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Résumé de these

L'élastographie par résonance magnétique (ERM) est une technique d'imagerie pour
la caractérisation mécanique des tissus biologiques. Cette technique est capable de fournir
des informations supplémentaires sur le développement de processus pathologiques
pouvant survenir dans des maladies comme la fibrose, le cancer, 1'hypertension ou les
traumatismes, car ces affections s'accompagnent généralement de modifications des
propriétés mécaniques des tissus. Ces altérations sont facilement détectées en routine
clinique par palpation méme si cette approche est limitée aux organes superficiels et
produit des résultats globaux, qualitatifs et dépendants de l'opérateur. L'approche par
ERM surmonte ces limitations en cartographiant en trois dimensions les propriétés
mécaniques des organes profonds, inaccessibles autrement, comme le cerveau. L'ERM
consiste a enregistrer par IRM en contraste de phase les champs de déplacement induits
par la propagation d'une onde de cisaillement générée dans le tissu cible. Des parametres
mécaniques tels que la vitesse de 1'onde de cisaillement, 1'élasticité ou la viscosité de
cisaillement peuvent ensuite étre déduits en inversant les équations différentielles des
champs de déplacement 3D.

Cependant, la promesse d'une quantification absolue des modules viscoélastiques
de cisaillement par ERM est minée par la dépendance multiple des résultats aux
parametres d'acquisition et aux méthodes de reconstruction. Des travaux récents ont
montré que les facteurs déterminant 1'exactitude et la précision de la mesure par ERM
peuvent finalement étre ramenés a deux parametres qui caractérisent essentiellement la
qualité de 1'échantillonnage de l'onde de cisaillement se propageant : le facteur
d'échantillonnage spatial (ou nombre de voxels par longueur d'onde), s = 1/a, et le
facteur d'échantillonnage d'amplitude (ou facteur de qualité des données), Q@ = q / Aq,
ou A est la longueur d'onde de cisaillement, a, la taille du voxel, q, 1'amplitude du
rotationnel du champ de déplacement, et Aq , l'incertitude de mesure associée. Il a été
montré que, dans des milieux mécaniquement homogenes ou la propagation des ondes de
cisaillement se fait a une unique longueur d'onde, Les conditions sur s et Q doivent étre
optimisées pour réaliser une mesure la plus précise et la plus exacte possible et ainsi
rendre les résultats de I'ERM valides.

Dans ce travail, les conditions optimales ont été étudiées dans des milieux
hétérogenes et structurés afin qu'elles puissent étre appliquées au cerveau. Compte tenu
des contraintes associées, la précision et l'exactitude de la vitesse et des modules
viscoélastiques ont été déterminées pas a pas d'abord dans des fantomes, puis in vivo, a

la fois a l'intérieur et en dehors des conditions optimales de I'ERM.

Ce manuscrit commence par une introduction établissant une revue des différents

résultats obtenus dans la littérature en ERM cérébrale. Elle établit les limites de la
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technique et des pratiques. Elle détermine les orientations des travaux réalisés au cours
de cette these.

Dans le chapitre 1, les principes physiques de base, de l'acquisition et de la
reconstruction en ERM sont posés. Les hypotheéses et les équations derriere
I’élastographie par résonance magnétique utilisés tout au long de la theése sont détaillés.
Les méthodes et les instruments que nous avons développés pour pouvoir appliquer la
technique dans le cerveau y sont décrits.

Dans les chapitres 2, 3 et 4, les conditions optimales sur s et Q sont étudiées tout
d’abord dans des milieux homogenes d’élasticité différentes puis dans des milieux
hétérogenes. La précision et 1'exactitude de la vitesse et des modules viscoélastiques de
cisaillement ont été déterminées pas a pas d'abord dans des fantomes, puis in vivo dans
le cerveau, a la fois a l'intérieur et en dehors des conditions optimales de 'ERM.

Dans le chapitre 2, la précision et l'exactitude de I'ERM sont étudiées selon
différentes stratégies d'échantillonnage optimal en réalisant des expériences
multifréquence sur un ensemble de fantomes calibrés mécaniquement qui représentent
quatre stades de la fibrose hépatique (Figure 1). Une quantification absolue et une
gradation significative de la fibrose ne peuvent étre obtenues que lorsque les conditions
optimales sont remplies soit prospectivement par une excitation multifréquence adéquate,

soit rétrospectivement par un multi-rééchantillonnage des données (Figure 1).

f = f conv T .f = f opt :{EZ .f - fconv
. 3 a = 1.25 mm . ! 31 a — 1.25 mm a = Qopt
’.‘ | ! 207 Hz
2 e - -

2 2
g B T
—_—

N 1 - E ! 1} 60t

. § | - =

1.5 T -+ 15T 1.5

Cl1 C2 C3 C4

(a)

0°c1 c2 ¢3 ca

(b)

Cl C2 C3 C4

(c)

Figure 1 : Acquisitions ERM multifréquence pour la quantification des parametres

mécaniques et une discrimination significative de fantomes représentant quatre grades

de fibrose hépatique a 1.5 T. En haut, cartes de facteur de qualité, Q, et de vitesse de

cisaillement, V;. FEn bas, a la fréquence d’excitation conventionnelle, f = 60 Hz, les

vitesses de cisaillement estimées (V) sont tres dispersées, conduisant a des mesures sur

différents fantomes qui se chevauchent (graphique (a)). Aux fréquences d’excitation
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optimales, f = fope (graphique (a)) et pour des données rééchantillonnées avec des
tailles de voxels adaptées, a = a,y (graphique (c)), I’échantillonnage spatial des ondes
de cisaillement étant optimale, les mesures sont a la fois précises et exactes et les
fantomes sont facilement discriminés (graphique (b) et graphique (c)).

Dans le chapitre 3, les conditions optimales de 'ERM sont déterminées sur un
fantome mammaire hétérogene contenant des inclusions modélisant des lésions tumorales
plus rigides que le parenchyme homogene environnant. Cette seconde étude a permis de
montrer la nécessité de définir différents facteurs d'échantillonnage optimaux par des
acquisitions a différentes fréquences d'excitation afin, d’'une part, de déterminer les
parametres mécaniques régionaux avec les meilleures précision et exactitude possibles et
d’autre part, de discriminer significativement mieux différentes régions mécaniques du

fantome (Figure 2).

327 Hz 399 Hz

399 Hz

p=060314

;'.lllnjs"] l \ [mis"] ' \.',[m-;“]

Figure 2 : Acquisitions ERM multifréquence pour la quantification des parametres
mécaniques et la discrimination optimale des quatre régions d’intérét du fantome
hétérogene (parenchyme en bleu, inclusion 1 en kaki, inclusion 2 en turquoise et
inclusion 3 en vert citron). Le meilleur compromis pour discriminer mécaniquement de
maniére significative (p-values obtenue a partir de tests Wilcoxon inférieur & 1073) les
différentes régions et pour déterminer la vitesse de cisaillement avec un écart-type
minimal est & 206 Hz pour les trois inclusions. A cette fréquence, s se trouve dans le

domaine optimal.



Dans le chapitre 4, des acquisitions ’ERM cérébrale a différentes fréquences
d’excitation permettent d'étudier les meilleures conditions pour discriminer avec
précision et exactitude la matiere blanche, la matiere grise et le cervelet chez un sujet
sain (Figure 3 (a),(b) et (c)). Le cervelet s’avere moins élastique et visqueux que les
matieres blanche et grise du cerveau, qui présentent des modules viscoélastiques de
cisaillement similaires en dépit de leurs structures anatomiques différentes. Ces résultats
corroborent les résultats récemment trouvés dans la littérature et remettent en question
la sensibilité générale de la technique a caractériser mécaniquement les maladies

cérébrales.
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Figure 3 : Cartes de rapport signal-a-bruit, SNR, amplitude du champ de déplacement,
A, facteur de qualité, Q, vitesse de cisaillement, V, et modules de viscoélasticité de
cisaillement, G', et G' pour f,.. = {43,50,83,113} Hz dans les plans axial, frontal et
sagittal. Détermination des conditions optimales pour la discrimination de la matiere
blanche (bleu foncé), la matiere grise (bleu) et le cervelet (bleu clair). Le cervelet
présente des parameétres mécaniques (vitesse de cisaillement Vg, élasticité G’ et viscosité
G'") toujours plus faible que dans la matiére blanche et la matiére grise qui sont

difficilement discriminables méme a fréquence optimale.

Enfin, dans le chapitre 5, des conditions physiologiques analogues a la microgravité
ont été mises en ceuvre dans le tunnel de I'appareil IRM pour modifier les propriétés
mécaniques du cerveau et éprouver la sensibilité de I'ERM aux changements induits
(Figure 4).
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Figure 4 : Schéma de la configuration des acquisitions ERM en décubitus dorsal a 0 °
(a) et & 17° (b). Le sujet est placé dans un IRM 1.5 T avec la téte placée dans une
antenne téte standard (Philips Healthcare, Eindhoven, Les Pays-Bas). Les ondes de
pression générées et amplifiées a distance sont guidées au centre de 'aimant de 'TRM
jusqu’a la cavité buccale du sujet. Le niveau d'onde de pression est surveillé a la bouche
via un capteur a fibre optique. Les ondes de pression sont synchronisées a la séquence
d'acquisition IRM.

Lorsqu'un sujet est incliné la téte en bas, le déplacement attendu des fluides
céphaliques peut augmenter la pression intracranienne chez des sujets sains comme dans
un vol spatial en apesanteur. Les acquisitions d’ERM sont réalisées dans des conditions
optimales pour sonder les propriétés mécaniques d’un cerveau subissant des variations
de pression controlées par la gravité. A travers une augmentation significative de la
vitesse et du module dynamique de cisaillement dans tout le cerveau (Figure 5), en
particulier dans les régions périphériques supérieures, 'ERM révele le durcissement
associé des tissus. En revanche, aucune différence significative de la durée de vie du
signal, T,, entre 17° et 0° n’est mesurée. Dans de telles conditions de pression, 'ERM
fournit une mesure plus sensible de 1'état du tissu cérébral que les résultats de
relaxométrie par résonance magnétique publié dans la littérature. Par la suite, 'ERM
cérébrale, réalisée dans des conditions optimales, pourrait étre avantageusement utilisée
pour détecter des altérations mécaniques dues a des changements de pression similaires
ou inverses dans des processus pathologiques tels que 1'hémorragie, I'hydrocéphalie ou le
cancer qui sont accompagnés généralement d’une redistribution du flux sanguin et d’une

accumulation ou d’une diminution du liquide cérébrospinal.

n° Slices

+  0°Supine *  0°Supine

i, G . ‘ y G
s+ 17°HDT - 2 17°HDT

10 20 30 4 50 c 1 = ac 10 20 30 a
Azial Slice Number (Feet to Head) Azial Slice Number (Feet to Head) Arial Stice Number (Feet to Head)

Figure 5: Acquisitions ERM a 104 Hz pour la quantification des parametres
mécaniques (vitesse de cisaillement V; a gauche, module d’élasticité G’ au milieu et



viscosité a droite, G') en décubitus dorsal a 0° (premiere ligne) et a 17° (deuxieéme
ligne) et différence des parametres mécaniques entre les deux positions (troisiéme
ligne). Les courbes de variation relative (en bas) montrent une augmentation globale
de la vitesse de cisaillement (courbe verte) et des modules de viscoélasticité (courbe
orange foncé et orange clair) dans le cerveau en inclinée a 17° avec un gradient positif
le long de l'axe inférieur-supérieur. Aucune différence significative mesurable des
valeurs de T, entre 17° et 0° n’est mesurée (courbe noire).

L’ensemble de ces quatre études sur fantémes et cerveau soutiennent les exigences
de remplir les conditions optimales de 'ERM pour améliorer 1l'incertitude de mesure et
produire une réponse mécanique valide dans les tissus ciblés. Elles remettent évidemment
en question les approches actuelles mises en ceuvre aujourd'hui en routine clinique ot les
valeurs rapportées des modules de viscoélasticité de cisaillement dans des organes difficile
d’acces comme le cerveau peuvent souvent étre biaisées et imprécises. Dans de telles
situations, les tissus mécaniquement différents ou les tissus sains et pathologiques
peuvent étre mécaniquement confus et le diagnostic peut étre non concluant ou, pire
encore, produire des faux positifs et des faux négatifs. Dans les conditions optimales
vérifiées ici, ' ERM multifréquence pourrait étre avantageusement appliquée au-dela de

la médecine spatiale a la pathologie générale du cerveau.



Introduction

Background

Since the end of the 19" century, technological advances have continuously made
the field of medical imaging evolve to become the foundation of modern medicine.
Through the physically measurable element in the human body, medical imaging is able
to reveal anatomical, functional and molecular abnormalities allowing the detection,
characterization and diagnosis of disease in a non-invasive manner. Nowadays, there are
several imaging modalities allowing the detection and therapeutic monitoring of the
disease: those which are said to be non-ionizing such as Magnetic Resonance Imaging
(MRI), ultrasound and optical imaging and those which are said to be ionizing, such as
X-ray imaging or nuclear imaging. These modalities make it possible to anticipate the
advanced stages of a disease because they support the detection of functional or molecular
abnormalities that may appear in the disease progression earlier than anatomical
abnormalities which often appear in an advanced stage of the disease. Although these
modalities are complementary, MRI has the advantage of providing both functional and
anatomical information in a non-ionizing manner.

One of the challenge of medical imaging research is to combine imaging methods in
order to provide as much information as possible on the characteristic features of the
disease to be detected, thus making the clinical follow-up and treatment decision easier
and earlier. In the field of oncology for example, detection of a tumor can sometimes be
facilitated by the association of MRI with PET. However, these two modalities cannot
provide information on the mechanical properties of the tumor. The knowledge of these
properties is important for the clinician as mechanical properties are generally altered at
an early stage during a pathological process and this change could yield invaluable
insights in the clinical diagnosis and therapeutic monitoring of many diseases.

Currently, biopsy is the gold standard for deciding on the classification and staging
of a disease like cancer. However, a biopsy is an invasive technique with potential
complications, which is too drastic in the case of benign lesions. Alternatively, clinicians
may use palpation, which involves looking for an abnormality in soft tissue and assessing
the tissue stiffness within an organ. However, this technique is limited to superficial
organs with global, qualitative, and operator dependent results. In order to overcome
these limitations and to increase the sensitivity of the estimated stiffness for a reliable
clinical diagnosis, imaging techniques were developed in the 1990s to objectively and
quantitatively access the mechanical properties of tissues in a non-invasive manner: it is
elastography. Initially introduced by the Ophir's team [1], the term elastography was

subsequently associated with any imaging modality mapping the mechanical properties



such as ultrasound elastography [1] or magnetic resonance elastography (MRE) [2]. These
two techniques generally consist in exerting a stress on a target tissue and imaging the
deformation as the response of the tissue to the stress.

MRE combines magnetic resonance imaging with elastography. It consists in
recording, with MRI, the displacement fields induced by the propagation of a shear wave
generated in the target tissue. Mechanical parameters like shear wave velocity or shear
elasticity and shear viscosity can then be deduced by inverting the differential equations
of the 3D displacement fields [2] a priori without theoretical bias [3], [4].

In recent years, the MRE technique has made it possible to obtain measurements
of viscoelastic properties while assuming homogeneity and isotropy in organs such as the
liver [5] and the breast [4]. The brain, where so far ultrasound elastography fails, has also
been studied with MRE [6]. It represents a challenge because this organ is structured
and complex according to its morphological heterogeneity and anisotropy. The primary
results obtained on the viscoelastic properties of brain tissues support the use of the MRE
technique to anticipate and improve clinical diagnosis in the brain. At the same time,
the diversity of the results reported in the literature on the mechanical characterization
of brain tissues shows the difficulty, first, to establish nominal mechanical parameters
with relevant accuracy and precision for clinical prognosis [7] and, second, to significantly
distinguish healthy from pathological tissues [8]. Although MRE has become a clinical
routine examination to study, for example, hepatic fibrosis and cirrhosis with radical
change of the liver stiffness, the results obtained with brain MRE techniques show a large
variety of measurement outcomes depending on the research group [9]. The brain is a
mechanically complex organ, with distinct structures presenting a priori different
mechanical properties [10], [11]. In addition, it is mechanically rather well protected from
external stresses by the successive layers of the cranial bone and the meninges so, despite
many original attempts to transgress those natural barriers, the induced stress is often
limited and can be too weak to yield meaningful results. Finally, the measurements
presented in the literature are limited to mechanical values averaged either to the whole
brain [12]-][15] or to different regions in the brain using anatomical segmentations to
address, for instance, the white and grey matters in the cerebrum [6], [16]-[22] or the
cerebellum [18], [23]-[26], or in the different cerebral lobes but voxel-wise analysis has
never been considered. The mechanical properties of brain tissues were compared in
healthy and pathological tissues because some cerebral pathologies such as Normal
Pressure Hydrocephalus (NPH), Alzheimer disease (AD), Lewis bodies dementia (DLB)
or tumors such as glioblastomas, gliomas, meningioma etc. are expected to regionally
(Figure f, [27]) or globally modify the mechanical properties therein [23], [26], [28].
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Figure f: Sagittal diagram of regional stiffness changes in patients with Alzheimer’s
disease (AD), frontotemporal dementia (FTD), normal pressure hydrocephalus (NPH),
and dementia with Lewy bodies (DLB) compared with cognitively normal control (CN)
subjects published in study of Yin et al. [27]. The left panel is a sagittal view of a lobar
brain atlas color-coded with each region’s mean stiffness in CN group. The right four
panels show the mean stiffness difference between the dementia groups and the CN

group in each region.

However, as there is not one shared standard approach, each research group has
developed and implemented their own with dedicated elastography hardware, pulse
sequences, inversion algorithms. It is thus difficult to compare the results of the
viscoelastic moduli obtained by the different research teams.

In the first part of this introductory chapter, we will see that the establishment of
a reference atlas of nominal viscoelastic moduli in the healthy brain is undermined by
the wide dispersion of results existing in the literature. In the first two parts of this
chapter, the shear viscoelasticity and the shear stiffness magnitude, obtained by different
research groups, were compared in the whole brain and segmented regions. Then, in the
third part of this chapter, the mechanical parameters were compared between research
studies for different diseases to gauge the efficiency of MRE in discriminating pathological
tissues from healthy ones, different types of diseases, and different stages of a disease.
These different introductive parts will highlight the context and the motivations of this
thesis work as well as the challenges that MRE faces to become a reliable, precise and
accurate technique in the quantitative and regional determination of the mechanical
parameters in healthy and diseased brain. This sets the objectives of the MRE

experiments presented throughout this manuscript.

Mechanical parameters in the healthy brain

Brain MRE provides the quantitative measurement of the displacement fields
induced in the brain that yield to a quantitative measurement of the complex shear
modulus G*. We will see in 0 that this complex shear modulus, G*, comprises the shear
elasticity modulus (also called storage modulus) G and the shear viscosity modulus (also

called loss modulus), G", such that G* = G'+iG". Some studies in the literature
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preferably report the magnitude of the shear stiffness |G*| = \/ (G2 +(G")? [14], [23],
[24], [28], while other studies only report the elasticity modulus G [6], [16]-[21]. The G’
and G" moduli are two parameters that may vary with the physiopathology such as
tumoral or fibrous tissues [12], [23], [26], [28], [29]. They may also be highly relevant for
pre-surgical planning as they could predict the fluidic or fibrotic type of a tumor and the
ease of the resectability [30].

The complex shear viscoelasticity G* is computed from phase contrast MRI. The
displacement fields induced by the propagation through the targeted tissue of mechanical
shear waves generated by a continuously applied mechanical vibration are mapped onto
the MRI phase [2]. Motion encoding gradients are adapted to the pulse sequences used
in the different studies; a few will be detailed in 0. Any study fulfilled the limits of the
mechanical vibrations exerted to the human body as established by the European
directive for the exposure of workers to mechanical vibrations (Directive
EU2002/44/EC); most of the studies carried so far have used excitation frequencies
ranging from 40 Hz and 90 Hz [31].

Global analysis

The first MRE studies on human brains estimated the global values of the elastic
modulus G’ or the complex shear modulus G* in the cerebrum. These values therefore do
not allow to characterize the different structures in the brain; they rather provide an

overall value of the elasticity in the cerebral parenchyma.
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Figure g: Shear stiffness |G*| (diamond), shear elasticity G'(round) and shear viscosity
G" (cross) mean values and associated standard deviations obtained in the cerebrum
by different research groups at excitation frequencies 25 Hz, 37.5 Hz, 50 Hz, 60 Hz,
and 62.5 Hz (data acquired at the same excitation frequency slightly shifted for the
sake of visualization). The shear viscoelasticity moduli increase with the excitation
frequency for the two main datasets that were obtained with the same acquisition and
reconstruction methods. The shear elasticity modulus obtained by other research
groups does not match these results as they fall largely above.

Different moduli of shear stiffness G*, shear elasticity G' and shear viscosity G,
whenever provided, were collected from the literature and are plotted in a single graph
(Figure g). These studies performed brain MRE with mechanical excitations in the
cerebrum in the frequency range between 25 Hz and 62.5 Hz. All these studies used an
isotropic reconstruction algorithm. Streitberger et al. [32] and Sacks et al. [13] performed
multi-frequency MRE between 25 Hz and 62.5 Hz with the same excitation device and
similar acquisitions parameters. For both studies, we observe a linear increase of the
shear elasticity G’ and viscosity G” with the excitation frequency and similar standard
deviations values. Fattahi et al. [28] and ElSheikh et al. [23] who also used the same
excitation device and similar acquisitions parameters obtained G* mean values in the
cerebrum in the same range. However, Murphy et al. [14] and Hamhaber et al. [15]
obtained much higher values at 60 Hz than Streitberger et al. [32] and Sacks et al. [11]
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and they used other excitation devices and different acquisition parameters and
reconstruction algorithms than the ones implemented above. The overall mean values
remain in the same range provided the excitation device as well as the acquisition and

reconstruction parameters are similar.
Regional analysis
Healthy brain

Mechanical differentiation of white and grey matters

A number of groups [6], [16]-[22], [33] compared the shear elasticity G’ values in
the segmented white and grey matters of the cerebrum considering an isotropic
reconstruction algorithm model. All these mechanical values with their respective
standard deviations are reported in Figure h. for the white matter (blue) and grey matter
(grey) for each research group. The spread of the shear viscoelasticity values does not
only reflect the dispersive mechanical trend of brain tissues but largely the variety of the
results obtained by the different research (Figure h). The reported values span an order
of magnitude from (1.08 + 0.15) kPa at 50 Hz to (10.7 + 1.4) kPa at 80 Hz. In addition,
some results presented in Figure h exhibit very large standard deviations for both G’ or
G*. For example at 50 Hz, Johnson et al. [17] found G'yy = (2.43 £ 1.04) kPa in the
white matter and G’y = (1.81 £+ 1.02) kPa in the grey matter which not only makes
it difficult to determine a precise value of the elasticity modulus G’ in each segmented
region but also makes it impossible to discriminate grey and white matters which
mechanical difference, if any, falls below the sensitivity of the technique at 50 Hz. Even
if small standard deviations were reported for G' by Zhang et al. [18] (0.23 kPa in white
matter and 0.22 kPa in grey matter), the estimated mean values are so close (2.41 kPa
in white matter versus 2.34 kPa in grey matter) that grey and white matters cannot

mechanically differentiated at the region scale and much less at the voxel scale.
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Figure h: Shear elasticity G’ in the white matter (blue triangles) and the grey matter
(grey triangles), shear modulus G* in the white matter (blue stars) and the grey matter
(grey stars) obtained by different research groups (from a to h) at excitation
frequencies ranging from 25 Hz to 90 Hz. Even at Beside the expected dispersion with
the frequency, the distribution of the reported modulus values is widespread among
the research groups and regional standard deviations are large so white and grey
matters cannot be significantly mechanically discriminated by MRE.

Mechanical differentiation of brain regions

Other studies compared the shear stiffness G* in different segmented regions of
healthy subjects’ brain. Four of them are reported in Figure i. They were performed at
60 Hz with similar acquisition parameters to compare healthy and pathological brains
with regional affections. Mean G* values are provided in Figure i for six regions: frontal
lobes (FL), occipital lobes (OL), parietal lobes (PL), temporal lobes (TL), deep cerebral
grey matter (GM) and cerebral white matter (WM) as well as the cerebellum (Chlum)
[14], [23], [24], [26], [28]. G* was also evaluated in the sensory motor region (SM) [23],
[26].

For the primary six brain regions (FL, OL, PL, TL, Deep GM /WM, and Cblum),
the shear stiffness values vary by more than 40% from 2.15 kPa to 3.1 kPa with standard
deviations between 0.1 kPa and 0.3 kPa except in the deep grey and white matters where
it is around 0.6 kPa. The cerebellum region (Chlum) exhibits lower G* mean values than
the other regions for the four reported studies. The shear stiffness values of Murphy et
al. [14] are always higher but the lack of reported standard deviation values for this study
does not allow to compare the precision of these results with those obtained by the other

groups.
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Figure i: Shear stiffness G* in seven brain regions (FL: frontal lobes, OL: occipital lobes,
PL: parietal lobes, TL: temporal lobes, GM /WM: deep grey and white matters, Chlum:
cerebellum, SM: sensorimotor cortex) obtained by different research groups at 60 Hz
[14], [23], [24], [26], [28]. Shear stiffness values largely overlap between regions except
with the cerebellum where the stiffness values are significantly lower.

Pathological brain

Recent studies attempted to discriminate healthy from pathological tissue with
MRE. Figure j reports the shear stiffness values obtained in tumors such as glioblastoma
(GB), gliomas, meningioma (Mening.), pituitary adenomas (P.A.) and vestibular
schwannoma (V.S.) [12], [14], [19], [26], [29], [32]-[34] as well as in different regions of
the brain (frontal (FL), occipital (OL), parietal (PL), temporal (TL) lobes, deep grey and
white matters (GM/WM), cerebrum, cerebellum and sensorimotor cortex) for diseases
such as normal pressure hydrocephalus (NPH), Alzheimer disease (AD), frontotemporal
dementia (FTD) and dementia with Lewis bodies (DLB).
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Figure j: Mean shear stiffness G* of different studies measured in different regions of
the brain for patients with various diseases (normal pressure hydrocephalus (NPH),
Alzheimer disease (AD), frontotemporal dementia (FTD), dementia with Lewis bodies
(DLB)) as well as with different tumor types such as glioblastomas (GB), gliomas,
miningiomas (Mening.), pituitary adenomas (P.A.), vestibular schwannomas (V.S.).
Large standard deviations make it difficult to discriminate between different types of
disease although NPH, AD, FTD and DLB seem to all exhibit shear stiffness values
greater than 2 kPa in contrast with tumors which exhibit lower shear stiffness values.

The shear stiffness values are spread between 1.32 kPa and 3.08 kPa for the
different studied diseases. They are above 2 kPa for diseases like NPH, AD, FTD and
DLB they are below 2 kPa for the different types of tumors such as glioblastomas,
gliomas, meningioma, pituitary adenomas and vestibular schwannoma and soft tumors.
The standard deviations associated with these diseases and these tumor stiffness values

are so the different diseases cannot mechanically discriminated (Figure i).

In summary, for healthy brains, there is a broad distribution of shear stiffness and
elasticity measurements in white and grey matters among the studies (Figure b). For
pathological brains, it is difficult to distinguish different anatomical regions as well as to
characterize different diseases based on shear modulus measurements (Figure h and
Figure i).

The many results found in the literature question, first, the precision and the
accuracy of brain MRE, second, the sensitivity and the specificity of MRE to characterize
brain tissues and discriminate them. They point out the challenges MRE face in a
complex remote organ like the brain: achieving robust measurements to mechanically
differentiate one healthy brain region from another, one healthy brain region from a
pathological one, and one pathology from another. They constitute the main problematic

and they set the context of my thesis work, which purpose is the development of an
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acquisition and reconstruction methodology to accurately and precisely estimate the
mechanical parameter values which would fully characterize and discriminate with MRE

healthy and pathological tissues in the brain.
Workflow

The first objective of my thesis work is to gradually determine the conditions of
validity for MRE in increasingly mechanically complex media, from homogeneous
phantoms (Chapter 2), heterogeneous phantoms (Chapter 3) to healthy human brains
(Chapter 4). The second objective is to study under optimal conditions the sensitivity of
brain MRE to mechanical changes between different anatomical regions and between
different controlled pressure conditions (Chapter 5).

The first part of this manuscript provides the background and the basics of MRE
applied to the brain toward accurate and precise measurements. More specifically,
Chapter 1 describes the physical parameters for elastography by introducing the Hooke’s
law which allows to establish the wave equation governing the displacements of the tissue
produced by the mechanical wave propagating throughout the medium. This chapter
also introduces local inversion methods used to deduce the mechanical parameters
describing the state of the targeted tissue. Then, the three elementary steps of the MRE
experiments we implemented will be described, from the generation and transmission of
guided pressure waves into the targeted tissue, through the registration of the
displacement fields acquired by phase contrast MRI up to the computation of parametric
maps with a reconstruction algorithm optimally conditioned to eventually provide precise
and accurate quantification of the brain mechanical properties.

The second part of this manuscript is dedicated to the MRE experiments performed
during my thesis, first, to find optimal conditions for brain MRE within which mechanical
parameters can be estimated with the best precision and accuracy possible and, second,
second, to investigate the sensitivity of brain MRE in optimal conditions such as to allow
to significantly discriminate different tissue types. Optimal conditions were studied in
heterogeneous and structured media so that MRE could be adequately applied to the
brain. The three successive chapters 2 to 4 investigate different media both inside and
outside the MRE optimal domain by analyzing multi-frequency and multi-scale MRE
data. In this constrained framework, precision and accuracy of the estimated mechanical
parameters were determined stepwise, first, in simple cases of homogeneous phantoms
(Chapter 2), second in a heterogeneous breast phantom composed of inclusions stiffer
than the breast parenchyma (Chapter 3) and, finally in the brain in vivo with attempts
to discriminate different anatomical structures (Chapter 4).

The third and last part of this manuscript (Chapter 5) studies the sensitivity of

MRE performed in optimal conditions with brain tissue under controlled gravity-driven
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pressure variations. The evolution of the mechanical parameters during physical
conditions analogous to microgravity are studied, allowing challenging MRE sensitivity
to infer pressure and mechanical variations. The last chapter is thus the opportunity to
test whether brain MRE could be advantageously used to detect mechanical alterations
due to similar or inverse pressure changes in pathological processes like hemorrhage,
hydrocephalus, or cancer with blood flow redistribution and cerebrospinal fluid
accumulation or depletion.

The manuscript ends with a conclusion summarizing the various results obtained

during this thesis through the various phantoms and in vivo MRE studies.
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Chapter 1 Magnetic Resonance Elastography:
toward accurate and precise

measurements

1.1 Elastography as quantitative palpation

Mechanical properties of biological tissues reveal interesting characteristics which
can be considered as biomarkers of the pathophysiological state of the tissue. One of the
oldest concepts in medicine using this information is the principle of palpation, described
by Hippocrates in ancient Greece over 2,000 years ago. The palpation technique involves
massaging and pinching an organ of interest to find suspicious changes in the stiffness of
the tissue. This method is still used today in order to obtain a subjective assessment of
the tissue state, more particularly, to find nodules or cysts, for example in the detection
of breast, prostate or thyroid cancer. However, this approach is limited to superficial
organs, with global, qualitative and operator dependent results, which make it difficult
to standardize this practice as a precise technique of quantification for modern medicine.

Over the past decades, objective palpation techniques have been developed using
the theory of elastography associated to non-irradiating medical imaging technologies
such as ultrasound or magnetic resonance imaging (MRI) to quantitatively probe the
mechanical properties of human tissues. Two clinically available imaging methods have
emerged which are known to be complementary: Ultrasound Shear Wave Elastography
(SWE) and Magnetic Resonance Elastography (MRE).

Standard elastography relies on the recording of the tissue deformation induced by
an external excitation. SWE and MRE are based on the resolution of the equation of the
induced wave propagating through the tissues [35], [36] which depends on the medium
where the wave propagates, more precisely, on the mechanical parameters of the tissue.
By resolving the inverse problem of the wave equation, it is possible to access the
mechanical parameters of the tissue such as the shear velocity, elasticity and viscosity.

In this chapter, notions of mechanics of continuous media will first be introduced
(Section 1.2). Then, the three steps of the MRE protocol will be described with a review
of existing approaches and in particular of reconstruction techniques used in the literature
to derive the viscoelastic properties of the investigated medium (Section 1.3). In Section
1.4, the MRE protocol used during my thesis, from the excitation system to the

reconstruction algorithm, will be described. Finally, in Section 1.4, the quantification
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approach we chose to ensure a robust and reliable estimation of viscoelastic parameters

will be presented.

1.2 Physical parameters for Elastography

Tissue stiffness is described by its elasticity. In a medical examination, the elasticity
perceived by palpation or calculated by elastography is directly related to the stress
applied to the tissue and to the resulting strain of the tissue through Hooke's law. This
law describes the linear elastic behavior of a solid, that is to say, its response when
subjected to a small amplitude distortion [37]. From appropriate common assumptions
and equations defined in the reconstruction model of elastography, this part presents the
method to calculate the value of the tissue elasticity submitted to mechanical excitation
from Hooke's law [37], [38].

1.2.1 Hooke's law

Around 1660, Hooke discovered the proportional relationship between the force
applied on a spring and its elongation in an elastic and linear domain. For an elastic
medium under a small deformation such as a simple traction or compression, the original
Hooke’s law can be extended in scalar format by linking the applied stress ¢ and the
resulting strain € through the Young modulus, E:

oc=E-¢ 1.1

The stress and strain have multiple independent components and need to be locally

defined by generalization of Hooke’s law in tensor or matrix formats.
1.2.2 Stress tensor

The stress tensor @ is defined with nine components:
011 021 031
o= |012 032 033 1.2
013 023 033

It can be decomposed into three normal (or longitudinal) stresses (o;; elements)
which compose the diagonal of the stress tensor with positive values during traction and
negative values during compression, and six tangential stresses (or shear) (o;; elements
with i # j).

In static equilibrium, the reciprocity of tangential constraints associated with two
perpendicular faces of the elementary volume induces the symmetry of the stress tensor

: 0;j = 0j; allowing to simplify the stress tensor with six independent components [37].
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1.2.3 Strain tensor

The second parameter allowing to access the elasticity is the strain tensor, €. This
tensor characterizes the local deformations resulting from forces applied to the

elementary volume. The strain tensor can be written with nine components as:

€11 €21 €31

g=\|€12 €22 €32 1.3
€13 €23 €33

As the stress tensor, the strain tensor is composed of three normal stress

components &; which compose the strain tensor diagonal, and six tangential strain

components ¢&; with { # j. For the same reason of reciprocity of tangential constraints

during static equilibrium, the strain tensor is symmetric (g;; = &;;) and can by simplified

to six independent components.
1.2.4 Generalized Hooke’s law

In an elastic solid, there is a one-to-one relationship between stresses and strains.
Assuming small deformations and elastic behavior, any stress component g;; is well

described by the following Taylor expansion:

( ) _ (O) n aO'ij n 1 aZO'ij
8l = 0 0&x T 0€1108mn ) =0 FitEmn 1.4

Emn=
+ ces
Considering 0;;(0) = 0, the first-order term of Equation 1.4 gives, for small
deformations, the well-known relationship between the stress tensor g;; and the strain
tensor &;; which is the Hooke’s generalized law with i,j,k, 1 € {1,2,3}:

0ij = Cijki €t 1.5

where the coefficients Cjjy; are the stiffness tensor elements defined as:

aO'ij
Cijkl = ?kl 1.6
€k1=0

The coefficients Cjj; given by Equation 1.6 are components of the stiffness tensor
C of rank four which expresses the most general possible linear relationship between the
second rank tensor g;; and g;. As it is a tensor of rank four, the stiffness tensor C leads
to 3* = 81 components. However, it is possible to simplify Equation 1.6 as the tensors
0;j and € are symetric: the components of € are unaffected when either the first two or

the last two indices are interchanged: Cyjx; = Cjiy and Cyjiq = Cyjyye-
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The stiffness tensor € can thus be represented with 36 components only, leading to

the following relationship between the stress and strain tensors:

011 €11 Ci2 €13 Cia4 C15 Cqp €11
032 Ci2 Cpp Cz3 (g Cps C26 €22

033 C23 C33 (34 C35 €33

O3 | | Cia Coa €3z Cag Cus C46 €23 1.7
\013 Ci5 €25 C35 (45 Css 056/ \513

012 Cie C26 €36 Ca6 Cs6 Cop €12

1.2.5 Mechanical parameters in an isotropic medium

By definition, in an isotropic medium, the physical constants are independent of
the choice of the coordinate axes assumed orthonormal. Especially, the stiffness tensor €
must be invariant for any change of axis-rotation, or symmetry from a point or a plane.
Only a scalar or the unit tensor 8 are unaffected by these orthogonal transformations.
Thus, each component Cjji; of the stiffness tensor € can be expressed in terms of
components of the unit tensor §. Moreover, because of the symmetry §;; = §;;, only three
distinct combinations containing the four indices ijkl are possible: 6;;8y;, 6;x 61, 6;16j-
Consequently, the stiffness tensor components C;ji; can be written as:

Cijri = A6;j6k + 0 bj; + 126,05k 1.8

where A, u; and u, are constants.
Moreover, as seen previously, the condition Cjji; = Cjj; induces the equality py =

U, = u which allows to simplify the stiffness tensor:
Cijii = A6;j6k + (8 bji + 6u6jx) 1.9

Thus, two independent constants A and g named Lamé constants specify the
properties of an isotropic medium. The second Lamé constant u is also named the shear
modulus. It characterizes the transverse deformation. The first Lamé constant A
characterizes the longitudinal deformation (or compression deformation).

In an isotropic medium, the Hooke’s law can be simplified into:
Oij = Alerr + €32 + 533)5ij + 2pue;; 1.10

The Young modulus E, the bulk modulus K and the Poisson’s ratio v are related

to the Lamé constants A and u as follow:

31+ 2
A+u
2
K=A+zu 1.12
- 1.13
21+ '
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Soft tissues are considered quasi-incompressible as there are mainly composed of

water. Almost all classical materials have Poisson coefficients ranges of § <v< % [39].

For isotropic weakly compressible materials such as liquids, the Poisson's ratio

approaches the upper bound v = % In that case the Young modulus equals three times

the shear modulus g (Equation 1.14) and the bulk modulus is much larger than the

Young's modulus.
E = 3u

K> u 1.14

1.3 MRE principle and protocol

MRE can be summarized by three successive steps: the first step consists of
inducing the propagation of a mechanical wave in the targeted tissue by the application
of an external stress. The second step consists of acquiring the displacement field induced
by the wave propagating in the tissue. Finally, the last step aims at extracting the
mechanical properties of the tissue by inverting the wave equation from the displacement
maps obtained with MRI.

In this section, the three MRE steps are described, from the generation of
mechanical waves in the targeted tissue to the computing of maps of mechanical

properties.
1.3.1 Generation of a mechanical excitation

Since the emergence of MRE in the 1990s, a variety of excitation techniques have
been developed by different research groups to perform measurements of mechanical
properties. There are two ways to apply an external constraint in a medium that
correspond to two kinds of MRE approaches, namely static MRE which was first
developed and dynamic MRE which is the most common approach nowadays.

Static (or quasi-static) elastography consists of applying a stress on the tissue at
one frequency (~Hz) and imaging tissue before and after being stressed [40]-[42].
Although encouraging results were obtained for quasi-static MRE approaches, this
measurement requires a uniform stress over the entire volume, which is difficult to
achieve especially for deep organs. Moreover, it is difficult to measure the tensor
components of Hooke’s law (equation 1.5) and therefore to quantify the mechanical
parameters of the tissue. This technique can thus only give qualitative information
because of the difficulty to know the stress applied to the tissue. As a result, the quasi-
static MRE approaches have not been widely spread and accepted.

Dynamic elastography involves applying a mechanical excitation in the tissue in

order to generate a shear wave synchronized with the motion encoding gradients of the
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MRI sequence [35], [43], [44] [35], [45], [46]. Most groups use the dynamic approach in
their MRE practice because of the limits of static MRE. Different dynamic approaches
can be distinguished depending on the type of excitation devices, type of imaging
sequences, and choice of reconstruction methods. This dynamic excitation mode has been

chosen to characterize the mechanical parameters in our work.
1.3.1.1 Wave generators

The MRE technique uses mechanical waves with low acoustic frequencies typically
ranging from 40 Hz to 150 Hz and usually generated by a vibration device placed on the
targeted body region. These devices must be designed so as to manage and control the
generation of the mechanical waves. During thirty years of development, investigators
have described successful MRE driver devices that are based on different transducers
types: electromagnetic transducers which use the MR field to induce a motion [2], [43],
[47], piezoelectric transducers placed in the MRI scanner tunnel against the targeted
tissue [9], [10], and passive wave generators remotely activated by a transducer nearby
the magnet [48]-[53].

The induction of a mechanical excitation by external transducers is submitted to
the European directive for the exposure of workers to mechanical vibrations (Directive
EU2002/44/EC). The group of Richard Ehman [31] compared the wave amplitudes
recorded by MRE in organs, such as the brain, liver, breast, kidney and skeletal muscle,
and showed that these amplitudes were lower than the maximal authorized amplitude
by the directive which varies from 700 pm (20 Hz) to 100 pm (140 Hz).

1.3.1.2 Excitation of deep organs

The brain is considered as a deep organ as it has the particularity of being protected
by natural barriers such as the skull bone and the meninges. The anatomical barriers
hinder access of the mechanical wave from the surface of the head to the brain
parenchyma. However, several research groups have developed successful wave
generators, principally electromagnetic transducers and passive wave generators, to
stimulate the brain tissue.

The first transducers developed for brain MRE used electromagnetic coils. Kruse
et al. [54], [55] used an electromechanical driver delivering mainly anteroposterior
vibrations from an electromagnetic coil placed under the head or, to avoid artifacts,
connected to a bite block (Figure 1.3.1.(a)) producing vibrations of the head mainly in
the right-left direction [55]-[61].

Other wave generators as passive wave generators were developed from acoustic
energy delivered by a loud speaker membrane connected to the head coil through a bar

producing mechanical energy with anteroposterior pendulum swings [62]-[65]. (Figure
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1.3.1.(b)). In [66], the acoustic energy of two loud speakers is transmitted to two
polyethylene bottles through pneumatic tubes inflated with air pressure waveforms with
a 180° mutual phase difference in order to induce side-to-side, cradle-like head motion
(Figure 1.3.1.(c)).

¥ ca. 2.5 to 3 meters distance

remote vibration generator head cradle
(outside MRI) (inside MRI)

©
Figure 1.3.1: Actuators for brain MRE with (a) electromagnetic coils connected to a
bar that the subject bites, initiating right-left movements [61], (b) passive generators
using pressure waves to inflate two bottles placed under the subject's head with a
phase shift of 180° [66], and (c) a bar connected to the membrane of a loudspeaker
inducing movement of the head antenna placed on a cradle [62].

Apart from coils and passive generators, Gallichan et al. used gradient-induced
table vibrations [67]. High intensity diffusion gradients mechanically bring the table into
resonance in the low frequency range. This technique allows to eliminate the use of
external actuators. It is also much more comfortable for the subject than the vibration
systems used by the previously described generators which can be hard to tolerate by
the patient. However, the main drawback of the proposed technique is that the excitation
frequency is predetermined by the mechanical resonance of the existing scanner
hardware. This removes the possibility to choose the driving frequency which is set to
23 Hz and induces a wavelength around 20 ¢m which is too large to reliably probe the
mechanical parameters of the brain.

All these actuators provide the advantage of generating waves passing through the
bone barrier. However, Green et al. and Sack et al. showed strong attenuation of the
wave with recorded amplitudes from 30 pm in the peripheral part to a few microns in
the center of the brain [56], [62].
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To counter this limitation principally due to the wave attenuation through different
anatomical barriers of the human brain, researchers have developed a technique of passive
elastography which consists of using the pulses emitted by the human body as a wave
generator [68], [69]. The specificity of noise fields induced by human activities allows to
extract the information on mechanical properties of the medium by well-known time
reversal physics approach. This method also called ‘intrinsic activation’ eliminates the
requirement for external vibrations by measuring the motion generated by natural pulses.
In human body, these pulses can be naturally created by activities like heart beating and
artery pulsatility [70]-[73]. The resulting passive elastography permits to compute the
viscoelastic parameters in the whole brain while avoiding the use of external transductors
but with the limitation of not being able to choose the excitation frequency as for
gradient-induced table vibrations and with still unclear in vivo outcomes today.

Standard magnetic resonance elastography is based on the generation of a steady-
state periodic wave. During this mechanical excitation, each volume element of the
excited tissue is continuously animated with a sinusoidal movement defined by an
amplitude and a phase that can be measured by phase-contrast MRI. The following

section describes the sequences used to acquire these displacement fields.
1.3.2 Acquiring the MR signal

1.3.2.1 Motion encoding

In standard MRI, the signal recorded by the receiving coils can be localized by
frequency and phase encoding with a sequence of magnetic gradients, producing the k-

space (Figure 1.3.2).
k-space Image

FFT

Phase

Frequency

Figure 1.3.2: MR image of a brain obtained by Fourier transform of the k-space

The k-space information of all the acquired points can be translated into a complex
image in the image-space through a Fourier transform:
S=M-e'? 1.15
where S, the MR signal, is characterized by an amplitude M and a phase ¢. The
amplitude image M (Figure 1.3.3 left) is generally used for interpretation by the
26



radiologist. The phase image ¢ (Figure 1.3.3 right) can be used for recording and
mapping the displacement fields induced in MRE.

7 Ij
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(uerper) asey

(a) (b)
Figure 1.3.3: Amplitude image (a) and phase image (b) of the head and neck of a
volunteer in the sagittal plane obtained by MRI

The recording of motion information is made possible by adding a motion encoding
gradient along the selected motion direction in a phase contrast MRI sequence. By
applying two intense magnetic field gradients with typically identical duration and
amplitude but with opposite signs as illustrated in the second line of the sequence
chronogram of Figure 1.3.4., moving spins accumulate an additional phase while static
spins do not. These gradients are called bipolar gradients or motion encoding gradients
(MEG).
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Figure 1.3.4: Zero phase accumulation for static spins and motion-related phase
accumulation for mobile spins during a phase-contrast sequence with an additional

bipolar gradient.

Figure 1.3.4 illustrates the principle of motion encoding by comparing the phase
accumulation of static and mobile spins submitted to the MEG. Static spins are first
outphased by the first gradient lobe and then rephased by the second gradient lobe, while

mobile spins, moving at a constant velocity along the bipolar gradient direction during
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the application of the two MEG lobes, acquire a phase proportional to their coherent

motion.
1.3.2.2 Gradient echo based MRE sequence

Muthupillai et al. [2] first described in 1995 a gradient echo based MRE sequence
to map and quantify the displacements corresponding to harmonic shear waves as
illustrated in Figure 1.3.5.

Mechanical
excitafion

Figure 1.3.5: Elastography sequence developed by Mayo Clinic in 1995, based on a
gradient echo sequence. The mechanical excitation is synchronized with the motion
encoding gradients (MEG) applied along one of the three encoding axes (grey
rectangle) explained in the equation 1.19 [74].

As illustrated in Figure 1.3.4, the application of a magnetic field gradient results in
an additional phase shift ¢@(r,t) of the transverse magnetization that depends on the

gradient amplitude and the spin position with time. This phase shift can be written as:
t

000 = v [ Guso(®)- 1) de 116

0

with y the gyromagnetic ratio of hydrogen, t the duration of gradient after

excitation, Gyg; the time-dependent magnetic field gradient and r the position vector
the considered spin population.

The shear waves propagating in the tissues to be analyzed are periodic waves. The

position vector is therefore a sinusoid form:

r(t) =ry+Acos(k 1 — wey "t +0) 1.17

with ry the mean position of the spins, A the amplitude of the displacement of the
isochromat spins, k the wave vector, w,,, the angular frequency of the mechanical
excitation and 6 the initial offset of the phase.

Thus, the phase shift given by equation 1.16 can be rewritten as:
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TMEG
p(rt)=y <r0f Gype(t) - dt
0

TmEG
+Af GMEG(t)-cos(k-r—a)exC-t+9)-dt>
0

with Ty the period of the bipolar gradient defined by Tyge = 27/ Wpygeg-

In the gradient echo-based sequence developed by Mayo Clinic, trapezoidal bipolar
gradients (equation 1.19) are synchronized with the external mechanical excitation
(WmEG = Wexe) and can be applied along each of the spatial encoding axis to encode the
three-dimensional displacement field.

AyEe
G (1) = {—AMEG if 2n— 1)% <t < Ny 1.19
with n € [1, Nyge]

if (Tl - 1)Texc <t< Texc

with Nyge the number of bipolar gradients.

The static first term in the phase equation 1.18 is effectively zeroed:
TMmEG
0

The phase shift given by the equation 1.18 is then only dependent on the motion

of the spins in the direction of the applied motion encoding gradient:
TumEG
o(rt) = ij Gyeg(t) " cos(K 1T — Wy "t +6)-dt 1.21
0
Successive phase offset values 8 between the mechanical excitation and the motion

encoding gradients are imposed in order to acquire the displacement field at different
instants of the mechanical excitation period.

Finally, by integrating equation 1.21 and 1.19, the measured MR phase is:

2YNygcToxcAyecA
@(r, Nygg, Tuge, 0) = Y TmeG ;xc MEG sin(k-r+6) 1.22

The gradient echo sequence is sensitive to the magnetic field inhomogeneities and
introduces detrimental phase shifts which contaminate the phase accumulation
originating from spin motion. One solution to cancel this bias is to reconstruct a final
phase difference image from two phase images with opposite MEG polarities, which is at

the cost of increasing acquisition time.
1.3.2.3 Gradient echo based fractional encoding MRE sequence

The gradient echo-based fractional encoding sequence has been developed to reduce
the acquisition time but also to achieve a multi-frequency acquisition of the mechanical
wave. This sequence developed by Ralph Sinkus' team [75] uses the principle of fractional

elastography [63], [76] which consists in imposing a single bipolar gradient for encoding
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trapezoidal motion with a frequency higher than that of the external excitation Figure
1.3.6.

AV ATATAY 4T, e
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Figure 1.3.6: Fractional encoding based MRE sequence developed by Garteiser et al.
[75].

This sequence is composed of imaging blocks where each block contains multiple
shots with duration of an integer number of vibration cycles as illustrated in the Figure
1.3.6. The repeated element of a gradient echo based MRE sequence with fractional
encoding is performed during each shot. Thus, only a fraction of one vibration cycle is
encoded per repetition time, TR, so as to reduce the echo time, TE, and TR. In this case,

the phase accumulation formula can be written as:

sin(mq)
@(r,0) = yTuecAmecA —n(l 4 1.23
MEG

T . .
where Tyge < Toxe)q = - and the phase accumulation reaches the maximum
exc

with 8 = (1 —q) and q = 0.84.

The limit of the sequence lies in its reduced sensitivity at low amplitudes as the
signal phase build-up is reduced because of the removal of the second bipolar gradient
for motion encoding as well as the use of fractional encoding. However, this sequence
makes it possible to reduce the acquisition time by a factor 5 compared to the spin echo
sequence presented below and also to easily achieve multi-frequency acquisitions. In

addition, the echo time TE is greatly reduced which allow to increase the SNR value.
1.3.2.4 Spin echo based MRE sequence

Another MRE sequence is the spin echo based MRE sequence developed by Sinkus
et al. [77].
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Figure 1.3.7: Chronogram of the spin echo based MRE sequence with the MRE specific

time constraints.

As illustrated in Figure 1.3.7, this sequence is a standard spin echo sequence
modified by the application of two sinusoidal MEG on both side of the m pulse. These
two MEG have the same pattern and the same period as the mechanical wave induced

in the tissue:
GG (t) = Aype €OS(Wexct) 1.24

To encode the three-dimensional displacement field, the associated phase shift is
recorded along the three encoding axes usually named M (measurement axis), P (phase
axis) and S (slice axis) by switching the application axis of the MEG for each acquisition.

By integration of the equation 1.21 with equation 1.24, the measured MR phase is:
QD(T, ZTMEG' 9) = yTechMEGA Sln(k r+ 9) 125

The motion sensitivity of the sequence can be increased by adding motion encoding

bipolar gradients so equation 1.25 becomes:
@1, 2TyEe, Nugc, 0) = ¥TexcNuecAmpcA sin(k - r + 6) 1.26

where Nygq is the number of bipolar gradients on each side of the refocusing RF-
pulse in the sequence.

For each encoding axis, several measurement points during the motion period are
made by dephasing the mechanical excitation by 8 from the MEG which induces a time
delay At = 6 /w,,. between the excitation trigger generated by the imaging sequence and
the imaging sequence. Thus, the displacement field is acquired at evenly distributed times

of the oscillatory cycle of the excitation stored as and called the number of dynamics.
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First, to ensure synchronization of the MEG with the mechanical excitation, the
repetition time, TR, of the spin echo sequence must be an integer, n, of the period of the
mechanical excitation, Tpy.. Second, to ensure phase accumulation of the two sets of
MEG on both sides of the refocusing RF-pulse, the time interval between them, TI, must
be a half-integer number, m, (also called Ng4p) of the period of the mechanical excitation,
Toxe (Figure 1.3.7).

From the recorded phase maps along each motion encoding direction i €{1,2,3}, it
is possible to calculate the components u;, i €{1,2,3}, of the displacement field induced
in the tissue where the mechanical wave propagates:

@(r, 2Tygg, 0)

w;(r,0) =
i YTexcAmEci 1.27

where u(r,0) = Asin(k-r + 0) and i €{1,2,3}

Thanks to the refocusing RF-pulse, the spin echo based MRE sequence is lowly
affected by the field inhomogeneity. However, this is at the expense of prolonged echo
time TE and total acquisition time TA. One the one hand, the long TE can be a
disadvantage for tissues showing transverse relaxation lower than the echo time (T, <
TE) and, on the other hand, TA may be challenging for in vivo applications. One means
of addressing these issues is to increase the excitation frequency f,,. and reduce the

number of bipolar gradients Ny and the field-of-view (FOV).
1.3.2.5 From phase shift to displacement field

The displacement field components u;(r, t) are computed from the recorded phase
values @;(r,t) (Equation 1.27). The uncertainty of the displacement field Au; comes from
the measurement uncertainty of the MRI signal phase which is related to the signal-to-
noise ratio (SNR) of the acquired MR images.

As shown in Equation 1.15, the MR signal S is obtained in a complex form with a

real part Mz and an imaginary part M; or with a magnitude M (Equation 1.28) and a

M= /MRZ +iM,? 1.28

M

@ = atan (M—R) 1.29
Im

When extracted from the magnitude M, the MR noise oy is biased and follows a

signal phase ¢ (Equation 1.29):

Rician distribution, which is related to the Gaussian distribution of the noise o, when

extracted either from the real part My and the imaginary part M;, by::

—o[2-2 1.30
Oy =0 5 .
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Thus, the SNR can be expressed as:

M
SNR=—=——"—"— 1.31
o

where g, is the standard deviation measured in a region void of signal of the
magnitude image.

The uncertainty of the phase measurement, noted A@, can be expressed as a
function of the SNR:

1
3o = atan (=) ¥
@ = atan SNR 3

which, for large enough SNR, get simplified to [78]:

1

~ 1.
SNR 53

Agp

Thus, the measured SNR value from the MR image allows to calculate the
uncertainty of the phase measurement A according to Equation 1.33 as well as the error
of the displacement measure Au using Equations 1.63 and 1.64 which allow to deduce Au

for a spin echo sequence (equation 1.34) and for a gradient echo sequence (equation 1.35)

respectively.
A 1 1
u= .
YTexcAmpe SNR 1.34
m(1-q*) 1
Au = - .
YToxcAmec sin(mq) SNR 1.35

The measurement uncertainty Au; along each i motion-encoding direction can be
propagated to calculate the uncertainty Aq; on the amplitude g; of the curl of the
displacement field. The ratio of these last two quantities (Aq; and q;) define the quality
of the computed curl of the displacement field: It is higher when the amplitude gq; is
bigger and when the uncertainty Agq; is smaller; It is lower when g; is smaller and Agq;,

bigger. It sets the data quality for g-field based reconstruction as we will see below.
1.3.3 Reconstruction algorithms

In order to derive the mechanical parameters from the acquired displacement fields,
the wave equation governing the displacements of the tissue induced by the mechanical
wave must be written. The mechanical parameters can then be extracted by inversion of

the wave equation.
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1.3.3.1 Mechanical wave equation

In the case of a purely elastic medium, the mechanical wave equation can be written
as:
d zul

pOfu;(r,t) = Cijiy axj—axk

1.36
Assuming an isotropic and locally homogeneous medium, the wave equation

governing the displacement field u(r,t) can be written as:
poiu(r,t) = uV?u(r,t) + (1 + WV(Vu(r,t)) 1.37

This equation relies on spatial and time derivatives. The mechanical wave
propagation consists of three components: the compression wave, the shear wave and the
coupling term between the two previous components (Figure 1.3.8). Deformations due to
shear components are characterized by the second Lamé constant yu while deformations
due to compression components are characterized by the first Lamé constant A. The
displacement field u is mainly composed of the compression wave and shear wave
components as the coupling is negligible due to its amplitude which decreases more

rapidly than the two others components.
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Figure 1.3.8: Illustration of the propagation characteristics of the compression wave
component (top) and the shear wave component (below). For the compression wave,
the medium deformation (u;) is parallel to the wave propagation. For the shear wave,
the medium deformation (ur) is perpendicular to the wave propagation
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Thus, u can be decomposed into a transversal (ur ) and a longitudinal displacement

(uy):

u=ur+ u; 1.38

where:
V-ur=0 1.39
V X u, = 0 1.40

Equation 1.38 can be decomposed into two equations, the first one for the

compression wave (Equation 1.41) and the second one for the shear wave (Equation 1.42)

auL_/1+2,u 2

W = P \Y uy 1.41
our p 2
W = ;V Uur 1.42

The two equations allow to deduce the compression wave velocity V; and the shear

wave velocity Vp:

1.43

U
vp= |- 1.44
T e

For soft tissues considered as non-Newtonian fluids, the elastography technique
exploits the displacement field resulting from the shear wave component and not the
compression wave. This is because the compression wave velocity V; travels much faster;
it is about 1500 m-s* while the shear wave velocity usually ranges from 1 to 10 m-s*
depending on the tissue.

The hypothesis of elastic tissue which has been assumed so far is not sufficient as
human tissue are generally characterized by their elasticity but also their viscosity. Shear
and stress moduli are composed of a real part, the elasticity, which reflects the rigidity
of the material and therefore the ability to conserve and restore energy, and, an imaginary
part, the viscosity, which reflects the resistance of the material and therefore the ability
to dissipate energy. Measuring the viscosity modulus of an organ allows to observe certain
pathologies or their evolution, for which the elasticity practically does not undergo any

modification.
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Rheological models help modeling the mechanical behaviors of materials and allow
to combine the stiffness tensor and the viscosity tensor

The Voigt model, which is represented as a damper and a spring placed in parallel,
is usually chosen to rewrite the Hooke’s law (Equation 1.5) by adding an extra viscosity
tensor 7; i, for a viscoelastic medium:

aekl

—_ 1.45
Jt

0ij = Cijra€r(t) + Nijia

Using this model, the wave equation in an isotropic, homogeneous, and viscoelastic

medium is written as:
poZu(r,t) = uVu(r,t) + (A + pV(vu@,t))

+ {0,VPu(r,©) + (€ + )0,V(Vu(r, ) 1.46

where { is the shear viscosity accounting for attenuation within the medium and &,
the viscosity of the compressional wave. From Equation 1.46, the shear viscoelastic
moduli can be deduced by Helmholtz decomposition. Because they both use temporal
and spatial derivatives of the displacement fields u(r,t), the equations for an elastic
medium (Equation 1.37) and for a viscoelastic medium (Equation 1.46) can be simplified
by applying the Fourier transform on u(r,t). This Fourier transform leads to a time
independent wave equation in the frequency space for an elastic medium (Equation 1.47)

and for a viscoelastic medium (Equation 1.48):
po’u(r,w) = pV?u(r,w) + (A + pWV(vu(r, )) 1.47

pw*u(r,w) = pV?u(r,) + (1 + WVv(vu(r, w))
+ jWerc (VP U(T, ) 1.48
+ jWexe(§ + OV(Vu(r, w))

The two equations above govern the basic reconstruction of dynamic elastography
which presents the advantage that the stress and strain tensors are independent
contrarily to static elastography. Thus, quantitative mechanical properties can be
deduced from displacement fields assessed through MRI.

To extract the viscoelastic moduli, it is necessary to inverse the wave equation
established in a viscoelastic medium. As explained in section 1.2.5, the shear wave and
the compression wave are the two principal components of the mechanical wave
propagation. The velocity of the shear wave is much lower (1 to 10 m-s?') than the
velocity of the compression wave (~1500 m -s?) with wavelengths in the range of meters
that varies little with the mechanical alterations of the tissue. On the contrary, the shear
wave presents shear wavelengths in the range of centimeters allowing measurable

variations in tissues and providing thus good contrast between different tissue types and
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different pathophysiological tissue conditions. Therefore, only viscoelastic moduli relating

to the shear wave are accessible and relevant with MRI.
1.3.3.2 Algorithms to solve the wave equation

The mechanical parameters are estimated by solving the wave equation. MRE
reconstruction can be globally divided into two approaches. The first kind of approaches
are iterative methods also called Nonlinear Inversion (NLI) methods. It consists of
minimizing the difference between the measured wave field and simulated wave fields
found from solving the forward problem. A solution to the inverse problem is found when
reaching a minimum or satisfying some convergence criteria. This approach is dependent
on model assumptions (boundary conditions and initial value) as they only consider
displacement fields that satisfy the governing equation. In the literature, several iterative
methods have been developed such as: gradient-descent methods [79], 3D-Subzone [80],
Gauss-Newton methods combining Subzone technique [81], traveling-wave expansion [3].

The second approach is the direct inversion method which consists of resolving a
linear minimization problem and performing a pixel-wise inversion of the homogeneous
time-harmonic linear viscoelasticity equations. Contrary to the first approach, the direct
inversion method leaves the linearly dependent viscoelastic variables as unknowns
available to minimize the system. Direct methods require much less computational effort
than iterative methods but they are more dependent on data quality.

In the literature, several algorithms based on direct inversion methods have been
developed: heterogeneous direct methods [82]-[85], Local Frequency Estimation (LFE)
[46], [86]-[88] Algebraic Inversion of the Differential Equation (AIDE) [3], [35], [89]-]92],
as well as other direct inversion methods using a derived approach of the direct inversion
[93]-198]

As they are the most frequently used in the literature, the LFE and AIDE

algorithms are briefly described in the next part.
1.3.4 Local inversion techniques

During the acquisition for elastography, the propagating wave induced in the
targeted tissue can be locally considered as a monochromatic wave plane:
u;(r,t) = Ag. e/ @exct=kiro) 1.49
with wgy. the angular frequency of the mechanical wave and k; the wave vector
component along the direction i, i € {1,2,3}.
Equation 1.47 turns into a purely local inversion problem. However, due to the
quasi-incompressibility of soft tissue, there is an unbalanced magnitude between y which

lies in the range of kPa and A which lies in the range of GPa. The hypothesis of Vu = 0
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is thus considered which involves neglecting the second and fourth terms on the right-
hand side of Equation 1.48.
potu(r,t) = uV?u(r,t) + {0, V2u(r,t) 1.50
which can be also written in the frequency space as:
pw?u(r, ) = pVu(r, ) + jwq.{Viu(r, ) 1.51

This assumption is examined in the next part of this chapter as it raises questions

about its rightfulness.
1.3.4.1 Local frequency Estimation (LFE) algorithm

The local frequency estimation (LFE) method [86] consists of only taking the local
wavelength into account without considering the wave attenuation. Thus, the shear
modulus is deduced from the measured wavelength 4 in the Equation 1.44 of the shear
wave velocity with the hypothesis of a homogeneous tissue density close to the water

density (p~1 kg-s):

2
“)exc) )2

Hire = ( by

1.52

The LFE algorithm has proven to be a robust and fast approach because of the
sophisticated multi-scale data averaging in the estimation. It yields accurate and isotropic
local frequency estimates, which is relatively insensitive to noise [99]. However, this
algorithm presents some resolution limitations, and at sharp boundaries the LFE estimate
is blurred and the correct estimate is reached only half a wavelength into a given region.
It is essentially a 2D approach which favors the acquisition and reconstruction times so
it remains inherently biased by the choice of the slice orientation with respect to the
direction of the wave propagation [84], [91]. Moreover, this algorithm approach cannot

be extended to viscoelastic media.
1.3.4.2 Algebraic Inversion of the Differential Equation (AIDE)

The AIDE algorithm assumes local homogeneity and allows to measure the
mechanical parameters via direct inversion of the wave equation 1.48. Contrary to the
LFE algorithm, the AIDE algorithm can take the attenuation into account and thus the
viscosity of the medium.

As explained previously, the simplifying assumption Vu = 0 have allowed to obtain
Equation 1.50. by removing the second and the fourth terms of Equation 1.48. Neglecting
the fourth term is legitimate because the compressional viscosity (§) can be ignored at
MRE low frequencies. However, this hypothesis does not hold for the second term.
According to Equation 1.48, the high value of the compression wave velocity is related

to the very large Lamé constant A which outweighs very small V(Vu).
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One possibility to simplify Equation 1.48 was proposed by Sinkus et al. [35]. It
consists of decomposing the plane wave u (Equation 1.50) into the transverse wave ur
and the longitudinal wave u; according to the Helmholtz-Hodge theorem. As the curl of
the longitudinal wave (V X u;) and also the divergence of the transverse wave (Vur) are

equal to zero, the term V(Vu) can be simplified as:

V(Vu) = V(V(ur + u,)) 1.53
V(Vu) = Vu, + VX (Vxu) 1.54
V(Vu) = Viu, 1.55

The application of the curl operator on the displacement field u:

q=Vxu 1.56
can be used to remove any compressional contribution [35] and Equation 1.48 is

simplified by only keeping the shear components y; and ¢; along i:

—potq;(r,w) = u;V*q(r,w) + {; 0,V*q(r, w) 1.57

with d; the time derivative and i € {1,2,3}.

Computing the curl adds noise along the data processing. To fully address the 3D
nature of the displacement field in the tissues and to properly apply the curl operator,
the displacement field components along the three spatial directions are usually acquired
so higher acquisition times are required. However, this approach does not need any
particular assumption but linear elasticity, local homogeneity, local plane wave, and
isotropy once the solutions of the equations 1.57 along i € {1,2,3} are averaged.

According to Equation 1.49, the curl component of the displacement field along i

can also be written as a plane wave:

q; = |ql| . ej(wexct"'kiri) 1.58

with wgy. the angular frequency of the mechanical wave, k; the wave vector, and
i €{1,2,3}.

Thus, Equation 1.57 can also be written as the Helmholtz equation over q:
_pwezxcqi (T, wexc) = :uivz qi(r' wexc) + jwexc(ivzqi(r' wexc) 1.59
The above Helmholtz equation provides the complex shear modulus with real part,

G', being the dynamic shear modulus and, imaginary part, G'', being the loss shear

modulus:

G" = U+ jwexcl 1.60
G*=G'+jG" 1.61
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1.4 MRE approach for precise and accurate

quantification

In my thesis work, MRE studies were carried over with guided pressure waves in
phantoms and in human brains along basic but specific methodologies that favor the
validity of both acquisition and reconstruction data at the expense of time in order to
derive as precise and accurate mechanical parameters as possible within the simplifying
assumptions of linear elasticity, local homogeneity, local plane wave, and isotropy of the

probed media.
1.4.1 Acquisition protocol

1.4.1.1 Pressure wave generation

As seen above, any mechanical excitation is fortunately limited in the brain mainly
by the protective barriers of the cranial bone and meninges. Wave amplitudes achieved
in the brain may easily be low to reliably infer the viscoelastic moduli from the recorded
displacement fields.

To perform brain MRE in this thesis work, we used pressure waves generated by a
loudspeaker and directly guided into the oral cavity of the subject via waveguides (Figure
1.4.1). This method allows to bypass the protective barriers by guiding the pressure wave
directly into the head through the natural mouth input and along inner natural pathways
to further access the brain all the way to the extreme top lobes of the cerebrum. This
method only requires from the subject to spontaneously breath through the nose so the
uvula is kept closed and the pressure wave is not directed along the airways down to the
lung but kept up in the buccal and cranial cavities.

Maitre et al. [100] and Hagot et al. [101] demonstrated the efficiency of this
technique that allowed to reach wave amplitudes up to 70 pm with mean values over the

whole brain of 14 pm.
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Figure 1.4.1: Experimental setup for brain MRE with guided pressure waves. The
subject lies in a 1.5 T Achieva MR system with the head placed in a standard head
SENSE coil. Remotely generated and amplified pressure waves are guided to the center
of the MRI magnet into the subject’s buccal cavity. Pressure wave level is monitored
at the mouth via an optical fiber sensor. Pressure wave are synchronized to the MRI
acquisition sequence.

Pressure waves are remotely generated from the technical room behind the MRI
exam room (Figure 1.4.1) with a function generator (AFG 3021B, Tektronix, OR, USA;
Figure 1.4.2.(a)) before being amplified with a power amplifier (P5000S, Yamaha, Japan,
Figure 1.4.2.(b)), transduced with a 300 W 12" woofer (PHL Audio 4530, France, Figure
1.4.2.(c)), and guided through the Faraday cage along Altuglas® tubes and adapting
hoses to the mouthpiece (Figure 1.4.1). The generation of pressure waves is trigged by
the MRI system for synchronization with the MRE acquisition and monitored from the
MRI console (Figure 1.4.1) with an oscilloscope (TDS 2014, Tektronix, USA, Figure
1.4.3.(a)). The generated pressure is recorded on site with an optical fiber sensor at 5
kHz (EVO-RM-8, FISO, Canada, Figure 1.4.3.(c)) connected to the mouthpiece in case
of brain acquisition or to an acoustic adapter in case of phantom acquisition. It is
monitored from the MRI console room wvia the pressure measurement modules (Figure
1.4.3.(b) and Figure 1.4.3.(d)). The main advantages of this type of wave generation
reside in the gas transmission of the excitation, in the flexibility of the orientation and

of the size of the excitation source with appropriate acoustic end adapters.
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Figure 1.4.2: (a) Function generator (AFG Figure  1.4.3:  Wave  generation
3021B, Tektronix, USA), (b) power monitoring system:(a) oscilloscope, (b)
amplifier (P2500S, Yamaha, Japan), (¢) 300 optical measurement module, (c) optical
W 12" woofer (PHL Audio 4530, France), fiber pressure sensor and (d) rolling rack
(d) rolling wooden cabinet comprising the with optical modules and monitoring
power amplifier, the woofer and a cooling computer.

pump on top to prevent loudspeaker

overheating.

1.4.1.2 Automated acoustic pressure monitoring

When I started my PhD in the laboratory, the pressure wave monitoring system
was limited to one MRI site (SHFJ, Philips 1.5 T MRI). I optimized and automated the
pressure wave calibration and monitoring so we could control the pressure wave
amplitude at the subject’s mouth or at the surface of the probed phantom from the
console room during MRE acquisitions. The system was mounted onto a rolling flight
case so it could be easily transported and used on different MRI platforms for multisite

experiments.

The system was calibrated and the resonant guiding modes of the close system from
the loudspeaker to the probed subject or phantom were characterized by wobulation. An
acquisition and generation code was developed with Matlab® to control, via a laptop
computer, the function generator in order to sweep the input excitation frequency and
to record the output pressure level measured by the optical fiber sensor. The resulting
system frequency response was used for optimizing and selecting the excitation at the
resonant mode highest pressure peaks (Figure 1.4.4). The pressure wave amplitude was
then adjusted by the output amplitude of the function generator between 1 V to 8 V.

The ultimate applied pressure wave amplitude was limited by the subject’s comfort.
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Figure 1.4.4: Wobulation curve showing the resonance modes of the excitation system
obtained using waveguide with 32 mm diameter with different lengths. The resonant
frequency peaks depend on the length of the waveguide. Any frequency can be matched
by tuning the length of the waveguide.

The frequencies of the system resonant modes depend on the length L of the
waveguide as shown in Figure 1.4.4 for L ranging from 94 cm to 352 cm. According to
Equation 1.62, it is possible to determine the system resonant frequencies from the
waveguide length L and sound velocity in the air ¢, = 340.5 m-s™* [74], [102].

(Z2n—-1) ¢
nTT AL

where n € N is the harmonic number of the resonant mode.

1.62

We used this guided pressure wave system for MRE acquisitions in phantoms
(Chapter 2 and Chapter 3) and in human brain (Chapter 4 and Chapter 5). The air-
tight 1 mm diameter acoustic adapter for phantom MRE was replaced by a mouthpiece

for in vivo brain MRE.

1.4.2 MRE data acquisition

1.4.2.1 MRE sensitivity

Both gradient echo and spin echo based MRE sequences were used in this work.
However, most MRE studies were performed with spin echo based MRE sequences to
avoid as much as possible any distortion and artefact in the acquired phase maps (Section
1.3.2.4 page 30).

The motion sensitivity for gradient and spin echo based sequences is given by the

phase shift accumulated during the application of the encoding bipolar gradients
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respectively set by Equations 1.23 and 1.27. From these two equations, it is possible to
write the relationship between the resulting uncertainty, Au, on the displacement field
and the measurement uncertainty, A¢@, on the phase shift and to infer the associated

sensitivities, Sgg, for spin echo, and S;f, for gradient echo:

@ (1, 2Tyge, 6)

u(r,8) =

yTeJZAMEGZT 8)

rl ) .
< Au(r,0) = a MEG 1.63
VTechMEG
4 AU(T, 9) = SSE ) A(p(rl 2TMEG' 9)
n(1-q%)
u(r,0) = o(r,0) - .
QD yTechMEG Sln(T[Q)
n(1-q?) 1.64

< Au(r,0) = Ap(r,0) - -
4 yTechMEG Sln(ﬂ:CI)
< Au(rl 6) = SGE ' A(p(ri 9)

which allows to identify the motion sensitivity of the acquisition sequences as:

@(r,2Tyge, 0)

SE = w0 YNuecTexcAmec 1.65
r,0 ToscA sin(m
SGE — QD( )= Y1excAMEG ( Q) 1.66
u(r,0) n(1—q?)

1.4.2.2 Anatomical acquisitions for brain segmentation

During brain MRE acquisitions, we also acquire anatomical brain images (such as
T1-weighted and T2-weighted) before and after MRE acquisitions in order to check
potential alteration of brain tissues after the MRE mechanical excitation.

In a post processing step, we make use of these anatomical images to segment
specific brain regions. This segmentation is performed with SPM12 (The Wellcome
Centre for Human Neuroimaging, UCL, London, United-Kingdom). It relies on an a
priori that intensity variations due to MR physics are spatially smooth while those due
to different tissue types tend to contain more high frequency information. By including
prior knowledge about the distribution of the fields likely to be encountered by the
correction algorithm, data are classified into a number of different tissue types which are
defined according to tissue probability maps defining the prior probability of finding a
tissue type at a particular location. This segmentation allows to identify the grey matter,
white matter, CSF, bone, soft tissue and air/background in the cerebrum and white
matter/grey matter in the cerebellum. To evaluate the mechanical behavior of the

different tissues, means and standard deviations of the mechanical parameters are then
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calculated on inferred masks of cerebral white matter and cerebral grey matter and of

integrated cerebellar white and grey matters (Figure 1.4.5).

T1-Weighted White Matter (WM) Grey Matter (GM)  Cerebellum (Cb)

Figure 1.4.5: T1-weighted based segmentation using SPM12 to produce masks of
cerebral grey and white matters and a mask of the cerebellar tissues.

Finally, together with the extracted parametric maps and the regional masks, brain
images were spatially normalized to conduct multi-frequency, multi-resolution, multi-

position analysis over the various datasets that were acquired over the last years.
1.4.3 Conditioning of data for reconstruction

In this section, we will see how to achieve MRE in optimal conditions so to compute
the shear elasticity G and the shear viscosity G" AIDE reconstruction algorithm while

minimizing the uncertainty.
1.4.3.1 Mechanical parameters for elastic medium

The ¢g-based AIDE algorithm may theoretically be flawless upon proper joint
assumptions and equation [103].

As shown earlier, in order to remove the compressional wave components, Sinkus
et al. [4] applied the curl operator and simplified the wave equation (Equation 1.47) to
obtain the Helmholtz equation (Equation 1.59).

Thus, the complex shear modulus (G*) which is related to the dynamic shear
modulus (G') and the loss shear modulus (G") can be deduced from Equation 1.67 by
inverting the q-field based Helmholtz equation (Equation 1.59) obtained without
rheological assumptions along the three i motion-encoded direction:

Gi =G, +jG;
G? =U; +jwexc(i

(r,w
G;ﬁ _ _pngc ql( exc)

1.67

,with i € {1,2,3}
V2q,(T, exe)

As we have assumed an isotropic, homogeneous and linearly-elastic medium, the
Helmholtz equation 1.67 which describes the differential equations for the three

components of the g-field can be simplified to extract the shear elasticity G; as:

qi(r: Wexc)

,with i € {1,2,3}
ﬁ%mwm)
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Equation 1.44 giving the transverse velocity Vi can be derived along the three i

motion-encoded directions for the shear velocity Vy; such as:

, 1.69
or Vs,i = %

Then, the shear velocity can be deduced along the three spatial directions i from

the three components of the g-fields such as:

Vii(r, Wexe) = Dexe ,with i € {1,2,3}
R qui(r' (‘)exc) 1.70
e -_—
qi(rl wexc)

For a mechanically-isotropic medium, the three shear velocity values along the

three i motion-encoded directions are expected to be the same and could be averaged
(Vs = Vs, =V,

5y VS3). To get a more robust velocity estimation than the one we would
get from the mean average, we can advantageously weight each direction by the data
quality along this direction. As developed by Jin Long Yue in the course of his PhD
[103], the average velocity Vg is weighted for each voxel over the three directions by the

squared ¢-field quality (qQW):

1 q;\°
Vs =Vsgow = ?Z <<A_‘;l) Vs,i) 1.71

i

2
where Q = /Zi (Aq—q‘i) is the g-field quality 1.72

with Aq;, the uncertainty on the amplitude q; of the curl component of the
displacement field q;(7, wexc). The Q-weighted average velocity V; defined in equation
1.71 minimizes the minimum absolute percentage error (MAPE) and thus provides the

most accurate and precise estimation of the local shear velocity with AIDE [103].
1.4.3.2 Mechanical parameters for viscoelastic medium

In the MRE studies of Chapter 4 and Chapter 5, we assume that the medium is
isotropic, homogeneous and linearly viscoelastic. The shear dynamic, G;, and loss, G;’,
moduli are deduced along each spatial dimension i by algebraic inversion of the
Helmholtz equation 1.67.

By combining the equation given by the local planar wave assumption (Equation

1.58) with Equation 1.67, the complex shear modulus can be written as:
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G =G! +jG!'

Gt — PWixc 1.73
with k; the complex wave number such as:
ki =B —ja. 1.74
with: §; = Azn = %, Ashear the shear wavelength, V; the shear wave velocity
shear s

calculated from the gQW methods given by the equation 1.76 [103] and a; the attenuation
parameter calculated from the g-fields from Equation 1.67.
Equation 1.58 giving the g-field based on an assumption of local planar wave can

thus be written with each component q; such as:

q; = |q;| - e/ Biri=@exct) g—airi 1.75

Thereafter, the complex shear modulus can be rewritten as:

G: =G| +jG!'

o = PWexc

LT g2 1.76
o o PWexc

b Ja)?

It is possible to express the dynamic shear modulus G’ and the shear loss modulus

G'"' by separating real from imaginary parts in the above equation 1.76:

, B2 — a;?
Gi = P ——F——5— 1.77
(B* — a;?)” + 4(a;B)?
" Zaﬁ
G = pngc — 1.78

(Bi® — ;)% + 4(a;5;)?

In Chapter 4 and Chapter 5, as the studied media are considered viscoelastic, the

mechanical parameters were calculated from Equations 1.77 and 1.78.
1.4.4 MRE absolute quantification

As seen in the Introduction, it is difficult to provide reference values for the
mechanical properties because of the wide dispersion of the viscoelastic moduli found in
the literature. To estimate and compare the mechanical parameters obtained with MRE,
it is necessary to establish the conditions of validity of the MRE measurements. To this
end, it is necessary to study the impact of the acquisition and reconstruction parameters

which are decisive to yield precise and accurate MRE measurements.

47



1.4.4.1 Key parameters of g-AIDE algorithm

Although today there is no consensus on which model is the most appropriate for
describing the tissue response under a mechanical excitation, hence which reconstruction
method is to be used, I have used the g-based AIDE algorithm during my thesis work to
reconstruct the mechanical properties as it is a model-independent algorithm. The chosen
qg-based AIDE algorithm allows to compute mechanical parameters in each voxel of the
acquisition volume by local inversion of the wave equation in a viscoelastic medium.
Mechanical parameters then depend on the mechanical excitation frequency f,y., the
voxel size a, the amplitude of the curl of the displacement field q and the associated
measurement uncertainty Aq. Furthermore, recent works [103] have shown that the
factors determining the accuracy and precision of MRE measurement can ultimately be
subsumed with two parameters that essentially characterize how well the propagating
shear wave is sampled: the spatial sampling factor (or number of voxels per wavelength),
s = A/a, where A is the shear wavelength which is linearly related to the excitation
frequency fexc; and the amplitude sampling factor (or data quality factor), @ = q/4q
where 1/4q is the g-field measurement uncertainty, which is related to the signal-to-
noise ratio, SNR. Q, along SNR, should be maximized. For SNR values between 5 and
30, in mechanically homogeneous media, it was also shown that s should range between
6 and 9 to establish MRE conditions of validity [103]. These findings were demonstrated
on simulated data by varying the spatial sampling factor s with f,,.. Inside the s optimal
range, the estimated mechanical parameters were more accurate and exhibited minimal
standard deviation values so they were also more precise. Outside the s optimal range,
they were either overestimated (s < 6) or underestimated (s = 9) with increasing
standard deviations away from the s optimal range.

At a set excitation frequency, namely for a given wavelength in a mechanically
homogeneous medium, the spatial sampling factor s is increased by reducing the voxel
size so the signal-to-noise ratio is usually expected to be degraded (Figure 1.4.6 right).
It results a greater uncertainty on the local estimate of the second derivatives and an
increase in the error on the local curve of the displacement field. Increasing the amplitude
of the induced displacement fields, or Q, can alleviate this issue (Figure 1.4.6 right). The
spatial sampling factor s can also be decreased by increasing the voxel size so the signal-
to-noise ratio is improved but the determination of the wavelength may then be
obliterated by the poorer spatial resolution (Figure 1.4.6 left). Thus, a compromise needs
to be found between the spatial resolution and the excitation frequency to achieve

optimal sampling of the displacement field with the available SNR or the data quality.
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Figure 1.4.6: Spatial sampling with voxel size a of the displacement field produced in
the medium by a propagating wave with wavelength 2. When a > 1/6 (or s < 6),
despite enhanced SNR, the displacement field is undersampled and the wavelength A4
is overestimated. When a < 1/9 (or s > 9), the SNR is degraded, the displacement
field is oversampled, the displacement field amplitude is smeared out between
neighboring voxels, and the wavelength A is underestimated. In between, when 6 <
s <9, that is to say, when there is between 6 and 9 voxels per wavelength, the
displacement field is optimally sampled and the measurement uncertainty is minimal
with best wavelength precision and accuracy.

The evolution of the s factor and the mean absolute percentage error (MAPE) for
different Q factors were simulated by Jinlong Yue [103] as illustrated in Figure 1.4.7.
The higher the quality factor is, the less s affects the precision and accuracy of the shear

velocity measurement, the larger the s optimal domain is.
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Figure 1.4.7: Simulated data from Yue PhD works [104] for appropriate s prediction
using the g-field quality weighted method for different Q values. Optimal s is found
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between 6 and 9 where the MAPE (Mean Absolute Percentage Errors) is minimized.
The MAPE is minimized over a larger range of s (6 < s<11) for the highest Q values.

1.4.4.2 Data conditioning

In practice, the shear wavelength, hence s, is not known before starting the MRE
acquisition. Optimal spatial sampling must then be implemented either (1) with an
estimation of the expected mechanical properties of the probed medium with preliminary
acquired phase data, (2) with prospective multi-frequency or multi-resolution MRE
covering the possible range for optimal s, or (3) with standard MRE at a single frequency
and with a single voxel size but with retrospective multi-resampling of the acquired
displacement field to find the optimal s domain.

The study presented in Chapter 2 proposes to explore with multi-frequency
acquisitions the influence of s using a voxel-wise reconstruction quality criterion.
Retrospective data multi-resampling could then be compared to actual prospective multi-
frequency acquired data with constant frequency-voxel size product f - a.

In Chapter 3 and Chapter 4, other constraints are taken into account to adequately
probe and visualize the heterogeneity of the medium. First, the voxel size needs to be
smaller than the size of the inclusions, the tumors, or the heterogeneity so it sets a
frequency lower bound to reach the optimal s domain. Second, the reconstruction kernel
size needs to be smaller than the size of the inclusions, the tumors, or the heterogeneity
to reveal. Fulfilling these two conditions are necessary to allow the reconstruction
algorithm to reliably reveal the mechanical heterogeneity associated to the medium.
Moreover, as the mechanical properties differ from one region to another, the shear
velocity is expected to be similarly heterogeneous and spatial sampling needs to be
regionally optimized throughout the tissue either by prospective multi-frequency or
multi-resolution MRE acquisitions or by retrospective resampling.

In summary, s and Q factors have been determined for four homogeneous phantoms
(Chapter 2), a heterogeneous phantom (Chapter 3) and in the human brain (Chapter 4)
in order to establish optimal conditions where best precision and accuracy of MRE

measurements can be achieved.

1.5 Conclusion

In this chapter, MRE has been introduced. Existing MRE approaches and the
original approach undertaken in this work have been described from the choice of the
wave generator to the choice of the acquisition and reconstruction methods. According
to former simulations, we showed that the latter choice is critical as it highly influences
the measurement results. The variability of these key parameters has been weighted when

the conditions of acquisition and reconstruction were not appropriately chosen. In the
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next chapters, these key parameters will be monitored. We will see how it is possible to
perform MRE both on phantom and in vivo on the brain with the most precise and

accurate measurement possible.
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Chapter 2 Homogeneous phantom study at
multi-frequency MRE for
elasticity quantitation and

optimal tissue discrimination

2.1 Introduction

As described in the Chapter 1, MRE aims at mapping the mechanical properties of
biological tissues by recording the displacement fields generated by a mechanical wave
travelling through them. The extracted viscoelasticity moduli can be advantageously
used in clinical diagnosis as the development of most pathological processes comes with
an alteration of the tissue mechanical properties [8], [105]-[107]. In spite of successful
applications in the clinic, the spread of MRE is undermined by the lack of accuracy and
precision of the measurement on a voxel basis.

This chapter addresses some pitfalls in establishing MRE mechanical parameters
by highlighting that MRE outcomes are conditioned by the mechanical waves travelling
throughout the targeted tissue (their frequency, amplitude, and pattern within the
definite boundary conditions), the acquisition parameters (the voxel size, the motion
sensitizing gradients, and the resulting signal-to-noise ratio for a given MR pulse
sequence), and the reconstruction method. In the framework of algebraic inversion of the
differential equation of motion, AIDE [108], [109], once temporal sampling is set, the
factors determining the accuracy and precision of MRE measurements can ultimately be
subsumed with two parameters that essentially characterize how well the propagating
shear wave is sampled: the spatial sampling factor (or number of voxels per wavelength),
s = A/a, and the amplitude sampling factor (or data quality factor), Q = q/Aq, where
A is the shear wavelength, a, the voxel size, q, the amplitude of the curl of the
displacement field, and Aq, the associated measurement uncertainty [103]. These two
dimensionless factors can be extracted for any voxel. If the spatial sampling factor, s, is
too small (generally smaller than 6) then the shear wave pattern is undersampled and
the shear velocity and the shear elasticity are overestimated. If it is too big (generally
greater than 9) then the shear wave pattern is oversampled and the shear velocity and
the shear elasticity are underestimated. Otherwise, when it stands in between (generally
between 6 and 9), the shear wave pattern is optimally sampled and the measurement
uncertainty is minimized [4], [103], [110]. The amplitude sampling factor, Q, increases
with ¢ and SNR (along with 1/Aq). For a given shear wave amplitude, the higher the

SNR, the smaller the measurement uncertainty is and the less influence s has on this
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uncertainty. The lower the SNR, the higher the measurement uncertainty and the more
the measurement precision and accuracy are sensitive to s. With a rather low SNR of 8,
simulations predicted and experiments recorded relative velocity biases of 45% and
threefold standard deviations when the voxel size, all things being equal otherwise, was
either halved or doubled with respect to the optimal size for proper wave spatial sampling
at 2 kHz, respectively leading to s = 12 and s = 3 [111]. Similarly, with a rather standard
SNR of 30, simulations predicted relative biases of 10% and sixfold standard deviations
when the excitation frequency, all things being equal otherwise, was halved, namely when
the wavelength was doubled and the wave spatial sampling departed from the optimal
conditions with s =20 [103]. As a consequence, special care should be taken when
performing MRE either using different voxel sizes and different excitation frequencies
[112], [113], or simply probing tissues at different stages of a disease [114], [115] and
mapping mechanically heterogeneous tissues [6], [8]. All those cases exhibit different
wavelengths, leading to different spatial sampling conditions with different measurement
bias and precision. Furthermore, additional mechanical features are expected to be
revealed by the biological tissue dispersive behaviour [116], [117]. In this framework,
MRE rheological studies carried out by merely sweeping the excitation frequency present
dispersion laws that are inherently flawed by frequency-dependent measurement bias and
precision.

In order to further confirm these results for a wider spectrum of situations, the first
stage of my thesis focussed on investigating the repeatability, reproducibility, robustness,
accuracy and precision of MRE along optimal sampling conditions across two MRI
platforms at 1.5 T and 3 T in two different sites. For that purpose, multi-frequency
experiments were carried out on mechanically-calibrated phantoms that mimic liver
fibrosis.

This Chapter 2 is divided into five parts. The first part describes the protocol of
the MRE experiments performed in the two MRI platform. The second part is a
description of the process to obtain the mechanical outcomes parameters, from MRE
acquisitions parameters to the MRE reconstruction description. Then, the third part
reports the analysis of the mechanical parameters in order to study the repeatability of
our measurements and the reproducibility between the two platforms. The fourth part
of the Chapter 2, presents a reproducibility analysis between the two MRI platforms,
based on data acquired with optimal excitation frequencies for each of the four calibrated
phantoms. The third part and the fourth part of this chapter allowed to evaluate the
ability to discriminate between shear velocity estimates in optimal and non-optimal
conditions, and a re-conditioning strategy was considered to cope for non-optimally
acquired datasets. Finally, resulting shear velocity estimates were compared with values

obtained with the optimally pre-conditioned datasets. The last part of this chapter
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presents a global discussion which allowed, first, to step back on our results and, then,

to discuss about some MRE pitfalls already faced in the literature.

2.2 Protocol description

2.2.1 Phantom description

The MRE acquisitions of this study were performed on the set of the test phantoms
(C1, C2, C3, C4) consisting of four cylinders housing 10 cm diameter, 12 ¢cm height,
homogeneous Zerdine® solid elastic hydrogel (Model 039, CIRS, VA, USA). As specified
by the manufacturer, differing Zerdine® concentrations provided Young's moduli of 3.5
kPa, 11.4 kPa, 28.6 kPa and 44.8 kPa that matched various stages of liver fibrosis from
normal state to mild, moderate and severe grades (Figure 2.2.1). The phantoms are
characterized by an average compressional velocity of 1540 m-s-1, a density of 1030
kg-m-3, and a Poisson’s ratio of 0.5. These phantoms were developed and validated in a
study sponsored by the Quantitative Imaging Biomarker Alliance. They served as
reference standards to evaluate shear wave velocity measurements with quasi-static
compression dynamic mechanical analysis, vibration-controlled transient elastography,
and hyper-frequency viscoelastic spectroscopy. They were shown to be more elastic than

viscous [118].

3.5kPa 28.6kPa 44.8kPa

Shear Wave . Shear Wave
Shear Wave ® B 2 4 fave
liver Fibrosis Phantorm Liver Fibrosis Phanto™ Liver Fibrosis phantom Liver Fibgesis P

Figure 2.2.1: Set of CIRS test phantoms {C1,C2,C3,C4} calibrated
for liver fibrosis staging and grading at 3.5 kPa, 11.4 kPa, 28.6
kPa, and 44.8 kPa.

2.2.2 MRE bench setup

The experimental setup of the MRE acquisitions required a lot of attention to be
able to provide a good reproducibility of the experiments on the two platforms. Indeed,
it was necessary to reproduce the same waveguide length as it constitutes the
intermediary piece between the source represented by the loudspeaker and the target to
be excited, represented by the phantom. This waveguide length adjustment step is critical
since it allows to define the different resonance frequencies as explained in the Chapter
1 section 1.4.1.1. However, in order to provide a good reproducibility of the experiments,

it is important to obtain the same resonant excitation frequencies on the two platforms
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by a wobulation (method explained in Chapter 1 section 1.4.1.1). The first constraint
was therefore to reproduce the length of the waveguides (from the loudspeaker to the
phantom) since the two MRI platforms are not structured and organized in the same
way. Despite this experimental setup constraint, MRE acquisitions were carried out in
the same way on Achieva 1.5 T and Ingenia 3 T MR systems (Philips Healthcare,
Netherlands). Phantoms were placed at the center of the magnet bore into a 8 channel
SENSE knee coil (Philips Healthcare, Netherlands) with their axis horizontally aligned
with the directing magnetic field (Figure 2.2.2).

Point source mechanical excitation was induced in the phantom by guided pressure
waves through an air-tight 1 mm diameter acoustic adapter. The pressure waves were
remotely generated from the technical room (Figure 2.2.2) with a function generator (AFG
3021B, Tektronix, OR, USA) before being amplified with a power amplifier (P5000S,
Yamaha, Japan), transduced with a 300 W 12" woofer (PHL Audio 4530, France), and
guided through the Faraday cage along 22 mm inner diameter 6.24 m long altuglas®
tubes and adapting hoses to the surface of the phantom (Figure 2.2.2) [19]. The generation
of pressure waves was trigged by the MRI system for synchronization with the MRE
acquisition and monitored with an oscilloscope (TDS 2014, Tektronix, USA).

The source pressure generated at the surface of the phantom was recorded onsite
with an optical fiber sensor at 5 kHz (EVO-RM-8, FISO, Canada) and monitored from
the MRI console room in order to keep a close eye on the real time evolution of the
amplitude of the wave sent via the pressure measurement system communicating with

the technical room.

Technical room Exam room Console room

Loudspeaker Knee coil

Phantom
Waveguide
Pressure monitoring f
Amplifier Ech®!
Function generator \ {_
| 15T3TMRI \ (-

Figure 2.2.2: Schematic of the MRE bench setup at 1.5 T and 3 T. Remotely generated and amplified

pressure waves are guided in the center of the MRI magnet bore to the phantom placed in a knee coil.
Pressure level is monitored via an optical fiber sensor. Pressure wave are synchronized to the MRI

acquisitions sequence.

2.2.3 SWE bench setup

SWE acquisitions were carried out on an Aixplorer ultrasound system (Supersonic

Imagine, Aix-en-Provence, France). An artificial arm was used to steadily hold the
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ultrasound probes on the surface of the phantoms in order to minimize the operator
dependent influence. The phantoms were mechanically characterized using three different
probes (XC6-1, SL10-2, and SL15-4) leading to respective pixel sizes of (0.8 X 0.6) mm?,
(0.35x 0.20) mm? and (0.21 X 0.20) mm?. The depth of the insonification window was
placed in the center of the phantoms and adapted to the frequency bandwidth of each
probe.

2.3 MRE acquisition and reconstruction

2.3.1 MRE acquisition parameters

For the different MRI platforms, the acoustic resonances of the wave-guiding close
system were characterized by wobulation from 10 Hz to 400 Hz. The amplitude of the
pressure waves was then set for each frequency to provide easily measureable waves
within the phantoms while avoiding as much as possible reflections on the cylindrical
walls. Selected pressure amplitudes were recorded at the surface of the phantoms,
repeated and reproduced for every experiment performed at the same frequency. Upon
the expected shear wavelengths at 3.5 kPa, 11.4 kPa, 28.6 kPa and 44.8 kPa, four optimal
frequencies were selected, close to these resonances, at f,,. = {60;175;207;320} Hz to
prospectively optimize the spatial sampling factor s with a = 1.25 mm in each phantom.
Three additional frequencies were picked up, again close to the resonances of the system,
at f = {40;90; 130} Hz to prospect measurement outcomes for one of the four phantoms,
C2, at 11.4 kPa, when s was not optimized. For repeatability, measurements on C2 were
also repeated at 130 Hz at the end of the experimental runs. Moreover, data were
acquired at 60 Hz for the four phantoms as most of liver MRE is reported in the literature
at this frequency.

A standard multi-slice motion-encoding spin-echo sequence was implemented with
a field of view FOV = (120 x 120 X 30) mm? covering the upper part of the cylindrical
phantoms, a matrix size of (96 X 96 X 24), and an isotropic voxel of size a = 1.25 mm.
The amplitude of the motion-encoding gradients was set to the default value of MR
systems, which were very close: 21 mT - m™ at 1.5 T and 22.5 mT - m* at 3 T. Hence the
motion sensitivity could be considered similar for the different MR systems. Besides, the
number of bipolar motion encoding gradients was increased sixfold while the frequency
of the mechanical excitation varied from 40 Hz to 320 Hz. Thus, the motion sensitivity
could compensate, at least partly, the lower motion amplitudes at higher frequencies.
The echo time TE was maintained between 27 ms and 62 ms, while the repetition
time TR, was concomitantly varied between 1,049 ms and 1,800 ms in order to maintain

a relatively consistent SNR (Table 2.3.1).
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Fs TR/TE a A |4 G
CIRS ‘ m | s ‘ [mm] ‘ ] ‘ ts) ‘ “"’R" ] ‘ ‘o ‘ e ‘ i
C2 1.5 | 1800/62 | 1.25 40 30.2 29 12.36 + 3.74 117 + 44 1.47+0.47 2.384+3.30
C2 3.0 | 1800/62 | 1.25 40 30.2 45 450 +1.32 63 + 31 1.48+0.40 2.3441.60
C2 1.5 | 1600/58 | 1.25 60 20.1 29 15.03 + 4.78 137 £ 51 1.4440.12 2.10+0.35
C2 3.0 | 1333/39 | 1.25 60 20.1 40 1.93 + 0.66 30+ 11 1.44+40.33 2.20+1.50
C2 1.5 | 1600/50 | 1.25 90 13.4 30 13.99 + 6.06 | 274+ 124 | 1.461+0.05 2.151+0.16
C2 3.0 | 1200/42 | 1.25 90 13.4 45 3.27 1+ 0.73 43+ 17 1.46+0.10 2.1440.30
C2 1.5 | 1477/46 | 1.25 130 9.3 30 3.57+1.23 67 + 26 1.484+0.04 2.19+40.12
C2 3.0 923/27 1.25 130 9.3 34 3.36 £ 0.86 37 £ 17 1.4940.05 2.2340.16
C2 1.5 | 1477/46 | 1.25 130 9.3 30 3.27 +1.83 68 + 27 1.48+0.04 2.1940.12
C2 3.0 923/27 1.25 130 9.3 34 3.04 + 1.34 40+ 17 1.5040.05 2.2510.16
C2 1.5 | 1370/46 | 1.25 175 6.9 27 446 + 2.18 104 + 42 1.51+0.02 2.271+0.07
C2 3.0 | 1096/37 | 1.25 175 6.9 41 0.46 + 0.15 17+7 1.514+0.04 2.304+0.13
C2 1.5 | 1158/36 | 1.25 207 5.8 24 2.03 +1.36 34+ 17 1.53+0.04 2.33£0.12
C2 3.0 | 1042/36 | 1.25 207 5.8 39 0.53 +0.19 15+ 6 1.5610.05 2.4240.16
C2 1.5 1049/34 | 1.25 320 3.8 22 1.63 + 0.55 5+3 2.53+0.50 6.64+3.80
C2 3.0 | 1049/34 | 1.25 320 3.8 39 3.15+0.93 9410 2.134+0.40 4.40+2.50

Table 2.3.1: MRE acquisition parameters and MRE mechanical outcomes for the CIRS liver fibrosis phantoms
C2 at 1.5 T and 3 T. The voxel size is 1.25 mm for all experiments; Fs: Field strength; TR/TE: repetition and
echo times, a: voxel size, f: excitation frequency, s: sampling factor or number of voxels per wavelength, SNR, A:

displacement field amplitude, Q: quality factor, Vg: shear velocity, and G’: shear elasticity.

2.3.2 MRE reconstruction

The components of the 3D displacement field u; (r,t), with i = {x,y, z}, of a voxel

located at r and taken at time t can be computed from the recorded MRI phase values
@i(r, t):

N
pi(r,t) = V5T Auge, u;(r,t) 2-1
where y is the gyromagnetic ratio of hydrogen nuclei, N, the number of bipolar motion-
encoding gradient of duration T = 1/f, and Apgg ;, the amplitude of the motion-encoding
{x,y,2}.
The components g;(r,t) of the rotational of u(r,t) satisfy the Helmholtz equation

gradient along the three directions i =

2-2 for shear wave in a locally homogeneous isotropic viscoelastic medium with complex

shear modulus G*.

pw’q(r,t) = G*V2q;(r,t) with = 2nf  2-2

where q(r,t) =V xu(r,t) and i = {x,y, z} 2-3

By algebraic inversion, AIDE, the shear dynamic, G;, and loss, G;', moduli can be
deduced along each spatial dimension i before being averaged for each voxel. As the

phantoms are essentially elastic, we will here focus on G; as well as on the shear wave
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velocity, V; = {/G;/p. The average over the directions was weighted by the data quality

according to:

1 i 2 3 i
I/S = E l((Aq_ql) VS,i) with i = {xl Y, Z} 2-4

where Q is the data quality factor defined in every voxel:

where Aq; is the uncertainty on the amplitude g; of the rotational component of the

displacement field g;(r,t) and Aiq_ corresponds to the signal-to-noise ratio SNR, so the Q

values increase with the SNR. Moreover, the SNR values being proportional to total
magnetic moment M, the Boltzmann statistic allowed to show the signal is proportional

to the magnetic field B, according to the equation 2-6:

Nyh

~—. 2
AKT Bo 6

M,

With N, the number of spins.

The Q-weighted average velocity V; defined in equation 2-4 minimizes the minimum
absolute percentage error (MAPE) and thus provides the most accurate and precise
estimation of the local shear velocity with AIDE [103].

Masks were automatically generated by magnitude thresholding for the different
acquisitions. They were eroded by six voxels to exclude possible reconstruction biases at
the boundaries before their intersection so 65,343 voxels were used for final data analysis.
Both the mean value and the standard deviation of the amplitudes of the generated
displacement fields, (4) and g4, were considered at every frequency for a fair evaluation
of the inhomogeneous amplitude of the spherical wave throughout each phantom.
Similarly, mean values and standard deviations of Q were considered to reflect this
inherent inhomogeneity. Mean values, (SNR), (V;), (G') and associated standard
deviations were calculated over the resulting phantom mask to exhibit the accuracy and
the precision of the MRE acquisition and reconstruction. For the sake of simplicity, we
will only refer from now on to the shear velocities but the corresponding shear dynamic
moduli could have been used instead.

In order to compare MRE outcomes to the manufacturer’s calibration values as
well as to the SWE values, the Young’s modulus E was deduced for each phantom using

the simple relationship for homogeneous, isotropic, elastic, and incompressible media:

E = 3G’ 2-1
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Then the Young’s modulus, E, is deduced from MRE and SWE for each phantom
and compared to the manufacturer’s specification values. Relative differences were
calculated with respect to MRE or SWE values.

MR raw data acquired at 60 Hz for the four phantoms were additionally resampled
to retrospectively achieve optimal s conditions before extraction of the displacement
fields and computation of the mechanical properties. Downsampling was performed
through a Lanczos kernel and a low-pass anti-aliasing filter. The downsampling factors
{1.00,2.91,3.43,5.33} were given by the ratio fix./fopt between the excitation frequency,
fexe = 60 Hz, and the optimal frequencies, f, for the four phantoms C1, C2, C3, and
C4 respectively. The Lanczos kernel widths, {1.00,3.06,3.45,4.16} were adapted to each
downsampling factor to match expected SNR gain one would obtain with Gaussian noise

by mere averaging over downsampled voxels.
2.3.3 SWE Reconstruction

SWE velocity maps were processed together with the corresponding quality maps.
Quality map values ranged from 0 to 1, 1 expressing a perfect confidence in the estimated
shear velocity. Regions with quality below 0.7 were masked out before calculating the
shear velocity mean and standard deviations values for the three ultrasound probes.
(section 4.4.1.1 SSI using different ultrasound probes in [104])

2.3.4 Data analyses

Statistical analyses were performed using the shear velocity mean values, (V;), as
the primary outcomes. Boxplots of V; measurements were computed to visually represent
the dispersion of the data, both within and between experiments conducted with differing
acquisition and reconstruction conditions. Non-parametric unpaired two-samples
Wilcoxon tests were performed within R [119]. A result was deemed statistically
significant if the probability was lower than 1% or p-value < 0.01.

Measurement repeatability and reproducibility were quantified with two-way
random effects single-measure intra-class correlation coefficients (ICCs) and coefficients
of variation (CVs). These coefficients were computed for the shear velocity mean and
standard deviation values in order to access both accuracy and precision of the

measurements.

2.4 MRE optimal conditions

For both MRE platforms, the 11.4 kPa calibrated phantom (C2) was first imaged
and mechanically characterized at seven different excitation frequencies (for. = {40, 60,
90, 130, 175, 207, 320} Hz). Then, it was imaged again at 130 Hz for assessing the
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measurement repeatability. The excitation frequencies were chosen so as to cover a
corresponding s range of 3.5 (at 320 Hz) to 28 (at 40 Hz) (Table 2.3.1). The voxel size a

was 1.25 mm and the wavelength 4 was estimated from Vg at f,,;.

2.4.1 Analysis of mechanical outcomes

In the C2 phantoms, the SNR maps were rather homogeneous and consistent for
any excitation frequency (Figure 2.4.1). Mean SNRs ranged between 22 and 30 at 1.5 T
and between 34 and 45 at 3 T (Table 2.3.1). They were expectedly higher at higher field
according to the equation 2-6. They were also slightly higher for longer TRs and shorter
TEs.

Total amplitudes of the displacement fields ranged on average between 1.63 pm
and 15.03 pm at 1.5 T and 0.46 pm and 4.5 pm at 3 T but they can reach 40.6 pm at 90
Hz and 1.5 T and 58.3 pm at 130 Hz and 3 T depending on how far from the source the
measurements were performed. Mean values (A) and (Q) were roughly twice higher at
1.5 T than at 3 T for each frequency, except at 320 Hz where (A)=1.63 pm and (Q) fell
down to 5 at 1.5 T, which was twice lower than at 3 T. Except at 320 Hz, (Q) values
ranged between 15 and 274. The Q maps (Figure 2.4.1) exhibited patterns that were
analogous to those of the g maps (Figure 2.4.1), which were mainly induced by the

residual wave interferences onto the curl of the displacement field.
2.4.2 Measurement repeatability

Repeated measurements at 130 Hz on C2 yielded identical shear velocities at 1.5 T
(Vo)$a e T = (1.48 4+ 0.04) m - s and  very similar values at 3 T: (V)$33h, =
(1.49 £ 0.05) m - s* and  (V)$3520, = (1.50 + 0.05) m - s (Table 2.3.1). With a relative

dispersion of 3%, velocity maps at 130 Hz were fairly homogeneous.
2.4.3 Measurement reproducibility

As mention previously, SNR, A, q, and Q at 1.5 T and 3 T differed. In contrast,
except at 320 Hz, shear velocity mean values and standard deviations followed the same
trends at both fields: They were fairly homogeneous between 90 Hz and 207 Hz (recorded
mean values stayed within less than 1% (Table 2.3.1)), whereas the velocity map
homogeneity was degraded either at lower or higher frequencies (Figure 2.4.1): For the
two field strengths the standard deviations of the shear velocity are higher at 40 Hz
(eight times higher) 60 Hz (three to six times higher) and 320 Hz (ten times higher) than
between 90 Hz and 207 Hz.

The voxel-wise velocity represented for C2 as a function of Q in Figure 2.4.2 also

followed the same trend at both fields with a distribution that similarly evolved with f:
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It narrowed between 90 Hz and 207 Hz whereas it changed its shapes and spread at lower
and higher frequencies. The shear velocity dispersion in C2 was minimized at 175 Hz as
clearly depicted on Figure 2.4.1. It sets the optimal conditions, s = 6.9, for the phantom
from which the shear velocity, (V;)$2sy, = (1.51 £ 0.02) m - s, can be extracted with
the best confidence.

The overall mean CVs between 1.5 T and 3 T of (V;) and gy, all phantoms and
frequencies combined, were 1.62% (0-12.1%) and 1.95% (0-10.3%) respectively. The ICCs
were 0.98 (95% confidence interval 0.943 < ICC < 0.995) and 0.89 (95% confidence
interval 0.660 < ICC < 0.966) for (Vi) and oy, respectively.

Figure 2.4.1: SNR, amplitude of the curl of the displacement field q, data quality Q,

shear velocity Vg, and shear elasticity G’ maps for the CIRS liver fibrosis phantoms C2
with MRE at excitation frequencies f = {40,60,90,130,175,207,320} Hz. With
consistent SNR but inhomogeneous q¢ and Q@ maps, MRE is well conditioned and
provides homogeneous V; and G’ maps in the 90 Hz-207 Hz frequency range.
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Figure 2.4.2: MRE voxel-wise shear velocity V; as a function of data quality Q in the CIRS
liver fibrosis phantom C2 at excitation frequencies f = {40,60,90,130,175,207,320} Hz at
1.5 T (top row) and 3 T (bottom row). Velocity values increase with the frequency. Velocity
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distributions are narrowed in the optimal s domain between 130 Hz and 207 Hz (6 S5 <9)

where the measurements are expected to be the most accurate and precise.
2.4.4 Measurement conditioning

For C2, when data sets are resampled to approach optimal spatial sampling, @,
at frequencies ranging between 40 Hz and 320 Hz (Figure 2.4.3 (c)), the extracted shear
velocity mean values fall down in a much narrower range with a standard deviation that
is reduced from 0.40 at 1.5 T — and 0.23 at 3T — to 0.02 at 1.5 T (Table 2.5.1).
Concurrently, the measurement precisions are improved. The effects are negligible when
data were already in the optimal s domain, at 130 Hz and 207 Hz, but they are radical
when data were away from it, at 40 Hz, 60 Hz and 320 Hz, with revealed relative biases
between 3% and 62% and precision gains between 4 and 23.5. Exemplarily at 320 Hz, we
have (Vi)§fia?® " = (2.53+£0.50) m-s' at a =125 mm while (V{20 = (1.59 +
0.12) m - s at agpe = 0.68 mm.

35 - : = 3.5 35
a. C2at 1.5 T with a = 1.25 mm b. C2 at 3 T with a = 1.25 mm c. C2 at 1.5 T with a = a, mm
3 i 3 3
1
72.5 E o—25 1 25
@ : les 2 . 'w
2 AT M 24 5 5l & * 2
>"‘1.5E|é-1--1--1-'1' >"’1.5. - >“'1.5___I_.I.-i--=--1-?
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1 ! 1
1 i 4 H 1
L
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40 60 90 130 175 207 320 40 60 90 130 175 207 320 40 60 90 130 175 207 320
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Figure 2.4.3: MRE shear velocity V; as a function of the excitation frequency, f, in the
CIRS liver fibrosis phantom C2 at 1.5 T (light blue), 3 T (blue) and after data
resampling at 1.5 T (green). At both fields, MRE optimal conditions are reached at f =
175 Hz where measurement uncertainty is minimized (a and b). At other excitation
frequencies, MRE accuracy and precision are regained by data resampling.

2.5 Optimal tissue discrimination

2.5.1 Outcomes analyses

In the Figure 2.5.1, for the four phantoms at optimal frequency and at both fields,
the SNR maps were rather homogeneous and consistent. Mean SNRs ranged between 24
and 30 at 1.5 T and between 38 and 41 at 3 T (Table 2.5.2). They were expectedly higher
at higher field. They were also slightly higher for longer TRs and shorter TEs.

Total amplitudes of the displacement fields ranged on average between 2.85 pm
and 10.13 pm at 1.5 T and 0.46 pm and 5.37 pm at 3 T. Mean values (A) and (Q) were
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higher at 1.5 T than at 3 T for each optimal frequency, except at 320 Hz where (A) were
in the same range for both field. The Q@ maps (Figure 2.5.1) exhibited patterns which
were mainly induced by the residual wave interferences onto the curl of the displacement
field.

2.5.2 Measurement reproducibility at f,,,

As described in the Table 2.5.2, SNR, A, q, and Q at 1.5 T and 3 T differed. In
contrast, shear velocity mean values and standard deviations remained similar between
the two field strengths. Recorded mean values stayed within less than 1% (Table 2.5.2).
A slight discrepancy occurred at the highest frequencies (207 Hz for C3 and 320 Hz for
C2 and C4) but this variation remained well below the maximal measurement standard
deviation of 8.3%. MRE shear velocity measurements in the optimal conditions for each
phantom (C1 at 60 Hz, C2 at 175 Hz, C3 at 207 Hz, and C4 at 320 Hz) are represented
as boxplots on Figure 2.4.3 for 1.5 T (a) and 3 T (b). The corresponding mean values
and standard deviations are listed in Table 2.5.2. Measurements are also positively
reproduced at both fields. The agreement of the mean values and the standard deviations
was fair for C3 and C4 and excellent for C1 and C2.

For the four phantoms, the maps were homogeneous in their respective expected
optimal conditions was set by the excitation frequency (Figure 2.5.1).

The voxel-wise velocity represented for the four phantoms as a function of Q in
Figure 2.5.2 also followed the same trend at both fields with a distribution that similarly
evolved with f: It narrowed for each optimal frequency used and it sets the optimal
conditions, 6.9 <'s < 11.1 depending on the phantom (Table 2.5.2).
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Figure 2.5.1: SNR, data quality Q, shear velocity V5, and shear elasticity G’ maps for the four
CIRS liver fibrosis phantoms {C1,C2,C3,C4} with MRE at standard excitation frequency (f =
60 Hz), optimal excitation frequencies f,,; = {60,175,207,320} Hz at 1.5 T and 3 T and at 60
Hz with resampling. Despite different and inhomogeneous @ maps, MRE at f, is well
conditioned and provides homogeneous V; and G’ maps for the four phantoms whereas at f =
60 Hz, MRE is only well conditioned and provides homogeneous V; and G’ maps for C1. It is
degraded when departing from these optimal s conditions as the elasticity increases for the
three other phantoms {C2,C3,C4}
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e ‘ ) ‘ (SNE) ’ o ‘ ‘@ ‘ e ‘ oo
C1 1.5 1600/58 1.25 60 11.1 30 10.13 + 4.35 114 + 40 0.83 £ 0.06 0.69 £0.12 2.07
C1 3.0 1200/42 1.25 60 11.1 38 1.254+ 0.59 21+8 0.84 £ 0.07 0.7140.12 2.13
C2 1.5 1370/46 1.25 175 6.9 27 4494+ 2.17 105+ 43 1.514+0.02 2.274+0.07 6.81
C2 3.0 1096/37 1.25 175 6.9 41 0.46 £ 1.15 17+7 1.511+0.04 2.3010.13 6.9
C2 1.5 1600/58 1.25 60 20.1 26 15.03 £ 4.78 137 £ 51 1.44 +0.12 2.10 £ 0.35 6.30
C2 1.5 1096/37 3.63 60 6.9 31 0.46 + 1.15 17+7 1.51+0.04 2.301+0.13 6.9
C3 1.5 1158/36 1.25 207 8.7 26 2.85+1.10 65+ 26 2.27 +0.08 5.15+ 0.37 15.45
C3 3.0 1042/36 1.25 207 8.7 40 092+ 0.34 32+ 16 2.30£0.08 5.324+0.39 15.96
C3 1.5 1200/42 1.25 60 299 29 8.69 £ 4.13 59 + 24 1.76 £ 0.50 3341213 10.02
C3 1.5 1200/42 4.29 60 8.7 29 724+ 2.79 173+ 70 2.20+0.07 482+ 0.31 14.46
Cc4 1.5 1049/34 1.25 320 8.3 24 6.49 + 2.55 132+ 60 3.32+0.09 11.03 + 0.59 33.30
C4 3.0 1049/34 1.25 320 8.3 41 5.37 £ 2.09 179 +£ 106 3.30 £ 0.06 10.09 +£0.39 30.27
C4 1.5 1200/42 1.25 60 44.4 29 12.59 £ 8.00 61+ 37 1.88+0.77 413 +45 12.39
C4 1.5 1200/42 5.70 60 9.7 29 17.38 + 6.09 348 + 95 2.96 + 0.19 881+ 1.11 26.43

Table 2.5.1: MRE acquisition parameters for the four CIRS liver fibrosis phantoms C1-C4 at 1.5
T (light blue highlight) and 3 T (dark blue highlight) at optimal frequencies f,,; =
{60,175,207,320} Hz as well as at 1.5 T, 60 Hz without (blue font) and with resampling (green
font). F's: Field strength; f: excitation frequency, TR/TE: repetition and echo times, a: voxel size,

s: sampling factor or number of voxels per wavelength, SNR, A: displacement field amplitude, Q:

quality factor, V;: shear velocity, G’: shear elasticity, and E: Young’s modulus.

Figure 2.5.2: MRE shear
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velocity Vg as function of Q for the four CIRS liver fibrosis
phantoms {C1,C2,C3,C4} at optimal excitation frequencies f;,; = {60,175,207,320} Hz
for both magnetic field at 1.5 T (upper row) and 3 T (middle row) and at standard

excitation frequency f = 60 Hz (bottom row). For both magnetic field strengths, the

measurement uncertainties are best when optimal conditions are matched (6 S s <9),

here at f,,; for each phantom, irrespective of the data quality.
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2.5.3 Comparison of MRE at f,, and at f =60 Hz

For each phantom, the MRE shear velocity at 60 Hz is represented on Figure
2.5.3.(c). The corresponding mean values and standard deviations are listed in Table
2.5.3. Measurements taken at f = 60 Hz largely differed from the measurements taken
at fopt (Figure 2.5.3 (a) or Figure 2.5.3 (b)). The mean relative difference was only 4.6%
for C2 but went up to 21% for C3 and to 43% for C4. The measurement uncertainty,
away from the optimal condition, at f = 60 Hz, was also three to sixfold higher than at
Foot:

Nonetheless, in any configuration, the mean shear velocity increased with the
phantom grade. But at f = 60 Hz, it only increases over the four phantom stiffness from
(V)SRE0HZ = 083 m - st to (Va)rel 12 = 1.88 m - s whereas, at fopt, it varied from
(Ve)ih80HZ = 0.83 m - 51 to (V)iea?OH2 = 3.32 m - 1. Similar results were observed at
3 T. The measurements for different phantoms did not overlap at f,,. while they did at
f =60 Hz.

Each measurement at f,,. provided a clear discrimination on a voxel-basis of the
four phantoms with highly significant statistical differences (with infinitesimal p-values
and low ranks 268 for C2-C3, 2780 for C3-C4, and 0 otherwise) but measurements at
f =60 Hz failed to discriminate between C3 and C4 with p = 0.14 (rank 212,150).
Although the Wilcoxon tests revealed significant differences between the other phantoms,
they showed high ranks (100 for C1-C2, 117,990 for C2-C3, and 142,430 for C2-C4).

2.5.4 Measurement conditioning

For downsampled datasets acquired at f = 60 Hz, MRE shear velocities increased
and the associated dispersion reduced towards the values found at f,,¢ (Table 2.5.2). The
Wilcoxon tests revealed statistically significant differences between the four phantom
measurements with infinitesimal p-valuesfor any combination of phantom results.

Henceforth, after appropriate downsampling, the phantoms could be discriminated
(Figure 2.5.3 (d)).
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Figure 2.5.3 : MRE shear velocity V; in four CIRS liver fibrosis phantoms {C1,C2,C3,C4} at
optimal excitation frequencies f,, = {60,175,207,320} Hz at 1.5 T (a) and 3 T (b) and at
standard excitation frequency f = 60 Hz without (¢) and with data resampling (d). When
properly conditioned, either prospectively by multi-frequency acquisition in the optimal s
domain (a and b), or retrospectively by multi-resampling of the data to the optimal s domain
(d), MRE measurement sensitivity and specificity are improved with regard to standard MRE

at f = 60 Hz (c).
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CIRS ‘ m | o) ‘ frm) ‘ ) | © ‘ SNR) ‘ o] ‘ ‘@ ‘ [gss?l] ‘ i

C1 1.5 1600/58 1.25 60 11.1 30 10.13 +4.35 114 + 40 0.83 + 0.06 0.69 + 0.12 2.07
C1 3.0 1200/42 1.25 60 11.1 38 1.25+0.59 21+8 0.84 + 0.07 0.71+£0.12 2.13
C2 1.5 1370/46 1.25 175 6.9 27 449+ 2.17 105+ 43 1.51+0.02 2.27+0.07 6.81
C2 3.0 1096/37 1.25 175 6.9 41 0.46 + 1.15 17+7 1.51+0.04 2.30+0.13 6.9

C2 1.5 1600/58 1.25 60 20.1 26 15.03 + 4.78 137 £ 51 144+ 0.12 2.10+ 0.35 6.30
C2 1.5 1096/37 3.63 60 6.9 31 0.46 + 1.15 17+ 7 1.514+0.04 2.30+0.13 6.9

C3 1.5 1158/36 1.25 207 8.7 26 285+ 1.10 65+ 26 2.27 +0.08 5.15+ 0.37 15.45
C3 3.0 1042/36 1.25 207 8.7 40 092+ 0.34 32+ 16 2.30+0.08 5.324+0.39 15.96
C3 1.5 1200/42 1.25 60 29.9 29 8.69 +4.13 59 + 24 1.76 £ 0.50 3.34+2.13 10.02
C3 1.5 1200/42 4.29 60 8.7 29 7.24+2.79 173+ 70 2.20 +0.07 482 +0.31 14.46
C4 1.5 1049/34 1.25 320 8.3 24 6.49 + 2.55 132+ 60 3.32+0.09 11.03 £ 0.59 33.30
C4 3.0 1049/34 1.25 320 8.3 41 5.37 +2.09 179+ 106 3.30+0.06 10.09 +0.39 30.27
C4 1.5 1200/42 1.25 60 44 4 29 12.59 + 8.00 61+ 37 1.88+ 0.77 413+ 45 12.39
C4 1.5 1200/42 5.70 60 9.7 29 17.38 + 6.09 348 + 95 296 +0.19 881+ 1.11 26.43

Table 2.5.2: MRE acquisition parameters for the four CIRS liver fibrosis phantoms C1-C4 at 1.5
T (light blue highlight) and 3 T (dark blue highlight) at optimal frequencies f,; =
{60,175,207,320} Hz as well as at 1.5 T, 60 Hz without (blue font) and with resampling (green
font). F's: Field strength; f: excitation frequency, TR/TE: repetition and echo times, a: voxel size,

s: sampling factor or number of voxels per wavelength, SNR, A: displacement field amplitude, Q:

quality factor, V;: shear velocity, G’: shear elasticity, and E: Young’s modulus.

2.5.5 MRE and SWE comparison

As expected in the four phantoms, both ultrasound Bmode images and elasticity
maps were homogeneous. Only regions outside the trapezoidal insonification window for
the XC6-1 probe and the deepest regions for the SL15-4 probe were found below 0.7 on
the quality maps. Measurement dispersions were small and below 6 % except for C1
where it reached 10% with the SL10-2 probe. Shear velocities obtained with SWE were
similar regardless of the probe used (Table 2.5.3). Small differences only appeared for
the softest phantoms C1 and C2. The overall mean shear velocities were (V;)Swg =
(0.98 + 0.04) m - s, (Vy)$ae = (1.63 £ 0.05) m - s, (V)$vg = (2.46 £ 0.03) m - 57!
(VoYsg = (3.46 + 0. 06) m - s'. The MRE observables, averaged at 1.5 T and 3T,
compared rather well with the SWE values with (V;){he = (0.84 4+ 0.05) m - s, (Vi)$kg =
(1.5140.03) m - s, (Va)$ivg = (2.29 £ 0.06) m - s and (V,)iheg = (3.31 4 0.05) m - 57

Relative discrepancies were below 8% except for C1, where it reached 18%. This trend

and

propagated to the shear elasticities with twice as large relative discrepancies, ranging
from 10% to 39% (Table 2.5.3).

The MRE and SWE Young’s moduli ranged between (E)ikg = 2.07 kPa and
(E)ure = 33.3 kPa and between (E)$kg = 3.0 kPa and (E)S$ye = 36.9 kPa, which were
well below the CIRS calibrated values between (E)¢gg = 3.5 kPa and (E )&k = 44.8 kPa.
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The CIRS measurements differed from SWE by 17% to 53% and from MRE by 34% to

80%.
(Voure [m-s71] (Vo)swe [m-s71
f = 60 Hz f =60Hz f fopt f fopt
C1 0.83 +0.07 0.83 £0.07 0.83 £ 0.06 0.84 £0.07 | 0.96+0.03 | 1.01 £0.11 0.97 £ 0.05
C2 1.44 +0.12 1.44 £ 0.03 1.51+0.02 1.51+0.04 1.60 £ 0.02 | 1.66 + 0.10 1.61 £ 0.10
C3 1.76 £ 0.50 2.20 £ 0.07 2.27 +£0.08 2.30£0.08 | 243+0.04 | 247 £0.06 2.48 £ 0.08
Cc4 1.88 +£0.77 296 £ 0.19 3.32+£0.09 3.30+0.06 | 3.51+0.11 | 3.43+0.12 343 +0.10

Table 2.5.3: Shear velocity mean values and standard deviations for the four CIRS liver fibrosis
phantoms C1-C4 reported with MRE at 1.5T and 3 T at standard excitation frequency f =
60 Hz, without and with data resampling, and at optimal excitation frequencies fu,; =
{60,175,207,320} Hz; and by SWE with three ultrasound probes at 3.5, 6, and 7.5 MHz.

2.6 Discussions

MRE was repeated and reproduced in two sites at different magnetic field strengths
on four phantoms mechanically excited from 40 Hz to 320 Hz. Although the amplitude
of the mechanical waves and the SNRs differed between the platforms, the shear velocities
and elasticities matched within the measurement uncertainty for each excitation
frequency. Both mean values and standard deviations agreed at 1.5 T and 3 T (Table
2.5.2). Despite an average factor three in data quality between 1.5 and 3 T, the voxel-
wise velocities followed the same distribution with respect to Q (Figure 2.4.3 and Figure
2.5.3). Such robustness effectively held when the data were well conditioned but failed
otherwise. When 6 < s < 9, both measurement accuracy and precision were preserved at
1.5 T and 3 T with dissimilar Q whereas, when s S 6 or s £ 9, they were degraded.
These results fully corroborate the simulations carried out in a purely elastic, isotropic,
homogeneous medium [103]. Here, the shear viscosity could be neglected and the four
phantoms could be considered as purely elastic in the range of frequencies explored by
both MRE and SWE. Indeed, the phase velocities measured at a single excitation
frequency with MRE were similar to the group velocities measured within a broadband
excitation with SWE. Moreover, the SWE measurements were rather independent of the
ultrasound probe, XC6-1, SL.10-2 or SL15-4, with respective central frequencies (3.5 MHz,
6 MHz, and 7.5 MHz) to which the excitation bandwidths are related. We may thus
fairly assume that the phantoms are not dispersive as formerly stated on similar Zerdine®
solid elastic hydrogels [120]. Therefore, the dispersion law should be a constant and not
a monotonically increasing function of frequency as reported here for C2 between 40 Hz
and 320 Hz (Figure 2.4.3 (a) and Figure 2.4.3 (b)). This dispersion is only apparent as

the increasing trend vanishes provided optimal spatial sampling is carried over before
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data processing (Figure 2.4.3 (¢)). Hence, the increase of shear velocity from 1.44 m - s!
to 2.53 m - s consequently may not reflect the mechanical response of the medium but
instead the bias added along the reconstruction, which depends on the spatial sampling.

In our study, this bias was negative when s £ 9 — here when f <90 Hz — and
positive when s < 6 — here when f = 207 Hz. Furthermore, this reconstruction bias came
with an escalating measurement dispersion. Even with high Q, the measurement precision
was progressively degraded as we moved away from the optimal s conditions (Table 2.3.1).
At 3 T, it lost a factor 10 when s = 3.8 or s = 30.2. At 1.5 T, the loss in measurement
precision reached an even higher factor of 25 because, Q being roughly twice higher at
1.5 T than at 3T, due to differing excitation wave amplitudes, the data quality
influenced the observables in a much lesser extent. This is exemplified at both fields
where the lowest standard deviations that the measurements exhibited were found at
175 Hz (1.3% at 1.5 T and 2.6% at 3 T), compared to much higher standard deviations
at 40 Hz, (32% at 1.5 T and 27% at 3 T), or even at 90 Hz, (3.4% at 1.5 T and 6.8% at
3 T), although Q%43 T were smaller than Q523" T and Q523" T.

The comparison at different fields might have been weakened by reproducibility
issues. The SNR gain of 40% was expected at 3 T but the wave amplitude loss was
disappointing. Despite the dissimilar configurations of the MRI systems, we made sure
that the waveguides were of the same length to obtain identical resonant modes and
frequencies were identical on both platforms. Moreover, we verified that the applied
pressures, as optically recorded at the surface of the phantoms, were the same for each
frequency on both sites. Yet, the displacement fields measured with MRE did not exhibit
the same amplitudes at 1.5 T and 3 T (Table 2.3.1). We assume that the 1 mm diameter
acoustic adapter was not properly sealed at 3 T and pressure leaked. Therefore, data
quality was reduced in average by a factor 3 at 3 T.

The higher amplitudes at 1.5 T revealed underlying interference patterns that
resulted from wave reflections on the cylindrical wall boundary. Geometric dispersion did
not suffice to attenuate the waves before they bounced onto the wall and too little if any
attenuation came from the viscosity of the phantoms. This corroborates the purely elastic
behavior of the phantoms.

These interferences wave patterns have been well described by Okamoto et al. in a
similar setup with the sum of Bessel functions of the first and second kinds [121].
However, in our study, patterns were not carried over the reconstruction and they were
barely seen on the inferred maps of shear velocity and elasticity (Figure 2.4.1 and Figure
2.5.1). These results underscore the robustness of AIDE with respect to boundary
conditions, multiple reflections, and interferences provided the waves do not get fully
annihilated [122]. The robustness is confirmed by the agreement between MRE and SWE,

for which the extraction of the shear velocity is not subjected to any boundary condition.

71



It is obtained here when MRE is performed in optimal conditions and because the
phantoms are largely elastic and negligibly viscous [103].

The MRE shear velocity mean values stand below the SWE mean values, within
8% for C2-C4, at the limit of the added measurement uncertainties. The main
underestimation we report for C1, 18%, might partly originate from the over-optimal
conditioning (s = 11.1) as the optimal conditioning was only estimated for C1, C3, and
C4 while it had been experimentally determined for C2. Moreover, the general negative
bias might mainly originate not from MRE underestimation but from SWE
overestimation. The SWE overestimation has already been by Oudry et al. [123] and by
Urban et al. [124] with relative differences of up to 22% at 400 Hz. Our results question
the calibrated Young’s moduli provided by the phantom manufacturer, which match
neither SWE nor MRE inferred values. Indeed, the manufacturer Young’s moduli do
increase with the phantom stiffness but largely overestimate SWE Young’s moduli by
15% to 35% and MRE Young’s moduli by 25% to 44%.

In [123], MRE and ultrasound transient elastography (TE) measurements were
averaged over multi-frequency acquisitions on four styrene-ethylene/butylene-styrene
phantoms between 60 Hz and 220 Hz. The phantoms were considered more elastic than
viscous and shear elasticities were averaged over the frequency range for MRE-TE
comparison. Yet, we can estimate that, over the explored ranges, s roughly spans from
17.2 down to 6.5 for the softer phantom and from 17.7 down to 12.9 for the stiffer
phantom. Namely, while sweeping the frequency spectrum, the optimal conditions are
not always fulfilled and MRE shear elasticities are biased negatively and positively with
respect to the effective s at the applied excitation frequency. No special spectral trend
shows up for the stiffer phantom as all shear elasticity values are recorded outside the
optimal domain with expectedly measurement uncertainties overwhelming the trend.
Yet, noticeable increasing trends come as a rather clear signature for the other three
phantoms.

Bigot et al. carried out a thorough comparative study on agarose phantoms with
inclusions of two types of cerebral fibrils and bovine serum albumin (BSA) [117]. MRE
was performed at multiple frequencies between 400 and 1200 Hz. Shear velocities
increased over the frequency span from (2.01 £ 0.77) m - s-1 to (2.59 + 0.42) m - s-1 in
average in fibrils and from (2.28 + 0.69) m - s-1 to (2.57 £ 0.48) m - s-1 in BSA. The
voxel size of the acquisitions was 0.391 mm and the spatial sampling factors below 800 Hz
ranged out of the optimal domain (s = 10.3) as substantiated by nearly twice larger
associated measurement standard deviations. Therefore, we do speculate that part of the
reported dispersive behaviors of fibrils and BSA could be explained by the positive

measurement bias expected in these conditions.

72



In this framework, we could interestingly review a pioneering work that was
carefully performed by Green et al. with roughly s =~ 7 at a single frequency in a gelatin
phantom with four mechanically different regions [6]. Nevertheless, the reported shear
elasticities were systematically lower with MRE at 200 Hz, Gyrp =
{6.6;12.0;16.2; 23.0} kPa, than with rheometry at 50 Hz, GRieo =
{6.7;14.2;24.2; 33.2} kPa. The negative MRE measurement bias remained effectively
small, within 15%, as long as s remained within the optimal domain, which held for the
two softer regions of the phantom (s < 9). However, for the two stiffer regions, s was
beyond 10 and the measurement bias was above 30%. Our interpretation is also
confirmed by the increasing measurement deviations for stiffer regions — from 2% to 5%
and 10%.

The data conditioning pitfall is exemplified in this work by the comparison between
MRE at 60 Hz (Figure 2.5.3 (c)), which is currently established as the reference procedure
for diagnosing liver fibrosis [125]-[127], and the proposed s-optimized multi-frequency
MRE (Figure 2.5.3 (a) or (b)) or multi-sampling MRE (Figure 2.5.3 (d)). When data are
not well conditioned, namely here, at 60 Hz, when s goes farther away from the optimal
domain from s = 11.1 for C1 up to s = 43.9 for C4 (Table 2.5.2), the shear velocity
mean value gets so underestimated, down to 43.2%), and the measurement dispersion gets
so large, up to fivefold, that the rather far apart fibrosis severity mimicked by the C3
and C4 phantoms cannot be mechanically discriminated (Figure 2.5.3 (¢)). When data
are well conditioned, either prospectively by adjusting the excitation frequencies and the
voxel size with respect to the expected shear wavelengths or retrospectively by
resampling the recorded MRI data with respect to the estimated shear wavelengths, then
MRE measurement uncertainty is minimized; and shear velocity values are as much
accurate and precise as they can be with the available data quality. In these conditions
only, correct quantitative MRE can be achieved at the voxel level.

The prospective adjustment of a single excitation frequency may not be clinically
applicable, since the tissue stiffness is not known a priori and is in contrary the unknown
under consideration. Yet it is possible to set a broad spectrum of optimal conditions that
would cover the expected mechanical range of an organ or a disease by implementing
multi-frequency acquisitions [112], [128]-[132]. Complementarily, or alternatively with
standard single frequency MRE, multi-resampling iterations could be implemented before
reconstruction. Thus, composite multi-frequency and/or multi-sample accurate and
precise velocity maps could be produced with optimal conditions being fulfilled for every
voxel.

The retrospective approach may hinder the effective spatial resolution of MRE
when data downsampling is required. In our study, we even reached the bottom line at

40 Hz as we were left with only a single reconstructed slice after reconditioning the data
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set from 1.25 mm to 5.70 mm. In this case, measurement accuracy and precision come
at the expense of spatial resolution and the trade-off should be thoroughly studied on
heterogeneous media before deciding upon optimal parameters to implement for MRE

acquisition.

2.7 General conclusion

This Chapter 2 allowed to highlight that calculation by MRE of mechanical
parameters in homogeneous phantom does not come without any pitfall and this is why
it is important to ensure that similar acquisition conditions have to be used when making
inter-study comparisons.

The different results of this chapter showed that, preferably, the data should be of
high quality and the displacement fields induced in the targeted homogeneous tissue at
a single frequency should be sampled with the optimal number of voxels per expected
wavelength (6 S 5 5 9). Yet, acquired data are usually of acceptable but not exceptional
quality and the tissue is generally heterogeneous requiring multiple optimal s domains
throughout the tissue that cannot be achieved altogether.

This chapter showed that absolute quantification can only be completed when
optimal conditions are fulfilled either prospectively by adequate multi-frequency
excitation or retrospectively by data multi-resampling. Once achieved, wherever stands
the quality of available data, MRE measurement accuracy and precision will be optimal
such that intra-subject or inter-subject regional or temporal tissue mechanical variations
can be quantified and discriminated as shown here at the voxel level on phantoms

mimicking liver fibrosis.
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Chapter 3 MRE optimal conditions in a

heterogeneous medium

3.1 Introduction

In Chapter 2, the extraction of the mechanical parameters was performed in
homogeneous, elastic and isotropic phantoms and optimal spatial sampling conditions
were determined to minimize the measurement uncertainty. In wvivo, the tissue
mechanical response is not expected to be homogenous over the probed region of interest.
Quite the contrary, when it is locally afflicted by a disease, the organic medium is more
likely heterogenous and different shear velocities are to be extracted to discriminate
healthy and pathological regions.

In the literature, pathological regions were effectively revealed by MRE in organs
such as the breast [4], [133]-[135] and the brain [12] [14], [19], [29], [33], [136]-[138]. The
specific stiffness values recorded by MRE for tumours were corroborated by the
associated histopathological findings [29], [137], [138]. Yet, the diagnosis based on MRE
is made difficult and questionable in complex tissues as pointed out by the review
performed on ten different brain MRE studies by Benevicius et al. [8]. They showed that,
in the selected studies, the shear modulus was not significantly different neither in
pathological and surrounding healthy tissues nor among the various diseases. Only
meningiomas could be discrminated from glioblastomas, anaplastic astrocytomas,
gliomas, and metastatic tumors by their stiffest.

In all these studies, MRE displacement fields were acquired at a single excitation
frequency and MRE reconstruction was carried out with the given acquisition spatial
sampling. Hence, MRE data might have been well conditioned for one type of tissue —
either healthy or pathological — but not the other and for a type of tumor but not for
the others. MRE accuracy and precision were thus necessarily degraded in some regions
as the optimal spatial sampling factor s = A/a varies with the local shear velocity and
the extracted values, which are biased in those regions, cannot be fairly compared with
those in the other regions. Thus, it would be necessary to set different optimal sampling
factors either by prospectively acquiring with multiple excitation frequencies or multiple
voxel sizes or by restrospectively resampling the acquired displacement field data as
pointed out in the former chapter.

In this Chapter 3, we studied a heterogeneous breast phantom with inclusions
mimicking tumoral lesions stiffer than the surrounding parenchyma. Optimal s values
were regionally achieved everywhere in the phantom with multi-frequency MRE

acquisitions so data were properly conditioned for the healthy and pathological tissues
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with the corresponding frequency datasets. Thus, best precise and accurate mechanical
measurements could be extracted in each of the regions.

In this chapter, we start describing the MRE protocol by the heterogenous breast
phantom and the acquisition MRE pulse sequence. Then, the acquisition and
reconstruction processes are depicted to reach the mechanical outcomes. Finally,
computed MRE outcomes are presented through maps, graphs, and histograms in order

to compare them in every region of interest as a function of the excitation frequency.

3.2 Protocol description

3.2.1 Phantom description

MRE acquisitions were carried out in the framework of Marion Tardieu’s doctoral
work [74] on a breast phantom (Model 051, CIRS, Arlington, VA, USA), originally
designed for biopsy and made of Zerdine. The phantom contained dense masses (Figure
3.2.1 (a)) with diameters ranging from 2 to 8 mm and cystic-like masses with diameters
ranging from 3 to 10 mm. These masses are visible with low signal on MR magnitude
images as shown in the central slice of the phantom in Figure 3.2.1 (b). With Zerdine
viscoelastic properties close to those of human tissues, the phantom is a fair model of an
heteregenous medium. It presents mechanically-different regions with inclusions showing

viscoelastic properties different than the surrounding homogeneous parenchyma.

Figure 3.2.1 (a): Breast phantom (Model 051); (b): Central axial slice of MR magnitude
image of the phantom. Inclusions are easily exhibited with low signal. They are
numbered from one to three.

3.2.2 MRE setup

The acquisitions were performed by Marion Tardieu on a 1.5 T MRI (Achieva,
Philips Healthcare, The Netherlands) [74]. The phantom was placed between two flexible
SENSE coils (SENSE Flex-M, Philips Healthcare, The Netherlands) with its axis

vertically perpendicular to the directing magnetic field as if the subject was lying supine.
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The MRE acquisitions were carried out at five excitation frequencies: for. =
{155,225,296,327,399} Hz. A standard multi-slice spin-echo sequence with motion-
encoding was implemented with a field of view FOV = (128 x 104 X 84) mm® covering
the whole breast phantom, a matrix size of (64 X 64 X 42), and an isotropic voxel of size
a =2 mm. The amplitude of the motion-encoding gradients was 21 mT - m*. The
number of bipolar motion encoding gradients, Nygg, was increased by up to a factor
twelve while the frequency of the mechanical excitation varied from 155 Hz to 399 Hz.
The echo time, TE, ranged between 26 ms and 74 ms, while the repetition time, TR,
ranged between 1492 ms and 4742 ms in order to maintain a relatively consistent SNR
(Table 3.2.1).

The experimental setup and materials used to carry out the MRE acquisitions on
the breast phantom are the same as described in Chapter 2 Section 2.2.2. It is composed
of three parts: the first part takes place behind the MRI exam room in the technical
room where pressure waves are remotely generated by the excitation generator. The
second part takes place in the MRI exam room where the pressure waves are guided
through the Faraday cage along a waveguide to the surface of the breast phantom in the
center of the magnet bore. Then, the third part takes place in the console room where
we monitor the amplitude of the induced mechanical wave, we implement the MRI and
MRE sequences and we acquire the MRI and MRE datasets (Figure 4.2).
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foxe [Hz] 155 225 296 327 399
NmEeG 2 2 2 20 24
TR/TE
(ms/ms] 1626/26 1492/27 1561/27 4240/75 474274
TA 5min43s 5min15s 5min 29 s 14 min 50 s 16 min 35 s
SNR 8 9 9 6 6
(4) [nm)] 28.98 £+ 33.04 7.53 + 14.86 474 + 11.21 32.75 + 40.86 18.71 + 31.18
(Q) 104.57 + 96.27 23.04 + 39.12 10.69 + 22.80 3955 + 4128 192.1 + 2745
(Vo)gp [mrsi] 2.86 +0.13 29340.11 3.1140.12 3.29 +0.22 4.16 + 0.81
(V)inc1[ms1] 3.32 4 1.04 3.35+0.52 3.50 + 0.37 3.62 4 0.32 4.08 +0.38
(V) ine 2 [m's1] 3.30 + 1.11 3.3140.50 3.61 4 0.60 3.74 + 0.58 4.50 +0.82
(Vg)ines[ms] 3.07 +0.22 3.15+0.18 3.28 +0.15 341+0.16 4.05 + 0.42
(G")gp[kPa] 8.19+0.77 8.61 + 0.68 9.67 £ 0.76 10.88 +1.48 18.00 + 7.44
(G')inc1[kPa] 12.80 £ 12.60 11.52 + 4.15 1242 +2.78 13.21 +2.46 16.78 + 3.32
(G")inc2[kPa] 12.40 + 13.73 11.21 + 4.49 13.42 + 6.12 14.32 +5.10 20.09 + 8.03
(G')ine3[kPa] 9.50 + 1.59 9.96 + 1.18 10.80 + 1.03 11.60 + 1.07 16.57 + 3.55
Sgp 9.2 + 0.4 6.5+ 0.2 53+0.2 50+ 0.3 5.0+ 0.8
Sinea 113 +3.4 74+ 1.1 6.0+ 0.6 554 0.5 51404
Sinc.2 11.0 + 3.9 74+ 1.1 6.1+ 1.0 574 0.8 54408
Sinc3 10.0 + 0.7 7.0+ 0.4 55+ 0.3 52+0.2 51404

Table 3.2.1: MRE acquisition parameters in the breast phantom: excitation frequency
fexc, number of MEG Nygg, repetition time TR, echo time, TE, acquisition time TA and
MRE outcomes: signal-to-noise, SNR, amplitude of displacement field A, shear velocity
V;, shear elastic modulus G' and spatial sampling factor s (=A1/a) in: the breast
parencyma, Sgp, the inclusion 1, s;,.4, the inclusion 2, s;,.,, the inclusion 3, s;,.3 at
five excitation frequencies {155, 225, 296, 327, 399} Hz. Minimal standard deviations are

highlighted in red.
3.2.3 MRE reconstruction

Both the mean value and the standard deviation of the amplitudes of the generated
displacement fields, (A) and g, were considered at each excitation frequency for a fair

evaluation of the highly inhomogeneous wave amplitude throughout the phantom.
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Similarly, mean values and standard deviations of Q, were considered to reflect this

inherent inhomogeneity.

As the studied regions of interest in the breast phantom are essentially elastic, we
focus here on the Q-weighted average velocity V; defined in equation 1.71 by the data
quality factor Q in equation 4-5. As seen before, it minimizes the minimum absolute
percentage error (MAPE) and thus provides the most accurate and precise estimation of
the local shear velocity with AIDE [103]. For broader comparison, G' was then inferred
as G' = pV2.

The mean values (V;) and (G') and the standard deviations of the shear velocity V;
and the elastic modulus G' were computed for every excitation frequency in four different
regions: the parenchyma and three inclusions. Mechanically homogeneous regions of
interest were composed of 279 voxels in the inclusion 1, 707 voxels in the inclusion 2
and 472 voxels in the inclusion 3. The size of the region taken in the breast parenchyma
was adapted to the size of the inclusion in order to ease fair statistical comparisons among
the regional distributions and histograms.

The inclusions were chosen near the excitation source, where the amplitude was
maximum in order to maximize the quality factor and therefore to minimize the
measurement uncertainty. Regional mean signal-to-noise ratio, (SNR), and its associated
standard deviations were also calculated over the four regions of interest (Table 3.2.1).

Like in Chapter 2, for the sake of simplicity, we will only refer from now on to the
shear velocities but the corresponding shear dynamic moduli could have been used

instead.
3.2.4 MRE data analyses

First, errorbar voxel-by-voxel shear velocity was plotted as a function of the
excitation frequency for the four regions of interests (parenchyma, inclusion 1, inclusion
2 and inclusion 3). Thus, the optimal frequency domain, leading to optimal spatial
sampling (6 < s < 9) for which the shear velocity in the breast parenchyma and in the
inclusions presents the best precision and accuracy, could be determined when the
errobars are the smallest.

Then, the shear velocity distributions were plotted for the four regions of interests
with gaussian fits after having tested the normal distribution of the data sets. The mean
values and standard deviations of each fitted gaussian curves were used to respectively
quantify the tissue discrimination power of MRE (the bigger p differences between
parenchyma and inclusions, the better the discrimination) and the precision of the
measurements (the smaller the standard deviation o, the better the precision of the

measurement).
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Non-parametric unpaired two-samples Wilcoxon tests were performed with
Matlab® to quantify the shear velocity differences between the breast parenchyma and
the inclusions. A result was deemed statistically significant if the probability was lower
than 1% or p-value < 1073,

3.3 MRE optimal conditions

3.3.1 MRE optimal domain determination

In the breast phantom, the SNR maps are rather homogeneous and consistent for
any excitation frequency (Figure 3.3.1). Mean SNR ranges between 6 and 9 (Table 3.2.1)
with TR and TE values almost threefold higher at 327 Hz and 399 Hz than at 155 Hz,
225 Hz and 296 Hz.

The mean total amplitude of the displacement fields ranges between 4.74 pm at
foxe =296 Hz and 32.25 pm at f,x. = 327 Hz. Mean amplitudes, (A4), at frequencies
155 Hz, 327 Hz and 399 Hz are roughly four to eight times higher than the mean
amplitudes at 225 Hz and 296 Hz (Table 3.2.1).

The maps of the quality factor, Q, exhibit patterns that are analogous to those
found in the maps of the displacement field amplitude A (Figure 3.3.1) as those were
mainly induced by the residual wave interference onto the curl of the displacement field.
Q drops down at 296 Hz with (Q),96 y, = 10.7 whereas it reaches very high values at 327
Hz with (Q)327 5, = 395.5 as the pressure wave was increased in order to achieve
reasonable wave amplitude at higher frequencies (Table 3.2.1).

The mean shear velocity maps showed in Figure 3.3.1 increases with the excitation
frequency (from 155 Hz to 399 Hz) regardless of the region of interest (breast
parenchyma, BP, or inclusions inc, 1-3): from (V;)gp = 2.86 m's? to (V)gp = 4.16 m-s?!
in the breast parenchyma, from (V;)ine1 = 3.32 m's? to (Vg)ine1 = 4.08 ms? in inclusion
1, from (Vg)inc2 = 3.30 ms™' to (Vg)ine2 = 4.50 ms? in inclusion 2 and from (Vg)incs =
3.07 ms™ to (Vs)ines = 4.05 m-s! for inclusion 3 (Table 3.2.1).

The standard deviations of the shear velocities in the four regions of interest,
0BP» Oinc1» Oinc2» Oinc,s Show a minimum at 225 Hz for the breast parenchyma with
ogp = 0.11 m-s™1 at 327 Hz for inclusion 1 with gj,cq = 0.32 m-s™%, at 225 Hz for
inclusion 2 with agp = 0.50 m-s~! and at 296 Hz for inclusion 3 with ogp = 0.15 m-s™.
The velocity map in the breast parenchyma is more homogeneous at 225 Hz where the
standard deviation ogp is minimal (ogp = 0.11 m-s™1). Moreover, the velocity maps
show more clearly mechanically-delineated inclusion shapes where the standard deviation

is minimized.
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155 Hz 225 Hz 296 Hz 327 Hz 399 Hz

Figure 3.3.1: Central axial MRE parametric maps in the breast heterogenous phantom:
SNR, amplitude of the displacement field, A, data quality factor Q, shear velocity V,
and shear elasticity G’ at excitation frequencies f,,. = {155,225,296,327,399} Hz.
With consistent an d rather homogenous SNR but inhomogeneous A and Q maps, MRE
is well conditioned and provides homogeneous V; and G’ maps in the breast parenchyma

and inclusion 2 at 225 Hz, in inclusion 3 at 296 Hz, and in inclusion 1 at 327 Hz.

The voxel-wise velocities in the parenchyma (blue), inclusion 1 (khaki), inclusion
2 (sea green) and inclusion 3 (lime) are represented as a function of Q in Figure 3.3.2.(1).
The distributions in the four regions of interest shift towards higher velocity values with
the excitation frequency f. They narrow at 225 Hz for the breast parenchyma and
inclusion 2, at 327 Hz for inclusion 1 and at 296 Hz for inclusion 3 whereas they spread
for the other excitation frequencies. The distributions are more easily distinguised
between 225 Hz and 327 Hz.
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Figure 3.3.2: (1) MRE voxel-wise shear velocity, V;, as a function of the data quality
factor, @, in the four regions of interest: the breast phantom parenchyma (blue), inclusion
1 (khaki), inclusion 2 (sea green) and inclusion 3 (lime) at excitation frequencies f =
{155,225,296,327,399} Hz. Velocity values increase with the frequency. Velocity
distributions narrow in the optimal s domain between 225 Hz and 327 Hz (6 S5 < 9)
where the measurements are expected to be the most accurate and precise.

(2) MRE shear velocity Vg in the four regions of interest as a function of the excitation
frequency f. Measurement uncertainty is minimized at 225 Hz in the breast parenchyma

(blue), at 327 Hz in inclusion 1, at 225 Hz in inclusion 2, at 296 Hz in inclusion 3 (see
Table 3.2.1).

Figure 3.3.3 to Figure 3.3.6 show the Gaussian fits of the shear velocity
distributions in each region of interest over the excitation frequency range. These
Gaussian fits explicit the observations made on the basis of Figure 3.3.2. First, the central
mean values of the Gaussian curves increase by +38.2% in the parenchyma (from
pz25Hz— 2 88 m-s! to u3p’ M2 = 3.98 ms?), by +28.7% in inclusion 1 (from p22>H? —

inc,1
3.17 ms! to uime1” = 4.08 m's™), by +34.8% in inclusion 2 (from p2%;" = 3.10 m's’ to

inc,2
p? 7= 4.18 m-s*), and by +33% in inclusion 3 (from p2%4"* = 3.06 m's’ to Ujees -=

inc,3 inc,3
4.03 m-s?).

The Gaussian fitting curves clearly spread out — o increases — when the conditions
depart from the optimal domain either at lower or higher frequencies (Figure 3.3.3 to
Figure 3.3.6. Whitout considering the variations of s into account, these Gaussian fitting
curves suggest, first, that data at 399 Hz exhibit the worst measurement precisions with

e 399 Hz , 399 Hz, ;399 Hz, 399 Hz) _
the largest standard deviations {0 Oinca 3Oinc2 > Oinca }

{0.57;0.31;0.49;0.34 } m - s71), second, that there is not a single optimal frequency but
rather a range of optimal frequencies, which fulfills optimal spatial sampling for a =
2 mm (6 Ss <9). Slightly different ranges of minimal standard deviations are found in
the parenchyma (between 155 Hz and 296 Hz), inclusion 1 (between 155 Hz and 327 Hz),

and the inclusions 2 and 3 (between 225 Hz and 327 Hz) with:
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{05 1% 0F° 1%, 053 17} = {0.14,0.10,;0.13} m - 577, {Oinct ~Oined '} =
{0.23;0.24;0.25;0.21 } m-s7%, {022,035 "%} = {0.20;0.20;0.18} m - s, {oZ22 3" -

032731 = {0.16;0.16;0.15} m - s~ 1.

The shear elastic modulus G" maps - calculated from the shear velocity maps (V)
— expectedly follow the same trends with the excitation frequency (Figure 3.3.1). For
every acquisition, the mean elastic modulus in the breast parenchyma (G') gp is lower
than (G')inc1, (G’ Vincz and (G’ )inc3 in the inclusions. When optimal conditions are
fullfilled,
inclusion 1, 2.6 + 4.5 kPa between parenchyma and inclusion 2 and 2.2 + 1.2 kPa

shear elastic difference reaches 4.6 + 2.5 kPa between parenchyma and

between parenchyma and inclusion 3 (Table 3.2.1).

Parenchyma

l 5 Hz; 0=0.14; p=2.88

5 Hz: 0=0.10; p=2.93
)H Hz: 0=0.13; .06
e 327 Hz: 0= 01) pn=3.26
399 Hz; 0=0.57; p=3.98

100 +

T
N vorels

1 1.5

| Vi [m-s7!

Figure 3.3.3: Gaussian fits of the shear
velocity histograms at five excitation
frequencies {155,225,296,327,399} Hz in
the breast parenchyma. The measurement
precision on the shear velocity is worst at
399 Hz and best between 155 Hz and
296 Hz.

Inclusion 1

155 Hz; o 0711 H"

327 Hz; 0=0.21: p=3.52| |
— 399 Hz; 0=0.31; ;1=4.06

Vi [m - sil] .

Figure 3.3.4: Gaussian fits of the shear
velocity histograms at five excitation
frequencies {155,225,296,327,399} Hz in
the The
precision on the shear velocity is worst at
399 Hz and best between 155 Hz and
327 Hz.

inclusion 1. measurement
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Figure 3.3.5: Gaussian fits of the shear Figure 3.3.6: Gaussian fits of the shear
velocity histograms at five excitation velocity histograms at five excitation
frequencies {155,225,296,327,399} Hz in frequencies {155,225,296,327,399} Hz in
inclusion 2. The measurement precision on inclusion 3. The measurement precision
the shear velocity is worst at 399 Hz and on the shear velocity is worst at 399 Hz
best between 225 Hz and 327 Hz. and best between 225 Hz and 327 Hz.

3.3.2 MRE discrimination power

Shear velocity histograms are represented for the four regions of interest and the
five excitation frequencies in Figure 3.3.7 (1)-(3).

The breast phantom parenchyma is mechanically different from the inclusions with
statistical significance (p < 1073) for every excitation frequency but 399 Hz. At 399 Hz,
MRE measurements stand outside the optimal domain except for inclusion 1, which
remains statistically different from the parenchma with p =~ 0.6 (Figure 3.3.7 (1)).

The shear velocity peak-to-peak differences of the Gaussian fits, §V,,, between the
breast parenchyma and the inclusions exhibit different values with the excitation
frequency. The higher median differences stand between 155 Hz and 296 Hz for inclusion
1 with 6V, =0.39m- s™1 at 155 Hz and 225 Hz. It is at 296 Hz for inclusion 2 with

6VPP =0.46 m-s~ ! and at 225 Hz for inclusion 3 with 6Vpp =021m-s 1
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Figure 3.3.7: Voxel-wise velocity distributions in the breast parenchyma (blue) and
inclusion 1 (first row in khaki), inclusion 2 (second row in sea green), and inclusion 3
(third row in lime). The sizes of the selected region in the breast parenchyma were
adapted to the size of the inclusions for running Wilcoxon tests and histogram analyses.
The best compromise to mechanically discriminate the different regions and to determine
the shear velocity with minimal standard deviation is reached at 296 Hz for the three
inclusions. 8V, is the shear velocity peak-to-peak of the Gaussian fits and p is the p-
value associated to the Wilcoxon tests (p < 1073 allow to conclude that the difference
between the population median and the hypothesized median is statistically significant).

3.3.3 Discussion

This study was implemented in a heterogeneous breast phantom originally
developed by CIRS for biopsy training. The phantom was not necessarily purely elastic
but its viscosity was neglected in the framework of this study. MRE shear velocity
measurements were found different in the breast parenchyma and the three selected
inclusions. The differences were small though as this phantom was not especially intended
for tissue mechanical characterization. It is not ideal to show the importance of
performing discriminative MRE within the optimal s domain. However, this limitation
allowed to model early concrete clinical cases where the disease is not fully developed
and the tissue mechanical alteration is still light in the pathological tissue.

As demonstrated in Chapter 1, the quality factor Q depends on the amplitude of
the rotational of the displacement field and the associated measurement uncertainty,

namely indirectly on the total amplitude A of the displacement field and the SNR. It can
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be noticed in the graphs of Figure 3.3.2 and in the mean (Q) values listed in Table 3.2.1
that the quality factor is not constant over the excitation frequency range whereas the
mean SNR values remain similar (Table 3.2.1). Therefore, the variation of the quality
factors with the excitation frequency is almost due to the applied sound level pressure
and the resulting wave amplitude at the different frequencies (Table 3.2.1 and Figure
3.3.1). Care was not really taken to ensure a constant excitation pressure at the surface
of the breast phantom. However, this experimental limitation sustains the robutsness of
the optimal domain approach, which matters more in the given range of SNR and A than
the SNR and A themselves. The analysis with a Gaussian model may be unsatisfactory
here as the shear velocity distributions are noisy and not necessarily normal as the
goodness of the fits suggested not only visually but also statistically with small p-values
(p < 1073) obtained with the test on normal law. Nevertheless, it was still possible to
determine, with a voxel size of @ = 2 mm, an optimal frequency domain for the breast
phantom parenchyma (155 Hz < f,, < 296 Hz), for inclusion 1 (155Hz < for <
327 Hz), and for the inclusions 2 and 3 (225 Hz < f,, < 327 Hz).

These slightly different MRE optimal domains involve a necessary compromise
between them to best mechanically discriminate the regions of interest: The pair regional
velocity distributions must be as narrow as possible (ideally both in their optimal
domains) while their respective mean values must be spread apart as much as possible
(with the largest 8V,,). Here, even if s was reasonably in the optimal domain at 225 Hz
for the four regions of interest (sgp=6.540.2; Sjcq =74+ 1.1; Sjper =741 1.1; Sjpez =
7.0 £ 0.4), the shear velocity voxel values between the parenchyma and the inclusions
could be best differentiated at 296 Hz where sgp=5.340.2; 5;01 =6.010.6; S;pc2 =
6.1£1.0; 54,,3=55%0.3 and 6V, =039m- s™! for inclusion 1, 6Vyp = 046 m - st
for inclusion 2, and §V,, = 0.17 m - s~ for inclusion 3. Henceforth, MRE measurements

should be carried at 296 Hz to favour tissue discrimination.
3.4 Conclusion

MRE data were acquired in a heterogeneous breast phantom over a range of
frequencies (155 Hz-399 Hz) covering the optimal s conditions for a voxel size of a =
2 mm in three targetted inclusions and the surrounding parenchyma. This study showed
the expected shift of the shear velocity distribution towards higher mean values when
the excitation frequency increased while the velocity distributions spread away when the
optimal conditions were degraded at lower and higher frequencies.

Despite the small mechanical differences between heterogeneous regions, we could
significantly discriminate them by MRE over different frequency ranges (155 Hz < fo,r <

327 Hz) within the different optimal domains. Tissue discrimination could be found
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optimal at for. =296 Hz by compromising the MRE shear velocity measurement
uncertainty in the different tissues and the shear velocity gap between them. Outside the
optimal domains for the breast phantom parenchyma and the inclusions, above 327 Hz
and below 155 Hz, MRE measurement uncertainties are so degraded — with shifted and
spread shear velocity distributions — that characterization and discrimination of healthy
and diseased tissues become unachievable. In a MRE clinical setting at typically 60 Hz,
both tissues would be indistinguisable with mixed low shear viscoelastic moduli in the
same as shown here at 399 Hz in Figure 3.3.1. Even retrospective resampling could not
cope with the ill-condtionned problem as keeping the product f,,. - @ would require, with
fexe = 60 Hz downsampling at a = 7.5 mm, which would result in detrimental spatial

smearing by leaving us with only a couple of voxels per inclusion at most.
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Chapter 4 Optimal conditions for brain
MRE

4.1 Introduction

We saw in the previous chapters the multiple dependence of the MRE results on
acquisition parameters and reconstruction methods (Chapter 2 and Chapter 3). The
approximations of homogeneity previously carried out on phantoms (Chapter 2) are a
priori questionable in a structured and complex organ such as the brain.

In the animal brain, post-mortem MRE [139] and in vivo MRE [16], [140] revealed
different viscoelastic regions through the brain. In the case of post-mortem MRE, a
stiffness increase of the brain tissue was found and, according to Weickenmeier et al.
[139], this phenomenon is probably a manifestation of alterations in polarization,
oxidation, perfusion, and metabolism immediately after death. These expected findings
support the importance of characterizing brain tissue in vivo and question the relevance
of ex vivo brain tissue testing as a whole.

In the human brain, several groups probed the mechanical parameters of the
different brain regions with MRE [6], [16]-[18], [20], [21], [24]-[26], [28]. Brain white
matter is composed of anisotropic myelin fibers, which foster the transmission of the
electrical signals along the axons. Brain grey matter is mainly located at the periphery
of the brain. It is the cortical tissue that contains the cell bodies of neurons. White matter
is consequently expected to be more rigid than grey matter. However, as we saw in the
previous Chapter 1 Figure h, the mechanical parameters reported in white and grey
matters by the different research groups are widely dispersed. The viscoelastic parameters
obtained for two different anatomical regions of the brain were found both too close and
too dispersed to be significantly different [16], [17]. For instance, in the study by Clayton
et al. , the mean shear elasticity modulus obtained at 60 Hz was (3.3 * 0.1) kPa in the
white matter and (3.1 £ 0.3) kPa in the grey matter which, given the closeness of the
values and the associated standard deviations, does not allow any mechanical
differentiation of the structures based on their shear elasticity as claimed since the first
MRE measurements were initiated in the brain [55].

Previously, in Chapter 2 and Chapter 1, we have shown the importance of adapting
the frequency of the mechanical excitation wave to the mechanical type of analyzed tissue
in order to obtain the most accurate and precise measurement of the mechanical
parameters. The main objectives of this chapter is to determine whether such optimal
conditions could be found for brain MRE and to test the sensitivity of MRE to actually

detect anatomical structures within the brain. For that purpose, the viscoelastic
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properties of a human brain were determined in three different segmented regions (white
matter, WM, grey matter, GM, and cerebellum, Cblum). Optimal spatial sampling
conditions were regionally explored with multifrequency MRE acquisitions so data could
eventually be conditioned for each segmented anatomical brain regions.

This chapter is divided into three parts. The first part is a presentation of the
MRE protocol with a description of the human brain acquisitions. Then, the second part
is a description of the process to extract the mechanical parameters, from MRE
acquisition to MRE reconstruction. The third part compares regionally segmented MRE
outcomes obtained at four different excitation frequencies. The optimal sampling
conditions are determined in each of the segmented regions of the brain to produce the

most precise and accurate measurements therein.

4.2 Methods

4.2.1 MRE setup

In the framework of Marion Tardieu’s PhD work [74], in vivo acquisitions were
carried out on a healthy volunteer on a 1.5 T Achieva system using a standard SENSE
head coil (Philips Healthcare, Best, The Netherlands). The mechanical excitation systems
used for the brain generally tend in the literature to induce mechanical waves through
the brain protective barriers: cranial vault, cranial floor, and meninges [66]. These
physical barriers yield mechanical wave attenuation in deep brain tissue which could lead

to an underestimation of the measurements when the amplitude wave is too weak (Figure
4.2.4).
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Figure 4.2.1: Schematic of the MRE setup on a Philips Achieva MRI 1.5 T from Marion
Tardieu’s PhD work [74]. Remotely generated and amplified pressure waves are guided
in the center of the MRI magnet bore to the volunteer placed in a head coil. Pressure
level is monitored via an optical fiber sensor. Pressure waves are synchronized to the
MRI acquisitions sequence.

In this work, pressure waves were generated by a loudspeaker and guided directly
into the subject's oral cavity to circumvent this limitation (Figure 4.2.1). These pressure
waves were then guided to the brain along the brain stem while the subject was
spontaneously breathing through the nose with a closed uvula. The efficacy of this
technique was shown by Maitre et al. [100] and Hagot et al. [101] with wave amplitudes
up to 70 um and average amplitudes over the whole brain up to 14 um.

During MRE acquisitions, sinusoidal waves were generated by a function generator
(AFG 3021B, Tektronix, USA, Figure 4.2.2.(a)), then amplified (P2500S, Yamaha,
Hamamatsu, Japan, Figure 4.2.2.(b) 1) to be finally transformed into acoustic pressure
waves by a loudspeaker placed in a wooden enclosure (12NW100, B&C Speakers, Bagno
A Ripoli, Ttaly, Figure 4.2.2.(b) 2). The acoustic wave was guided to the oral cavity using
an Altuglas® waveguide (Altuglas, La Garenne-Colombes, France), 3.5 m long and
22 mm internal diameter (Figure 4.2.2.(b) 3) and an antibacterial filter and an

adaptation part or mouthpiece (Intersurgical, Wokingham, United Kingdom).
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(a)
Figure 4.2.2: Guided pressure wave generation: Mechanical vibrations are induced in
the brain by guided pressure waves, remotely generated by an enclosed subwoofer (2)
connected to a power amplifier (1), driven from the console room by a function
generator (a). The subwoofer is cooled down (6) and its temperature is monitored (7).
The system is placed in a rolling cabinet (b) in the technical room, behind the
examination room. Pressure waves are transmitted to the subject’s buccal cavity by a

waveguide (3) through an antibacterial filter and a mouthpiece.
4.2.2 MRE acquisitions parameters

Before MRE acquisitions, the acoustic resonances of the wave-guiding close system
were characterized by wobulation from 10 Hz to 500 Hz. The amplitude of the pressure
waves was set for each frequency to provide, from the MR-phase images, easily and
qualitatively measurable waves throughout the brain while preserving the subject’s
comfort. The spatial sampling factor s was studied over four frequencies for, =
{43;50; 84; 113} Hz with an isotropic voxel size, a = {2.75; 3.00; 2.94; 2.75} mm.
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fexc [He] 43 50 84 113
a [mm] 2.75x2.75%x2.75 2.67x2.67x3.00 2.94%x2.94x2.94 2.75%2.75%x2.75
FOvV, x FOV, X FOV, 264x264x118 256x256x129 235x235%147 264x264x118
Nuze 2 2 2 4
Nayn 8 8 4 8
['Ir;‘lzf;{;f] 5000/70 4301/70 2976/42 3803/49
TA / encoding direction 37 min 30 s 28 min 50 s 11 min 12's 28 min 31 s

Table 4.2.1: Acquisition parameters for the standard MRE spin echo sequence at
frequency fox. = {43,50,84,113} Hz. f,.: excitation frequency, a: voxel size, FOV, X
FOVy X FOV,: field of view, Nygs: number of MEG, Ngyp: number of dynamic,

TR/TE: repetition and echo times, TA: acquisition time per encoding direction.

A standard multi-slice motion-encoding spin-echo sequence was implemented with
a field of view covering the whole brain with the parameters reported in Table 4.2.1. The
amplitude of the motion-encoding gradients was 21.5 mT - m'. The number of bipolar
motion encoding gradients Nyp; was limited to 2 except for the highest excitation
frequency fox. = 113 Hz increased twofold to partially compensate for the reduction of
the wave amplitude with the frequency. As reported in Table 4.2.1, the echo time TE
ranged between 42 ms and 70 ms, while the repetition time ranged roughly between
3000 ms and 5000 ms.

4.2.3 MRE reconstruction

As explained in Chapter 3 and Chapter 4, the components of the 3D displacement
field u; (r,t), with i = {x,y,z}, of a voxel located at r and taken at time t were computed
from the recorded MRI phase values ¢;(r,t) (equation 1.23) for the four MRE
acquisitions. The Q-weighted average velocity V; and the quality factor Q were calculated
according to the equation 1.71 and equation 1.72.

As the brain is assumed to be viscoelastic, the Helmholtz equation reported in the
equation 1.59 for a locally homogeneous isotropic viscoelastic medium was used to
reconstruct the shear dynamic, G;, and loss, G;', moduli from the complex shear moduli
G* along each spatial dimension i before being averaged for each voxel. In this study, a
model-independent approach developed by Sinkus et al. [4] was used to calculate the

complex shear modulus which can be written as:

qi(r: (‘)exc)
G'= —pw’, ——" -
pexc qui(r, wexc) S

The local planar wave assumption used for the displacement field and thus also for

each ¢-field component, g;, can be written as:
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q; = lq;| - ekim, 4-2

o k;= f;—ja; is the complex wave number

e fBi= % with Vg the quality Q-weighted shear velocity (equation 1.72).

N

e ; the attenuation parameter

The equation 4-1 can be written as:

2 2
PWexc —  PWexc

G* =G| +jG] = = _
C T T T B 43

The shear dynamic, G/, and loss, G;', moduli can be inferred by:

, B2 — a;?
G{ = PWie—— - 4-4
(B:° — a;?)” + 4(a;B:)?
iy Zaﬁ
G; = pngc — 4-5

(B* - aiz)z + 4(aif)?

Additional T;-weighted whole brain images were used as anatomical references
(Figure 4.2.1). They were segmented and registered to the MRE magnitude images with
SPM12 (The Wellcome Centre for Human Neuroimaging, UCL, London, United-
Kingdom) and masks of white matter (black blue), grey matter (blue), and cerebellum

(light blue) were inferred after removal of CSF, bone, background tissue and air (Figure

4.2.3).

T1-Weighted White Matter (WM) Grey Matter (GM) Cerebellum (Cb)

Figure 4.2.3: Sagittal view of T1-Weighted map from which white matter, WM in black
blue, grey matter, GM in blue, and cerebellum, Chlum in light blue, were segmented and
associated masks were extracted.

MRE data were reconstructed to extract maps of the signal-to-noise ratio, SNR,
the displacement fields, A, the quality factor, Q, the shear velocity, V;, and the shear
viscoelastic moduli, G' and G". Every map was eventually registered to the T;-weighted
image acquired together with the MRE at 113 Hz with the smallest FOV'.
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Finally, masks of the brain parenchyma were eroded by six voxels to exclude
possible reconstruction biases at the boundaries before their intersection so 17,573 voxels
in the white matter, 20,341 voxels in the grey matter and 3109 voxels in the cerebellum
were used for final data analysis.

SNR mean values were calculated over the brain parenchyma for comparison
purposes between the four MRE acquisitions. Both the mean value and the standard
deviation of the amplitudes of the generated displacement fields, (4) and gy, were
considered at every excitation frequency in order to evaluate the inhomogeneous wave
amplitude throughout the subject’s brain.

As the brain is expected to be mechanically inhomogeneous, mean values, (Q), (V%),
(G") and their associated standard deviations were calculated over the whole brain
parenchyma and over each segmented region (white matter, grey matter and cerebellum)
to exhibit, in each segmented region, the related uncertainty of the MRE acquisition and

reconstruction.
4.2.4 Data analyses

Maps of SNR, A, Q, V;, G' and G" were plotted for the four excitation frequencies
f = {43, 50, 84, 113} Hz in the axial, sagittal, and coronal planes of the subject’s brain.

The voxel-by-voxel mechanical behavior was studied with respect to the quality
factor Q for each excitation frequency in the three segmented regions of the brain (white
matter, grey matter and cerebellum).

Strong enough pressure waves are required in order ensure stable and linear MRE
outcomes. As showed with the dataset acquired in the framework of Marion Tardieu’s
PhD work [74] a low displacement field amplitude, 4, and therefore low data quality, Q,
leads to underestimated measured values. To avoid this estimation bias, it is possible to
establish a threshold either on the uncertainty-normalized amplitude, UNA, [141] or,
more adequately, on the data quality, @, such that, above Q¢nresnoia; MRE results could
be fairly considered as valid. Below Q¢presnoia; MRE results were discarded. Qtnreshoid
was defined on the voxel-wise shear velocity distribution when the initial increasing trend
of the upper envelop is reversed, that is when the shear velocity values are not governed

anymore by the increasing data quality.

95



10mV 05V 1.0V 15V 20V 25V 30V 35V 40V 4

<G'>(U.N.A.) (blue curve)
<G">(U.N.A.) (orange curve)

2.8

e
2.6 oo

24

2.2

1.8
1.6
1.4:™
1.2
2 4 6 8 10 12
U.N.A: Uncertainty Normalized Amplitude
Figure 4.2.4: Amplitude A, shear elasticity G' and viscosity G’ maps in the brain of a
healthy subject in the sagittal plane. MRE data were acquired at 87 Hz. The wave
amplitude was adjusted via the function generator amplitude from 0.01 V to 6 V. Mean
shear elasticity G’ and viscosity G"” were plotted as function of the uncertainty-
normalized amplitude UNA, which is the ratio between the total amplitude and the
measurement uncertainty of the total amplitude (UNA = A/AA). Mean values of G’
and G"' increase with the wave amplitude until a plateau is reached where their mean

values are consistent [141].

Statistical analyses were performed using the shear velocity mean values, (V;), and
the shear elastic modulus (G') as the primary outcomes. Boxplots of V; and G’
measurements were built in the cerebral white and grey matters, and in the cerebellum
to, first, visually represent the regional means and the related standard deviations of the
datasets and, then, to compare the mechanical behavior in each of the three segmented
brain regions, both within and between experiments conducted with differing acquisition
and reconstruction conditions. Non-parametric unpaired two-samples Wilcoxon tests
were performed within Matlab. A result was deemed statistically significant if the

probability was lower than 1% or p-value < 0.01.
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4.3 Results

4.3.1 MRE outcomes

The SNR maps were rather homogeneous for every excitation frequency (Figure
4.3.1, Figure 4.3.2, and Figure 4.3.3). Different TR and TE values between the four MRE
acquisitions led to different mean SNRs values ranged between 34 at 43 Hz and 102 at

84 Hz. They were expectedly higher for longer TRs and shorter TEs as reported in Table

4.2.1.
foxe [H] 43 50 84 113
(SNR)gyain 34 95 102 45
(A)prain 1] 94 447 123+ 6.1 34+ 16 4.3+ 238
(@)Brain 460 + 255 1511 + 887 167 + 144 181 + 197
Viraim [m-s] 1.46 + 0.32 1.57 + 0.31 1.99 + 0.19 2.14 + 0.21
SBrain 16.8 + 2.7 149 + 2.3 8.1+ 08 6.4+ 0.7

2.15 £ 0.21
6.7 £ 0.7

G'chrum [kPa)

1.34 £ 0.48

0.94 + 0.33

1.50 + 0.48

1.17 + 0.37

3.13 + 0.60

2.74 + 0.87

Vebium m-s'] 1.19 £ 0.29 1.30 £ 0.17 1.92 + 0.32 2.13 + 0.40
Schlum 11.0 £+ 25 94112 53+ 1.3 42+ 1.3
G'grain |kPa] 1.38 + 0.46 1.57 £ 0.47 3.08 £ 0.57 3.52 £ 0.67

3.56 £ 0.68

3.44 + 1.06

G”Brain [kPa}

1.02 £ 0.51
1.02 + 0.52

1.18 +£ 0.55
1.16 + 0.56

1.78 + 0.53
1.76 + 0.56

2.07 + 0.66
2.00 £ 0.67

G”Cblum [kPa}

0.79 £ 0.35

0.78 £ 0.27

1.60 + 0.68

1.88 + 0.94

Table 4.3.1: MRE outcomes in the whole brain (Brain), the cerebral white matter
(WM in dark blue), the cerebral grey matter (GM in blue), and the cerebellum
{43,50,84,113} Hz. foy:
excitation frequency, s: sampling factor or number of voxels per wavelength, SNR,

(Chlum in light blue) at excitation frequencies fyy¢

A: displacement field amplitude, Q: quality factor, V;: shear velocity, G': shear

elasticity, and G"': shear viscosity. MRE optimal conditions (in red) are achieved for
the cerebrum for both white and grey matters at f,,. = 84 Hz (s = 8-8.5) and for

the cerebellum at f,,. = 50 Hz (s = 9.4).

Total amplitudes of the displacement fields ranged on average between (3.4 +
1.6) pm at 84 Hz and (12.3 £+ 6.1) pm at 50 Hz where they can reach 46.5 pm. Mean
values (A) and (Q) were roughly twice higher at 43 Hz and 50 Hz than at 84 Hz and
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113 Hz as reported in Table 4.3.1. (Q) values ranged between 167 at 84 Hz and 1511 at
50 Hz but they can reach around 2000 at 43 Hz, 84 Hz and 113 Hz and 6000 at 50 Hz.
A and Q maps reveal higher values in the frontal lobe (FL) ((A)g, =
{10,20,5,9} nm) and in the occipital lobe (OL) (A)r, = {10,15,5,5} pm for fo,. =
{43,50,84,113} Hz). With the frequency-dependent wave attenuation, they fall deeper
inside the brain ((4A) = {7,5,2,2} pm for f,,. = {43,50,84,113} Hz) (Figure 4.3.3). As
illustrated in Figure 4.3.1 and Figure 4.3.2, A and Q maps exhibit maximal values at the

tentorial surface of the cerebellum ({(A)rentoriarcy = {17,18,4,6} ym for f, =

{43,50,84,113} Hz).

43 Hz 50 Hz 84 Hz 113 Hz

Figure 4.3.1: SNR, wave amplitude A, data quality Q, shear velocity V, shear elasticity
G’ and viscosity G” maps in coronal slice number 65 from whole brain MRE at four
excitation frequencies fp,. = {43,50,84,113} Hz on one healthy subject. V;, G’, G”
values increase with the frequency. Frontal lobe, occipital lobe and the region above

the tentorial surface of the cerebellum are more rigid and viscous.
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43 Hz 50 Hz 84 Hz 113 Hz

SNR

G'

GH

Figure 4.3.2: SNR, wave amplitude A, data quality Q, shear velocity V;, shear elasticity G’
and viscosity G” maps in sagittal left brain at slice number 35 from whole brain MRE at
excitation frequencies fo,. = {43,50,84,113} Hz on one healthy subject. Mean values of V,
G’, G” increase with the frequency. Frontal lobe, occipital lobe and the region above the

tentorial surface of the cerebellum are more rigid and viscous.

The shear velocity, Vg, and the viscoelastic moduli, G’ and G”, all increase with the
excitation frequency everywhere throughout the brain. As reported in Table 4.3.1, the
mean values (V;), (G') and (G"') calculated in the brain respectively range from 1.45 +
0.34 m-st at 43 Hz to 2.13 £ 0.23 m-s* at 113 Hz, from 1.12 + 0.45 kPa at 43 Hz to
3.41 + 0.71 kPa at 113 Hz and from 1.02 + 0.47 kPa at 43 Hz to 2.08 + 0.74 kPa at 113
Hz. V; exhibits higher values in the frontal lobe (1.58 + 0.30 m-s* at 43 Hz to 2.25 +
0.40 m-s™ at 113 Hz) and in the region above the tentorial surface of the cerebellum
(1.91 £ 0.40 kPa at 43 Hz to 2.28 £ 0.55 kPa at 113 Hz) as illustrated in the three
planes of Figure 4.3.1, Figure 4.3.2 and Figure 4.3.3.
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43 Hz 50 Hz 84 Hz 113 Hz

GI'

Figure 4.3.3: SNR, wave amplitude A, data quality Q, shear velocity V;, shear elasticity
G’ and viscosity G” maps in slice number 23 at axial direction from four spin echo

with the four excitation frequencies f,,. = {43,50,84,113} Hz on one

sequences
” increase with the frequency. Frontal lobe,

healthy subject. Mean values of V, G’, G
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occipital lobe and the region above the tentorial surface of the cerebellum are more
rigid and viscous.

In Figure 4.3.4, the voxel-wise velocity, elasticity and viscosity distributions for
the cerebral white matter (dark blue), the cerebral grey matter (blue) and the cerebellum
(light blue) as a function of Q share a similar shape. They are asymmetric and present a
wider dispersion towards higher mechanical values at low Q with strong correlation to
Q. As Q increases, they get narrower and become symmetrical around a central value,
which increases with the excitation frequency. Correlations to Q then vanish. In the
cerebral tissues, away from the optimal conditions, either at lower (f,,. = {43,50} Hz)
or higher (f,,. = 113 Hz)frequencies, the velocity distributions are clearly more spread
and exhibit higher values than in the optimal conditions (f,,. = 84 Hz). Similarly in the
cerebellar tissues, the velocity distribution is narrower at 50 Hz and becomes wider at

the other excitation frequencies.

43 Hz 50 Hz 84 Hz 113 Hz

0 0=
0 1000 2000 O 5000

0
1000 2000 O 1000 2000

G' kPa]

{j By e 0
0 1000 2000 0 5000 1000 2000 0 1000 2000

G'" [kPa]
[\

ZE AN

0 5% 0= 0 0
0 1000 2000 0 5000 0 1000 2000 0 1000 2000
Q Q Q Q

Figure 4.3.4: Brain MRE voxel-wise shear velocity V; (upper row), G’ (middle row),
G”(bottom row) as a function of data quality @ in one healthy subject at excitation
frequencies f,,. = {43,50,84,113} Hz. V;, G’ and G” values increase with the frequency.
Velocity distributions are the narrowest at 84 Hz in the cerebellar white and grey
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matter (s§hi? =8.5+ 0.8 and s&"? =8.0+0.7) and at 50 Hz in the cerebellum
(s2dM2 =94 +1.2).

The mean values of the velocity, elasticity and viscosity distributions in each
segmented regions all increase with fox. (Table 4.3.1). The measured minimal shear
velocity standard deviations in both cerebral white and grey matters occur at 84 Hz with
oM, =020m-s' and o8, = 0.18 m-s'. The minimal shear velocity standard
deviation in the cerebellum occurs at 50 Hz (0&0y, = 0.17 m - s7) as clearly depicted
below by the boxplots in Figure 4.3.5.(a).

The amplitudes of the mechanical waves and a fortiori the quality factors obtained
between the different acquisitions are different but the shapes remain the same: the voxel-
wise shear velocity converge for higher quality factors at 50 Hz with Q3352 = 5000 than
at 43 Hz, 84 Hz and 113 Hz for Q352 = 2000, Q8! /? = 1800 and QL3 H? = 2000.

The threshold values of quality factor for each excitation frequency were estimated
at Qfnrashota = 200, Qfnrashora = 1000, Qfpleiiog = 100 and Qfniaifioi = 100 (Table
4.3.2). Despite an obvious increasing trend of the velocity upper envelop (Figure 4.3.4),
the correlation coefficient R(Q < Q¢nreshotar Vs) calculated between V; and Q does not

revealed any dependence of the velocity values with the data quality (Table 4.3.2).

fexe [HZ] R(Q < Qtnresnotar Vs) Qthreshold
43 0.0861 200
50 -0.0007 1000
84 -0.001 100
113 0.0472 100

Table 4.3.2: Correlation coefficient R between V; and Q for Q < Q¢preshola
and Q¢preshota for foxe = {43,50,84,113} Hz.

4.3.2 MRE inside and outside optimal conditions

Boxplots of the shear velocity, elasticity and viscosity represented for the cerebrum

and the cerebellum in Figure 4.3.5.

In the cerebrum, the optimal conditions are best fulfilled at 84 Hz with s§PTH™ ~

8.0-8.5. As seen above, at this frequency, the shear velocity standard deviation is
effectively minimal in the cerebral tissues, oSPH™ = 0.18-0.20 m-s’. For every
excitation frequency, mean shear velocities are found to be roughly the same in the white

and grey matters (Figure 4.3.5.(a)) whether or not the optimal conditions are fulfilled.

Cbrum

Yet, at 43 Hz or 113 Hz, away from the optimal conditions with sg5y," = 16.7-17.7 or

sEhrum ~ 6.3-6.7, the shear velocities are essentially indistinguishable (pig",c™ =~ 0.006

or pP M ~ 0.007) between white and grey matters, even above Qnresnoia: (Ve)ag iz =

102



(146 + 0.34) m - 5 and ()M, = (145 + 0.31) m - s, (V)W = (2154 02) m s
Pand (V,)$M 4, = (2144 0.21) m - s (Table 4.3.1). At 84 Hz, in the optimal condition

range with sS2TUM ~ 8.0-8.5, the velocities in the cerebral tissues become significantly

different  (pyMiM « 0.001) with (V;)gih, = (209 £0.20) m -s' and (V,)54%, =
(1.97 £ 0.18) m - s'. This tissue discrimination remains significant at 50 Hz (pgq M «

0.001) but in a lesser extent and with larger relative standard deviations: gSPTm =

18-21% instead of oSP™ ~ 9-10% (Table 4.3.3).

I V\hite Matter
I Grey Matter
N Cerebellum

I VWhite Matter
I Grey Matter
] Cerebellum

@ (b) ) j J(©)

I VVhite Matter
B Grey Matter
[ Cerebellum

G" [kPuJ

o0 o s II| I
B L ) (%R | iL il Th
= III I.I 1T 7 9l 13 1 I III I
mo NP IR 1 |
‘my s B

0 =17 0
43 Hz 50 Hz 84 Hz 113 Hz 13 Hz 50 Hz 84 Hz 113 Hz 13 HZ 50 Hz 84 Hz 113 Hz

Figure 4.3.5: MRE shear velocity V; (a), elasticity G’ (b), and viscosity G” (¢) as a function
of the excitation frequency, foyc, in the cerebral white matter (dark blue), the cerebral
grey matter (medium blue) and in the cerebellum (light blue). MRE optimal conditions

are reached at fo. = 84 Hz in the cerebrum and at f,,. = 50 Hz in the cerebellum where

velocity measurement uncertainties are respectively minimized (a).

In the cerebellum, the optimal conditions are best fulfilled at 50 Hz with s$im ~

9.4. It is then easier to mechanically discriminate the cerebrum and the cerebellum at

50 Hz than at the other excitation frequencies (Figure 4.3.5). Indeed, shear velocities

significantly differ between the cerebellum and the cerebral white and grey matters (p «

0. 001) with  VEPH™ = (130 £ 0.17) m - s, (V)M = (1.55+0.33) m-s'  and

(Vo) , = (1.59 £ 0.29) m - s* (Figure 4.3.5.(a)). This tissue discrimination still holds
Cbrum

at 43 Hz but with higher relative standard deviations than at 50 Hz: o310 = 20-23%
and gl ~ 24% instead of oSPTE™ ~ 18-21% and oSPH™ ~ 13% (Table 4.3.3).
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foxe [H] 43 50 84 113
Vm [m-s] 1.46 + 0.3 1.55 + 0.33 2.15 + 0.21

Owm 23. ,‘”g 21.: ‘7'; ()8‘%

Vebtum [m-s'] 1.19 £ 0.29 1.30 £ 0.17 1.92 + 0.32 2.13 £ 0.40
Schlum 11.0 £ 2.5 94 +1.2 53+ 1.3 42+13
Ocblum 24.4% 13.1% 16.7% 18.8%

Table 4.3.3: Shear velocity in the cerebral white matter (WM in dark blue), the
cerebral grey matter (GM in blue), and the cerebellum (Chlum in light blue) at
excitation frequencies f,y. = {43,50,84,113} Hz. f,,.: excitation frequency, s:
sampling factor or number of voxels per wavelength, g: shear velocity relative
standard deviation. MRE optimal conditions (in red) are achieved for the cerebrum
for both white and grey matters at f,,. = 84 Hz and for the cerebellum at f,,. =
50 Hz where 6 S s <9 and o is minimal.

4.4 Discussion

MRE was performed on the brain mechanically excited between 43 Hz and 113 Hz.
The amplitude of the induced mechanical waves varied throughout the brain with the
excitation frequency as the addressed acoustic modes change and because the input
pressure level decreases and attenuation gets stronger in the viscous brain tissues at
higher frequencies. It particularly affects the amplitude of the induced displacement fields
in the deepest regions of the brain, as we can see around the lateral ventricles in the
amplitude maps, A, and quality maps, Q, of Figure 4.3.1, Figure 4.3.2 and Figure 4.3.3.

The shear velocities and elasticities are expected to increase with the excitation
frequency. This frequency dependence of the brain mechanical response is illustrated in
the literature with shear elasticity values, G’, in the grey matter that range between 2.8
kPa at 45 Hz and 4.4 kPa at 80 Hz [16]. Yet, the elasticities measured by the different
research groups do not follow a general monotonically-increasing trend with the
excitation frequency as reported in Table 4.4.1. Thus, higher values of the shear elasticity
were measured in the grey matter at 45 Hz, G'$y, = 2.8 kPa [16], than at 50 Hz,
G'EM,, = 1.9 kPa [16], or even than at 80 Hz, G’$5y, = 2.3 kPa [18]. The modulus at
50 Hz turned to be smaller only than the one reported at 90 Hz: G’$)y, = 3.1 kPa [6].
MRE outcomes cannot reasonably be compared between different research groups when
shear viscoelasticity moduli have been evaluated at different excitation frequencies with
different reconstruction algorithms (LFE for [16], NLI (Non Linear Inversion) for [17]
and AIDE [6] and [18]). Moreover, shear waves have been generated with different means

and resulting displacement field amplitudes and patterns differ for every research group.
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Indeed, as pointed out by Marion Tardieu in her PhD work [74] and reported in Figure
4.2.4, if the displacement field amplitude in the target organ is too low, the mechanical
parameters are underestimated. It is not clear for every published work whether the
displacement fields were induced in the brain with enough amplitude to reach the plateau
where the mechanical parameters may be properly extracted, and thus, comparison
between research groups, possible.

The optimal conditions determined here for the cerebral tissues with a =~ 2.94 mm
at 84 Hz are close to those achieved by Lynne Bilston’ research group at 80 Hz [18] and
at 90 Hz [6] with the same reconstruction algorithm. In their work, they explicitly made
sure to roughly achieve s =7 with a 3 mm and f,,, = 80-90 Hz. Yet, they only
acquired seven slices and the reported mean viscoelasticity moduli do not cover the whole
cerebrum or cerebellum. Besides, at 90 Hz, they found significantly lower values in the
cerebral white matter (G'%™, = 2.7 kPa) than in the cerebral grey matter (G'S3, =
3.1 kPa) whereas, at 80 Hz, they found the contrary with general lower values (G§q 11z =
241 kPa and G'§), = 2.34 kPa) (Table 4.4.1). On the basis of the available
displacement fields in both references, we could assume that, at 90 Hz, the overall
excitation amplitude was rather low except at the periphery of the organ so, deeper inside
the brain, the data quality was degraded and viscoelastic moduli were more
underestimated in the white matter. At 80 Hz, the overall excitation amplitude was more
homogenous and tissues were effectively displaced in the center of the brain. They were
able to mechanically differentiate white and grey matters according to the tissue

structural expectations (G'%gh, > G'Soh,) as well as cerebral and cerebellar tissues

(G'Shmim > @ Ehlum) - Ag we have also found, the white and grey differences are tenuous
and they may be opposite at lower frequencies (G'igh, < G'53%, and G'igh, < G’y
while the cerebellar and cerebral mechanical differences are enhanced at 50 Hz (G’$P54M ~
1.17 kPa and G’$234" ~ 1.5-1.64 kPa) and mitigated at higher frequencies (G’$P3M ~
3.44 kPa and G'$PTYT ~ 3.46-3.56 kPa). Hence, it is not easy to establish a clear
mechanical behavior of the brain as, first, it is obviously heterogeneous, second, the MRE
measurement uncertainty is itself heterogeneous — partly independently of the probed
tissue with respect to the heterogeneity of the amplitude sampling factor, Q, and partly
dependently on the tissue shear elasticity modulus with respect to the heterogeneity of
the spatial sampling factor, s. MRE outcomes might also be obliterated by intrinsic
differing rheological behavior of the different tissues along the excitation frequency.
Nevertheless, we can knowingly assert the difference of shear elasticities between cerebral
white and grey matters neither at low frequency (AG LM ~ 0.03 kPa with p = 0.006)
nor at high frequency where the difference is higher (AG'I{IQI;I}IGZM =~ (.08 kPa with p =
0.007) but in the optimal conditions at 84 kHz where the difference becomes statistically

significant with AG'&A{I'ZG M~ 0.04 kPa and p < 0.001. Similarly, the mechanical

105



difference between the cerebral and the cerebellar tissues is statistically significant at
43 Hz and 50 Hz (with p « 0.001) when the optimal conditions are matched for the
cerebellum.

In any cases referring to cerebellum, cerebrum, white and grey matters, tissue
discrimination is significant only because we are dealing with a large number of voxels.
MRE is not sensitive enough today to mechanically differentiate healthy tissue types at

the voxel level.

G’ chium G"wm G" oM G” cotum
fexc Ref G'wm G'om i [kPa] i [kPa] [kPa] _ [kPa] _
[Hz] ’ (kPa] [kPa] G'chumwm G chrum,6m G coumwm | G” cbtum,6m
[kPa] [kPa] [kPa] [kPa]
45 [16] 3.740.8 2.840.5
50 7] 2494102 | 1914097
[22] 3.340.1 3.140.3
[24] 2.240.2
60 [28] 2.2340.13
(23] 2.36+0.16
[26] 2.1540.11
[16] 4.740.6 4.440.3 2.340.2 2.440.5
80 18] 2.4140.23 2.3440.22 1.8520.18 1.7740.24 1.2140.21 1.1140.03 1.1040.2 0.9440.17
[21] 10.741.4 5.3413
83.3 [20] 15.2414 12.940.9
90 [6] 2.7+0.1 3.1+0.1 2.5+0.2 2.540.2

Table 4.4.1: MRE studies investigating shear elasticity, G', and viscosity, G"', moduli in
segmented brain regions (white matter, WM, and grey matter, GM, of the cerebrum,
Cbrum, and cerebellum, Chlum) of healthy volunteers at different excitation frequencies,
foxe = {45,50,60,80,83.3,90} Hz. Measurements are largely spread between 1 kPa and
15 kPa with a factor 2 or 4 between studies for a same region and even the same
excitation frequencies. Mechanical differences between brain regions are not obvious for
each study. Works by Green et al. [6] and Zhang et al. [18] were carried out in similar
conditions to the current study. They are used for comparison.

The MRE optimal domain determined over our datasets for the shear velocity was
not easily extendable to the shear viscoelasticity moduli as they depend on other
parameters than the wavelength — and the associated wavelength scaling factor s — as
showed on equation 4-4 and equation 4-5, including attenuation and the square of the
excitation frequency. Thus, the standard deviations of the shear elasticity and viscosity
moduli increase with the excitation frequency up to the highest value (Figure 4.3.5 (b)
and (c¢)) whereas those of the shear velocity are minimal when s is in the optimal domain
(6 <5 <9)(Figure 4.3.5 (a)).

4.5 Conclusion

In spite of the natural protective barriers of the skull and the meninges, which are
hardly trespassed by mechanical waves, multi-frequency brain MRE was performed here

with robust motion-encoding spin-echo based sequences and guided pressure waves. Fair
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displacement field amplitudes were found from 43 Hz up to 113 Hz. Surprisingly enough,
data conditioning could be optimized within the simple assumptions made in the former

chapters for homogeneous and isotropic media.

In this chapter, we saw how it is important to perform brain MRE within the
optimal conditions in order to provide precise and accurate mechanical properties and
better discriminate brain tissues. The major difference was not found between white and
grey matters as one could expect but between cerebral and cerebellar tissues. Hence,
optimal conditions in healthy brain tissues were found at 50 Hz in the cerebellum and at
84 Hz in the cerebrum, for either white or grey matters. The cerebral tissue could be
more easily discriminated from the cerebellar tissue when optimal conditions were
fulfilled at 50 Hz in the cerebellum.

For the sake of the available displacement field amplitude, the clinical practice has
favored so far low frequency acquisitions (25 Hz-60 Hz) with a voxel size of a few
millimeters, which, in the upper range (50 Hz-60 Hz), should yield the most accurate and
precise measurement possible in the cerebellum. With an isotropic voxel size of 3 mm,
brain MRE should preferably be performed even at higher frequencies — between 50 Hz
and 80 Hz or with accordingly larger voxel sizes — in the cerebellum, and at even higher
frequencies — between 80 Hz and 120 Hz or again larger voxel sizes — in the cerebrum to
minimize the measurement uncertainty in healthy brain tissues. In diseased tissues, the
viscoelastic moduli are usually higher and even higher frequencies (or accordingly larger
voxel sizes) should be considered to avoid local mechanical underestimation and negative
diagnosis. Alternatively, retrospective downsampling could be performed but (like with
smaller matrix acquisitions) it would be at the expense of the spatial resolution of the
affected regions.

Anyhow, prospective multi-frequency or retrospective multi-resampling MRE
should advantageously be promoted to mechanically characterize the different tissues in

healthy and pathological brains.
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Chapter 5 Brain MR-Elastography in
micro-gravity analogous

conditions

5.1 Introduction

In the preceding chapters, we have shown the difficulty to mechanically
discriminate stiffer inclusions from the surrounding parenchyma in a phantom or to
distinguish different tissues in the brain. Previous MRE studies have also shown the
difficulty to distinguish healthy from pathological tissues [8] and to discriminate different
grades of tumors [19] or different neurodegenerative pathologies [23], [24], [26], [28]
because estimated mechanical parameters of these different tissues are both too close to
each other and too dispersed. These findings show that we do not really know whether
the current MRE technique is able to significantly, precisely and accurately measure
tissue changes due to pathological processes.

It is known that the astronauts’ exposure to microgravity leads to various
physiological responses such as headward fluid shift, body unloading, and cardiovascular
deconditioning [142]. One of the most obvious and consistent effect of the fluid alterations
seen in space flight is facial edema. These fluid alterations most probably come from
cerebral autoregulation set out of balance by the effects of microgravity [143]-[146]. The
cerebral autoregulation is the homeostatic mechanism for maintaining constant cerebral
blood flow during changes in cerebral pressure by adjusting vascular tone and cerebral
vessel diameter [147]. It was shown that during spaceflights, gravity-induced hydrostatic
pressure gradients, normally present on Earth, vanish, which induces a fluid shift in
tissues of the head and the neck [147]-[149]. This cephalad fluid shift may increase
intracranial pressure due to impaired cerebral venous drainage [13],[16], which may in
turn alter the mechanical properties of the tissues. To study these physiological changes
in spaceflight conditions, head-down tilt (HDT') position is frequently used as a ground-
based analog in order to induce a cephalad fluid shift. HDT involves placing the body in
a tilted position to induce a positive hydrostatic pressure gradient towards the head
relative to the heart. HDT position was well documented in recent works [143], [144],
[146], [148], [151], [152].

The effects of microgravity on the brain have often been visualized with MRI by
acquiring T1-weighted [153], [154] or T2-weighted images [151], [155] which are both
sensitive to water content. In the following study, we propose for the first time to probe

the mechanical properties of the brain under controlled gravity-driven pressure variations
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with MRE in optimal conditions. For that purpose, we will first review the effects of
microgravity on the brain MR signal lifetime as already studied by several teams in the
literature, then we will probe the brain mechanical properties (shear velocity Vg, elasticity
G’ and viscosity G”) at 104 Hz in 0°Supine and 17°HDT positions following a gravity-
dependence protocol inspired by previous works [155].

Chapter 5 is divided into four parts. The first part establishes a state of the art of
the different results found by exposure of the human brain to spaceflights and spaceflight
analogs. This part highlights the physiological changes on cerebral hemodynamics and
the fact that, although physiological differences are observed during exposure to
microgravity, consequences on the brain remain complex and poorly understood. The
second part describes the experimental protocol of optimal human brain MRE performed
in ground and microgravity-analog conditions. Then, the third part shows the measured
changes on the brain MR signal lifetime and on the mechanical parameters during
0°Supine and 17°HDT positions in the whole brain as well as in the segmented brain
regions including the cerebral white and grey matters and the cerebellum. This part aims,
first, at underlining the modifications of the mechanical parameters and the MR signal
lifetime in microgravity experiments, and then, at establishing whether MRE is
significantly sensitive to these pressure and mechanical variations. Finally, a comparative
study of our results and the added value of brain MRE with those found in the literature
is proposed in the fourth part together with a discussion about the contributions and

limitations of the study.

5.2 Microgravity effects on human brain structure

The physiological effects of spaceflights and space environment upon the human
body are well documented in the literature with models of microgravity frequently used
for reproducing the symptomatology of facial puffiness, nasal congestion, headache, and
decrease in calf size associated with microgravity [149], [156]-[159].

In 1990, Maurice et al. made serial estimates of total brain water volume (TBW)
and CSF volume by spectral imaging of four women at 6°HDT [160]. They showed that
TBW increased linearly during the 1% hour of HDT by approximately 25%, with CSF
volume increasing by approximately 10% compared to that measured with subjects
upright. Thereafter, in 1999, Caprihan et al. [155] showed in MRI a T, reduction of 21%
in the subarachnoid cerebrospinal fluid compartment and 11% in the eyes between
ground supine position and space analogous 13°HDT position. Such T, reductions were
interpreted as a local reduction of the water content.

In 2015, Roberts et al. [152] studied the evolution of brain volumes by analyzing
structural pre- and post- bed rest brain MR images. They found a distinct change in

ventricular volume for some subjects between pre- and post-bed rest but it was not

110



statistically significant on the group analysis due to the variability of responses across
individuals. Nevertheless, they obtained significant increases in brain tissue density in
regions at the vertex in the frontoparietal lobes with contraction of adjacent extra-axial
CSF spaces, and significant decreases of the tissue density in areas along the base of the
brain in the orbitofrontal cortex. In 2017, by analyzing the astronauts’ brain after long-
duration flights, they showed a significant narrowing of the central sulcus, an upward
shift of the brain, and a significant narrowing of CSF spaces at the vertex [153]. In 2019,
they demonstrated a significant increase in the percentage of total ventricular volume
change after long-duration spaceflights [161].

In 2016, Koppelmans et al. [151] assessed with MRI the effects of spaceflights on
segmented brain volumetric structures. They found significant volume decreases in the
grey matter, GM, around the frontal and temporal poles and the orbits. Moreover,
comparisons with long duration HDT bed rest studies allowed to find similar results in
terms of GM changes which were attributed to an upward shift of the center of mass of
the brain.

In the same year, Marshall-Goebel et al. [147] evaluated the effect of both the HDT
angle on cerebral arterial and venous hemodynamic and the exposure to 1% CO, during
12°HDT position. They showed a decrease in total arterial blood flow and an increase of
venous cross-sectional area accompanied with a decrease of venous outflow when
increasing the angle of HDT from 0° to 18° HDT. Moreover, a comparison from 12°HDT
at ambient atmosphere and 12°HDT with 1% CO, allowed to show an increase in total
arterial blood flow and jugular outflow.

In 2020, Kramer et al. [154] investigated with MRI the intracranial effect of
microgravity on astronauts’ brain by measuring combined changes in intracranial
volumetric parameters, pituitary morphologic structure and aqueductal CSF
hydrodynamics relative to spaceflight. They found that long-duration spaceflights came
with an increased pituitary deformation, an augmented aqueductal CSF hydrodynamics,
and an expansion of brain parenchyma and CSF volumes. Moreover, they suggested that
those alterations became permanent when brain parenchyma and CSF volumetric
expansion persisted during recovery over a year.

As this state-of-the-art indicates, clear evidence of changes in brain structure due
to microgravity have been highlighted in the literature of space medicine. Particularly,
most of these studies underline the important role of the cerebral hemodynamic
adaptation in order to overcome the cephalad fluid shift due to the removed or minimized
hydrostatic gradients during either spaceflight or ground-based simulated spaceflight
such as HDT bed rest. All these findings show the complexity of the physiological brain
changes and the need to explore the different processes involved in the adaptation and

alteration of the brain to microgravity to better understand the pathology behind normal
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pressure hydrocephalus, hemorrhage or cancer where intracranial overpressure,
cerebrospinal fluid accumulation, or depletion play a central role and which present

similar brain symptoms.

5.3 Protocol description

It takes several hours for the fluid translocation and the capillary and interstitial
pressures to restore the baseline reference values when a subject is submitted to the HDT
position. Therefore, to achieve comparative acquisition conditions on Earth and in space,
like in the work of Caprihan et al. [155], a healthy volunteer (male, 49 y/o) was first
imaged in the supine position after a 40 min rest in this position (Figure 5.3.1 a). Then,
the subject was removed from the magnet and allowed to sit up, stand, and walk briefly
for 30 min. The subject was then returned to the MRI bed and placed onto a padded
board titled by an angle of 17° from the horizontal plane of the MRI bed (Figure 5.3.1
b). After 40 min in this position, the subject was imaged in the head down tilt position
following the same acquisition protocol as when in the supine position. MRI and MRE
acquisitions were performed using a standard head SENSE coil in a 1.5 T Achieva MR
system (Philips, Best, Netherlands) at SHFJ.

0°Supine B
' MRI console . MRI console
power amplifier ! fm:r * = ' ] power amplifier ! filter + - ! ]
\ ' C . - C
S @! . mout 5"“ pressure sensor - \>—‘3 if ‘wavegulr::“thgm s ressure sensor
! L_,_L s | ' function pressure loudspeaker ' \,;’/ i 17° ' function prassure
+ enclosure . 0 o ' generator 3 monitoring| + enclosure . ‘ generator

1 vy

TN

B 15T
MRI scanner MRI scanner

Technical room Exam room Moanitoring room

(a)

Technical room Exam room

(b)

Figure 5.3.1: Schematic of the MRE setup in (a) 0°Supine position and (b) 17°HDT
position. The subject lies in a 1.5 T Achieva MR system with the head placed in a

Meanitoring room

standard head SENSE coil. Remotely generated and amplified pressure waves are guided
in the center of the MRI magnet to the subject’s buccal cavity. Pressure wave level is
monitored at the mouth via an optical fiber sensor. Pressure wave are synchronized to
the MRI acquisition sequence.

5.3.1 MRI acquisitions

For the two positions 0°Supine and 17°HDT, T,-mapping in the brain was achieved
with a multi spin-echo multi-slice sequence implemented with FOV = (210 X 210 X
154) mm?, Matrix = (105 x 105 X 77), Voxel = (2 X 2 X 2) mm?, TE/TR =
{20,40,60,80,100}/10,000 ms.
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5.3.2 MRE acquisitions

Remotely generated pressure waves were guided into the subject’s buccal cavity to
induce shear waves throughout the brain while applying a synchronized motion-sensitized
spin-echo sequence as described in Section 4.2.1.

Displacement fields were acquired in the 0°Supine and 17°HDT positions (Figure
5.3.1) with a field of view FOV = (210 x 210 X 152) mm?® covering the whole brain and
a matrix size of (80 X 80 X 52). An isotropic voxel of size a =2.94 mm and an
excitation frequency fpr. = 104 Hz were used to optimize the wavelength sampling in
the cerebrum for the subsequent reconstruction of the MRE outcomes as demonstrated
in Chapter 4.

The amplitude of the motion-encoding gradients was increased to 42 mT - m™ to
double the MRE sensitivity to the displacement field (with respect to the acquisition
protocol presented in Chapter 4) with 4 temporal samples along the mechanical period.
The echo time TE was 29 ms and the repetition time TR was 1999 ms for the two
acquisitions at 0°Supine and 17°HDT position. The total acquisition time was 7 min 33 s

per encoding direction.
5.3.3 Data processing

T, maps were computed by exponential fitting of the brain images acquired at five
echo times: TE = {20,40,60,80,100} ms. To avoid high T, values and biased
exponential fitting due to the low signal decay like in the eyes, T, maps were clipped at
an arbitrary value of 5 X TE,,x = 500 ms. After registering the image sets at 0° and 17°,
T, variation maps, AT, = T} — TY", were computed.

Shear velocity maps, Vg, were extracted according equation 1.71, MRE data quality,
Q, was calculated upon q along equation 1.72 and the shear dynamic and loss moduli, G’
and G”, were deduced from equations 1.77 and 1.78.

For each position, the image with the shortest echo time (TE = 20 ms) was
segmented using SPM12 (The Wellcome Centre for Human Neuroimaging, UCL, London,
United-Kingdom) to infer masks of the cerebral grey matter (GM), the cerebral white
matter (WM), the cerebellar white and grey matters (Cb), and the cerebrospinal liquid
(CSF). Regional volume variations were calculated on the basis of the number of voxels
reported in each segmented brain region for 0°Supine and 17°HDT positions. MR
relaxometry was performed in every segmented regions of the brain whereas MR
elastography was restricted to soft tissues as shear waves are not expected to propagate
in the CSF. Regional comparison between MR relaxometry and MR elastography was

then carried out on cerebral regions (including white and grey matters) close to the eyes
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(Region A, Figure 5.3.2), the lateral ventricle (Region B, Figure 5.3.2) and the
subarachnoid CSF (Region C, Figure 5.3.2).

Figure 5.3.2: Regions A, B, and C selected in the brain for comparison with results

found in the CSF by Caprihan et al. [155]. Region A is near the eyes, Region B is near
the lateral ventricle and Region C is near the subarachnoid CSF.

Relative variations of the median values of the MR signal relaxivity,
AR, = (RY” — RY)/RY with R, = 1/T,, and relative variations of the mean values of
Vs, G’ and G” were calculated in every slice to compare the outcomes in the 0°Supine and
17°HDT positions along the inferior-superior axis. Only voxels with high quality factor,
Q = Qqy, were considered. The threshold value, Q¢y,, was determined after the correlations
R(Q,V;) between V; and Q over bins of 1000 voxels. Q, corresponded to the convergence
of the correlation fitting around zero (when R < 0.025).

In relation to the gravity, the effects onto the brain of the HDT position are
expected to vary along the inferior-superior axis and be enhanced by regional volume
changes of the CSF. Thus, the mechanical parameters were studied as a function of the

axial slice number and in regions surrounding the CSF.

5.4 Results

5.4.1 MR morphometry

Very little volume changes between 0°Supine and 17°HDT positions can be reported
in the cerebellum and the cerebral grey matter with respective relative variations of
SNeprum = —0.83% and SNgy = +0.02% (Table 5.4.1). More noticeable increases
occurred in the CSF and the cerebral white matter with respective relative variations
6Ny = +3.53 % and SN g = +3.36 %. These latter variations correspond to a volume
increase of +16 mL in the CSF and +22.2 mL in the WM.
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0°Supine 17°HDT AN A9 [mL] oN
Nrain 94,919 96,353 +1,434 +36.4 +1.51%
Ncbrum 66,308 67,601 +883 +22.4 +1.32%
Nwm 24,757 25,631 +874 +22.2 +3.53%
- 42,051 42,060 +9 +0.2 +0.02%
Nchium 9,365 9,287 -78 2.0 -0.83%
Nesr 18,746 19,375 +629 +16.0 +3.36%

Table 5.4.1: Voxel number in the whole brain (Brain), the cerebrum (Chrum), the
cerebral white (WM) and grey (GM) matters, the cerebellum (Chlum), and the
cerebrospinal fluid (CSF). Mean and relative variations, AN and &N, with

corresponding volume variation in mL, Ad.

5.4.2 MR relaxometry

Figure 5.4.1 shows the T, variation maps, AT,, between the 0°Supine and 17°HDT

positions for different axial, sagittal, and coronal slices. These maps indicate both regional

increase and decrease at tissue boundaries.

0°Supine 17°HDT AT, Ao 6T,
T2prain 125473 127473 +2 +103 +1.6%
T2 chrum 112458 113457 +1 +81 -0.9%
Taym 110431 112434 +2 +46 +1.8%
T26m 89412 91414 +2 +18 +2.2%
T2 chrum 107436 108435 +1 +50 +0.9%
T2csr 2094107 205+106 -4 +150 -1.9%

Table 5.4.2: MR signal lifetime, T,, in the whole brain (Brain), the cerebrum (Chrum),
the cerebral white (WM) and grey (GM) matters, the cerebellum (Cblum), and the
cerebrospinal fluid (CSF). Mean and relative variations, AT, and 8T, with associated

standard deviation, Ao.

T, is essentially the same for both positions in the cerebral tissues (4T, = 42 ms)
and in the cerebellar tissues (AT, =~ +1 ms). It slightly decreases at 17° in the CSF

compartment (4T, =~ —4 ms) but it is not clearly depicted in any specific region and

(Figure 5.4.1, Figure 5.4.2, and Figure 5.4.3).
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n°® Slices 12/52

T2
0°Supine

T2
17°HDT

Figure 5.4.1: Axial maps at slices 12, 25, 28, and 40 of the MR signal lifetime (T,) in
supine position (first row), in HDT position (second row) and the variation of the MR
signal lifetime, AT,, between 0° and 17° positions. AT, is essentially zero everywhere

but at tissue boundaries.

n° Slices 25/80

'I‘2 T i
0°Supine :

T2

17°HDT

Figure 5.4.2: Sagittal maps at slices 25, 28, 38, and 40 of the MR signal lifetime (T,)
in supine position (first row), in HDT position (second row) and the variation of the
MR signal lifetime, AT,, between 0° and 17° positions. AT, is essentially zero

everywhere but at tissues boundaries.
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n° Slices 37/80

e,

T
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17°HDT

Figure 5.4.3: Coronal maps at slices 24, 37 55, and 60 of the MR signal lifetime (T,) in
supine position (first row), in HDT position (second row) and the variation of the MR
signal lifetime, AT,, between 0° and 17° positions. AT, is essentially zero everywhere

but at tissue boundaries.

5.4.3 MRE data quality

MRE datasets in supine and HDT positions exhibit the same mean SNR value of
45 as expected for acquisitions with identical parameters (Table 5.4.6). They also exhibit
essentially the same mean displacement field amplitude with (4)%9,p, = 7.67 +
2.93 pm in supine position and (A)7) 4, =7.84 + 2.79 ym in HDT position, and
consequently the same quality factors with (Q)°" = 47, (Q)'”" =~ 44 (Table 5.4.6).

0°SUPINE 17°HDT
(SNR)p;ain 4543 46+3
(A)Brain [1m] 7.674+2.93 7.844+2.79
(Q)Brain 47432 44431

Table 5.4.3: Signal-to-noise ratio (SNR), wave amplitude (4),
quality factor (Q) averaged over the whole brain (Brain).

They reach roughly the same maximal Q values with 384 at 0°Supine and 378 at
17°HDT (Figure 5.4.4). As seen in the former Chapter 4 and clearly delineated in the
coronal and sagittal maps (Figure 5.4.8 and ), maximal A and Q values show up around
the tentorium cerebelli for both positions {0°Supine ,17°HDT}: (A) rent cp = {23,21} pm,
(Q) rent cp = {305,275} and in the anterior part of the frontal lobe (A)grontaliobe =
{15,16} ym and (Q)rrontat 1ove & {98,103}
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Figure 5.4.4: MRE maps of signal-to-noise, SNR, displacement field amplitude, A, and
data quality factor, @, in a lateral sagittal plane of the left hemisphere (slice 35/52)
in 0°Supine and 17°HDT positions at 104 Hz in one healthy subject. SNR, A, and Q
are similar for both 0°Supine and 17°HDT positions whereas Vg, G’, G” globally increase
from 0°Supine to 17°HDT positions (Figure 5.4.8, Figure 5.4.9 and Figure 5.4.10).

The whole brain voxel-by-voxel distributions, V;(Q), represented in Figure 5.4.5
show the correlation coefficients R(Q,V;) of the successive bins of 1000 voxels (black
points) and the fitting curve (black line). The threshold value was the same for both
0°Supine and 17°HDT positions: Q¢ = 13. Above Qyy, the mean velocity value in the
cerebrum increases by 9% from (VCO;rSifrilne) =210+ 0.26 m-s' to (VA HPTy =229+
0.30 m's? whereas it remains the same in the cerebellum with (VC(;;S“pine) =219+
0.44 m-s' and (V3 'HPTy = 2,19 + 0.44 m-s".
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Figure 5.4.5: MRE voxel-wise shear velocity, V;, as a function of the quality factor, Q,
in 0°Supine (left) and 17°HDT (right) positions with an exponential correlation curve
(black line) fitted to the correlation points R(Q,V;) calculated over bins of N=1000
voxels between the shear velocity V; and the quality factor @ (black points). When the
correlation fitting curve approaches zero (i.e. R(Q,V;) < 0.025 into the right scale),
then Q = Q. Here, Q;, = 13. Only voxel velocities with Q > Q, (dark green) are
considered in the subsequent analysis. Voxel velocities with Q < Q, are discarded
(light green).

5.4.4 MRE shear velocity distributions

The voxel-wise distributions of the cerebral shear velocity, elasticity and viscosity
are represented in Figure 5.4.6 in dark blue for the white matter and in blue for the grey
matter as a function of Q. They noticeably shift towards higher values from the 0°Supine
position to the 17°HDT position (Table 5.4.4). They are narrower in the cerebrum
(AVeprum = £0.2 m-s?) than in the cerebellum (AVippm = £0.4 m-s?) as, with a =
2.94 mm and f,,, = 104 Hz, the spatial sampling factor, s, is expectedly in the optimal
range in the cerebral tissues whereas the measurement uncertainty is expectedly degraded

in the cerebellar tissues for which s would be optimal at lower excitation frequencies,
fexe ~ 50 Hz (Chapter 4).

119



17°HDT

0°SUPINE

Vs [m.s™]

()..:“ . l(l)() 200 300 -50 100 200 300
Figure 5.4.6 : MRE voxel-wise shear velocity, V;, as a function of data quality, Q, in a
healthy subject’s brain at excitation frequency 104 Hz. V; increases in the cerebral
white matter, WM (dark blue), and grey matter, GM (blue), in 17°HDT position with
respect to 0°Supine position but they remain in the same range in the cerebellum,
Cblum (light blue). For both positions, velocity distributions are narrower in the
cerebrum — for which s is expectedly in the optimal range — than in the cerebellum —
for which s is well above the optimal domain (Chapter 4).
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0°Supine 17°HDT Variation Relative
(Vs)Brain (m-s7] 2.114+0.29 2.28+0.32 +0.17 +8.1%
(G")grain [kPal 3.6810.66 4.1240.83 +0.44 +12.0%
(G'")rain kPa] 1.7940.78 2.2610.91 +0.47 +26.3%
(Ve) chrum [m-s7] 2.09+0.26 2.2840.30 +0.19 +9.0%
(G")cprum [kPal 3.6910.65 4.15%0.80 +0.48 +13.0%
(G")cbrum [kPa] 1.7440.70 2.28+0.87 +0.52 +29.7%
(Vadwar [m-s] 2.1240.27 2.30%0.30 +0.18 +8.5%
(G"Ywu [kPa] 3.7510.69 4.25%0.80 +0.51 +13.6%
(G"Ywum [kPa] 1.8240.73 2.25+0.87 +0.41 +22.4%
(Vedons [m -] 2.08+0.26 2.2840.30 +0.20 +9.6%
(G"em [kPa] 3.661+0.63 4.09£0.80 +0.46 +12.5%
(G em|kPa) 1.7040.68 2.30£0.87 +0.59 +34.7%
(Ve)chrum [m -] 2.19+0.43 2.1940.43 +0.00 +0.0%
(G")chrum [kPal 3.5510.74 3.6610.93 +0.12 +3.4%
(G"Ycprum [KPal 2.1141.15 2.17+1.26 +0.06 +2.8%

Table 5.4.4: Shear velocity (V;), shear elasticity (G’ in light orange), and shear viscosity
(G in light green) averaged over the whole brain (Brain), the cerebrum (Cbrum), the
cerebral white matter (WM), the cerebral grey matter (GM) and the cerebellum
(Cblum). Variations (in [m-s?]) and relative variations (in percentage) between
0°Supine and 17°HDT positions.

In a lesser extent, the cerebral shear velocities at high Q (@ > 150) support the
global tissue stiffening in the cerebrum with a 6.1% increase from (VC(ZrSEEilne(Q > 150)) =

231+ 0.13 ms! to (VA APT(Q > 150)) = 2.45+0.16 m-s’. In both 0°Supine and

brum
17°HDT positions, Q values are limited but, for Q > 150, the cerebellar shear velocities
tend to similar values with even a small mean value decrease of -4.0%:
(Varoubine (9 > 150)) = 2.49 + 0.30 m-s? and (VAZAPT(Q > 150)) = 2.39 +0.13 m-s’

(Figure 5.4.6, Table 5.4.5).
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0°Supine 17°HDT Variation Relative
(Va(Q > 150))cprum [m -] 2.3140.13 2.45+0.16 +0.14 +6.1%
(G'(Q > 150))chrum [kPa] 4.751+0.52 5.27+0.66 +0.52 +10.9%
(G"(Q > 150))cprum [kPa] 1.79+40.42 2.151+0.62 +0.84 +22.0%
(Va(Q > 150))yp [m-s"] 2.32+40.12 2.45+0.13 +0.13 +5.6%
(G'(Q > 150))yy [kPa] 4.8940.42 5.3610.53 +0.47 +9.6%
(G"(Q > 150))yu [kPa] 1.73+£0.42 2.06+0.62 +0.33 +19.1%
(Va(Q > 150)) g [m -5 2.2840.15 2.45+0.18 +0.17 +7.4%
(G'(Q > 150))gy [kPa] 4.53%0.58 5.1240.53 +0.59 +13.0%
(G"(Q > 150))¢y [kPa] 1.88+0.40 2.30+0.69 +0.42 +22%
(Ve(Q > 150)) cprum [m-s] 2.4940.30 2.39+0.13 -0.10 -4.0%
(G'(Q > 150))cprum [kPa) 4.9240.50 4.99£0.47 +0.07 +1.4%
(G"(Q > 150))cprum [kPa] 2.39+1.02 2.05+0.71 -0.34 -14.2%

Table 5.4.5: Shear velocity (V;), shear elasticity (G' in light orange), and shear viscosity
(G"" in light green) averaged over the whole brain (Brain), the cerebrum (Cbrum), the
cerebral white matter (WM), the cerebral grey matter (GM) and the cerebellum
(Cblum). Variations (in [m-s?]) and relative variations (in percentage) between
0°Supine and 17°HDT positions.

The trends on the shear velocity are somewhat followed by the shear elasticity
distributions in the cerebrum with a large 10.9% increase in the cerebrum from
(G'23Me () 5 150)) = 4.75 + 0.52 kPa to (G':pHPT(Q > 150)) = 5.27 + 0.66 kPa. In

Cbrum

the cerebellum, it is slightly opposite though with a small +1.4% increase from

(G209 > 150)) = 492+ 0.50 kPa to (G'LHPT(Q > 150)) = 4.99 + 0.47 kPa

(Figure 5.4.7, top row, Table 5.4.5). The tissue stiffening is accompanied by a +22.0%
increase of the cerebral shear viscosity from (G"OOSUPine(Q > 150)) = 1.79 + 0.42 kPa to

Cbrum

(G"EHPT(Q > 150)) = 2.15 + 0.62 kPa and an accordingly important -14.2% decrease

of the cerebellar shear viscosity from (G"g;slisi;e(() > 150)) = 2.39 + 1.02 kPa to
(G"EHPT(Q > 150)) = 2.05 + 0.71 kPa (Figure 5.4.7, bottom row, Table 5.4.5).
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Figure 5.4.7 : MRE voxel-wise shear elasticity G’ (top row), and viscosity G”(bottom
row) as a function of data quality, Q, in a healthy subject’s brain at excitation
frequency 104 Hz. G’ and G” values increase in the cerebral white matter, WM (dark
blue), and grey matter, GM (blue), in 17°HDT position with respect to 0°Supine
position but they remain in the same range in the cerebellum, Cb (light blue).

5.4.5 MRE parametric maps

The different slices of the shear viscoelastic moduli Figure 5.4.9 and Figure 5.4.10
show that the mean increase of the mechanical parameters is hardly related to the
segmented regions such as white and grey matters. Actually, the increase is heterogeneous
across the parenchyma and even though the value of the mean shear velocity in the
cerebrum is 2.28 + 0.6 m-s*, it can reach 3 m-s' in the vertex region during 17°HDT
position. Similarly, the mean shear elasticity (and viscosity) in the cerebrum is 4.2 + 0.8
kPa (2.3 + 0.9 kPa) but it can reach 6.2 + 1.4 kPa (4.2 + 2.3 kPa) in the vertex region.
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Figure 5.4.8: Axial maps at slices 12, 25, 28 and 40, sagittal maps at slices 25, 28, 38
and 40 and coronal map at slices 24, 37, 55, 60 of the shear velocity, V; in 0°Supine
position (first row), in 17°HDT position (second row) and of the shear velocity
variation AV, = V17 HPT _ y 0°SuPIne (third row) between 0° and 17° positions. A global
mechanical increase between 0° supine and 17° HDT is revealed in the cerebral soft

tissues.
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Figure 5.4.9: Axial maps at slices 12, 25, 28 and 40, sagittal maps at slices 25, 28, 38
and 40 and coronal map at slices 24, 37, 55, 60 of the shear elastic modulus, G’ in
0° Supine position (first row), in 17° HDT position (second row) and of the shear
velocity variation ~AG' = G'17°HPT — ' 0°Supine (third row) between 0° and 17°
positions . A global mechanical increase between 0° supine and 17° HDT is revealed in

the cerebral soft tissues.
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Figure 5.4.10: : Axial maps at slices 12, 25, 28 and 40, sagittal maps at slices 24, 37,
55 and 60 of the shear viscous modulus, G in 0° Supine position (first row), in
17° HDT position (second row) and of the shear velocity variation AG' = G 17"HPT —
G'' 0"Supine (third row) between 0° and 17° positions A global mechanical increase

between 0° supine and 17° HDT is revealed in the cerebral soft tissues.
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5.4.6 Gravity inferior-superior axis

The relative variation between 0°Supine and 17°HDT positions of the median values
per axial slice of R,, and of the mean values per axial slice of Vg, G" and G" are represented
along the inferior-superior axis in Figure 5.4.11. The relative variation of the median
relaxivity, R,, displays clear positive peaks around the fourth ventricle (slices 5-7), the
eyes (slices 9-13), the third ventricle and the lateral ventricles (slices 25-31), and the

subarachnoid CSF (slices 41-43) which implies a T, decrease at 17° in these regions.
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Figure 5.4.11: Relative variation of the median MR transverse relaxivity (R, = 1/T,)
(black), of the mean shear velocity, (Vi)s, (green), the mean shear elasticity (G')s (dark
orange) and shear viscosity (G")s (light orange) across the feet-head axial slices (sl). While
R, positively varies only locally in the CSF and orbital compartments, (Vi)g, (G')s and (G")g
increase everywhere in the cerebral tissues, remain rather constant in cerebellum (1 < sl < 9)
and decrease around the tentorium (10 < sl < 13).

The curves of the relative variation of the mechanical parameters, Vg, G', and G"
follow a general positive gradient from slice 15 to slice 47 which implies an increase
everywhere in the cerebrum. This cerebral mechanical increase is rather spread between
voxels but the positive gradient becomes more pronounced towards the superior part of

the brain (vertex region) from slice 40 to 47 (Figure 5.4.11). In contrast, the extracted
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shear velocity and viscoelastic moduli remain the same in the cerebellum and they are

even lessened around the tentorium cerebelli (Figure 5.4.11).
5.4.7 MR relaxometry and elastography

The average relative variations of the shear velocity are largely positive in the
cerebral white and grey matters (V"M = +48.5% and 6V, = +9.6%) while it is
negligible in the cerebellum (SV,?™™ = +0.0%). Close to the CSF, in each of the three
selected cerebral regions (Figure 5.3.2), they are enhanced: Vi = 4+15% in Region A,
S8VE = +14% in Region B, and even doubled in the superior part of the brain: V¢ =
+31% in Region C (Table 5.4.6).

. AV; 8Vs

Tissue 1

s
White matter WM +0.18 +8.4%
Grey matter GM +0.20 +13.0%
Region A +0.31 +15.1%
Region B +0.29 +14.3%
Region C +0.75 +31.4%

Table 5.4.6: Variations and relative variations of the shear velocity, AVy = V;17° — V.%°
and 6V, = (V7" = V%)V, in cerebral white and grey matters and three regions
selected near the eyes (Region A), the lateral ventricle CSF (Region B), and the
subarachnoid CSF (Region C) defined in Figure 5.3.2 for comparison with results
found in the CSF by Caprihan et al. [155].

Overall, they are much higher than the T, relative variations, which are, in
comparison, negligible in the cerebral soft tissues: §Ty'™ = +1.8% and §TFM = +2.2%
(Table 5.4.2).

5.5 Discussions

5.5.1 MR morphometry

Roberts et al. [153] suggested a “crowding of sulcus” in the vertex regions of
astronauts’ brain when back from long-duration spaceflights. In line with these results
[155] and [160], Koppelmans et al. [151] additionally showed a volume decrease of the
grey matter around the frontal and temporal poles and the orbits which they related to
CSF redistribution. This hypothesis is sustained by studies on patients suffering from
idiopathic normal pressure hydrocephalus for whom voxel-based morphometry associated

CSF increases with GM decreases (and vice versa) in specific regions [162], [163].
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In this study, voxel-based morphometry have led to global volume increases of
+22.4 mL in cerebral WM (i.e. +3.53%), +16 mL in the CSF (+3.36%), and +5.2 mL
in the inferior half of the cerebral GM between 0°Supine and 17°HDT positions. These
results are consistent with Kramer et al. [154] who found, after long-duration spaceflight,
a preserved volume of brain grey matter, volume increases in the brain white matter
(+26 mL), lateral ventricles (+2.2 mL), and in the CSF (433 mL). The overall brain
values have to be nuanced, especially in the GM for which, in the inferior half of the
brain (axial slices 1 to 26, and Figure 5.4.11), the relative volume variation is effectively
negative with a volume decrease of —4.7 mL (—0.8%) but, in the superior half (axial
slices 27 to 52, Figure 5.4.8 and Figure 5.4.11), it is positive with a volume increase of
+5.2 mL (+1%). These volume variations are corroborated by the findings of Roberts et
al. [153]. First, they found significant volume increases in cerebral tissues at the vertex,
along the central frontoparietal lobes, with a corresponding contraction of the adjacent
CSF spaces where we have recorded a volume increase of cerebral WM and GM. Second,
they found a significant decrease in GM volume in areas along the base of the brain and
an expansion of the basal extra-axial CSF space volume where we have found a decrease
of GM in the cerebellum and in the inferior part of the cerebrum.

Kubikova et al. [164] quantified brain vascularization and established that the
numerical density of vessels, N,,, was 6-fold higher in the grey matter (NS = 1350 +
445 mm™) than in the white matter (NJY™ = 222 + 147 mm?*). Yet, first, the overall GM
volume barely changed (85y = 4+0.02 %) while the overall WM volume largely increased
(6wm = +3.53 %). Second, the overall mechanical behavior of the cerebral GM and WM
tissues, as recorded here, both followed very similar global increasing trends between
0°Supine and 17°HDT positions with AVY™ = 40.18 m-s' and AV, = +0.20 m-s™.
Therefore, we might assume that the vascular system is rather well adjusted to
microgravity-analogous conditions with little effect, if any, on the overall GM and WM
overpressure. As reported by Marshall et al. [16], arterial and venous blood flows are
reduced and the cross-sectional area of the internal jugular veins is largely increased in
HDT positions. It might not be the case for the CSF system. With a slight volume
increase (§N¢sp = +3.38 %) and an apparent loss of water content (6T55F = —3 %), the
CSF might be the major source of structural and mechanical alterations of the brain in
microgravity-analogous conditions. To support the implication of the vascularization in
the cerebral autoregulation, blood flows could be measured as formerly performed by
Marshall et al. and Asai et al. [147], [165].
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5.5.2 MR relaxometry and elastography

In this study, T, values have been found non-significantly-lower at 17°HDT than
at 0°Supine position in the CSF: AT, = —4 ms or 8T, = —1.9% (Table 5.4.6). T,
reductions in CSF regions were much more significantly highlighted by Caprihan et al.
[155] who found a maximum |AT,| = 28.8 ms (6T, = —18%) in the subarachnoid CSF
close to the vertex region. They had also reported a relative variation 8T, of -14% in the
eyes and 4% in the lateral ventricle (Table 5.4.6). In any case, the relative variations
obtained with MRE are higher everywhere but in the cerebellum than those obtained
with MR relaxometry here or by Caprihan et al. [155] (Table 5.4.6).

AV, 1) /A AT, 6T,
m-s ms|
Study Current Current Cur |[155] Cur [155]
Cerebrum Cbrum
White matter WM +0.18 +8.5% +2 +1.8%
Grey matter GM +0.20 +9.4% +2 | -2.6 +2.2% -4%
Cerebrospinal fluid CSF
Eyes CSF -25.2 -14%
Region A (Cbhrum) +0.31 +15.1%
Lateral ventricle CSF -9.7 -2%
Region B (Cbrum) +0.29 +14.3%
Subarachnoid CSF -28.8 -18%
Region C (Cbrum) +0.75 +31.4%
Cerebellum Cbhlum +0.01 +0.4% +1 | +1.2 +0.9% +2%

Table 5.5.1: Variations and relative variations of the shear velocity, AV, = V17" — 1%
and 8V, = (V17" = V2 V%, and of the signal lifetime, AT, = T47" — T and 8T, =
(T217° - T2°°) JTY | in cerebral white and grey matters, cerebellum and three regions
selected near the eyes (Region A), the lateral ventricle CSF (Region B), and the
subarachnoid CSF (Region C) defined in Figure 5.3.2 for comparison with results
found in the CSF by Caprihan et al. [155]. The relative variations obtained with MRE
are higher everywhere but in the cerebellum than those obtained with MR
relaxometry here or by Caprihan et al. [155].

5.5.3 MRE conditionning

MRE acquisitions were performed for both 0°Supine and 17°HDT positions with a
unique excitation frequency (f,x. = 104 Hz) and a unique isotropic voxel (a = 2.94 mm)
to properly sample the displacement fields in the cerebrum of a healthy subject as
established in Chapter 4. Shear velocity distributions are rather narrow (AVC(i:fEf:lne =
+0.26 m-s' and AVSHPT = +0.30 m-s?) (Table 5.4.4) so optimal conditioning can fairly

be assumed everywhere in the cerebral tissues. MRE measurements can be considered as
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accurate and precise as possible with a spatial sampling factor directly inferred from the
extracted shear velocity averaged over the cerebrum for 0°Supine and 17°HDT positions:
s0"Supine = 6.9 + 0,9 and s”HPT = 7.5+ 1.0. Datasets are both well-conditioned (6 <
Sopt S 9) and any mechanical alteration should be best revealed.

It is not the case in the cerebellum for which the spatial sampling factor was
expected to be outside the optimal domain at f,,. = 104 Hz: sipp % ~ 4.3 (Chapter 4).
The shear velocity and the associated viscoelastic moduli are thus overestimated in this
study either at 0°Supine or 17°HDT positions. Such suboptimal conditions are reflected
in the width of the velocity distributions in the cerebellar tissues that is greater than in
the cerebral tissues (AVC(:;’J,I;ZM =40.43 m-s’ and AVLIDT = 40.44 m-s!). However, it
was possible to alleviate this issue by selecting only high quality data for which MRE
measurements are less sensitive to appropriate spatial sampling and the associated
measurement uncertainty is reduced. For Q = 150, we have AngJgne(Q > 150) =
+0.30 m-s' and AV HPT(Q > 150) = £0.13 m - s while the mean shear velocity at Q >
150 slightly decreases from 0°Supine and 17°HDT positions in the cerebellar tissues:
AVEAT (Q = 150) = —0.10 m-s'. With such a high Q threshold, different voxels are
selected at 0° and 17° within the cerebellum so the comparison between the two positions

fails.
5.5.4 General limitations

This study presents several general limitations. First, we could not perform a local
study with voxel-to-voxel comparisons of the brain volume in both 0°Supine and 17°HDT
positions because as demonstrated in [152], there is a shift of the brain center of mass
with upward and posterior rotation of the brain relative to the skull. Second, a
comparison of the T, maps obtained in both position (0°Supine and 17°HDT) showed
that the brain position in the head antenna had been slightly shifted during the
acquisition probably because of the tilted head position in the antenna. These aspects
prevented us from properly differentiating extracted voxel-by-voxel T, values with
enhanced regional boundary artefact and from regionally comparing the modification of
the number of voxels and thus of the volume in each segmented region of the brain. This
would necessitate a registration of the skull as well as of the brain parenchyma as
demonstrated in [152]. Moreover, the small volume changes that we observed in the
cerebellum could reflect focal changes in each segmented region due to the imperfect
nature of the segmentation algorithm as it is based on template images which encodes
the average probability of finding different kind of tissues at each spatial location [166]
[167].
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Second, we only performed MRE at a single frequency, for. = 104 Hz, which was
optimal in the cerebrum but not in the cerebellum. A prospective multi-frequency
acquisition, with at least fox. = {52,104} Hz, should be implemented to further
characterize the mechanical behavior of the cerebellar tissues in microgravity-analogous
conditions. Or, data could be retrospectively interpolated to resample the acquired
displacement fields down to a =~ 1.5 mm and improve the measurement precision and
accuracy in the cerebellum.

Third, the analysis at Q@ = 150, reported in Table 5.4.5, is questionable as voxels
with high Q values are not necessarily representative of the selected brain region. In the
cerebrum for example, they are essentially located in the basal region where the

V0°-17° —

microgravity effect is weakened and the overall mean velocity increase Vipyim =

+9% (Table 5.4.4) drops down to 8V327m(Q = 150) = +6.1% (Table 5.4.5).
Last but not least limitation is the fact that this study was performed on only one

subject with bed rest and not on an astronaut cohort.

5.6 Conclusion

In this study, we used short-term bed rest, in supine (0°Supine) and head-down-tilt
(17°HDT) positions, to assess MRE sensitivity to mechanical changes of the human brain.
Under optimal conditions in the cerebrum and largely suboptimal conditions in the
cerebellum, we could produce new insights on the overall mechanical response of brain
tissues in microgravity analogous conditions:

1. A global increase of the shear velocity and the viscoelasticity moduli in the cerebrum
during 17°HDT which indicate tissue stiffening with a positive gradient along the

inferior-superior axis.

2. A local decrease of the shear velocity and the viscoelasticity moduli around the

tentorium cerebelli.

These mechanical alterations come with:
3. A global increase of WM and CSF volumes in 17°HDT position, and increase of GM
volumes in the bottom half of the brain and a decrease of GM in the top half of the

brain.

4. No measurable significant difference of MR T, signal values between 17°HDT and

0°Supine position.

MRE provides a sensitive measurement of the changes of brain tissue under
overpressure conditions everywhere in the brain but in the CSF. It is a powerful
complementary approach to MR volumetry which records weakly-changing anatomical

structures an MR relaxometry which only works in the CSF.
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We demonstrated for the first time with MRE that microgravity exposure leads to
temporary alterations of brain mechanical parameters. These findings should contribute
to the interpretation of the consequences of microgravity exposure onto the human brain.
They also assess the high potential of MRE for studying the mechanical response of the
brain to pathological state like normal pressure hydrocephalus, hemorrhage or cancer
They set the ground for advanced brain MRE at different strain amplitude given by the
subject’s tilt on the MRI bed [168].
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Conclusion

Magnetic Resonance Elastography is an advanced imaging technique for
characterizing the mechanical properties of human tissues in vivo. This thesis work aimed
at establishing the optimal conditions of MRE acquisition and reconstruction in media
of increasing complexity in order to ultimately address the challenging subject of MRE
in the brain. The review of the literature on brain MRE presented in the introduction
chapter questioned the sensitivity of the MRE technique to characterize or discriminate
healthy and pathological brain tissues. The high discrepancies between MRE
measurements of grey and white matter regions observed by different research groups
questioned the measurement bias. The large standard deviations of MRE measurements,
which are prejudicial for discriminating structurally different regions of the brain or
healthy and pathological brain tissues, questioned the measurement precision. This led
us to search for a MRE protocol that would allow to reproducibly achieve the most
accurate and precise estimation of the mechanical parameters so to produce relevant
clinical diagnostic upon consistent MRE outcomes.

For that purpose, optimal conditions of acquisition and reconstruction must be
fulfilled. These conditions were introduced in Chapter 2 with the protocol of acquisition
and reconstruction that was used during my thesis. We efficiently made use of the
findings of a former PhD work carried in the lab by Jinlong Yue [104] in the case of
mechanically homogeneous and isotropic media, which, once excited at a single frequency,
can be characterized by a single shear wavelength. In the framework of algebraic inversion
of differential equation (AIDE) applied to the curl of the displacement fields, two factors
must be optimized: (1) the spatial sampling factor s related to the excitation frequency
and the voxel size and (2) the amplitude sampling factor Q combining the amplitude of
the rotational of the recorded displacement field and the measurement signal-to-noise
ratio. As most organs in the human body are structured tissues, the assumption of
homogeneity and isotropy does not generally hold. The aim of this thesis was to study
the optimal conditions in heterogeneous and structured media to extend the approach
for application to the brain.

A gradual approach was implemented in this work, starting by establishing optimal
MRE conditions in the simple case of homogeneous phantoms of various stiffness
(Chapter 2), then developing the analysis into a heterogeneous phantom (Chapter 3)
before checking its validity onto the complex, structured, heterogeneous, and anisotropic
medium that is the brain (Chapter 4 and Chapter 5). For every study presented in
Chapter 2 to Chapter 4, the evaluation of the mechanical parameters obtained by MRE
such as the shear velocity, elasticity, and viscosity, was carried out while optimizing the

spatial sampling factor s, which, for common SNR values, should be ranging between 6
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and 9, and the amplitude sampling factor @, which should ideally be as high as possible.
We showed that the optimal conditions on s and Q@ must be fulfilled to produce
repeatable, reproducible, and robust, say valid, MRE results. These studies were carried
inside and outside the optimal condition domains using either multi-frequency
acquisitions or multi-scale reconstructions that allowed to determine lower bounds of Q
optimal domain and the frequency-voxel size products to reach s optimal domain. For
data acquired outside of the optimal s domain, appropriate resampling of the
displacement field maps was performed when possible to match the frequency-voxel size
product required for optimal sampling. We showed here that the resulting measurement
uncertainty was then largely improved with important precision and accuracy gain —
with no drawback in the case of upsampling but at the expense of a loss of spatial
resolution in the case of downsampling.

The first study presented in Chapter 2 proposed optimal spatial sampling strategies
by performing multi-frequency experiments on a set of four mechanically calibrated
phantoms, which represented different stages of hepatic fibrosis. These phantoms could
be considered as mechanically homogeneous, isotropic, and dominantly elastic. Thus, a
single scalar value for every mechanical parameters was expected throughout each of the
phantoms at every frequency within the associated measurement uncertainty. When the
standard deviation of the shear velocity was found minimal, the spatial sampling factor
always felt into the optimal domain (6 < s < 9) and the mean shear velocity could thus
be considered as the most accurate and precise as possible within the frequency-spanned
measurements. We demonstrated that, by fulfilling optimal MRE conditions, we could
efficiently achieve absolute quantification and significant gradation of the different
fibrosis stage of the four phantoms either prospectively by adequate multi-frequency
acquisitions, or retrospectively by data multi-resampling conditioning. Away from the
optimal conditions, MRE shear velocities are smeared out and wide of the mark. They
are imprecise and either underestimated or overestimated so full gradation simply fails.

MRE data conditioning can be optimal only for a given type of tissue. It is degraded
in mechanically different regions for which the spatial sampling factor necessarily differs.
In order to establish optimal conditions for heterogeneous media, a second study was
performed in Chapter 3 on a heterogeneous mammary phantom containing inclusions
modeling tumoral lesions stiffer than the surrounding homogeneous parenchyma. The
analysis approach consisted in defining, for each mechanically-different region, different
optimal sampling factors through a set of acquisitions at different excitation frequencies.
The challenge was to estimate the mechanical parameters in each region with the best
possible precision and accuracy which would subsequently allow to best discriminate the
different mechanical regions of the phantom. We were able to identify a frequency range

over which the estimated mechanical parameters presented reduced standard deviations
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such that the discrimination between the parenchyma and the inclusions could be
effectively improved.

In a third study, multi-frequency brain MRE was performed to establish the best
conditions for accurately and precisely discriminating white matter, grey matter and
cerebellum in a healthy subject (Chapter 4). The cerebellum was found to be less elastic
and viscous than the cerebrum whereas cerebral white and grey matters exhibited similar
viscoelastic shear moduli despite their different anatomical structures. Yet, they could
be better discriminated at 84 Hz for which the shear velocities of these two types of tissue
presented minimal standard deviations. For the cerebellar tissues, the shear velocity
standard deviation was minimized in a lower frequency range, around 50 Hz, for which
and the cerebellum could be mechanically differentiated from the cerebrum. At higher
frequencies, the shear velocity distributions of the different brain tissues become
indistinct. We showed in this study that the simple approach developed for homogeneous
and isotropic media still holds in the brain with multi optimal s domain and high enough
Q. The mechanical similarity between white and grey matters, despite their different
anatomical structures, corroborates the results found in the literature and question the
general ability of MRE to discriminate and mechanically characterize cerebral diseases.

In order to study the sensitivity of optimally conditioned MRE data to mechanical
alterations, we conducted a last MRE study in the brain in microgravity analogous
conditions, which modify the intracranial pressure, hence the mechanical response of the
brain. Presented in Chapter 4, this study revealed an increase of cerebral tissue stiffening
with a positive gradient along the inferior-superior axis as well as a local decrease of the
shear velocity and viscoelasticity moduli around the tentorium cerebelli. These increases
come with a global increase of WM and CSF volumes and a formerly recorded decrease
of the MR signal T, values in the CSF region.

All the studies presented in this thesis in phantoms or in the brain support the
requirements of fulfilling MRE optimal conditions to critically improve the measurement
uncertainty and produce a valid mechanical response of the targeted tissues. They
obviously question the current approaches implemented today in clinical routine where
the reported values of the shear viscoelasticity moduli in difficulty-addressed organs like
the brain may often be biased and imprecise in a complex way that intermingles the
measurement and the measured systems. In such situations, the mechanically-differing
tissues or healthy and pathological tissues might be mechanically-confused and the
diagnosis, might be inconclusive or, even worse, produce false positives and false
negatives. In the optimal conditions ascertained here, multi-frequency MRE might be

advantageously applied beyond space medicine to general brain pathology.
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Résumé : L'élastographie par résonance magnétique (ERM) est une technique d'imagerie permettant la
caractérisation mécanique des tissus biologiques. Cette technique consiste a enregistrer par IRM les champs
de déplacement induits par la propagation d'une onde de cisaillement générée dans un tissu cible. Des
parameétres mécaniques tels que la vitesse de I'onde de cisaillement, le module d'élasticité ou de viscosité de
cisaillement peuvent ensuite étre déduits en inversant les équations différentielles des champs de
déplacement acquis.

Des travaux récents ont montré la difficulté d'une quantification absolue des paramétres mécaniques et ont
permis de souligner les facteurs déterminant |'exactitude et la précision de la mesure par ERM qui peuvent
finalement étre ramenés a deux parametres caractérisant essentiellement la qualité de I'échantillonnage de
I'onde de cisaillement qui se propage dans le milieu étudié : le facteur d'échantillonnage spatial, s = 1/a, et
le facteur d'échantillonnage d'amplitude, Q = g / Agq, ou 1 est la longueur d'onde de cisaillement, a, la taille
du voxel, g, I'amplitude du rotationnel du champ de déplacement, et Aq , l'incertitude de mesure associée.
Ainsi, dans des milieux mécaniquement homogenes, les conditions optimales sur s et Q doivent étre remplies
pour que les résultats de I'ERM soient valides.

Dans ce travail de these, les conditions optimales ont été étudiées dans des milieux hétérogénes et structurés
pour pouvoir les appliquer in vivo dans le cerveau. Premiérement, I'incertitude de mesure en ERM a été évaluée
pour des stratégies d'échantillonnage optimales en réalisant des expériences multifréquences sur un ensemble
de quatre fantdbmes homogeénes calibrés mécaniquement qui reprennent les stades de la fibrose hépatique.
Une quantification mécanique absolue et une gradation significative n'ont pu étre obtenues que lorsque les
conditions optimales étaient remplies pour I'ensemble des fantdmes soit prospectivement par une excitation
multifréquence adéquate, soit rétrospectivement par un multi-rééchantillonnage des données.
Deuxiemement, les conditions optimales de I'ERM ont été établies sur un fantbme mammaire hétérogene
contenant des inclusions modélisant des Iésions tumorales plus rigides que le parenchyme homogéne autour.
Cette étude a mis en évidence la nécessité d'un échantillonnage multiple des champs de déplacement a travers
des acquisitions a différentes fréquences d'excitation afin, d'une part, de déterminer les paramétres
mécaniques régionaux avec les meilleures précision et exactitude possibles et, d'autre part, de discriminer
significativement mieux différentes régions mécaniques du fantdme. Troisiémement, des acquisitions d’ERM
cérébrale a différentes fréquences d'excitation ont été réalisées afin d'étudier les meilleures conditions pour
discriminer avec précision et exactitude la matiere blanche, la matiere grise et le cervelet chez un sujet sain.
Le cervelet s'est avéré moins viscoélastique que les matiéres blanches et grises cérébrales, qui présentaient
des modules viscoélastiques de cisaillement similaires en dépit de leurs structures anatomiques différentes.
Enfin, des conditions physiologiques analogues a la microgravité ont été mises en place pour modifier les
propriétés mécaniques du cerveau et éprouver la sensibilité de I'ERM aux changements induits. En position
inclinée téte en bas, I'ERM a révélé une augmentation significative de la vitesse et des modules
viscoélastiques dans tout le cerveau, en particulier dans les régions périphériques supérieures. Cette étude a
permis de montrer que I'ERM cérébrale, réalisée dans des conditions optimales, pourrait étre
avantageusement utilisée pour détecter des altérations mécaniques dues a des changements de pression
similaires ou inverses dans des processus pathologiques tels que I'hémorragie, I'hydrocéphalie ou le cancer
qui s'accompagnent d'une redistribution du flux sanguin et une accumulation ou une perte de liquide
cérébrospinal.
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Abstract: Magnetic Resonance Elastography (MRE) is an imaging technique for the mechanical
characterization of biological tissues. This technique consists in recording by MRI the displacement fields
induced by the propagation of an induced shear wave in a target tissue. Mechanical parameters such as the
shear wave velocity, shear elasticity or shear viscosity moduli can then be deduced by inverting the
differential equations of the acquired displacement fields. Thus, MRE allow to map the mechanical
parameters of the medium which are recognized as relevant biomarkers to characterize the
pathophysiological state of biological tissues.

However, the promise of absolute quantification of shear viscoelastic moduli by MRE is undermined by the
multiple dependence of the results on acquisition parameters and reconstruction methods. Recent works
have shown that the factors determining the accuracy and precision of MRE measurement can ultimately be
subsumed with two parameters that essentially characterize how well the propagating shear wave is
sampled: the spatial sampling factor, s = A/a, and the amplitude sampling factor, Q = q/4q, where 1 is
the shear wavelength, a, the voxel size, g, the amplitude of the curl of the displacement field, and 4gq, the
associated measurement uncertainty. Optimal conditions on s and Q must be fulfilled to validate MRE
outcomes as proven in mechanically homogeneous media.

In this work, optimal conditions were studied in heterogeneous and structured media so that they could be
applied to the brain.

First, MRE accuracy and precision were investigated with optimal sampling strategies by carrying out multi-
frequency experiments on a set of four mechanically-calibrated phantoms that mimic the stages of liver
fibrosis. Absolute quantification and significant grading could be achieved only when optimal conditions
were fulfilled either prospectively by adequate multi-frequency excitation or retrospectively by data multi-
resampling. Second, MRE optimal conditions were investigated on a heterogeneous breast phantom
containing inclusions mimicking tumor lesions stiffer than the surrounding homogeneous parenchyma. This
second study allowed to show the need to set different optimal sampling factors by acquiring with multiple
excitation frequencies in order to regionally determine the mechanical parameters with the best accuracy
and precision and more significantly discriminate the mechanically different regions.

Third, multi-frequency brain MRE was performed in order to investigate the best conditions to accurately
and precisely discriminate cerebral white matter, grey matter, and the cerebellum in a healthy subject. The
cerebellum was found to be less elastic and viscous than cerebral white and grey matters, which exhibited
similar shear viscoelastic moduli despite their different anatomical structures. These findings corroborated
results recently found in the literature and questioned the general sensitivity of the technique for
mechanically characterizing brain diseases. Fourth, physical conditions analogous to microgravity were
implemented in the bore of the MRI system to tune brain mechanical properties and challenge MRE
sensitivity to inferred changes. During head-down tilt at rest, the expected cephalad fluid shift may increase
intracranial pressure in healthy subjects like in a zero gravity spaceflight. Associated tissue stiffening was
revealed with optimal MRE by a significant increase of the shear velocity and shear dynamic modulus
throughout the brain, especially in the superior peripheral regions. Thereafter, brain MRE, performed in
optimal conditions, could be advantageously used to detect mechanical alterations due to similar or inverse
pressure changes in pathological processes like hemorrhage, hydrocephalus, or cancer with blood flow
redistribution and cerebrospinal fluid accumulation or depletion.
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