons démontré expérimentalement, qu'un module de communication optique sans fil visant à transmettre les données des capteurs de mouvement, permettait d atteindre 2 Mbps sur une distance de 1.5 m en utilisant des composants optiques disponibles dans le commerce. x L étude approfondie du concept d antennes coaxiales et leurs mises en uvre effective réalisées dans ce travail ont montré qu elles constituaient une alternative polyvalente et robuste aux antennes standards rigides et combinaient la haute sensibilité des antennes de surface flexibles avec la possibilité de choisir de manière optimale la taille de l antenne pour un large éventail d'applications. Grâce à leur faible poids et à leur flexibilité, et en combinaison avec des capteurs de mouvement sans fil, les antennes coaxiales pourraient constituer un élément de base idéal pour les réseaux d antennes portables avec une valeur diagnostique accrue en IRM du sein, du genou ou du c ur xi Acronyms and abbreviations

Chapitre 1 :

 1 Introduction générale et motivation L'imagerie par résonance magnétique (IRM) est une technique d'imagerie médicale en constante évolution utilisée dans un large éventail d'applications et qui a gagné en accessibilité au cours des dernières décennies. L'IRM est couramment utilisée à des fins de diagnostic en routine clinique et dans le domaine de la recherche pour les études précliniques sur l'homme et l'animal. Les principaux avantages de l'IRM par rapport à d'autres modalités d'imagerie sont sa non-invasivité, sa sécurité relative car aucun rayonnement ionisant n'est utilisé, son contraste exceptionnel des tissus mous et la polyvalence de la technique qui offre des informations structurelles, fonctionnelles (IRMf) et métaboliques (spectroscopie RM). L'imagerie du corps entier est possible avec les scanners RM cliniques standards à des résolutions de l'ordre du millimètre, tandis que les installations avancées permettent l'imagerie de petites structures avec des résolutions pouvant atteindre la dizaine de m Le phénomène de résonance magnétique nucléaire (RMN) est exploité pour créer un signal provenant de moments magnétiques nucléaires excités ("spins") dans un tissu biologique placé dans un fort champ magnétique statique B0. L'instrument utilisé pour l'excitation des spins et la réception du signal réémis par ces mêmes spins est une structure résonnante, appelée antenne radiofréquence (RF). La fréquence de résonance de l antenne RF est déterminée par l intensité du champ B0 et le rapport gyromagnétique du noyau imagé, classiquement 1 H. Des gradients de champ magnétique supplémentaires sont utilisés pour coder l origine spatiale du signal La qualité des images en IRM dépend du rapport signal sur bruit (RSB) accessible. Par conséquent plusieurs stratégies de développement liées à l instrumentation, visant à améliorer le RSB, ont été poursuivies :

  considérablement les temps d'examen et, plus récemment, l'excitation RF plus homogène qui est particulièrement nécessaire à ultra haut champ. En outre, le développement d antennes RF adaptées à la forme de la zone observée et flexibles voire extensibles, a été particulièrement étudié. Ceci est motivé par un gain en signal et un confort accru pour le patient grâce à la conception d antennes légères bien ajustées aux différentes anatomies. Une tendance à la construction d'instruments RF entièrement portables s est dessinée au sein de la communauté scientifique ces dernières années. Un instrument RF portable se caractérise non seulement par sa flexibilité et la légèreté de ses matériaux, mais aussi par la suppression du câblage.Résumé de thèse xviii Cela implique une transmission sans fil des données RMN de l alimentation électrique et des signaux de contrôle. L'intégration de capteurs supplémentaires ou de composants directement sur l antenne RF pendant l expérience d IRM par exemple pour la correction du mouvement ou le calage localisé, a gagné en intérêt car ils peuvent améliorer la qualité de l'image et la robustesse de l'acquisition. L'utilisation d'une électronique faible bruit et miniaturisée est un autre aspect de l amélioration de la qualité des images d IRM Ce travail vise à proposer des concepts et des démonstrations expérimentales pour le développement d une instrumentation portable pour l IRM Le premier objectif est le développement, la fabrication et la validation expérimentale d antennes RF légères et flexibles pour un fonctionnement en réception uniquement à T et en émission réception à T Un nouveau concept d antenne basé sur des résonateurs à ligne de transmission à plusieurs tours et plusieurs fentes fabriqués avec des câbles coaxiaux est introduit Cette conception d antenne permet un ajustement idéal de la forme de l antenne et une plus grande liberté dans le choix de la taille de l antenne Cela élargit les possibilités de conception de l antenne et permet d optimiser le RSB et la profondeur de pénétration au regard de l'application anatomique visée La conception d antenne coaxiale proposée constitue une alternative fiable par rapport aux antennes rigides standards en fil de cuivre. Elle est particulièrement adaptée aux applications où les variabilités de la taille anatomique entre les patients sont importantes. La rareté de la littérature disponible sur le sujet de la communication sans fil en IRM a été la motivation initiale pour le second objectif central de ce travail : une évaluation complète du statu quo dans le développement des antennes RF sans fil et l'analyse des développements liés à la transmission de données, à l'alimentation électrique et à la transmission des signaux de contr le sans fil Cela permet d évaluer la faisabilité des antennes RF sans fil à l'avenir. L'accent a été plus particulièrement mis sur l'exploration de la communication optique sans fil pour une utilisation en IRM. La mise en uvre pour la transmission de données de capteurs de mouvement a fait l'objet d'essais préliminaires avec un module personnalisé, ce qui constitue une première étape vers la future transmission optique sans fil des signaux RMN. Concepts for Wearable Technology in MR xix Cette thèse de doctorat a été réalisée dans le cadre d'un projet entre le Laboratoire d'imagerie biomédicale multimodale (BioMaps) de l'Université Paris-Saclay (Orsay, France) et le High Field MR Center du Center for Medical Physics and Biomedical Engineering de l'Université médicale de Vienne (Vienne, Autriche).

  Ils résonnent sans utiliser de condensateurs discrets grâce à une capacité distribuée dans un substrat diélectrique séparant deux conducteurs inductifs. Les conducteurs sont coupés par des fentes à des positions diamétralement opposées. L'autorésonance est déterminée par la géométrie de l antenne et les propriétés du matériau Bien que ce travail concerne les TLR à câbles coaxiaux (antennes coaxiales), d'autres variantes, par exemple les TLR à conducteurs parallèles, existent. Les réseaux d antennes de surface permettent de combiner des caractéristiques idéales : un champ de vue étendu et une grande sensibilité grâce à l'utilisation de petits éléments d antennes De plus les réseaux d antennes peuvent être utilisés pour l'imagerie parallèle ce qui permet l'acquisition accélérée d'images. Aussi, la transmission parallèle permet des temps d'examen encore plus courts, une excitation sélective et une homogénéisation du champ RF d excitation Néanmoins le couplage mutuel entre plusieurs antennes à proximité immédiate entraîne une dégradation des performances des antennes. Deux méthodes de découplage courantes sont le découplage par chevauchement et le découplage par préamplificateur. Outre les considérations de conception de l antenne RF mentionnées ci-dessus, d autres composants sont indispensables au bon fonctionnement de la chaîne d'excitation et de détection du signal MR lorsque l on relie l antenne à l électronique du scanner IRM Il est nécessaire d accorder et d adapter chaque antenne de préamplifier le signal détecté d assurer la commutation émission réception et de supprimer le mode commun dans les câbles.Résumé de thèse xxii Sur banc de mesure la performance d une antenne peut être caractérisée en utilisant un analyseur de réseau vectoriel pour mesurer la fréquence de résonance et le facteur de qualité à vide et en charge. Pour valider le fonctionnement de l antenne dans l IRM des images peuvent être acquises avec des séquences d écho de gradient pour déterminer le RSB De plus des cartes d angle de basculement peuvent être mesurés en IRM et permettent le calcul de l efficacité de transmission Les logiciels de simulations électromagnétiques 3D des antennes RF sont un outil efficace pour calculer la distribution de champ électromagnétique en résolvant les équations de Maxwell pour un espace de simulation discrétisé. Les deux méthodes de simulation très répandues pour la simulation d antennes RF sont la méthode finite difference time domain (FDTD) et la méthode des éléments finis (FEM). Cette dernière est utilisée pour les simulations d antennes coaxiales car le maillage tétraédrique utilisé permet de résoudre efficacement les petites structures des antennes coaxiales (même celles inférieures à un millimètre) et les simulations dans le domaine fréquentiel permettent des temps de simulation plus courts. Il est particulièrement intéressant de simuler l antenne en présence d un échantillon pour obtenir des informations sur la distribution des champs E et B à l'intérieur du tissu. De plus, la densité de courant ainsi que la matrice des paramètres S de l antenne peuvent être extraits des simulations électromagnétiques. Cela permet de calculer le taux d absorption spécifique (TAS) maximal local (proportionnel à E 2 l efficacité de transmission, le courant de surface et d'étudier différentes géométries en fonction de l'application visée.Chapitre 3 : In men a ion po able po l IRM Dans ce chapitre nous exposons la motivation pour le développement d une instrumentation portable pour l IRM Les objectifs et les défis actuels associés au développement d une instrumentation portable pour l IRM sont liés à la flexibilité, la réduction ou la suppression du câblage et la facilité d'utilisation in vivo. Ces sujets sont abordés dans ce chapitre, avec des références à l'état de l'art qui établiront le lien contextuel entre les deux chapitres suivants (4 & 5). La motivation pour le développement de solutions portables pour les appareils utilisés en IRM est principalement basée sur les arguments suivants : la facilité d'utilisation pour l'opérateur de l'appareil et la commodité pour le patient, c'est-à-dire un confort amélioré grâce à l'ergonomie, la légèreté, la flexibilité et la miniaturisation des composants ; l'accessibilité : le positionnement et la manipulation des antennes ne sont plus réservés à l'opérateur du scanner IRM, le patient peut mettre une antenne RF portable ; l'efficacité : le flux de travail et, par conséquent, le débit des patients peuvent être améliorés ; la sensibilité : pour les antennes RF, l'adaptation à la taille et à la forme du sujet et à l'anatomie spécifique signifie un couplage magnétique plus élevé et, par conséquent une plus grande sensibilité de l antenne adaptabilité L adaptabilité joue un r le important avec des tailles de sujet ou d anatomie différentes comme mentionné ci-dessus. En outre, l'appareil peut être adapté pour accueillir des capteurs sans fil supplémentaires (par exemple sur une antenne RF) sans ajouter de câbles, de sorte que davantage d'informations sur les paramètres physiologiques et le mouvement peuvent être collectées en parallèle à l'IRM. sécurité : la réduction du poids et la suppression du câblage coaxial permet de réduire les risques, à la fois physiques et électriques. Les différentes approches de conception d antennes RF peuvent être systématiquement classées en fonction de leur degré d'adaptabilité au contour du Résumé de thèse xxiv corps et au processus de fabrication, allant des antennes RF complètement rigides mais adaptées à l anatomie aux antennes RF flexibles et extensibles Différentes alternatives à la transmission de signaux RMN par câble coaxial existent. En général, le signal RMN peut être codé dans le domaine numérique ou analogique et transmis à l'aide de techniques de transmission par fibre optique ou sans fil. Comparé aux signaux analogiques, les signaux numériques sont transmis sans fil de manière plus fiable sur de longues distances et éliminent les problèmes de plage dynamique ou de stabilité du signal. Cependant, les exigences en matière de largeur de bande pour les signaux RMN, en particulier si l'on considère les données RMN issues de réseau d antennes directement numérisées atteignent les limites de la technologie Wi-Fi actuelle. La communication optique sans fil est une nouvelle alternative au Wi-Fi qui utilise la lumière dans la gamme des infrarouges (IR), du visible ou des ultraviolets (UV) comme support d'information. Avec des solutions technologiques sophistiquées, les liaisons optiques sans fil sont capables de transmettre des données à un débit de plusieurs Gbps. Un résumé et une discussion des différentes approches proposées pour la transmission sans fil de différents signaux en IRM sont donnés dans l Article II. La communication optique numérique sans fil sera détaillée dans le chapitre 3 car cette approche de communication a été utilisée dans le développement d'un module dédié à la transmission optique sans fil de données de capteurs de mouvement. Outre les aspects technologiques mentionnés ci-dessus, d'autres aspects importants pour l'utilisation d'un appareil portable en IRM in vivo, concernant la sécurité du patient, le confort ou la certification des antennes sont également discutés. Deux aspects principaux ont été identifiés comme faisant partie des avancées technologiques indispensables à l émergence de l instrumentation portable pour l IRM Le développement d antennes RF légères et flexibles et de réseaux de d antennes Les stratégies de transmission de signaux et d'énergie sans fil dans l'environnement RM.Les chapitres suivants se concentrent chacun sur l'étude d'un des aspects mentionnés ci-dessus.

Chapitre 4 :

 4 Dé eloppemen d an enne radiofréquences légères et flexibles Ce chapitre décrit le « Développement d'antennes RF coaxiales multi-tours et multifentes (MTMF) flexibles : conception et validation expérimentale pour l'imagerie par résonance magnétique à 3 et 7 Tesla » [9] (Article I). De même, il comprend une série d études supplémentaires résultant de calculs analytiques, de simulations électromagnétiques et de tests sur banc expérimental et en IRM avec des antennes coaxiales flexibles. L utilisation de câbles coaxiaux pour la fabrication d antennes radiofréquences autorésonantes basées sur le principe des TLR permet de réaliser des antennes flexibles et légères, particulièrement intéressantes pour développer des réseaux à haute densité de parallélisme. Toutefois, le concept proposé pour des structures à un seul tour et une seule fente sur les conducteurs du câble coaxial limite les possibilités en termes de taille d antenne Dans ce cas la taille de l antenne ne peut pas être optimisée pour une application clinique donnée car les diamètres possibles sont limités par la fréquence de résonance visée (f0 d une part et par les propriétés du câble coaxial utilisé, i.e. diamètre extérieur (d1), permittivité (εr), impédance (Z0 d autre part Dans le but d augmenter les degrés de liberté pour la conception et l optimisation de la géométrie des antennes, nous avons élargi le concept initial en le combinant avec le principe des résonateurs MTMF.

  présente le principe de fonctionnement des antennes coaxiales MTMF étudiées dans ce travail. Dans la Figure 1a des exemples de positionnement de fentes avec 1-3 tours et 1-3 fentes sont exposés. La Figure 1b présente les paramètres du câble coaxial alors que le circuit équivalent pour un nombre arbitraire de tours est representé sur la Figure 1c. Les paramètres des antennes coaxiales sont listés dans ce qui suit : ng, nt ... nombre de fentes et de tours, d0 diamètre de l antenne l ... longueur Résumé de thèse xxvi d'un embout coaxial, d1 ... diamètre extérieur du conducteur du câble coaxial, d2 ... diamètre du conducteur intérieur, εr ... permittivité relative, Z0 ... impédance caractéristique du câble Xshield ... réactance inductive de la surface extérieure du blindage coaxial, XTL ... réactance d'un stub coaxial (capacitif à la résonance), R ... résistance pertes ohmiques de l antenne Le port de l antenne est toujours situé à une fente du conducteur intérieur et est représenté comme une source de tension en a À l aide du schéma électrique équivalent (c) nous avons établi la condition de résonance des antennes MTMF en fonction de leurs caractéristiques (équations 1-3).

Figure 1 :

 1 Figure 1 : Principe des antennes coaxiales MTMF et schéma électrique équivalent 𝑋 shield 𝜔 = 𝑛 t 2 𝜔𝜇 0 𝑑 0 2 ln 8𝑑 0 𝑑 1 -2

Figure 2 :

 2 Figure 2 : Relation entre B0 et d0 ; résultats calculés montrant la gamme des diamètres d'antenne réalisable avec des antennes coaxiales MTMF comparé à des antennes 1T1F Fab ica i d a e e Plusieurs configurations d antennes coaxiales ont ensuite été fabriquées ainsi que des antennes standards en cuivre de même taille pour comparaison. Les quatre diamètres d antenne suivants d0), avec leurs applications biomédicales respectives possibles, ont été choisis : 4 cm (peau, main, poignet), 7 cm (coude, cheville, sein, tête), 10 cm (sein, tête, genou) et cm c ur abdomen

Figure 4 :Figure 5 :

 45 Figure 4 : Résultats de simulation de la densité de courant de surface 𝐾 = 𝑑𝐼/𝑑𝑙 et du courant de surface |𝐼| pour deux exemples représentatifs d'antennes coaxiales : (a) 1T1F et (b) MTMF.

Figure 8 : 1 +Chapitre 5 :

 815 Figure 8 : (a) Cartes d'efficacité de transmission (𝐵 1 + / P) et (b) de RSB pour les antennes standards et coaxiales utilisées à 7 T.

Figure 9 :

 9 Figure 9 : Schéma fonctionnel d'une chaîne de réception IRM sans fil comprenant trois sous-systèmes principaux : signaux RMN de réception (bleu), signaux de contrôle (vert), et alimentation électrique (orange) sans fil. (B) Vue latérale des variantes de positionnement de l'émetteur-récepteur sans fil, y compris des estimations de la distance et de l'angle de transmission. Figure publiée dans l'Article II, [10].

  possibilité théorique d'utiliser une approche de communication optique sans fil pour le transfert de données à haut débit dans les réseaux de récepteurs RF sans fil à l'avenir a été examinée dans l'Article II. Des études supplémentaires étaient menées afin d'explorer le développement d'un module OWC Afin d alléger les exigences en termes de débit de données MBd) pour le développement du prototype de communication optique sans fil, un accéléromètre compatible IRM pour la détection des mouvements respiratoires, ou "MARMOT"[11], a été choisi comme exemple de capteur portable qui pourrait bénéficier d'une chaîne de transmission de données sans fil. L'objectif était d'abord de caractériser les performances d'un module composé d'un émetteur et d'un récepteur optiques et de circuits électroniques Tx et Rx environnants comme le montre la Figure 10.

Figure 10 :

 10 Figure 10 : Vue d'ensemble des modules de transmission optique sans fil Comme la communication bidirectionnelle (semi-duplex) est ciblée pour les capteurs de mouvement, chaque module devrait être équipé de composants Rx et Tx, c'est-àdire de photodiode et de DEL, dans la version finale. Pour les premiers essais, au lieu d'interfacer directement les modules à une sortie MARMOT, un Raspberry Pi (ordinateur mono-carte) a été connecté à chaque module OWC via ses broches d'entrée/sortie polyvalentes (GPIO). Les cartes Tx et Rx fabriquées sur lesquelles ont été conduits les tests sont présentées en Figure 11.

Figure 11 :

 11 Figure 11 : Carte émettrice (à gauche) et réceptrice (à droite). Les DEL entourées d'une lentille sphérique sur la carte Rx ne sont pas utilisées et pourraient être remplacées par des DEL IR comme sur la carte Tx pour des tests bidirectionnels. Les tests préliminaires ont révélé que les modules prototypes conçus permettent de réaliser la communication optique sans fil à courte (0.3 m) et à longue (1.5 m) portée. Le débit de données maximum réalisable pour une transmission fiable est de 2 MBd. La Figure montre l exemple d une transmission réussie du message Hello world » à 2 MBd avec une distance de 1.5 m entre les deux modules, avec deux DEL actives et une puissance totale des DEL de 2.28 W Dans la capture d écran de l oscilloscope les traces jaunes correspondent au signal émis par les DEL, les traces vertes au signal reçu par les photodiodes après amplification, et les traces roses au signal reçu après

Figure 12 :Chapitre 6 :

 126 Figure 12 : Capture d'écran de l'oscilloscope, montrant la transmission d'une série de bits à un débit de 2 MBd et les paramètres mentionnés dans le tableau en dessus de la figure. Cette performance à 2 MBd permettrait même la transmission optique sans fil des signaux multiplexés de deux MARMOTs. Les distances de transmission possibles permettraient de s'adapter à différents scénarios de positionnement des modules dans l IRM comme illustré dans la Figure Un avantage de cette configuration de module optique est le fonctionnement avec des émetteurs produisant de la lumière dans la gamme proche infrarouge qui n est pas visible pour l il humain et peut donc avoir des puissances élevées sans être perçue comme "trop lumineuse". Néanmoins, une solution avec des composants dans le domaine visible pourrait également être intéressante car elle pourrait être utilisée en même temps à des fins d'éclairage. Pour le détecteur IR, la lumière ambiante dans le domaine visible n'a aucune influence sur les performances de la transmission de données, car un filtre bloquant la lumière du jour est intégré dans le boîtier de la photodiode. Les améliorations possibles et les orientations des travaux futurs concernant principalement l'adaptation du module OWC pour une utilisation en IRM seront examinées dans le chapitre 6.

  with close-fitting lightweight coil design and the adaptability to different anatomies. A trend towards construction of fully wearable MR devices has been noticeable within the research community in recent years. A wearable MR device is not only characterized by flexibility and lightweight material but also by the removal of cabling. This implies wireless MR data transmission, wireless power supply, and transmission of control signals in the MR environment. The integration of additional sensors or on-coil components during the MRI process, e.g. for motion correction or localized shimming, have gained interest as they can improve image quality and robustness of the acquisition. The use of low-noise and miniaturized electronics are further aspects in the improvement of MR data quality. This work aims at proposing concepts and proofs-of-concept for the development of wearable technology in MR. The first goal was the development, fabrication, and experimental validation of flexible lightweight RF coils for Rx-only operation at 3 T and Tx/Rx operation at 7 T.A novel coil concept based on auto-resonant multi-turn multi-gap coaxial transmission line resonators is introduced. This coil design enables ideal form-fitting and the choice of arbitrary coil sizes which results in an expansion of possible coaxial coil design parameters and optimal SNR and penetration depth depending on the target anatomical application. The proposed coaxial coil (CC) design presents a reliable alternative compared to rigid standard copper wire coils (SCs). It is especially suitable for applications where inter-patient variability of anatomy size is large and a conformal one-size-fits-all coil yields optimum SNR for the majority of patients.The sparse available literature reviewing the topic of wireless communication in MR was the initial motivation for the second central goal of this work: a comprehensive evaluation of the status quo in wireless RF coil development and analysis of developments related to wireless data transmission, wireless power supply, and wireless control signaling. This provides an outlook on the feasibility of wireless RF coils in the future. The focus is further put on the exploration of optical wireless communication (OWC) for use in MR. The implementation for motion sensor data transmission is the aim of preliminary tests with a custom-built OWC module which is a first step towards future OWC signal transmission in the MR.

d

  imagerie biomédicale multimodale (BioMaps) at the Université Paris-Saclay (Orsay, France) and the High Field MR Center at the Center for Medical Physics and Biomedical Engineering at the Medical University of Vienna (Vienna, Austria).

4 and 5

 5 and explain why two main aspects have to be considered for the development of wearable MR technology: flexible radio frequency coils (Study I) and the wireless data transmission in MR (Study II). Chapter 4 briefly introduces the specific thematic of flexible RF coils and includes the integrality of an article on Flexible multi-turn multi-gap coaxial RF coils: design concept and implementation for Magnetic Resonance Imaging at and Tesla , published in IEEE Transactions on Medical Imaging [9]. The following sub-section is dedicated to various supplementary studies regarding flexible coaxial radio frequency coils and is concerned with the design concept validation and additional experimental studies and simulations. In chapter 5, the wireless RF coil thematic is shortly introduced, followed by the published Frontiers in Physics article Perspectives in Wireless Radio Frequency Coil Development for Magnetic Resonance Imaging [10] which comprises a summary and analysis of the status quo of wireless RF coils, suggesting the option of optical wireless RF coils for the future The supplementary studies section focuses on the description of the development of a custom-built OWC module for optical wireless data transmission of motion sensor signals. Furthermore, an optical field-of-view (FOV) simulation study and an OWC test summary are presented.

Figure 1 . 1 ,

 11 listing the chapters and main contents depending on their specificity and chronological appearance in the manuscript. Dark purple boxes indicate studies (Study I/II) that led to article publication in scientific journals.

Figure 1 . 1 :

 11 Figure 1.1: Thesis structure overview. The chart shows a "chronology" axis, spanning over all 6 thesis chapters.Chapter content is then classified along the "specificity" axis, ranging from general to the most detailed explanations and studies.

Figure 2 . 1 :

 21 Figure 2.1: Illustration of the Zeeman splitting effect and corresponding potential energy of the spins aligned parallel or antiparallel to the B0 field.

2. 10 .

 10 In other words, by emission or absorption of photons with energy ℏ • 𝜔 = ℎ • 𝑓 (with 𝜔 = 2π𝑓 and ℏ = ℎ 2π

Figure 2 . 2 :

 22 Figure 2.2: (a) Equilibrium magnetization M0 in the laboratory frame, spins precess around the z-direction (which is also the B0 direction), (b) illustration of tilted magnetization towards the transverse plane in the rotating frame during B1 transmission.

Figure 2 .

 2 Figure 2.3 illustrates the processes of longitudinal (a) and transversal (b) relaxation.

Figure 2 . 3 :

 23 Figure 2.3: Time variation of the (a) longitudinal and (b) transversal magnetization component during spin relaxation.

Figure 2 . 5 :

 25 Figure 2.5: Slice selection and spatial encoding in MRI

Figure 2 .

 2 Figure 2.6: k-space and image domain, adapted from[17] 

Figure 2 . 7 :

 27 Figure 2.7: Spin echo sequence diagram, adapted from[18] 

Figure 2 . 8 :

 28 Figure 2.8: Gradient echo formation, adapted from[18] 
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 211 Figure 2.11: Basic representation of an RF coil forming either a series (a) or parallel RLC circuit (b)

60 Figure 2 . 12 :

 60212 Figure 2.12: Impedance plots (magnitude, real and imaginary part) for a series (a) and parallel RLC (b)
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 2125 Signal and noise), one way to achieve a reduction of sample losses stemming from dielectric losses (capacitive coupling to the sample) is the use of distributed capacitors along the coil conductor.

Figure 2 .

 2 13 shows the comparison of a non-segmented coil loop with an inhomogeneous current distribution (a) and a capacitively segmented loop with a homogeneous current distribution (b).

Figure 2 . 13 :

 213 Figure 2.13: Current distribution in a non-segmented (a) and capacitively segmented (b) loop coil

Figure 2 .

 2 Figure 2.14: Unbalanced (a) and balanced (b) capacitive matching

Figure 2 . 15 :

 215 Figure 2.15: Volume coils (birdcage and solenoid) and surface coil

Figure 2 . 16 .

 216 Figure 2.16. The addition of a PIN diode-controlled AD trap circuit, consisting of the inductor LAD, the capacitor CAD and the PIN diode tuned to resonate at the Larmor frequency (by CAD and LAD) is effective in suppressing coupling and detuning the Rx coil during RF Tx. Actively controlled by the MR system and timed according to the sequence, the PIN diode is forward biased (12 V at 100 mA for Siemens systems)
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 216 Figure 2.16: Receive-only standard loop coil

Figure 2 . 17 :

 217 Figure2.17: Parallel plate and coaxial transmission line resonators. The coil port is indicated for coaxial TLRs as this structure will be explained more in detail, using an equivalent circuit scheme, in the next figure(Figure 2.18) 

Figure 2 . 18 :

 218 Figure 2.18: Schematic representation of a 1-gap, 2-gap and 3-gap coaxial TLR with corresponding equivalent circuit diagram

They are sketched in Figure 2 .

 2 19 and were introduced (amongst other aspects) in a fundamental paper by Roemer et al. on the NMR phased array [4].

Figure 2 . 19 :Figure 2 .

 2192 Figure 2.19: Decoupling techniques for coil arrays: overlap and preamplifier decoupling

Figure 2 . 20 .

 220 It consists of PIN diodes which are activated by an external DC control unit. A /4 transmission line terminated in a short has high input impedance (open) and therefore directs the transmitter power to the RF coil. If desired, the /4 isolating elements can be multiplied to improve the receiver protection. As the timing between Tx and Rx state is controlled via the DC supply, RF choke and DC blocking capacitors are required to separate AC from DC paths. During reception, the diodes are reverse biased (open), therefore directing the received MR signal to the Rx chain of the scanner.

Figure 2 . 20 :

 220 Figure 2.20: Basic schematic of a T/R switch, adapted from[34] 

(

  shield) is prone to common mode current induction due to the RF transmit field which can lead to local heating. Common mode currents can also lead to undesired crosstalk between cables and image artifacts. These facts motivate the development of wireless RF coils, which will be partly discussed in chapter 3 and emphasized in chapter 5, especially in Article II.If an RF coil, an electrically balanced circuit, is connected to a coaxial cable which is an unbalanced line, a balanced to unbalanced transformer, i.e. a balun is needed to ensure that no currents are flowing on the outer shield of the coaxial cable. One possibility to efficiently protect the circuit against common modes is a trap balun shown in Figure2.21. It is designed to suppress currents on the outer conductor of the cable by a high impedance which is produced by forming a loop with the coaxial cable and by tuning the corresponding inductance to the Larmor frequency with a capacitor CT. A more versatile solution is the floating cable trap[61] schematically shown in Figure2.21. It is not connected or soldered to the cable and can be designed to fit over a strand of cables. The floating trap is a transmission line formed of two concentric cylinders covered with conductive foil, separated by a low loss dielectric and tuned by capacitors soldered at one end between the inner and outer cylinder surface. The coaxial cable that carries the common mode current acts as the central conductor of a transmission line formed with the inner cylinder of the floating trap.

Figure 2 . 21 :

 221 Figure 2.21: Trap balun and floating cable trap for common mode current suppression

  time: SAR limits should not exceed two times the stated value.

Figure 2 . 23 :

 223 Figure 2.23: Comparison between FDTD and FEM mesh and example of multi-turn CC port modelling in CST

  7 T.Zhang et al.[START_REF] Zhang | A semiflexible 64-channel receive-only phased array for pediatric body MRI at 3T[END_REF] published their work on a semi-flexible 32-channel anterior coil with three hinge axes and a rigid 32-channel posterior coil (64-channels in total) Rx-only coil array which has shown to facilitate pediatric body MRI at 3T. Hancu et al. [100] demonstrate the advantages of using a semi-flexible 31-channel breast array with two flexible flaps holding coil elements and electronics (the whole integrated in a rigid former) over the use of a completely rigid 16-channel coil at 3 T in prone patient position. Corea et al. [101] transferred conductive ink onto a transparent flexible polyethylene terephthalate film by a screen-printing process. Using dielectric ink, or the substrate as dielectric, also capacitors are printed in this design and the usability was demonstrated for cervical spine and knee imaging at 3 T. Furthermore, a 12-channel screen-printed coil array designed for pediatric applications has been shown to yield similar performance to a commercial 32-channel cardiac array and to improve acceptance of parents and caretakers as well as comfort for patients [102,103]. Frass-Kriegl et al. [104] used combined rigid/flexible PCBs in a versatile 23-channel Rx-only coil array dedicated to high resolution imaging of various body parts (e.g. the ankle, elbow, occipital cortex or shoulder) at 3 T.

  fabrication process: trade-off between conductivity and flexibility or stretchability; mechanical robustness: has to be ensured for usage in clinical routine and stable coil performance; influence of bending and stretching: geometrical changes of the coil itself or the arrangement in an array result in resonance frequency shifts and coil impedance changes which can degrade device performance in terms of impedance matching, preamplifier decoupling, and overlap decoupling; weight and bulkiness: miniaturization of integrated electronics and removal of lumped components is required; safety issues: heating and electrical contact to the patient has to be avoided; performance reliability: anatomy or body position must not influence the coil performance in daily clinical use.

Figure 3 . 1 :

 31 Figure 3.1: Schematic representation of analog optical fiber or optical wireless transmission strategies: (a) direct modulation or (b) external modulation. Additional filtering and amplification stages that might be necessary for signal conditioning are not shown. T+M...tune & match, AD...active detuning, E/O…electro-optical, MZM…Mach-Zehnder modulator (E/O converter), OWC...optical wireless communication.

Figure 3 . 2 :

 32 Figure 3.2: Schematic representation of digital optical fiber or optical wireless transmission strategies: (a) direct digitization or (b) analog down-conversion. Additional filtering and amplification stages that might be necessary for signal conditioning are not shown. T+M...tune & match, AD...active detuning, LO… local oscillator, E/O…electrooptical, OWC...optical wireless communication.

  3 an exemplary wireless MRI set-up is sketched. The spatial location of different building blocks that play a role for the development of wireless RF coilswireless MR signals, control signals and power supply -is indicated. An ideally flexible the keyword optical wireless communication is central in this thesis as this

  considered as analog wireless MR signal transmission methods here. In a US patent from 2003,Boskamp [173] describes the possibility of transmitting multiplexed analog MR signals with a 900 MHz carrier over free space.Heid et al. [174] andMartius et al. [175] use a microwave antenna array with parametric upconverters to establish a single frequency multiple input multiple output (MIMO) microwave link between a multi-channel coil and the MR scanner s receiver electronics Work byScott et al. [176] orRiffe [177] using amplitude (AM) or single-sideband (SSB) modulation demonstrates the feasibility of analog wireless transmission at carriers from 800 MHz to 2.5 GHz but also underlines possible system issues. Analog modulation and multiplexing of analog Rx channels is challenging while keeping synchronicity to the MR system reference frequency and without interferences between channels. Furthermore, signal cancellations or phase shifts can occur due to patient motion or wireless antenna electronics can potentially be interrupted by locally induced electromagnetic fields during the application of high power RF transmit pulses[139,178]. Compared to digital system implementations, an analog wireless system could possibly be advantageous for power, size, weight, and costs.Compared to the use of optical fibers and analog wireless Tx in the GHz range, optical analog free space transmission in the THz range could be more easily deployable than RF antennas and brings the advantage of immunity against RF interference. The use of a VCSEL and avalanche photodiode (APD) as analog OWC components combined with lenses is shown in [179] for the time-multiplexed analog signals of an MR compatible positron emission tomography detector front-end over 2 m distance. According to Refai et al. [180], an analog optical wireless signal chain can perform comparably to analog fiber transmission over short distances with a line-of-sight (LOS) between optical modules. 3.2.2.2.2 Digital wireless transmission Digital wireless signals are more reliably transmitted over long distances and eliminate DR or signal stability concerns. However, bandwidth requirements for MR signals, especially considering directly digitized array data, push the limits of current Wi-Fi technology. A summary and discussion of different digital wireless approaches proposed for the free space transmission of MR signals, partially tested in-bore, are given in Article II.3.2.2.2.2.1 Optical wireless communication (OWC)An emerging alternative to Wi-Fi is the use of light in the infrared (IR), visible or ultraviolet (UV) range as information carrier[181,182]. Li-Fi (Light Fidelity)[183,184] has been introduced as a novel OWC high-speed networking approach, potentially replacing the currently wide-spread use of Wi-Fi in various underwater, space or terrestrial (indoor or outdoor) applications in the future.

Figure 3 . 4 :

 34 Figure 3.4: The electromagnetic spectrum. Note that the axis is not proportional.

  Comparable to RF wireless (Wi-Fi) networking,Haas et al. [182] proposed a model for the different communication system layers of OWC networks and list required technologies. This model is shown in Figure3.5 and the outermost layers, networking and protocols interference mitigation and mobility support and medium access control are the same as for Wi-Fi approaches as described in reference [182] but for the remaining layers, specific solutions for OWC exist. Some key concepts will be shortly explained below.

Figure 3 . 5 :

 35 Figure 3.5: Required technologies for optical wireless networking, adapted from [182,201]

Figure 3 . 6 :

 36 Figure 3.6: Encoding schemesTo overcome data rate limitations, multiplexing strategies can be implemented in an OWC system, either in the time, wavelength or spatial domain. As mentioned above for RGB LDs, also RGB LEDs can be used as separate wavelength-division multiplexed (WDM) channels to increase achievable data rates as compared to the use of a single LED[202]. In the spatial domain, by properly setting the beam width and detection field of view, MIMO techniques using optical transmitter and detector arrays can be employed.The channel models aspect describes the light propagation channel between transmitter and receiver. Channel models can be divided into direct LOS and non-lineof-sight (NLOS) approaches, the latter using one or multiple reflections of diffuse or focused light beams. With NLOS scenarios, reported possible transmission distances (depending on optical power at the receiver) and achievable data rates are lower than with LOS approaches[203].Optical front-end systems can be employed in combination with the optical transmitter and receiver with the goal to optimize the OWC link characteristics, e.g. the spatial range or eye-safety. The optical equipment can help to form beam divergence or convergence with a concave or convex lens in the most basic set-up. Furthermore, dedicated optical wavelength filters can be employed to eliminate the influence of daylight or limit multi-channel interference.OWC transceiver design considerations usually start with the choice of adequate devices and components The optical transmitter and receiver as well as surrounding circuitry determine the achievable OWC data rate and transmission distance. Therefore, in the following, functioning principles and characteristics of

Figure 3 . 7 :

 37 Figure 3.7: LED and laser functioning principle based on spontaneous and stimulated light emission

  Stimulated emission in lasers leads to higher output power, a narrow radiant angle as the beam is focused and it is therefore more suitable for wide-distance free space data transmission. In general, the intensity of a point light source approximately decreases with the square of the transmission distance, and the angular dependency of radiant sensitivity is often indicated by the angle of half intensity in optical transmitter data sheets.Depending on the LED type used for OWC, the modulation bandwidth, i.e. the possible switching speed can vary. Generally, the LED frequency response is a function of the carrier lifetime 𝑡 c which describes the recombination dynamics of a semiconductor diode and depends on the LED type (surface-or edge-emitting), material and doping level of the semiconductor used. The modulation bandwidth, i.e. the 3 dB cut-off frequency at which the electrical power is half or reduced by 3 dB and at which the ratio of input to output current or input or output voltage drops by a factor of √0.5 = 0.707, is determined by

1 𝑡, 6 If 35 𝐵Eq. 3 . 7

 163537 scheme used (examples are given in Figure3.6) and the modulation frequency or rise/fall time characteristics (Eq. 3.5). For NRZ encoding, as the pulse width which is needed to represent one bit equals the bit width (see Figure3.6), the criterion for the required rise/fall time is:

Figure 3 . 8 :

 38 Figure 3.8: LED vs. laser linearity and output power depending on drive current, adapted from [206]

Figure 3 . 9 :

 39 Figure 3.9: Photodiode functioning principle based on optical absorption

  Study I: Flexible radio frequency coilsThis study describes Flexible multi-turn multi-gap coaxial RF coils: design concept and implementation for Magnetic Resonance Imaging at 3 and 7 Tesla (Article I) published in IEEE Transactions on Medical Imaging[9]. A supplementary studies chapter includes additional results from analytical calculations, EM simulations, bench tests and MR imaging with coaxial coils.Study II: Wireless Data Transmission in MRA published article (Article II) in Frontiers in Physics elucidates the Perspectives in Wireless Radio Frequency Coil Development for Magnetic Resonance Imaging[10] 

  focus of this work was to extend the possible coil dimensions and overcome the limits encountered with single-turn single-gap CCs. The overall goal of the study presented in Article I was to investigate multi-turn multi-gap (MTMG) coaxial coils. To this end, an equivalent circuit has been modelled and the coil behavior has been examined using EM simulations. It has been investigated whether coaxial coils offer a competitive alternative to standard rigid coils in terms of SNR, transmit efficiency and local SAR. This resulted in a proof-of-concept of employing MTMG-CCs as flexible RF coil elements in 3 T and 7 T MRI.

Fig. 1 .

 1 Fig.1. Examples of gap positioning with 1-3 turns and 1-3 gaps (a), coaxial cable parameters (b),e q u i v a l e n tc i r c u i tm o d e lf o ra na r b i t r a r y number of turns (c), n g , n t …number of gaps and turns, d 0 …coil diameter, l …length of one coaxial stub, d 1 …outer diameter of outer conductor of coaxial cable, d 2 …diameter of inner conductor, ε r …relative permittivity, Z 0 …characteristic cable impedance (Ω), X shield …inductive reactance of the outer surface of the coax shield, X TL …reactance of one coaxial stub (capacitive at resonance), R…resistance (ohmic coil losses). Although positioning of the port, depicted as a voltage source in (a), at the inner or outer gap would be equivalent in theory, it was always placed at inner gaps due to engineering considerations.

Fig. 2 .

 2 Fig. 2. MTMG-CC selection with commercial coaxialcables,specifyingcableparameters(Z 0 , d 1 , ε r )andref erences .

Fig. 3 .

 3 Fig. 3. Photographs of fabricated Rx-only CCs (a) and SCs (b) for 3 T and Tx/Rx CCs (c) and SCs (d) for 7 T and respective interface circuit schematics for tuning, matching and active detuning (only at 3 T). Note that the coils are only placed inside each other for the photograph, they are operated separately.

Fig. 4 .

 4 Fig. 4. Bench and MR measurement set-up: container phantoms used for flat measurements (a),holderswithPTFEplateandballoonphantom to simulate two bending scenarios (b),p h a n t o mv o l u m e su s e dp e rc o i l size and coil position (c).

Fig. 5 .

 5 Fig. 5. Possible CC diameters (d 0 )a tt h e 1 H Larmor frequency for 5 different common field strengths using realistic coil and cable parameters (see Ta b l e I ). The diameters that can be achieved with 1T1G coils are marked in yellow, the diameters only accessible with multiple turns and/or gaps are marked in blue. Due to the discrete nature of some of the parameters, small voids in the diameter ranges at 9.4 and 10.5 T can be observed.

Fig. 6 .

 6 Fig.6. Surface current density and surface current simulation results. Tw o r e p r e s e n t a t i ve s i mu l a t i o n r e s u l t s a r e s h o w n t o d e p i c t t h e c o a x i a l coils' behavior for a (a) single turn single gap, (1T1G, d 0 = 10 cm, f 0 = 109 MHz) and (b) am u l t it u r nm u l t ig a p( 2 T 5 G ,d 0 = 15 cm, f 0 = 115.6 MHz) at their respective self-resonances f 0 .T h es u r f a c ec u r r e n t densities K at f 0 are depicted as 3D plots for iC, oCi,andoCo,scaledto their individual maximum. The corresponding magnitudes of the surface currents |I| along the coil windings are shown as line plots, starting from 0atthefeedpointton t × 2π in the case of iC and oCi.ThecurrentonoCi has opposite direction to its mirror-current on iC.F o roCo,t h es u r f a c e current was integrated over all turns, since this represents the effective current seen at distance from the coil, and the plot only goes to 2π.The feeding and necessary connecting structures to avoid self-intersection of the geometry are depicted in grey/black.

Fig. 7 .

 7 Fig. 7. Surface current density and surface current simulation results for a 10 cm 1T1G-CC compared to a 1T2G-CC of same size.

Fig. 8 .

 8 Fig. 8. Point SAR MIPs (W/kg) and SAR efficiency (B + 1 / √ W/kg) maps calculated from EM simulation results for a 10 cm CC and SC used at 7T .

  TA B L E I I I 7TSIMULATION RESULTS FOR ALL CCSANDSCSTable I 1 .F o rR x -o n l yC C sa t3Tw i t hm u l t i p l eg a p s( 7a n d 15 cm CCs), AD PIN diodes lead to a relatively low Q u due to added ohmic losses but CCs still operate in the sample noise dominated domain. From Q u and Q l values measured for CCs in flat position without interface, we can conclude that the frequency-normalized coil losses R C scale with d 0 n 2 t and the frequency-normalized sample losses R S scale with d 3

Fig. 9 .

 9 Fig. 9. Active detuning components with multiple gaps (arbitrary nt): (a) inner gaps need to be shorted by PIN diodes and outer gaps connected by RF chokes. Relative flip angle difference maps for a 2T5G 15 cm diameter CC at 3 T (b) detuned only at the port or (c) at every inner gap.

Fig. 10 .

 10 Fig. 10. 3TMRIresults,SNRmapsinthecentraltransversalsliceforthe 4, 7, 10 and 15 cm SC and CC in flat position on a container phantom and the SC in flat and the CC in bent position on a balloon phantom, relative SNR difference maps.

Fig. 11 .

 11 Fig. 11. 7TMRIresults,B + 1 / √ Pmaps(a) and SNR maps (b) in the central sagittal slice for the 4, 7, 10 and 15 cm SC and CC in flat position on a container phantom and the SC in flat and the CC in bent position on a balloon phantom, relative B + 1 / √ PandS NRdif f erencem aps(CCvs .S Con balloon phantom).

  theoretical solutions for CCs arec a l c u l a t e df o rfi v ec o m m o n B 0 field strengths and different coil sizes. Surface current density simulations are performed to analyze the three distinct conductor parts of a CC. SAR simulations conducted for 7TT x / R xC C sa n dS C sd e m o n s t r a t es i m i l a rp e r f o r m a n c e of both coil types. The study focused on a proof-of-concept of employing (MTMG-)CCs in Rx-only mode at 3 T and Tx/Rx mode at 7 T MRI. CCs with 4, 7, 10 and 15 cm coil diameters were fabricated from commercially available nonmagnetic coaxial cables. During bench and MRI tests, they demonstrate robustness upon bending as well as B + 1 / √ P and SNR improvement (7 T) or no significant SNR loss (3 T) when form-fitted to a balloon sample as compared to flat standard copper loop coils.

Fig. 2 ,

 2 Fig. 2, Article I), with diameters of 4, 6, 9, 10, 12, 15 or 20 cm and different combinations of turns and gaps (nt,max = 4, ng,max = 8). Measured self-resonance frequencies (1 st resonant mode) range from 17.7 MHz to 631.9 MHz.
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 411 Figure 4.1: Correlation between calculated and measured (unloaded) self-resonance frequencies

Figure 4 . 2 :

 42 Figure 4.2: Relative deviation between resonance frequency calculations (f0,calc) and measurements (f0,meas), the bullet area is proportional to the number of gaps(ng).

Figure 4 . 3 :

 43 Figure 4.3: Relative deviation between resonance frequency calculations (f0,calc) and measurements (f0,meas), the bullet area is proportional to the number of turns (nt).

  Article I is reliable enough for resonance frequency predictions to set the parameter range such that computation times in EM simulations can be reduced. For more precise self-resonance frequency determinations, EM simulations are a helpful tool as detailed 3D models of the coaxial coil (material and structure of the conductors and dielectric) lead to simulated frequency values that come closer to the experimentally determined ones (see orange dots in Figure 4.2 and Figure 4.3).

Figure 4 . 4 :

 44 Figure 4.4: Coil diameter range depending on the gaps/turns CC configuration and B0 field strength

1 𝜆 4 . 2 𝑙 2 .Figure 4 .

 14224 Figure 4.5 shows the absolute values of the total capacitive impedance (2𝑍 T 𝜔 ) and inductive impedance (𝑍 shield 𝜔 ) of a 20 cm 1T1G-CC constructed with cable A (see Fig. 2, Article I), over a frequency range from 0 to 800 MHz. This coil example with a rather low first self-resonance due to the large coil diameter was chosen in order to demonstrate the occurrence of multiple self-resonances in the chosen frequency range.

Figure 4 . 5 :

 45 Figure 4.5: Total capacitive impedance (2ZTL) and inductive impedance (Zshield) of a 20 cm 1T1G-CC. Resonances occur when the capacitive and inductive parts have same absolute values (i.e. imaginary reactive parts cancel each other out).

Figure 4 . 6 .

 46 Figure 4.6.In the most simple case of a 1T1G-CC, two coaxial stub segments and the outer shield form a parallel resonant circuit together with LT and/or CT . This parallel circuit is in series to the matching capacitors. For multi-gap coils, 2 𝑛 g -1 times the number of stubs (𝑍 T 𝜔 ) can be seen in series with the outer shield (𝑍 shield 𝜔 ), which are then in parallel to the coaxial stubs at the coil port (2𝑍 T 𝜔 ), again in

Figure 4 . 6 :

 46 Figure 4.6: Equivalent circuit including tuning and (symmetric) matching components

Figure 4 . 7 :

 47 Figure 4.7: Effect of tuning components LT and/or CT parallel to the coil port When plotting the absolute impedance values on a logarithmic scale as shown inFigure 4.8 it can be seen that the series impedance of the CC (according to Eq. 4.1), is at a minimum at resonance, whereas parallel circuits (Eq. 4.9) show an impedance peak at their respective resonance frequencies [227].

Figure 4 . 8 : 1 𝜆 4 .

 4814 Figure 4.8: Impedance maxima at resonance for parallel resonance circuits (Zcoil,self,parallel, Zcoil,CT, Zcoil,LT, Zcoil,CT+LT) and impedance minimum for the series resonance circuit (Zcoil,self,series). Another impedance minimum, i.e. resonance dip, occurs at around 580 MHz when the coaxial stub appears as an open circuit which is the case when the stub length equals 2𝑛 + 1 𝜆 4 .

Figure 4 .

 4 Figure 4.9 shows screenshots of S21 measurements carried out with a double pick-up probe [62], for each 7 T CC with a tuning LT connected across the coil port. To evaluate the influence of tuning components only, the coil port was left open (no 50 Ω matching) and coils were measured in unloaded configuration. The measured unloaded frequency shown in Figure 4.9 doesn t match the Larmor frequency as for MRI, the self-resonance is shifted down by loading and adjusted to exactly match the target Larmor frequency (297.2 MHz) in the complete interface configuration with symmetric matching capacitors.

Figure 4 . 9 :

 49 Figure 4.9: S21 measurements and impedance calculation results for 7 T CCs in unloaded configuration with a tuning LT. VNA traces show the S21 parameter measured with a double-loop probe; Zcoil,self,series and Zcoil,self,parallel denote the calculated self-resonance of a coaxial coil according to Eq. 4.1 and Eq. 4.5. Zcoil,LT denotes the impedance calculated for a parallel resonance circuit of the coaxial coil with a tuning LT across the coil port (see also Figure 4.6).

  Article I. When the PIN diodes are reverse biased off state they have a capacitance CPIN, typically 1.8 pF for the diodes used (DH80106-10N, Cobham, Wimborne, UK) that can be seen in parallel across the coil port (CPIN/2 for two diodes in series). When a tuning inductor LT is employed, an additional parallel resonance occurs. Observed additional resonances for single-gap CCs at 3 T were far above the operation frequency (> 380 MHz). The equivalent circuit scheme shown in Figure4.10 is only accurate for the case of reverse biased PIN diodes. When the diodes are forward biased, they short the inner to the outer coaxial coil conductor, as can be seen in Fig.3aor Fig.9aof Article I. Therefore, in single-gap coils, the second resonance also vanishes when the diodes are forward biased and, thus, this interface configuration is not prone to become an issue for proper detuning of the CC during RF transmission.

Figure 4 . 10 :

 410 Figure 4.10: Equivalent circuit with two reverse biased PIN diodes ("off" state) and a tuning inductor LT

Figure

  

4 .

 4 11 that shows the frequency response of a 7 and 15 cm MTMG-CC alone (green) and with interface components LT (blue) and CPIN and LT (red). In this figure, one can observe additional resonances in the 7 and 15 cm 3 T CCs appear due to their multigap structure and as experienced in MR experiments, actively detuning the remaining resonance by an AD circuit at every inner gap is a measure that is indispensable to avoid coupling between the CC and the body coil during RF Tx.

Figure 4 .

 4 Figure 4.11: 3 T MTMG-CCs' resonance frequency behavior in unloaded coil configuration. VNA traces show the S21 parameter measured with a double-loop probe; Zcoil,self,series and Zcoil,self,parallel denote the calculated self-resonance of a coaxial coil according to Eq. 4.1 and Eq. 4.5. Zcoil,LT and Zcoil,CPIN+LT denote the impedances calculated for a parallel resonance circuit of the coaxial coil with a tuning LT with and without two reverse biased PIN diodes across the coil port (see Figure 4.10).

Figure 4 . 12 :

 412 Figure 4.12: Effect of a large tuning inductor LT,large alone compared to the use of a smaller inductor LT,small in parallel with CT

(Fig. 2 ,

 2 EM simulations were performed using CST Studio Suite 2020 (Dassault Systèmes, Paris, France). The simulation and post-processing workflow were executed as described in section II.D of Article I. The parameters listed in Table4.4 were used to model the coaxial coils, according to values given in the data sheets of cable B and E Article I) and simulation results for 1T1G-CCs were extracted at the Larmor frequency (fL). The evaluation of surface current amplitude in the outer surface of the outer conductor (oCo) in MTMG-CC and 1T1G-CC simulations at the Larmor frequency is interesting as these are also the cases investigated in MRI experiments. The coils were simulated in unloaded configuration, therefore only the coil noise affects the surface current amplitude.

  As a side note concerning EM simulations, in addition to the skin effect occurring with AC current, it can be mentioned that the proximity effect can be observed in surface current density patterns for single-turn and multi-turn simulations. Examples for the surface current density of a single-and double-turn coil are given in Figure4.13.

Figure 4 .

 4 Figure 4.13: Exemplary EM simulations showing the proximity effect on the oCo in a single-and double-turn CC.

Figure 4 . 14 :

 414 Figure 4.14: Comparison of EM simulation results for the 7 cm 1T1G and 2T2G coaxial coil

Figure 4 . 15 :

 415 Figure 4.15: Comparison of EM simulation results for the 15 cm 1T1G and 2T5G coaxial coil

  7 cm 1T1G-CC to the desired operation frequency of 123.2 MHz, a tuning capacitor CT in parallel to the tuning inductor LT (as used for all other coaxial coils in Article I), had to be employed as shown in Figure 4.16.

Figure 4 . 16 :

 416 Figure 4.16: Interface schematic with additional tuning capacitor (CT) as used for the 7 cm 1T1G-CC

Figure 4 .

 4 Figure 4.17: Fabricated 2T2G-CC (a) and 1T1G-CC (b) with 7 cm coil diameter and respective (fine-)tuning, matching and active detuning interface.

Figure 4 . 18 :

 418 Figure 4.18: Fabricated 2T5G-CC (a) and 1T1G-CC (b) with 15 cm coil diameter and respective (fine-)tuning, matching and active detuning interface.

FOV = 290 x 290 mm 2 TR

 2 

Figure 4 . 19 :

 419 Figure 4.19: SNR maps from 2D GRE images acquired in the central transversal phantom plane at 3 T for MTMG-CCs (a) and 1T1G-CCs (b) of 7 and 15 cm diameter, respectively. The circular ROI and central axis used for SNR evaluation are marked in black.
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 420 Figure 4.20: ROI position and size used for average SNR evaluation in container or balloon phantoms

Figure 4 .

 4 21 (along the dotted line in Figure4.19) 

Figure 4 . 21 :

 421 Figure 4.21: SNR central axis profiles, for the 7 cm coaxial coils (top) and the 15 cm coaxial coils (bottom).

  Analytical impedance calculations were carried out in MATLAB 2017b (The Mathworks, Inc., Natwick, USA) for the self-resonances and parallel resonances of a 10 cm 1T1G-CC with and without a tuning capacitor CT (33 pF) across the coil port and cable type A (cf. Article I, Huber+Suhner, K_02252_D-08) as used by Ruytenberg et al. [122]. Bench measurements were performed with CT and two symmetric matching capacitors CM of 27 pF each. A 5-l container phantom with a DC conductivity of ≈ 0.65 S/m was used for loaded measurements with the coil directly placed on the phantom. First, the unloaded self-resonances (coil only) and the unloaded resonance frequencies with CT across the coil port were determined with a double pick-up probe (S21). The loaded measurement was done with interface, i.e. CT and two symmetric CM, via a 50 Ω connection to the VNA (S11 measurement).

4. 3 . 4 . 1 Active detuning performance of 3 T

 3413 SCs and CCsBefore 3 T GRE measurements at the Siemens Prisma Fit system were carried out to acquire SNR data shown in Article I, the AD performance of both Rx-only SCs and CCs of all sizes (4, 7, 10 and 15 cm) was assessed. For AD characterization, relative FA difference maps were calculated from a FA mapping scan with the Rx coil present vs. the reference scan without coil (𝐵 1,𝑐 𝑖𝑙 /𝐵 1,𝑟𝑒𝑓 -1). A Gaussian 2D smoothing filter (𝜎 = 1) was applied to all relative FA difference maps shown in Figure4.22.

Figure 4 . 22 :

 422 Figure 4.22: Relative FA difference maps calculated from FA maps acquired without and with Rx coil present during MRI with the body coil in Tx/Rx mode.

Figure 4 . 23 ,

 423 SNR central axis profiles for 3 T SCs and CCs reveal that in flat position on the container phantom, the SC performs better as compared to the same-size CC, independently of the distance from the coil. Starting at the following depths from the coil conductor, one can consider the SNR as comparable: 4 cm coils: ≈ 3 cm (container) 7 cm coils: ≈ 4 cm (container) 10 cm coils: ≈ 7 cm (container) 15 cm coils: ≈ 6 cm (container) For measurements with a flat SC compared to the CC in bent position on a balloon phantom, at a certain depth, similar or only slightly improved SNR along the central coil axis can be observed: 4 cm coils: ≈ 1.2 cm (balloon) 7 cm coils: ≈ 1.5 cm (balloon) 10 cm coils: ≈ 2.25 cm (balloon) 15 cm coils: ≈ 5 cm (balloon) Standing wave patterns that can be observed in transmit efficiency and SNR profiles in Figure 4.24 and Figure 4.25 for 7 T measurements carried out with large balloon phantoms (and large coils, 10 and 15 cm) occur because of EM wave interferences or dielectric resonances originating from the choice of phantom dimensions and dielectric properties, as mentioned in Article I. This conclusion is supported by the fact that the standing wave effect was not observed for container phantom measurements with SCs and CCs in flat position and was independent of the choice of FA mapping technique or reference voltage. The transmit efficiency, i.e. the created B1 + field normalized to input power, shown in Figure 4.24 can be compared along the whole coil axis. It can be observed that in flat coil position, the CC and the SC have almost the same 𝐵 1 + /√𝑃 values close to the sample surface but also at large distances from the coil. The CC bent to the balloon phantom yields slightly lower 𝐵 1 + /√𝑃 only at

Figure 4 .

 4 25 are truly comparable over the whole central coil axis. For bent measurements, the reference voltage was adjusted for the SC and CC, aiming for 90° average FA in the ROI drawn in Fig.11in Article I but outside of the ROI differences in FA might occur, leading to SNR values that can be increased/decreased due to different flip angels and not exclusively due to the coil s Rx sensitivity. In flat position, the 4 and 7 cm SC and CC have very similar SNR values over the whole sample whereas the 10 and 15 cm SC performs slightly better than the CC.

Figure 4 . 23 : 4 . 3 . 4 . 3 MR imaging with different types of fruit at 3 T

 42343433 Figure 4.23: SNR along the central coil axis for 3 T SCs and CCs

  resolution = 0.39 mm2 The coils were positioned in bent configuration on the fruit, as can be seen in Figure 4.26 -Figure 4.29. Each figure shows a photograph of the respective coil with connected tuning, matching and detuning interface on a fruit as well as the acquired MR images in different imaging planes, showing highly resolved, detailed internal structures of the fruit.

Figure 4 .

 4 Figure 4.26: MR imaging set-up with a 2T1G-CC positioned on a kiwi and acquired MR images in the transversal and coronal plane (200 𝜇𝑚 isotropic resolution).transversal coronal

Figure 4 . 27 :

 427 Figure 4.27: MR imaging set-up with a 2T2G-CC positioned on a pomegranate and acquired MR images in the transversal and coronal plane (230 𝜇𝑚 isotropic resolution).

Figure 4 .

 4 Figure 4.28: MR imaging set-up with a 1T1G-CC positioned on a muskmelon and acquired MR images in the transversal and coronal plane (270 𝜇𝑚 isotropic resolution).

Figure 4 . 29 :

 429 Figure 4.29: MR imaging set-up with a 2T5G-CC positioned on a papaya and acquired MR images in the transversal (390 𝜇𝑚 isotropic resolution) and sagittal plane (410 𝜇𝑚 isotropic resolution).

  were initiated, and content concerning wireless MRI was presented during conferences, e.g. already during the annual ISMRM (International Society for Magnetic Resonance in Medicine) conference in 2005, a dedicated virtual ISMRM meeting in 2017 and most recently the ISMRM conference 2020. Publications of the last few years have presented major advancements in the development of wireless power supply, digital wireless signal transmission and wireless control signaling in the MR environment.

FIGURE 1 |

 1 FIGURE 1 | (A) Functional block diagram of a wireless MR receive chain consisting of three main subsystems: wireless MR signals (blue), control signals (green), and power supply (orange). (B) Side view of wireless transceiver positioning variants including transmission distance and angle estimations.

FIGURE 2 |

 2 FIGURE 2 | Summary of the state of the art in wireless radio frequency (RF) coil development. Existing technologies/strategies for each subsystem (i.e., MR receive signal chain, control signaling, and on-coil power supply) are analyzed listing specific requirements, benefits, as well as limitations or challenges encountered in their current development.

  MBd) for the OWC prototype development. The current set-up for the acquisition and transmission of different sensor data via long optical fibers to a real-time signal analyzer and event controller (SAEC), used by the IADI laboratory in Nancy (France), is sketched in Figure 5.1. Furthermore, the example of a MARMOT [11,214] is shown which is typically connected to the SAEC via two separate optical fibers to allow for bi-directional communication between SAEC and each motion sensor. For in-bore use, a non-magnetic battery and housing cover are placed on top of the PCB.

Figure 5 . 1 :

 51 Figure 5.1: Current set-up for acquiring motion sensor data in the MR with optical fibers transmitting the signals to a real-time signal analyzer and event controller (SAEC). MR compatible accelerometer for respiratory motion sensing (MARMOT) photo courtesy of [11].

2 .

 2 As bidirectional (half-duplex) communication is targeted for the motion sensors, each module should be equipped with Rx and Tx components, i.e. PD(s) and LEDs, in the final version. For first tests, instead of directly interfacing the modules to a MARMOT output, a single-board computer (Raspberry Pi) was connected to each OWC module via its general-purpose input/output (GPIO) pins. The Raspberry Pi (RasPi) model 2B+ was used for all tests.

Figure 5 . 2 :

 52 Figure 5.2: OWC module overview

Figure 5 . 3 :Figure 5 . 4 :

 5354 Figure 5.3: General schematic of components used in the OWC module

. 4 )

 4 which can be arbitrary serial TTL data (byte arrays) controlled via a Python (v.3.7.4) graphical use interface (GUI) running on the RasPi is located at pin #8. The control signals (PTX1R-PTX4R, Figure 5.4) for the MOSFET (metal-oxide-semiconductor field-effect transistor) drivers are located on pin #13, 15, 16 and 22. The received signal (U1RX, Figure 5.4) is fed to pin #10.

  Furthermore, a strong influence from ambient light and board reflections on the data transfer as well as fast LED heating was observed during continuous operation [230]. For the OWC module version presented in this thesis, optical components operating in the near-IR light range were used. Four TSAL6100 LEDs with a peak wavelength of 940 nm and an angle of half intensity of ±10° were used as transmitters and could be driven individually, as indicated in the schematic in Figure 5.4. No eye-safety concerns apply for this type of infrared LED [231]. The optical receivers were two BPW83 PDs connected in parallel, with a large radiant sensitive area of 7.5 mm 2 each and angular sensitivity (±65° angle of half sensitivity).

A 12 -

 12 bit ADC and DAC (digital-to-analog converter) were placed on the OWC modules, as described in[232], to read analog input voltages (Uambiant and Umax) and set analog voltages (CVRef) via digital control in the Python GUI. CVRef can be set to a voltage at the DAC output between 0 V and the internal 2.048 V reference (by default). The bit resolution determines the number of possible voltage level discretization steps(2 12 ) 

Figure 5 . 5 :

 55 Figure 5.5: Transmitter (left) and receiver OWC card (right). The LEDs surrounded by a ball lens mounted on the Rx board are not used and could be replaced by IR LEDs (shown on the left side) for bidirectional tests. A Python GUI depicted in Figure 5.6 was running on the RasPis to establish a TTL serial communication link and modify the following OWC parameters: LED intensity (LED power) PLED Comparator reference voltage (CVRef) Baud rate (equal to bits per second with NRZ OOK) Data string (byte array) to be sent and number of successive transmissions

Figure 5 . 6 :

 56 Figure 5.6: Python GUI

Figure 5 . 7 and

 57 Figure 5.7 and Figure 5.8 show the oscilloscope traces recorded during successful data transmissions at a rate of 2 MBd with the minimum number of active LEDs needed for a reliable OWC link over 0.3 and 1.5 m (test 1 and 2, see Table5.2). These
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 25758559510511 Figure 5.7: OWC test 1, 2 𝜇s / division

  3 m) and long (1.5 m) range OWC is possible with the designed prototype modules. The maximum achievable data rate for reliable transmission is 2 MBd. This performance would even allow for the optical wireless transmission of the multiplexed signals of two MARMOTs. Long and short possible transmission distances accommodate different OWC module positioning scenarios in the MR bore (see Figure 1B, Article II).

Figure 5 .

 5 12 shows an exemplary module set-up inside the bore, assuming perfect alignment between the two optical wireless transceivers. OWC modules are represented by yellow cuboids with the above-mentioned dimensions and the MR scanner model used is the Siemens Magnetom Skyra 3 T (70 cm bore diameter, 163 cm magnet length, [235]). Here, the distance between OWC modules is approximately 105 cm.

Figure 5 .

 5 Figure 5.12: General OWC module set-up inside the MR bore

Figure 5 .

 5 Figure 5.14: Misalignment limits

Figure 5 . 15 :

 515 Figure 5.15: Optical FOV simulation for head first MR examinations Same applies to a feet first imaging set-up, e.g. for knee imaging, as shown in Figure 5.16. No obstacles in the line of-sight for the simulated subject dimensions and OWC module characteristics are to be expected.

Figure 5 .

 5 Figure 5.16: Optical FOV for a feet first MR examination

7 . 7 (cf. 5 . 3 . 4 . 1 ) 8 .

 7753418 B0 + gradients + RF transmit field: repeat basic device performance tests 1-B0 + gradients + RF transmit field: heating of OWC modules and cables during image acquisition? Fiber-optic temperature sensors or MR thermometry could be used to assess possible heating inside the phantom and close to the OWC module or along cables.

IEC 60601- 1 (

 1 Medical electrical equipment -Part 1: General requirements for basic safety and essential performance) [220] IEC 60601-2-33 (Medical electrical equipment -Part 2-33: Particular requirements for the basic safety and essential performance of magnetic resonance equipment for medical diagnosis) [65] ISO 14971 (Medical devices -Application of risk management to medical devices) [237]The IEC 60825 series of standards concerns the safety of laser products and the following additional standards applicable for general laser safety and free space optical communication could become relevant for an OWC device in the MR environment that uses one or multiple lasers for signal transmission: IEC 60825-1 (Safety of laser products -Part 1: Equipment classification and requirements) [209] IEC 60825-12 (Safety of laser products -Part 12: Safety of free space optical communication systems used for transmission of information) [210]

3 . 4 .Figure 5 . 1 .

 3451 Figure 5.1. The wireless link performance should then be characterized during a realistic imaging set-up with retrospective motion correction based on accelerometer data acquired via the OWC link.

  women with normal risk[239].MR mammography has the highest sensitivity of all examination modalities in the detection of breast cancer and can distinguish most reliably between benign and malignant tumors[240]. MR mammography finds 90 % of all breast carcinomas, Xray mammography or ultrasound only 38 % and many carcinomas (45 %) are only found with MR mammography, but not with X-ray mammography or sonography[241].Dense glandular tissue reduces sensitivity by about 20 % in X-ray mammography, but there is no disadvantage in MR mammography. Half of all women have "dense glandular tissue" and benefit particularly from MR mammography[242].For a long time, high costs related to long examination times were an argument against the general acceptance of MR mammography for breast cancer prevention. To reduce costs, leading breast experts are working on the development of abbreviated examination protocols[243].

Fig. 7 ,

 7 Fig. 7, Article I). The loopole -like asymmetric surface current density distribution in a 1T1G-CC might be advantageous for better inter-element decoupling but as demonstrated in reference [244], the transmit and receive performance could strongly depend on the coil orientation relative to the B0 field direction. The verification of this hypothesis on the bench and in MRI could be realized in future work. Again, the advantage of form-fitting knee coil design compared to a conventional array is improved sensitivity and patient comfort. Further, a flexible knee coil enables the flexion of the joint from one static image acquisition to the other and allows for kinematic knee imaging [134].
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  Développement d'antennes radiofréquences légères et flexibles et d'un système detransmission optique sans fil ». Ce résumé donne un aperçu du manuscrit de la thèse qui est divisé en 6 chapitres : chaque chapitre sera brièvement résumé en langue française dans ce qui suit et le résumé sera complété par les figures les plus représentatives du contenu scientifique.

	Résumé de thèse
	1T1G 2D/3D AC/DC ADC AD APD Bd bps CC CVRef DAC DR ECG EM emf FA FDA NLOS NF Symbols noise figure [dB] single-turn single-gap two-dimensional/three-dimensional alternating current/direct current analog-to-digital converter active detuning avalanche photodiode Baud bits per second coaxial coil comparator reference voltage digital-to-analog converter dynamic range electrocardiogram electromagnetic electromotive force flip angle non-line-of-sight NMR Nuclear Magnetic Resonance NRZ non-return-to-zero O/E, E/O optical-electrical, electrical-optical oCi outer conductor, inner surface oCo outer conductor, outer surface OOK on-off-keying OWC optical wireless communication PCB printed circuit board PD photodiode PLL phase-locked loop RasPi + radio frequency transmit field [T] 𝐵 1 -radio frequency receive field [T] 𝐵 1 vacuum speed of light (299 792 458 m/s) 𝑐 0 coil diameter [m] 𝑑 0 self-resonance frequency [Hz] 𝑓 0 Larmor frequency [Hz] 𝑓 vacuum permittivity (8.8541878128(13)• 10 -12 F/m) 𝜀 0 relative dielectric permittivity 𝜀 r permeability of free space (4𝜋 • 10 -7 m•kg•s -2 •A -2 ) 𝜇 0 relative permeability 𝜇 r 𝜌 r reflection coefficient [dB] Raspberry Pi (single-board-computer) RCLED B0 static magnetic field [T] resonant cavity light-emitting diode RF B1 radio frequency field [T] radio frequency RGB d1 cable/conductor diameter [m] red, green, blue RIN E electric field [V/m] relative intensity noise ROI G gradient field [T/m] region of interest Food and Drug Administration FDTD Rx receive(r)/reception Finite Difference Time Domain FEM Finite Element Method FID Free Induction Decay FLASH fast low-angle-shot FOV field-of-view FPGA field programmable gate array GRE gradient echo GUI graphical user interface iC inner conductor IEC International Electrotechnical Commission IF intermediate frequency IR infrared laser light amplification by stimulated emission of radiation LED light-emitting diode Li-Fi Light Fidelity LO LOS MARMOT MIMO MIP MOSFET MRI MRS MTMG multi-turn multi-gap Wi-Fi Wireless Fidelity Magnetic Resonance Spectroscopy WDM wavelength-division multiplexing Magnetic Resonance Imaging VOI volume of interest metal-oxide-semiconductor field-effect transistor VNA vector network analyzer maximum intensity projection VCSEL vertical-cavity surface-emitting laser multiple input multiple output UV ultraviolet MR compatible accelerometer for respiratory motion sensing UHF ultra-high field line-of-sight Tx transmit(ter)/transmission local oscillator SAEC signal analyzer and event controller SAR M magnetization [A/m] specific absorption rate [W/kg] SC ng number of gaps standard coil SE nt number of turns mean SAR efficiency SNR P power [W] signal-to-noise ratio Sps T absolute temperature [K] samples per second T/R Z impedance [Ω] Transmit/Receive Tacq Z0 characteristic impedance [Ω] acquisition time TE 𝛼 flip angle [°] echo time TE 𝛾 gyromagnetic ratio [MHz/T] mean transmit efficiency TIA 𝛿 skin depth [m] transimpedance amplifier TL 𝜆 wavelength [m] transmission line TLR 𝜌 resistivity [Ωm] transmission line resonator TR 𝜎 electrical conductivity [S/m] repetition time TTL transistor-transistor logic 𝜔 angular resonance frequency [rad/s]
	xiii

ℎ Planck s constant 6.62607004 • 10 -34 m 2 •kg/s) k Boltzmann constant (1.3181 • 10 -23 J/K) xiv xv Résumé de thèse xvi Cette thèse est intitulée « Concepts pour l'instrumentation portable en IRM:

1 2

 2 , is the most targeted nucleus in biomedical NMR applications as it has a high natural abundance and high occurrence in human tissue compounds. There are other NMR-relevant nuclei, depending on the target biomedical application, among which the most commonly used are listed in Table2.1.31 P is used to study the energy metabolism in cells.13 C and23 Na are used to investigate changes in metabolic and physiologic processes which can be an indicator for a variety of diseases e.g. of cancerous nature or due to cardiovascular disfunction.

	nucleus	nuclear spin 𝑰	gyromagnetic ratio 𝜸/𝟐𝛑 [MHz/T]	natural abundance [%]	fL [MHz] @ B0 = 3 T
	1 H	1/2	42.58	99.985	127.7
	13 C	1/2	10.71	1.10	32.1
	23 Na	3/2	11.26	100	33.8
	31 P	1/2	17.24	100	51.7

Table 2 .

 2 

1: NMR relevant nuclei

  • T -1 . For practical reasons, often the factor Boltzmann statistics allow for the prediction of the number of spins in each energy level, 𝑁 -indicating the number of spins in the antiparallel (high) energy state and 𝑁 +

		𝑓 =	𝛾 2𝜋	𝐵 0	Eq. 2.12
	indicating the number of spins in the parallel (low) energy state. The ratio of spin
	numbers in thermal equilibrium is given by
	𝑁 + 𝑁 -	= 𝑒	∆𝐸 𝑘𝑇 = 𝑒	𝛾ℏ𝐵 0 𝑘𝑇	Eq. 2.13
						𝛾 2π	is given in MHz• T -1 for
	ordinary Larmor frequency 𝑓 calculations in MHz depending on the B0 field strength
	(Eq. 2.12). Some examples for Larmor frequencies assuming that 𝐵 0 = 3 T are given in
	Table 2.1.				
	𝜔 = 𝛾𝐵 0		Eq. 2.11

2.1.1.5 Free Induction Decay

  

	can be explained by the aim to create higher detectable nuclear magnetization and, The expressions found for 𝑇 1 and 𝑇 2 relaxation can be included in the equation of therefore, MR signal amplitudes. This aspect will be detailed in section 2.1.2.5.2 motion for the magnetization in Eq. 2.21. This yields the well-known complete Bloch (Signal and noise). equations (Eq. 2.28 -Eq. 2.30) describing the dynamics of a magnetization 𝑴 = 𝑀 𝑥 , 𝑀 , 𝑀 𝑧 Gradient coils are used to generate time-varying magnetic fields along the x, y and z-𝑇 in the laboratory frame, accounting for the Larmor precession of M in a direction. Magnetic gradient fields assign spatial information, in the form of slightly
	static B0 field and rotation of M by an RF field B1, which combined determine the total varying frequency and phase, to the detected MR signal so that during image
	B field given by 𝑩 = 𝐵 1𝑥 , 𝐵 1 , 𝐵 0 reconstruction the origin of the detected acquired signal is known. 𝑇 . An additional term describes the dependence of
	M on relaxation phenomena. RF coils are the instrument which can create a B1 field and are used for spin ensemble
	𝑑𝑀 𝑥 𝑡 𝑑𝑡 excitation by emission of high-power RF pulses and for MR signal reception. Typically, = 𝛾 𝑀 𝑡 𝐵 0 -𝑀 𝑧 𝑡 𝐵 1 𝑡 -𝑀 𝑥 𝑡 𝑇 2 Eq. 2.28 in clinical 3 T MR scanners, a whole-body coil is integrated in the scanner for RF
	𝑑𝑀 𝑡 𝑑𝑡 transmission sometimes also used for reception if not replaced with receive-only coil = 𝛾 𝑀 𝑧 𝑡 𝐵 1𝑥 𝑡 -𝑀 𝑥 𝑡 𝐵 0 -𝑀 𝑡 Eq. 2.29 arrays. However, at UHF, the integration of a body coil gets more complicated due to 𝑇 2 𝑑𝑀 𝑧 𝑡 𝑑𝑡 = 𝛾 𝑀 𝑥 𝑡 𝐵 1 𝑡 -𝑀 𝑡 𝐵 1𝑥 𝑡 -reduced wavelength effects and space constraints. Therefore, smaller volume or local 𝑀 𝑧 𝑡 -𝑀 0 𝑇 1 Eq. 2.30 surface coils are usually used for RF transmission and reception.
	The most basic NMR experiment consists of the generation of a free induction decay
	(FID) using an RF coil which is placed close to a sample in a B0 field, creating a B1-field
	oriented in the transverse plane (perpendicular to B0). After spin excitation by RF
	transmission, the net magnetization vector rotates around the transverse plane and a
	weak emf is induced in the RF coil. The amplitude of the detected NMR signal
	oscillating at the Larmor frequency decays when the RF excitation is switched off and
	spins start losing their coherent phase. In practice, the dephasing is accelerated by
	external field inhomogeneities which results in a decay with a time constant 𝑇 2 * much
	shorter than 𝑇 2 . 𝑇 2 in Eq. 2.31 indicates the influence of the B0 field inhomogeneity
	𝑑𝑀 𝑥 𝑑𝑡 (e.g. due to susceptibility differences or technical reasons) on the total decay time 𝑇 2 = - * . 1 𝑇 2 M 𝑥 𝑡 Eq. 2.26 𝑀 𝑥 𝑡 = 𝑀 𝑥 0 • 𝑒 -𝑇 2 Eq. 2.27 𝑡 1 𝑇 2 * = 1 𝑇 2 𝑇 2 + 1 Eq. 2.31
	The differences in 𝑇 1 and 𝑇 2 times are used in MRI to create contrast between different
	tissue types. Considering 1 H NMR in biological tissues, the 𝑇 2 relaxation times (10

  -𝑖𝒌 𝒕 •𝒙 𝑑𝒙.

	Eq. 2.38
	Eq. 2.38 reveals that the spatial spin density distribution 𝜌 𝒙 over the sample, i.e. the
	image, and the signal distribution in k-space 𝑆 𝒌 , i.e. the spatial frequency domain,
	are related via Fourier transformation (FT) as shown in Figure 2.6.

digital conversion 2.1.2.5.2 Signal and noise

  represent the analog MR signal in the digital domain. Figure2.10 illustrates the basic functioning principle of an ADC. In a first step the received signal is sampled at a given rate 𝑓 s controlled by a clock. In a second step, the ADC assigns each sample one of the available 2 b discrete amplitude quantization levels, determined by the ADC bit

	resolution b. In traditional MR systems, the ADC is located in the technical cabinet or
	in the MR room and coaxial cables are commonly used to transfer the analog RF signal
	to the digitization stage. In modern systems, the ADC is located directly on-coil and in
	this case, often optical fibers are employed for further signal transmission in the MR
	environment. More details on different digitization and data transmission approaches
	for the MR signal will be provided in section 3.2.2 of this manuscript and in
	Article II (section 5.2).
	Figure 2.10: Analog-to-Besides its carrier frequency and receive signal bandwidth, the MR signal is
	characterized by the largest and smallest detected signal amplitude, determined by
	the induced 𝑒𝑚𝑓 and the noise floor.
	2.1.2.5.2.1	Reciprocity principle

  Ohmic losses in the coil conductor are responsible for coil noise. Due to the skin effect, the cross-sectional area 𝐴 in the coil conductor for AC current passing is reduced at high frequencies. Considering a skin depth 𝛿 = 2𝜌/𝜔 𝜇 and the formula for the

	resistance 𝑅 c =	𝜌 𝐴•𝑙	(𝜌 denotes the resistivity in Ω • m and 𝑙 the conductor length in m),
	for a conductor with a diameter of 𝑑 1 ≫ 2𝛿, one can approximate for the cross-
	sectional area 𝐴 ∝ 𝛿 ∝ 1/ √ 𝜔 ∝ 1/𝑅 c . From this relationship one can see that
			𝑅 c ∝ 𝐵 0	Eq. 2.43

Non-conductive sample Conductive sample

  

	Quality factor Q	𝜔 1/2 𝑑	𝜔 -1 𝑑 -2
	𝑺 𝐑𝐅 𝐒𝐍𝐑	𝜔 3/4 𝑑 -1 * 𝜔 7/4 𝑑 2	𝑑 -5/2 𝜔𝑑 1/2

Table 2

 2 

		.3: Scaling rules for the Q factor, RF sensitivity factor and SNR
	2.1.2.5.2.5	Dynamic range	
	To sum this up, different MR system, imaging and RF coil design parameters influence
	the minimum and maximum detected NMR signal. The ratio between the maximum
	and minimum signal amplitude is defined as the dynamic range (DR) usually given
	in dB.		
		DR = 20log 10	2𝑉 max 𝑉 noise	Eq. 2.53

2.2 Radio frequency coils 2.2.1 Transmission and reception

  

	An RF coil can have different functions during MRI. It can act as a transceiver of an
	electromagnetic field in the RF range, i.e. be used for transmission and reception. Else,
	an RF coil can be used for transmission or reception only. At clinical field strengths,
	e.g. 1.5 or 3 T it is very common to use Rx-only coils because a transmit coil (the body
	coil) is typically incorporated in the scanner bore. At 7 T it is more common to use
	transceiver coils as large body coils are often not included in the MR scanner system
	by default.		
	Based on Ampère s law a current flow in the RF coil creates a magnetic field B1 that
	has to be perpendicular to the main magnet field B0 and oscillating at an RF frequency
	equal to the Larmor frequency to excite the magnetic moments in the sample and, as
	a consequence, tilt the net magnetization to the transverse plane. Following Faraday s
	law, the oscillating transverse magnetization induces an 𝑒𝑚𝑓 in the RF coil which is
	the received signal.		
	The linearly polarized B1 field produced by an RF coil can be decomposed into two
	circularly polarized counter-rotating components denoted as 𝐵 1 + and 𝐵 1 -. Only the
	component rotating in the same direction as the nuclear precession (by convention
	𝐵 1 + ) contributes to spin excitation. The receive signal is proportional to the
	10 2 𝑏 → 𝑏 = -component rotating in the opposite direction. 𝐵 1 𝐵 1 + = 𝐵 1,𝑥 + 𝑖𝐵 1, 2	DR 6.02	Eq. 2.54 Eq. 2.55
	It can be concluded that besides a high static 𝐵 0 field strength, a major aspect for high achievable SNR is the choice of ideal RF transmitters and receivers, i.e. RF coils. The 𝐵 1 2 -= * 𝐵 1,𝑥 -𝑖𝐵 1, Eq. 2.56
	functioning principle of RF coils based on RLC circuit technology, different coil types, where * denotes the complex conjugate.
	the components needed for coil interfacing to the MR scanner and coil performance It has to be noted that especially at high magnetic field strengths, the 𝐵 1 + and 𝐵 1 -field s
	characteristics will be discussed more in detail in the next section. spatial distribution strongly depends on the electrical properties of the sample, i.e.
	the relative permittivity and conductivity. The characteristic |𝐵 1 + |and |𝐵 1 -| asymmetry
	observed with conductive samples at UHF is explained more in detail and graphically

  electronics, or the textile can replace parts of the electronics (e.g. cabling can be replaced by conductive yarns or braids) and in the most extreme case the textile takes over all electronics functions.

	The motivation for the development of wearable solutions for MR devices is mainly
	based on the following arguments:
	convenience: for the device operator and the subject, i.e. improved comfort
	Nowadays, wearable technology is largely used in daily life (e.g. smartwatches, fitness because of ergonomics, lightweight, flexibility and miniaturization of
	trackers) but also in other not MR-related fields the technological development is components;
	advanced. An example is energy harvesting with smart wearables based on the usability: changes in posture (e.g. flexion of joints) for dynamic imaging or
	photovoltaic [77] or piezoelectric [78] principle. For health and well-being changes in patient position in between scans can be more easily done;
	applications, smart wearables mostly target the improvement of physiological efficiency: the workflow and, therefore, patient throughput can be increased;
	monitoring with textile-embedded sensors, e.g. ECG (electrocardiogram) electrodes accessibility: the patient can put on a wearable coil in the changing room, i.e.
	the coil positioning and handling is not restricted to the MR scanner operator
	only;
	oxygen saturation, surface temperature and humidity) during MRI scans developed
	by Vogt et al. [85] or a 2.4 GHz wireless miniature motion sensor developed by
	Van Niekerk et al. [86] that can be placed on the subject s nose and is employed for
	prospective motion correction

73] Wearable technology (WT, or wearable computing) encapsulates a plethora of devices worn directly on or loosely attached to a

person Obviously, WT is a quite vast term comprising devices that can be classified by applications, e.g. fitness, healthcare, lifestyle, infotainment, industry or military use. Smart wearable electronic components used in those devices range from microcontrollers, memories, batteries, sensors, audio equipment, and displays to cameras and can be worn on different body parts e.g. the eye, wrist, foot, neck, chest or the whole body.

The principle building material for wearable technologies that are not wearable gadgets e g fitness bracelets but smart garments

[74] 

is a textile with a certain function, differing from the functions of a simple textile, thus also called smart textile According to Langenhove et al.

[75]

, this can be explained as follows: Smart textiles are textiles that are able to sense stimuli from the environment, to react to them and adapt to them by integration of functionality in the textile structure. The stimulus and response can have an electrical, thermal, chemical, magnetic or other origin. For MR signals, the stimulus is of magnetic origin, i.e. the smart textile senses a current being induced by magnetic coupling in a conductive textile structure. The reaction to this stimulus can be the simple electrical transmission of the MR signal to some outlet where it would then be further transmitted to the MR scanner. In more sophisticated smart wearables, for example the automatic resonance frequency adaptation of flexible receive coils by an integrated retuning system as published by Mehmann et al.

[76] 

could be enabled. The textile itself can be either used as a carrier material and be adapted to integrate off-the-shelf rigid electronics or to embed traditional but flexible in T-shirts

[79,80]

. There is a subtle nuance between the meaning of portable compared to wearable because a device can be a handheld, wireless and small so that it can be stored in a pocket or bag, and thus portable, but not directly fabricated of a textile or always worn on-body. One portable device example from the medical imaging sector is a handheld wireless ultrasound scanner

[81]

, controlled via an application that can run on any portable device (smartphone, tablet). Unlike for ultrasound devices, for conventional high-field MR scanners relying on superconductive magnet technology, it is impossible to transform the whole system into a portable device. Nevertheless, some recent developments demonstrate the feasibility and advantages of low-field portable, or so-called tabletop MR scanners based on permanent or resistive magnets

[82 84

] for point-of-care imaging and diagnosis.

As a consequence, for high-end clinical scanners (> 3 T), the development of wearable MRI-related technology is focused on sensors and detectors used in the MR system, e.g. for the MR signal detection or patient monitoring. Some recent examples for wearable MR technology -other than flexible RF coils which will be discussed in section 3.2.1.1. -are a Bluetooth sensor for patient monitoring (heart rate, blood sensitivity: for RF coils the adjustment to subject size and shape of target anatomy means higher magnetic coupling and, therefore, sensitivity. Less variation in coil loading leads to more stable inter-subject performance; adaptability: to each subject size or anatomy. Further, RF coils and electronics can be adapted so that they can hold additional, ideally wireless, sensors collecting more information about physiological parameters and motion in parallel to MRI; safety: reduced weight and removal of coaxial cabling.

  rigid PCBs for lumped components. Both arrays implement novel decoupling techniques (annexes or rings) and can be used for high resolution imaging at 7 T, the 12-channel array specifically targets cardiac applications. The TLR fabrication approach used in the cited work above is related to previous publications

	on flexible double-sided (parallel-plate) TLRs printed on thin polymer film, e.g. Teflon
	or Kapton, [44 46]. The similarities of these double-sided TLRs on a flexible dielectric
	to an approach using two wires with a gap surrounded by a dielectric (GE Healthcare
	AIR technology) will be explained together with other flexible coil approaches
	below.
	Rios et al. [105] designed a pneumatic based size adjustable 13-channel Rx copper
	wire array that can physically adapt to infant head dimensions for neonate imaging at
	3 T.

Kriegl et al. and Hosseinnezhadian et al. [42,43] 

employed TLR technology for the fabrication of a 4-or 12-channel array using flexible substrate for TLR fabrication combined with Zhang et al. [106] developed a trellis structure for tailored size-adaptable surface coil arrays which can expand and contract and outperform dedicated commercial coils with similar coverage.

  applications show a lot of similarities with the patent published byStormont et al. in 2019 [112] where the cross section of a loop coil is depicted as two parallel (stranded) wires, encapsulated in a flexible dielectric. It is mentioned that at least one gap is introduced in the conductors, also named INCA conductors thereby forming a transmission line with a distributed capacitance in the dielectric and the resulting coil element weighs only approximately 10 g. vivo human pelvis, neck, hand and knee imaging or ex vivo sample imaging with the coil elements attached to some flexible support. In sinle-element phantom experiments, an SNR decrease was experienced with the stretchable coil compared to the use of a standard surface coil at the same coil-sample distance.

	3.2.1.1.3.3 Gruber et al. [131] constructed a 6-channel knee array for 1.5 T MRI with metal wires Electro-textile ( E-textile
	Zhang et al. [125] used conductive cloth (no specifications given) with high mounted onto an elastic substrate in a meandered way. The array consisted of two
	conductivity which was laser cut to the desired coil shape and attached to a cotton-rigid and four stretchable elements and demonstrated considerable SNR gain
	The use of AIR coils has been proposed for many different applications at 3 T, e.g. a like support designed to fit around the human neck. In a cadaver study they showed compared to a geometrically identical completely rigid coil array.
	16-channel (4 x 4 channel) [113] or a 22-channel array for head and neck imaging the SNR gain over a standard coil and in principle, this coil fabrication technique could
	[114] used to improve workflow in radiation therapy treatment planning based on 3 also be used with stretchable textiles. 3.2.1.1.4.2 Liquid metal
	T MR images. Other applications include MR neurography of the brachial plexus with Already in 1986 and 1990, Malko et al. [132] and Rousseau et al. [133] explored the
	3.2.1.1.4	Stretchable RF coils
		𝜌 𝐴•𝑙	is only 4
	times larger as compared to copper.
	Directly comparing the stretchable array to a commercial rigid 8-channel array in phantom imaging at 3 T revealed a 20 % SNR penalty. 𝛿 = 𝜌 π𝑓 0 𝜇 r 𝜇 0 Eq. 3.1
	Similarly, Port et al. [127] used 5-mm copper braid to construct a 4-channel wrist
	array, combined with on-coil digitization and optical fiber MR signal transmission at
	1.1.3.1 In 2016, General Electric (GE) Healthcare introduced a lightweight AIR Adaptive GE Healthcare AIR technology Image Receive) coil technology [108], highly robust against coil overlap variations 3 T. Tx/Rx mode at 7 T and compared to standard copper wire coils. Agir et al. [128] experimented with conductive silver thread and elastic fibers to Coaxial coil elements can be woven into and/or sewn onto some textile and conformed to a curved surface e.g. as demonstrated in a 3-channel design for 3 T MRI fabricate a single coil element of 4 cm width targeting breast MRI at 3 T.

[109 111], that is commercialized in a blanket-like array design with miniaturized interface boxes. The exact coil type and fabrication process has not been disclosed in scientific publications but the coils presented on the GE website and in publications demonstrating the a tight-fitting 24-channel vest array [115] or prostate, pelvis and rectal imaging with a 50-channel array consisting of a central and two lateral flaps [116]. Furthermore, the design was used in a 16-channel head coil in an open ski-mask design for neuroimaging [117]. 3.2.1.1.3.2 Coaxial TLRs In comparison to screen-printing or custom-made conductor assemblies, the use of commercially available non-magnetic coaxial cables to form a self-resonant TLR means less complicated manufacturing while still resulting in a lightweight, ultraflexible coil solution. Different forms of transmission line resonators, i.e. parallel-plate and coaxial TLRs have been discussed in section 2.2.3.2 (Theoretical Background), and the state-of-the art, advantages of coaxial TLRs (or coaxial coils , CCs) as well as functioning (e.g. the high impedance behavior and current distribution) will be more extensively explained in Article I and supplementary studies in section 4.3. The novelty presented in Article I is to combine the coaxial TLR principle [55,58] with the multi-turn multi-gap principle [118], previously only employed with parallel-plate TLRs [41]. Multi-turn multi-gap coaxial coils are used in Rx-only mode at 3 T and by Obermann et al. [119], using single-turn single gap coaxial coils. Recent publications showed the usability of single-turn single-gap coaxial coils in array configuration (Rx-only at 1.5 T, Rx-only at 3 T and Tx/Rx at 7 T) [55,120 124] for applications including in Clearly, stretchable coil designs offer the highest degree of flexibility but in addition to bending the coil also stretching can influence the coil s performance or mechanical robustness. Different manufacturing techniques for stretchable coil conductors exist: 3.2.1.1.4.1 Metal fibres Nordmeyer-Massner et al. [126] fabricated a stretchable 8-channel knee array out of a 5-mm copper fiber braid which was stitched onto a medical bandage. Depending on the stretching (up to 30 %), the coil geometry changes and therefore also the conductor length and wire configuration, resulting in resonance frequency and impedance changes which degrade the SNR performance and preamplifier decoupling as well as overlap decoupling when the distance between coil elements varies. Vincent et al. [129,130] used conductive thread stitched in a zigzag pattern onto a polyester support material, with coil diameters of approximately 7 cm for the fabrication of a flexible 2-channel breast coil array that can be attached to the subject s sports bra possibility of filling liquid metal (mercury) in elastic tubes and used this manufacturing technique for versatile surface coils in 0.5 T MRI with the main drawback of high toxicity of mercury. Port et al. [134] recently published their approach to developing a stretchable wearable receiver coil based on eutectic Gallium Indium (eGaIn), which is liquid at room temperature, filled in silicone tubes and sealed with a copper contact. The advantages of eGaIn are its high electrical conductivity and low toxicity. The resistivity of eGaIn (𝜌 e aIn = 29.4 𝜇Ω • 𝑐𝑚) is 17 times higher than the one of copper (𝜌 copper = 1.68 𝜇Ω • 𝑐𝑚) but at approximately 128 MHz, the skin depth 𝛿 (Eq. 3.1) in eGaIn and therefore the cross-sectional current area 𝐴 is 4 times larger than the one of copper and for conductors where 𝑑 1 ≫ 2𝛿, the effective resistance 𝑅 =

  Another requirement which has to be taken into account when aiming for wearable MR technology is the removal of cabling, e.g. DC power cables, coaxial cables, or DC control lines. For all in-bore electronics (e.g. sensors and power supply solutions) but especially for Rx-only coils in MRI it is advantageous to get rid of galvanic cable connections. The reasons, especially concerning patient safety and device functioning and the central goal of providing wearability are detailed in the introduction section of Article II. In the following sections 3.2.2.1 and 3.2.2.2, an emphasis is put on the discussion of different alternatives to coaxial cable MR signal transmission. This will also be the occasion to explain the basics of digital optical wireless communication as this approach was used in the development of an OWC module for motion sensor data transmission in the frame of this thesis. Section 3.2.2.2, highlights the importance of low power electronics for wearable MR technology.

	encoding	optical fiber	transmission	wireless (RF/optical)
	analog	+ simple low-cost implementation + minimum of additional on-coil components + no interference with RF measurement -performance limited by laser s RIN, trade-off between NF and dynamic range -laser dissipates much power -LED has low modulation speed	+ no need for digital electronics -high RF transmit power can potentially interrupt data transmission or lead to antenna damage -phase instability and channel fading (e.g. due to patient motion) -requires analog frequency multiplexing with multiple channels -synchronization is challenging
		+ use standard optical links (e.g. RCLED	+ most flexible option
		transceivers)		+ bandwidth efficiency using diversity
	digital	+ no RF spectrum/bandwidth limits	schemes (e.g. MIMO)
		+ no fading due to patient motion		
		-AD conversion, processing requires	
		several chips (on-coil), power		

As the overview in Table

3

.1 illustrates, the MR signal, encoded either in the digital or analog domain, can be transmitted using optical fiber or wireless transmission methods, each presenting specific advantages and disadvantages as compared to the use of simple coaxial cabling for each Rx coil channel.

Table 3 .
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1: Alternative MR signal transmission methods, adapted from [139], RIN… relative intensity noise, NF…noise figure, LED…light-emitting diode, RCLED…Resonant Cavity LEDs, MIMO… multiple input multiple output, Wi-Fi…Wireless Fidelity, Li-Fi…Light Fidelity

  Yuan et al. [140 142] report that the laser relative intensity noise (RIN), photodiode (PD) shot noise and thermal noise and laser or amplifier nonlinearities limit the dynamic range of the optical link, which is often inferior to the required DR in high-field MR examinations[32,143].Du et al. [144] Prerequisite for the transmission of digital signals via optical fibers is a digitization step, e.g. on-coil for the MR signal, to convert analog into digital electrical signals using an ADC. Several publications demonstrate the successful implementation of optical

	3.2.2.1.2	Digital optical fiber transmission
	experimented with different analog optical transmitters and found that a
	vertical-cavity surface-emitting laser (VCSEL) was the best choice for direct
	modulation in MRI applications because of its small size, low power
	consumption (low threshold current) and wide temperature range.
	Fandrey et al. [145] used a photovoltaic power converter to drive a VCSEL,
	directly modulated with the RF signal for the design of a 1.5 T miniature
	Independently of or together with analog RF signal transmission over optical
	fibers, active optical detuning has been implemented in several
	works [143,151,152] with a laser controlled circuitry to create PIN bias current,
	either by a battery power supply or photodiode current.

catheter coil without any galvanic connections.

Biber et al. [146] 

used a complex analog time division multiplexing and analog signal compression system to be able to transmit the signal of 4 RF channels via a single optical fiber link. (b) External modulation With an external modulator, e.g. a Mach-Zehnder modulator (MZM) as used by Koste et al. [147], the electro-optical signal conversion happens in the modulator consisting of electro-optic material that receives a continuous wave laser signal which is then intensity modulated by the RF signal. Aydé et al. demonstrated that an electro-optic crystal in bulk [148] or in waveguide format [149] can be employed as a laser polarization state modulator (based on the Pockels effect [150]) to sense the RF magnetic field. External modulation methods are often more complex, more expensive, involve a higher component count but can achieve higher DR than direct modulation methods [149]. fibers for the transmission of digitized MR signals [127,134,153 156]. The different existing digitization strategies as well as benefits and challenges related to each method are discussed more in detail in Article II but shall be schematically sketched in Figure 3.2.

Table 3 .

 3 of Article II: Using a direct sub-sampling approach, with rates of several tens of MHz (below the Nyquist rate), a band-pass filter designed to operate at the carrier frequency is needed to avoid signal aliasing which restricts the use to a specific B0 field [157].

	(a) Direct digitization
	With RF Larmor frequencies up to 300 MHz, direct sampling at the Nyquist rate
	is not the most reasonable option as ADC requirements then become more
	stringent, i.e. high sampling frequencies according to the Nyquist theorem

fs > 2fmax and high precision > 16-bit would be required and resulting data rates very high. This would also impose high demands on subsequent digital processing stages. that the sampling frequency only has to be at least twice the maximum information bandwidth so assuming a band-limited signal with a Δ𝑓 Rx of ±1 MHz, a sampling rate of at least 2 MSps would be sufficient. As the LO frequency can be modified, this method is more easily adaptable to other field strengths

[157]

. Quadrature (I/Q) demodulation will only be shortly references

[22,139,157,158]

. In modern MR receiver architectures, sampling is often done in complex mode with a reduced rate of fs > Δ𝑓 Rx , by so-called I(inphase)/Q(quadrature) demodulation collecting both real and imaginary data for each sampling point to eliminate signal ambiguities. This is done with a second LO mixer shifted by 90°, yielding I and Q components which are interpreted as parts of a complex baseband signal.

It should be noted here that the conversion and digitization steps do not necessarily need to happen in this order. In mixed approaches, for example analog demodulation to an IF can be followed by digital down-conversion to baseband after the ADC. 2. Concerning the ADC choice, a trade-off between different criteria has to be found:

Table 3 . 2
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: Non-magnetic ADC examples, LVDS…low voltage differential signaling

As also mentioned in Article II, it can be advantageous to perform some kind of data compression to alleviate data rate and storage requirements. The primary objective is to reduce the data rate on-coil before optical fiber or especially before wireless transmission. This can be done by ADC-integrated decimation features or some other digital operations controlled by an FPGA, e.g. by coil-wise or dynamic demodulation on a per-channel basis or DR compression

[139,162]

.

  An example, suitable for in-bore real-time signal processing as demonstrated by Reber et al. [156], is the Artix-7 (Xilinx, San Jose, CA,

	USA).

According to literature, optical transceivers coupled to optical fibers that were employed in the MR environment are either non-magnetic commercial options or custom-made.

Aggarwal et al. [165] 

report using a Firecomms 1 Gbps LC (Lucent Connector) transmitter and receiver and a plastic optical fiber connection.

Vogt et al.

[166] developed a custom non-magnetic micro-optical module using a VCSEL laser transmitter and PD receiver that can operate at speeds higher than 1 Gbps over glass fiber which was then used in connection with a wearable in-field MRI receiver. Out-of-bore [167] or in-bore [156] digital optical fiber transmission experiments were conducted with standard small form-factor pluggable (SFP) or similar transceivers that can achieve data rates of several Gbps but presumably contain some ferro-or paramagnetic parts (e.g. housing). A thorough component search identified solutions dedicated for use in MRI are proposed by Firecomms and Molex [168,169]. Non-magnetic transceivers based on RCLED (Resonant Cavity Light-Emitting Diode) transmitter technology are available for data rates up to 250 Mbps.

Table 3 .

 3 3. 

	parameter	LED	laser
	output power	low	high
	radiant angle	wide	narrow
	modulation bandwidth/speed	moderate	fast
	power consumption	low-moderate	high
	linearity	high	low
	eye safety concerns	low	high
	reliability/lifetime	high	moderate
	cost	low	moderate-high

Table 3 .

 3 3: Typical characteristics comparison between an LED and a semiconductor laser

  GHz mm wave link[165]. Another sophisticated low-power option is the receiver integrated circuit published bySporrer et al. [155], consuming less than 240 mW/channel for signal down-conversion, digitization and components dedicated to synchronization but doesn t include optical or wireless transceiver power consumption. In the design of an in-bore receiver described byReber et al. [156], a higher required power consumption of ≈ 1.5 W/channel was reported (including optical fiber transceiver) which can lead to very high power demands if this receiver solution is scaled up to be used with 64 coil channels (resulting in 96 W).

Also, the amount of additional sensors that can be employed in parallel with MRI or the duration of sensor operation, e.g. for motion detection and correction

(30)(31)(32)(33)(34)(35)(36)(37)(38)(39)(40) 

mW/sensor

[11,214]

), depends on the available wireless power capacity.

The main challenges for the removal of cabling, applicable to all wearable MR devices and concerning data transmission or power supply, can be summarized in the aspects listed below and are further discussed in Article II: correct representation and transfer of data (MR signal, sensor signals) with other methods than conventional coaxial cables (analog/digital, optical fiber/OWC or RF wireless), limited availability of MR compatible components, the need for wireless power solutions and low power electronics, potential interference of multiple wireless devices in parallel to MR, e.g the RF coil, sensors, power supply and B0 shim or detuning control.

  ] which is commercialized in a small and large version The latter is dedicated to shoulder, knee or hip imaging, has the dimensions 51.6 cm x 22.4 cm and weighs 550 g in total (4.8 kg/m 2 ) for the coil only, i.e. the weight on the patient without cable and coil plug connector.Another flexible lightweight coil array is currently under development at the Medical University of Vienna using single-turn single-gap coaxial coils with miniaturized PCB layout and components[216]. In the final array version, coils will be similarly arranged as in the previously published 3-channel array[119] with overlapping 8 cm diameter coils. The extrapolated total weight of a 28-channel coaxial coil array version with the interface PCB enclosed in a custom 3D-printed housing, cable traps, fixation straps, different textile layers and estimated maximum dimensions of 60 cm x 30 cm is only ≈ 1.3 kg (7.2 kg/m 2 ). Cable connections to the coil plug, again equipped with some cable traps, will add weight but not necessarily on-patient as these cables are located at one end of the coil and routed along the patient bed.With a flexible but not wireless coil as described above, i.e. with conventional coaxial cable MR signal transmission, there is still room for improvement in terms of weight reduction. Commonly used cable traps encapsulated in bulky 3D printed housing could be replaced by novel approaches for lighter and more flexible cable trap construction, e.g. the caterpillar trap [217] or miniaturized inverted cable traps [218].

flexible coil to the one of normal clothing. The arrangement of RF coil elements on flexible or stretchable support materials has been demonstrated for a knee bandage or athletic pants [134,138], a sports bra [129], a patient cloth-like shirt [115] or gloves [55,122]. Ergonomic design facilitates handling for the coil operator but could also render the MR workflow more efficient if the patient is able to safely put on the coil in the changing room without assistance. Individual coil sizes could further improve comfort and optimize form-fitting for applications where patient anatomy size varies strongly. While small sensors used in MR usually have negligible weight, the RF coil weight can vary largely. Conventional large multi-channel arrays with rigid housing and many on-coil electronics e g the preamplifier located as close as possible to the coil s output and cable traps, are bulky and heavy. Some MR scanner vendors propose flexible lightweight coil arrays. One widely used example is the Siemens 4-channel flex coil [215

  One approach is to create textile pouches to insert the coils as has been shown for liquid metal or conductive e.g. synthetic medical leather. Semi-flexible coils can be combined with small rigid 3D-printed housing parts (e.g. biocompatible polyamide, [104]) to protect electronics and are then assembled with flexible materials to allow for formfitting to the patient s anatomy. For medical products and in vivo use, the used materials must be in conformity with applicable standards imposed by the IEC but also the United States Food and Drug Administration (FDA) and the EU regulation 2017/745 on medical devices. Example requirements are biocompatibility, noninflammability and resistance to disinfectants. For routine use, materials should also ideally be tearproof and have a long lifetime.

elastomer coils

[134,138]

. Coaxial coils can be sewn onto or woven into some padding layer, as shown by

Obermann et al. [119] 

and, for in vivo use, the coil array should additionally be surrounded by surface material that is easily cleanable and splash-water resistant,

4.2 Article I : Flexible multi-turn multi-gap coaxial RF coils: design concept and implementation for Magnetic Resonance Imaging at 3 and 7 T
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and 15 cm. Electromagnetic simulations are used to investigate the currents on MTMG-CCs, and demonstrate comparable specific absorption rate of 7 T CCs and SCs. Signal-to-noise ratio (SNR), transmit efficiency, and active detuning performance of CCs were compared in bench tests and MR experiments. For the form-fitted receive-only CCs at 3 T no significant SNR degradation was found as com- pared to flat SCs on a balloon phantom. Form-fitted trans- mit/receive CCs at 7 T showed higher transmit efficiency and SNR. MTMG-CCs can be sized to optimize sensitivity, are flexible and lightweight, and could therefore enable the fabrication of wearable coils with improved patient comfort.

  

10.1109/TMI.2021.3051390. Digital Object Identifier 10.1109/TMI.2021.3051390 between 4

Table 4 .
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1: Table listing the relative deviation between resonance frequency calculations (f0,calc) and measurements (f0,meas), the green color gradient indicates increasing number of turns (nt) or gaps (ng) and increasing frequency (f0,meas).

  of Article I.

	𝑍 coil,sel ,series 𝜔 = 𝑅 + 𝑍 shield 𝜔 + 2𝑛 g 𝑍 T 𝜔 Eq. 4.2 -Eq. 4.4 describe the coaxial stub impedance 𝑍 T and the outer shield Eq. 4.1 𝜔𝑙 √ 𝜀 r 𝑐 0 Eq. 4.2 𝑙 = 𝑛 t 𝑑 0 π 2𝑛 g -𝑤 g Eq. 4.3 impedance 𝑍 𝑍 T 𝜔 = 𝑖𝑋 T 𝜔 = -𝑖𝑍 0 cot 𝑍 shield 𝜔 = 𝑖𝑋 shield 𝜔 = 𝑖𝑛 t 2 𝜔𝜇 0 𝑑 0 2 ln 8𝑑 0 𝑑 1 -2 Eq. 4.4

shield (assuming lossless stubs and inductors, thus neglecting resistive parts). 𝑤 g denotes the width of one gap and 𝑙 the length of one coaxial stub, depending on the number of turns and gaps.

Table 4 . 2

 42 .e. it appears as an open). In between the impedance minima and maxima, the coaxial stub either acts as an inductance or a capacitance, depending on the relation between stub length and wavelength, as detailed in bullet points above and marked in Figure4.5. As 𝑍 shield 𝜔 is proportional to 𝜔 and 𝑍 T 𝜔 is a function of

	𝜆 2	, the coaxial transmission

, the self-resonances f0,calc, f1,calc and f2,calc are not linearly related. In Table

4

.2, some examples measured on the bench (inductively with a double pick-up probe with baseline S21 < -80 dB) are given, together with the respective relative deviation between calculated and measured resonance frequency values. : Bench measurement examples for two self-resonance modes of CCs without interfacing circuitry

Table 4 .

 4 3: Results from self-resonance frequency measurements, analytical calculations and EM simulationsAs given in Table4.3, for 1T1G-CCs, the Larmor frequency deviates by -20.1 % (7 cm 1T1G-CC) and +89.2 % (15 cm 1T1G-CC) from the measured unloaded self-resonance frequency. The calculated resonance frequencies deviate more from experimentally determined ones than the simulated ones. This can be explained by a more accurate

representation of the coaxial coil properties and structures in 3D EM simulation. The equivalent circuit model is only approximative, neglects the effects of a gap capacitance (possibly slightly lowering f0) and the characteristic cable impedance was taken from the cable s data sheet but can usually vary by ± 2 Ω.

Table 4 .
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	1T1G-CCs

4: EM simulation coaxial coil parameters

Table 4 .

 4 

5: Mean oCo surface current amplitude

Table 4 . 6

 46 baseline S21 of approximately -80 dB. Measurements with coil interface were conducted via a 50 Ω coaxial cable connection to the VNA. All bench measurements are summarized in Table4.6. In addition to the supplementarily fabricated 1T1G-CCs, the MTMG coils also used in Article I, were remeasured before MRI. Re-soldering and shortening of connector pins, an exchange of tuning inductors can result in slightly different values for MTMG-CCs than those mentioned in bench tests in Article I.

						coil only			with interface	
	d0 [cm] nt ng	fu [MHz]	Qu	fl [MHz]	Ql	Q ratio	S11 @ fL [dB]	Qu	Ql	Q ratio
	7	1	1	154.1	170	148.4	19	8.9	-19.2	70	42	1.7
	7	2	2	119.1	95	115.2	24	4.0	-21.4	70	36	1.9
	15	1	1	65.1	121	63.0	31	3.9	-31.6	78	26	3.0
	15	2	5	112.3	73	108.4	12	6.1	-28.3	52	17	3.1

: Bench measurement results for the 1T1G-CCs and MTMG-CCs without interface (coil only) and with interface

Table 4 .

 4 

		1	1	183	0.9	5.5	6.9	2.0	1.4
	7	2	2	734	5.9	18.8	4.2	8.1	7.7
	15	1	1	469	2.2	16.9	8.8	4.7	9.3
	15	2	5	1876	19.0	114.5	7.0	27.9	57.5

7: Coil and sample loss calculations for the 1T1G-CCs and MTMG-CCs without interface (coil only) and with interface

Table 4 . 8

 48 

		Average SNR	relative SNR difference
	d0 [cm]	1T1G-CC	MTMG-CC	(MTMG vs. 1T1G)
	7	715	750	+4.7 %
	15	190	211	+10.0 %

: SNR comparison between MTMG-CC and 1T1G-CC

SNR central axis profiles shown in

Table 4 .

 4 

	9: Relative FA difference (minimum, maximum) over the whole phantom

Table 4 .

 4 10: Resonance frequency calculations for a 10 cm 1T1G-CC Bench measurement results in Table4.11 show good accordance with resonance calculations (Table4.10). With the coil in loaded configuration and the inclusion of matching capacitors in the interface, S11 measurements revealed that the second parallel resonance shifts very close to fL and the coil is matched, although not to a satisfying level at 297.2 MHz. The matching could be improved with different CM values or a different phantom (in size and dielectric properties), or by reducing the coupling to the sample by increasing the coil-sample distance. Fine-tuning could be achieved with a variable capacitor instead of or in addition to CT.

	unloaded	f0,meas [MHz]	Qu,0	S11 [dB]	f1,meas [MHz]	Qu,1	S11 [dB]
	self-resonance	121.7	233	-	699.0	160	-
	∥CT	44.8	115	-	336.2	85	-
	loaded	f0,meas [MHz]	Ql,0		f1,meas [MHz]	Ql,1	
	∥CT + matching	38.5	24	-30.0	297.3	20	-7.5

Table 4 .

 4 

11: Bench measurement results for a 10 cm 1T1G-CC with capacitive tuning and matching

Table 4 .
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		minimum	maximum
		(phantom) [%]	(phantom) [%]
	d0 [cm]	SC	CC	SC	CC
	4	-7.3	-8.5	+5.6	+4.1
	7	-10.5	-12.3	+6.9	+5.2
	10	-9.5	-8.1	+8.9	+7.1
	15	-13.1	-16.7	+7.1	+19.4

12: 

Relative FA difference (minimum, maximum) over the whole phantom

II : Perspectives in Wireless Radio Frequency Coil Development for Magnetic Resonance Imaging

  This paper addresses the scientific and technological challenges related to the development of wireless radio frequency (RF) coils for magnetic resonance imaging (MRI) based on published literature together with the authors' interpretation and further considerations. Key requirements and possible strategies for the wireless implementation of three important subsystems, namely the MR receive signal chain, control signaling, and on-coil power supply, are presented and discussed. For RF signals of modern MRI setups (e.g., 3 T, 64 RF receive channels), with on-coil digitization and advanced methods for dynamic range (DR ≥ 16-bit) and data rate compression, still data rates > 500 Mbps will be required. For wireless high-speed MR data transmission, 60 GHz WiGig and optical wireless communication appear to be suitable strategies; however, on-coil functionality during MRI scans remains to be verified. Besides RF signals, control signals for on-coil components, e.g., active detuning, synchronization to the MR system, and B 0 shimming, have to be managed. Wireless power supply becomes an important issue, especially with a large amount of additional on-coil components. Wireless power transfer systems (>10 W) seem to be an attractive solution compared to bulky MR-compatible batteries and energy harvesting with low power output. In our opinion, completely wireless RF coils will ultimately become feasible in the future by combining efficient available strategies from recent scientific advances and novel research. Besides ongoing improvement of all three subsystems, innovations are specifically required regarding wireless technologies, MR compatibility, and wireless power supply.

	This sub-chapter is an exact replica of the article entitled Perspectives in Wireless
	Radio Frequency Coil Development for Magnetic Resonance Imaging [10], published
	in Frontiers in Physics. This work is licensed under a Creative Commons Attribution
	4.0 License (https://creativecommons.org/licenses/by/4.0/).
	Citation information: DOI 10.3389/fphy.2020.00011

  3-axis Hallsensor, sampling at 1 kHz. An asynchronous serial communication protocol (one start bit, one stop bit, no parity bit) is used for digital optical fiber data transmission of the motion data to the SAEC at a rate of approximately 1 MBd (921600 Bd). The data rate is set to 1 MBd in order to retrieve the data in real-time from the sensor and accommodate all other tasks, e.g. of the microcontroller, within one sensor timesampling interval (1 ms), and to stay within data rate limitations of common serial to USB conversion cables as used for interfacing to the SAEC server after opticalelectrical signal conversion. The bidirectional optical fiber link is used to activate sensor data transmission, starting by the sensor s identity, and to set the sensor in standby mode or transmit data of only some of the integrated measurement units

(Hall sensor or gyroscope and accelerometer). One or multiple MARMOT s accelerometer data can be employed for retrospective motion correction, e.g. using a reconstruction-based method implemented in the so-called GRICS algorithm (generalized reconstruction by inversion of coupled systems,

[228]

). The MARMOT provides an alternative to pneumatic belts and is interesting as it can improve patient comfort and facilitate or accelerate the set-up process on the patient. A single MARMOT sensor which is placed close to the anatomy of interest can yield similar

  4) in series with the LEDs, determining the drive LED current, can be selected by a switching logic implemented by four high-speed MOSFET drivers (controlled by signals PTX1R-PTX4R) each in series to a MOSFET. With different resistor values, this results in theoretically 24 possible LED power combinations. As for preliminary tests, the limiting resistor was set to the same value for all 4 LEDs (5 Ω) this results in 4 possible total LED power levels given in Table5.1, depending on the number of active LEDs. The forward current determined by the resistors is approximately 3 V / 5 Ω = 600 mA for each LED.

	With a voltage of ≈ 1.9 V at each LED, this results in a total LED power of either 1.14,
	2.28, 3.42 or 4.56 W for 1, 2, 3 or 4 active LEDs, respectively.		
	PLED PTX1R PTX2R PTX3R PTX4R	PLED#1 [W]	PLED#2 [W]	PLED#3 [W]	PLED#4 [W]	Ptot,LED [W]
	1	0	0	0	1	0	0	0	1.14	1.14
	5	0	1	0	1	0	1.14	0	1.14	2.28
	7	0	1	1	1	0	1.14	1.14	1.14	3.42
	15	1	1	1	1	1.14	1.14	1.14	1.14	4.56

Table 5 .

 5 1: LED power levels (Ptot,LED) depending on the combination of resistors. PLED denotes the value out of 24 possible combinations that was entered in the Python GUI (seeFigure 5.6).

Table 5

 5 

					.2 is voluntarily restricted to the most important
	cases of successful and power-efficient data transmissions (test 1 and 2), and
	examples demonstrating the upper data rate limit for this OWC module configuration
	using NRZ OOK (tests 3-5).					
	test # LEDs	PLED [W]	distance [m]	data rate [MBd]	message	status	Figure
	1	1	1.14	0.3	2	Hello world	OK	5.7
	2	2	2.28	1.5	2	Hello world	OK	5.8
	3	4	4.56	1.5	2	Hello world	OK	5.9
	4	4	4.56	1.5	2.5	Hello world	failed	5.10
	5	4	4.56	1.5	2.4	UUUUUSSSSSS	OK	5.11

Table 5 . 2
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: OWC module test result summary

  Tx and Rx circuitry has to be taken into account as well. Assuming a duty cycle of 50 % for optical components, which is a correct approximation for long continuous data transmissions, the two LEDs dissipate 1.14 W in total. The power consumption for optical detectors, surrounding Tx and Rx circuitry was estimated according to average values given in data sheets, resulting in a total of 2.58 W of which the power dissipation in resistors and MOSFET drivers are the main factors (1.8 W and 0.7 W, respectively). The resulting estimation for the total power consumption of an OWC transceiver prototype with 2 active LEDs is ≈ 3.72 W. This estimation was verified on the bench, with the RasPi and launched Python GUI consuming 1.55 W and data transmission at approximately 50 % of the time. It was found that the theoretically calculated value for OWC module power consumption was an overestimation by only 20 mW. With a Lithium-Polymer battery of reasonable size for on-patient use, usually a power capacity of 2.5 Ah (3.7 V) can be reached. For the total power estimation, this results in a battery runtime of ≈ 2.5 h with continuous data transmission (for the OWC module only, excluding the RasPi).

  2.custom-built OWC modules. Further, due to the high achievable data rate of up to 100 Mbps, in case the OWC module could be modified to be completely non-magnetic, the simulated OWC module set-up could be employed for the on-coil transmission of digital MR signals, e.g. with 4 Rx-channels sampled at 1.5 MSps with a 16-bit ADC (results in 96 Mbps at 100 % duty cycle). Another possibility would be to use the optical wireless transceiver to send out sensor data from the scanner bore, e.g. ECG, pulse oximeter, patient motion, temperature or E-and B-field data.

Table 5 .

 5 3: OWC module test categoriesAt first, full MR compatibility has to be ensured and device performance thoroughly tested with varying set-ups. For in vivo use, the aspect of patient safety is nonnegligible. The color code in Table5.3 will be used to relate listed tests to one of the above-mentioned categories.

OWC module tests have to be conducted in two different configurations: (1) outside of the MR scanner, e.g. in a separate room, to confirm MR compatibility, device functioning and rule out basic patient safety concerns, and (2) inside the MR bore

Table 5 .

 5 4: MR compatibility tests outside of the MR scannerBaseline performance tests outside of the MR scanner are important to judge whether the OWC characteristics are sufficient for the targeted application (e.g. required data rate and transmission distance). Also, this measurement data will later serve as a reference to determine the influence of the presence of a strong B0 field, gradients and an RF field on the data link performance.

	1. Bidirectional data transfer capability (e.g. iPerf3: change server and client
	mode)?
	2. Maximum achievable data rate and data loss depending on distance and angle
	(change in horizontal alignment) between OWC modules?
	3. Simulated breath hold (stable OWC set-up) vs. simulated free-breathing (up-
	down movement of one OWC module, change in vertical alignment between
	modules) and effect on maximum achievable data rate and data losses?
	4. Sensitivity to reflection: wrap reflective (white, comparable to scanner bore
	surface) or light-absorbing (black) material around receiver part: effect on
	maximum achievable data rate and data losses?
	5. Sensitivity to shading of area near the receiver due to objects in the optical path
	(e.g. head coil): effect on maximum achievable data rate and data losses?
	6. Sensitivity to changes in ambient light: effect on maximum achievable data rate
	and data losses?
	7. Power consumption of modules in standby mode (no data Tx) and during data
	transfer (at maximum data rate)?

Table 5 .

 5 

5: OWC module performance tests outside of the MR scanner

Table 5 .

 5 The functioning of in-bore electronics can suffer from voltage created due to the Hall effect in semi-conductors in the B0 field. Also, eddy currents can be induced in conductors either by movement of the device in the B0 field or gradient switching and the RF transmit and gradient field can lead to heating of the device or high induced currents (e.g. on conductive loops formed on the PCB) due to the high RF power which could possibly damage device electronics. MR image artefacts can originate from B0 Inside the MR scanner, tests on the effect of reflection (cf. test 4 in 5.3.4.1) could be carried out comparing the device performance with the bare scanner bore surface and the bore surface being shielded by light-absorbing material.

		6: OWC module patient safety tests outside of the MR scanner
	5.3.4.2	Inside the MR bore

For setting up the OWC modules inside the MR scanner, a construction has to be built to fix one of the optical transceivers at the end of the scanner bore. The second optical transceiver could be placed on the patient bed or on top of a phantom. For data link performance tests, the modules could be connected to a PC, e.g. via long non-magnetic Ethernet cables. For in-bore tests, either power outlets in the MRI room or ideally, a non-magnetic power solution (e.g. rechargeable batteries) could be used.

Here, tests on MR compatibility and device performance go hand-in-hand as robust device functioning in the MR is desired and ideally, at the same time, image quality stays unaffected by the placement of the OWC module inside the bore.

6. B0 + gradients + RF transmit field: phantom-imaging test to evaluate effect on B1 and MR image quality of the OWC module in-bore (e.g. FA mapping

[64] 

with and without OWC module present using the body coil in Tx/Rx mode, acquisition of standard GRE image).

Table 5 . 7
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: OWC module tests in the MR bore

  2; 5]. All comparisons could be done based on the analysis of surface current amplitude and homogeneity on the Oco, the transmit efficiency, and local SAR.

	Furthermore, the design of a coaxial coil which is dual-tuned, i.e. suitable for
	operation at different operation frequencies or nuclei is interesting. One could
	evaluate whether there exists one coaxial coil geometry which, when operated at two
	or more different frequencies, yields high Oco currents, transmit efficiency and low

local SAR. Tuning and matching could be achieved using different interface configurations giving rise to the appearance of a second resonance, e.g. with a tuning inductor LT and a multi-gap coil, as discussed in section 4.3.2.3. The coil port for each separate frequency-dependent Tx/Rx path could be located at different gap positions.

Table 2 .

 2 1: NMR relevant nuclei ...................................................................................................................................................

Table 2 .

 2 2: Main components of an MRI system ................................................................................................................

Table 2 .

 2 3: Scaling rules for the Q factor, RF sensitivity factor and SNR ...............................................................

Table 2 .

 2 4: Excerpt from the SAR limits set for the normal operating mode in the IEC standard ..................................................................................................................................................................................................................

Table 3 .

 3 1: Alternative MR signal transmission methods, adapted from RIN relative intensity noise NF noise figure LED light-emitting diode RCLED Resonant Cavity LEDs MIMO multiple input multiple output, Wi-Fi Wireless Fidelity, Li-Fi Light Fidelity .................................................................. Table 3.2: Non-magnetic ADC examples LVDS low voltage differential signaling ....................................... Table 3.3: Typical characteristics comparison between an LED and a semiconductor laser ....................

Table 4 .

 4 1: Table listing the relative deviation between resonance frequency calculations (f0,calc) and measurements (f0,meas), the green color gradient indicates increasing number of turns (nt) or gaps (ng) and increasing frequency (f0,meas)..........................................................................................................................................117 Table 4.2: Bench measurement examples for two self-resonance modes of CCs without interfacing

Table 4 .

 4 7: Coil and sample loss calculations for the 1T1G-CCs and MTMG-CCs without interface (coil only) and with interface ............................................................................................................................................................137

Table 4 .

 4 8: SNR comparison between MTMG-CC and 1T1G-CC ...............................................................................139

Table 4 .

 4 9: Relative FA difference (minimum, maximum) over the whole phantom ....................................140

Table 4 .

 4 10: Resonance frequency calculations for a 10 cm 1T1G-CC ..................................................................143

Table 4 .

 4 11: Bench measurement results for a 10 cm 1T1G-CC with capacitive tuning and matching

Table 4 .

 4 12: Relative FA difference (minimum, maximum) over the whole phantom .................................145 Table 5.1: LED power levels (Ptot,LED) depending on the combination of resistors. PLED denotes the value out of 2 4 possible combinations that was entered in the Python GUI (see Figure 5.6). .................172 Table 5.2: OWC module test result summary..................................................................................................................176 Table 5.3: OWC module test categories .............................................................................................................................187 Table 5.4: MR compatibility tests outside of the MR scanner .................................................................................188 Table 5.5: OWC module performance tests outside of the MR scanner .............................................................188 Table 5.6: OWC module patient safety tests outside of the MR scanner ............................................................189 Table 5.7: OWC module tests in the MR bore ..................................................................................................................190 Résonance Magnétique en Biologie et Médecine (SFRMBM) Young Scientist Association (YSA) of the Medical University of Vienna International Society for Magnetic Resonance in Medicine (ISMRM) European Society for Magnetic Resonance in Medicine and Biology (ESMRMB)

	International
	Paris, France 10/2017 -12/2020
	PhD studies, Orsay, France
	01/2012 -06/2012
	French linguistics and civilization courses (CCFS, Fondation Robert de Sorbon)
	08/2011 -08/2012
	Au-pair year
	Nice, France 01/2016 -07/2016
	Erasmus semester, Université Sophia Antipolis
	Language skills
	German (native), English (C2), French (C2), Spanish (A2)
	Awards and scholarships
	2013, 2014, 2016
	Excellent performance scholarship, University of Vienna, Austria
	Memberships
	2020
	IEEE Student Member
	Société Française de

2020 ISMRM Educational Stipend, virtual meeting 2019 ISMRM Educational Stipend & SFRMBM stipend, Montréal, Canada ISMRM Magna Cum Laude merit award, Montréal, Canada 2018 ISMRM New Entrant Stipend, Paris, France 2017 MESR Ministère de l Enseignement Supérieur et de la Recherche PhD funding for 3 years, Orsay, France 2016 Erasmus+ scholarship, Nice, France

Theoretical Background2. Theoretical Background

Wearable MR technology

Study I: Flexible radio frequency coils 4. Study I: Flexible radio frequency coils

This work is licensed under a Creative Commons Attribution 4.0 License. For more information, see https://creativecommons.org/licenses/by/4.0/

Supplementary materials are available in the supporting documents /multimedia tab.

Figure 4.25: SNR along the central coil axis for 7 T SCs and CCs
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4.3

Supplementary studies with flexible coaxial RF coils

Introduction

This section presents additional information on the development and implementation of coaxial RF coils, including single-turn single-gap and multi-turn multi-gap CCs, resulting from a series of supplementary studies. Aspects shown and discussed in the supplementary studies comprise results from analytical calculations, EM simulations, bench tests and MRI. The data was to a majority not presented in the article and partly presented during international and national (French) scientific conferences [221 226]. For data also shown in the article, this chapter allows for a deeper discussion of coaxial coil properties and a more detailed explanation of results and perspectives.

All supplementary studies were grouped into the following categories: 
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Supplementary studies: MR compatible optical wireless data transmission

Introduction

The theoretical possibility of employing an optical wireless communication approach for high-rate data transfer in wireless RF receiver arrays in the future was discussed in Article II. The motivation for supplementary studies was therefore to explore the feasibility of OWC in MR and to put a focus on the development of an OWC module.

The first goal was to employ OWC data transmissions where less stringent performance requirements (e.g., data rates) than for MR signals apply. In section 5.3.2, the prototype development of a custom-built optical wireless transceiver module and preliminary test results are described. The OWC module targets the in-bore optical wireless transmission of motion sensor data at a minimum rate of approximately 1 Mbps per sensor.

To further evaluate different light propagation scenarios inside the MR scanner bore, in section 5.3.3, a simulation study for different use cases is presented.

Finally, a test procedure to be followed to ensure full functioning of the envisioned OWC transmission system in the MR environment has been established. This summary of tests is presented in section 5.3.4, which could be the guideline for device performance, MR compatibility, and safety tests in the future.

Appendix

Optical wireless communication module: list of main components