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RESUME DU MANUSCRIT EN FRANCAIS

1. INTRODUCTION

Pour de nombreuses maladies pulmonaires, nous observons I'altération de certains aspects de la mécanique
respiratoire. Dans le cas de 'emphyseme pulmonaire par exemple, 'altération des parois alvéolaires a un effet
direct sur la ventilation pulmonaire, et donc sur la fonction du poumon. Autre exemple, dans un cas de fibrose
radique, la présence de collagene rigidifie localement le poumon, ce qui impactera sa déformation lors de la
respiration. Nous partons de I’'hypothése que cette étroite relation entre mécanique respiratoire et pathologie
pulmonaire pourrait-étre la source de biomarqueurs d’intérét. Nous entendons par-la essentiellement deux aspects
de la mécanique respiratoire :

e Le comportement mécanique du poumon : cet aspect de la mécanique respiratoire touche a la
déformation locale et tridimensionnelle du poumon lors de manceuvres respiratoires. Une fois modélisé
d’un point de vue mathématique et discrétisé d’un point de vue numérique, nous allons montrer qu’il est
possible d’extraire des parameétres d’intérét a partir de ces champs de déformation au sein du parenchyme
pulmonaire. Par exemple, il sera possible d’estimer certains aspects régionaux de la ventilation, a partir
desquels nous espérons détecter des zones emphysémateuses par exemple.

e Les propriétés mécaniques du poumon : cet aspect de la mécanique respiratoire touche au
comportement du parenchyme pulmonaire lorsque qu’une contrainte externe lui est appliquée. En tant
gue matériau viscoélastique, le parenchyme pulmonaire voit I'émergence de forces internes s’opposant a
sa déformation par une force externe (élasticité) ainsi qu’une diffusion interne de quantité de
mouvement, ce qui donne naissance a des phénomenes d’hystérésis au cours du cycle respiratoire au sein
de sa relation contrainte-déformation (viscosité). Ainsi, une mesure locale de la dureté du poumon
pourrait nous permettre de détecter et caractériser des zones de fibrose radique.

Afin d’étudier ces deux aspects de la mécanique respiratoire, nous avons besoin de méthodes de mesure qui
permettraient a la fois de visualiser de maniére tridimensionnelle 'anatomie du poumon et le changement de sa
structure au cours de la respiration, mais aussi de venir sonder a I'échelle régionale ses propriétés viscoélastiques.
Pour ce faire, le domaine de I'imagerie médicale semble tout indiqué grace aux possibilités de mesures physiques
localisées dans le corps humain qu’offre cette famille de techniques. Cependant, aucune modalité d’imagerie
médicale n’est parfaite. Alors que la tomodensitométrie, ou scanner médical, permet d’obtenir des images
finement résolues et contrastées du parenchyme pulmonaire, son utilisation sur de longues durées (notamment
plusieurs périodes respiratoires) est aujourd’hui freinée par l'irradiation excessive du patient qu’impose cette
technique. De plus, le scanner n’offre aujourd’hui aucune solution de mesure des propriétés mécaniques des tissus
biologiques. De méme, alors que des techniques non-irradiantes comme I’échographie proposent aujourd’hui des
solutions de quantification des propriétés mécaniques, leur utilisation reste trés limitée pour le poumon en raison
de ses grandes dimensions et de sa protection par la cage thoracique.

L'imagerie par résonance magnétique (IRM) nous semble étre aujourd’hui la meilleure solution pour répondre a
notre probléme. Offrant tout a la fois des contrastes riches au sein des tissus mous et une fine résolution spatiale,
cette modalité est non-irradiante pour le patient et permet des applications avancées comme I'élastographie par
résonance magnétique, une technique permettant de mesurer les propriétés viscoélastiques des tissus directement
a partir d’'images IRM d’organes excités mécaniquement. Cependant, I'IRM du poumon reste tres difficile
aujourd’hui, et ce pour trois raisons principales :



e Lafaible densité du parenchyme pulmonaire : L'IRM du proton reposant essentiellement sur la présence
de molécules d’eau au sein des tissus biologiques, le signal de résonance magnétique nucléaire (RMN)
mesuré lors du processus d’imagerie est proportionnel a la densité de proton, elle-méme intimement liée
a la densité du tissu chez les organes mous. Or, le poumon étant structuré par un arbre de voies aériennes
se terminant par des millions d’alvéoles pulmonaires remplies d’air, le signal récupéré pour I'imagerie du
poumon est faible et varie au cours du cycle respiratoire. Une IRM de poumon acquise a I'aide d’une
séquence IRM standard souffrira donc d’un trés faible rapport signal sur bruit, ce qui compliquera la
visualisation de détails anatomiques au sein du parenchyme pulmonaire.

e Les courts temps de relaxation T au sein du parenchyme pulmonaire : En IRM, T, représente la durée
de vie du signal RMN a la suite d’une excitation radiofréquence (RF) et sans application de champ

magnétique externe autre que le champ magnétique principal E_O) du systeme d’imagerie. Il s’agit donc de
la durée pendant laquelle une mesure de signal RMN est possible aprés excitation RF. Dans la plupart des
tissus biologiques, T, est de I'ordre de quelques dizaines de millisecondes. Cependant, dans le poumon et
a 3T, ce temps de relaxation est plutot de I'ordre de la demi-milliseconde. Cela rend la mesure de signaux
IRM complexe dans le poumon car I’encodage de la position des spins au sein de I'organe ainsi que la
récupération du signal doivent étre effectués en moins de quelques millisecondes.

e Le mouvement respiratoire : Si l'organe d’intérét bouge au cours du processus d’imagerie, des artéfacts
de mouvement apparaissent au sein des images finales, ce qui dégrade la qualité de leur interprétation.
Pour résoudre ce probleme, il est possible d’acquérir I'image au cours d’'une apnée. Dans ce cas, seules de
courtes durées d’acquisition sont permises et il est impossible d’étudier le comportement dynamique du
poumon au cours de la respiration. Or, il s’agit ici de changer de paradigme, de voir le mouvement
physiologique non pas comme une difficulté du processus d’imagerie mais bien comme une source
d’information pour nos perspectives diagnostiques. Pour cela, une stratégie de prise en compte, de
mesure et de correction de ce mouvement sera nécessaire au cours du processus d’imagerie.

Afin de résoudre les deux premiers problemes, deux séquences IRM semblent particulierement adéquates : la
séquence Ultrashort Time-Echo (UTE) et la séquence Zero Time-Echo (ZTE). Ces deux séquences IRM partagent de
nombreuses similarités (voir Figure 1) : une acquisition radiale de I'espace de Fourier de I'image, une courte durée
de lecture du signal ainsi gu’une limitation au maximum de la durée entre I’excitation RF du tissu et la mesure du
signal RMN. Cette durée, couramment appelée temps d’écho (TE), peut alors atteindre des valeurs de I'ordre de la
dizaine de microsecondes, alors que les TE les plus courts rencontrés en IRM sont rarement inférieurs a la
milliseconde. Ces TE ultracourts permettent alors de récupérer une grande amplitude de signal RMN malgré la
faible densité tissulaire et les courts temps de relaxation : une image par résonance magnétique du poumon
devient alors possible. Cependant, le troisieme probléme reste a régler : le mouvement physiologique. Encore une
fois, il ne s’agit pas de voir le mouvement respiratoire comme un probléme dés lors qu’il constitue une source
d’information capitale pour les grandeurs physiques que lI'on souhaite quantifier. Il ne s’agit donc pas de
I'empécher ou de I'atténuer, mais bien de le mesurer et de I'étudier. Pour cela, la séquence UTE possede des
propriétés trés intéressantes : en plus d’étre robuste vis-a-vis de certains artéfacts de mouvement, elle permet
intrinsequement de mesurer a chaque répétition de la séquence (a chaque TR) le signal au centre de |'espace de
Fourier de I'image, qui n’est autre que le signal moyen envoyé par l'intégralité des tissus biologiques apres
excitation RF et capté par les antennes de réception. Ce signal (parfois appelé « Signal DC ») correspond donc au
signal moyen d’une image par résonance magnétique qui serait acquise instantanément a chaque répétition de
séquence. Lors de la respiration, ce signal sera modulé en raison de plusieurs facteurs (mouvement du tissu sous les
profils de sensibilité d’antenne, modulation de la charge de I'antenne ...). Représenté au cours du temps, ce signal
DC oscille donc a la maniere de la respiration et constitue donc une méthode de mesure du mouvement
respiratoire intrinséque au processus d’imagerie.
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Figure 1: Chronogrammes et trajectoires des séquences UTE (a gauche) et ZTE (a droite). La séquence ZTE étant
exécutée a l'aide de gradients de lecture continus en temps, la zone centrale de I'espace de Fourier n’est pas
acquise et les directions de rayons acquis successivement ne doivent pas étre trop différentes les unes des autres.

2. DEVELOPPEMENTS INNOVANTS DANS LE DOMAINE DU SUIVI ET DE LA CORRECTION DE
MOUVEMENT EN IRM

2.1.SNIF : SELF-NAVIGATOR INTELLIGENT FILTER

Cependant, que contient vraiment le signal DC ? Expérimentalement, nous observons un signal évoluant avec la
respiration mais entaché par ce qui semble étre un bruit haute-fréquence en temps. Néanmoins, nous nous
sommes demandés si cette perturbation haute fréquence était uniquement du bruit ou contenait un biais de
mesure modélisable et corrigible. Pour cela, nous avons modélisé I'évolution temporelle du signal DC, Sy, comme
étant I'addition et la convolution de plusieurs termes :

SDC:Sm+SO*h

Dans le modeéle précédent, S, représente le signal relatif au mouvement respiratoire, appelé signal de « Self-
navigation ». Ce signal, qui nous intéresse dans une perspective de correction de mouvement ultérieure, contient
également des informations sur le mouvement cardiaque. Il est cependant entaché de deux termes parasites
convolués entre eux :

o S, :Ceterme représente un effet hors-centre de I'espace de Fourier, c’est-a-dire, un biais de mesure lié a
un échantillonnage du signal DC décalée par rapport au centre de |'espace de Fourier de I'image. Il
explique donc une part de la variation inter-répétition du signal mesuré.

e h:Ceterme représente un effet d’histoire de spin. En effet, lors d’'une répétition du processus d’imagerie,
le signal mesuré dépend des spins excités et encodés lors de la répétition en cours mais également du
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signal généré par I'aimantation transverse résiduelle produite lors des précédentes répétitions. Nous
modélisons ici cette histoire d’aimantation transverse par un filtre linéaire.

L’extraction de Sy et de ha partir de Spc nous permet alors d’extraire S,, « intelligemment », c’est-a-dire, en
prenant en compte la physique sous-jacente et non pas en utilisant de maniere aveugle d’un filtre passe-bas. Ce
systeme de filtrage du signal DC a ainsi été appelé « Self-Navigator Intelligent Filter », ou SNIF. Nous avons montré,
en particulier grace a une analyse de Fourier, que les différentes harmoniques temporelles des mouvements
respiratoire et cardiaque étaient extraites du bruit de fond, ce qui n’aurait pas été possible par I'utilisation d’un
filtre linéaire par exemple (voir Figure 2). Nous avons également vérifié que les composantes mesurées de h
vérifiaient le principe de causalité pour I'effet modélisé, ce qui semble indiquer la pertinence de notre modele.

Spectre du
signal DC

MPRAY 30 SN
Fréquence

temporelle
Figure 2 : Spectre du signal DC avant (magenta) et aprés (vert) I"application de SNIF. Le bruit de fond est diminué,
ce qui laisse entrevoir la seconde harmonique du mouvement cardiaque auparavant cachée par le bruit de fond.

2.2.SNOZE : SELF-NAVIGATION FROM OFF-CENTER ZTE EVOLUTION

Ainsi, il est facile de suivre les mouvements physiologiques en UTE : il suffit d’étudier I"évolution temporelle du
signal mesuré au début de chaque rayon d’espace de Fourier acquis au cours des répétitions. Mais qu’en est-il de la
ZTE ? En effet, la ZTE differe de la UTE sur ce point : les rayons acquis sont partiels (voir Figure 1) et le centre de
I’espace de Fourier de I'image n’est mesuré que lors d’une séquence d’imagerie complémentaire. Il est donc
impossible d’utiliser la méme technique de self-navigation qu’en UTE. Cependant, a chaque répétition de la
séquence ZTE, des mesures de signal sont effectuées a proximité du centre de I'espace de Fourier. Il est donc
probablement possible d’extraire un signal de self-navigation a partir de ces points de mesure. Dans la version
standard de la ZTE, lorsque les rayons de I'espace de Fourier sont caractérisés par leurs coordonnées sphériques,
les deux angles polaire et azimutal, nommés respectivement 6 et ¢, présentent des évolutions temporelles tres
distinctes : alors que 6 évolue lentement et monotoniquement (de 0 a  radians) au cours de I'acquisition ZTE, ¢
varie rapidement et de maniéere répétée entre — 1 et 7 (voir Figure 3). Il est ainsi possible de dresser une relation
bijective entre 8 et le temps tout au long de I’acquisition, et ce pour chaque valeur de ¢.
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Figure 3: Schéma de fonctionnement de la méthode SNOZE. a) Interpolation des données temporelles dans
I'espace (0, ) ; b) Filtrage passe haut des données selon 6 ; c) Analyse en composantes principales afin d’extraire

la trace respiratoire finale.
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Figure 4 : Comparaison des traces respiratoires obtenues a I'aide d’une ceinture respiratoire et de la méthode
SNOZE sur deux patients (I'un a gauche et I'autre a droite).

Cette relation bijective entre le temps et une coordonnée angulaire dans I'espace de Fourier nous a permis de
développer SNOZE, « Self-Navigation from Off-center ZTE Evolution ». Basée sur la représentation dans I'espace
(8, @) des données acquises a proximité du centre de I'espace de Fourier de I'image, cette méthode fait apparaitre
des modulations de signal IRM liées au mouvement respiratoire (voir Figure 3). En appliquant un filtrage passe-haut
et une analyse en composantes principales sur ces données, il est possible d’extraire une trace de self-navigation
pour le mouvement respiratoire en ZTE, qui est similaire a celle extraite du centre de I'espace de Fourier en UTE.
Ces traces ont été comparées a celles obtenues sur fantome mais également sur patient a I'aide d’une ceinture
respiratoire (protocole PROMISE conduit par le Dr. Michael Soussan, voir Figure 4).

2.3. AZTEK : ADAPTIVE ZTE K-SPACE TRAJECTORIES

Cependant, la mesure d’une trace respiratoire, qu’elle soit intrinseéque a I'acquisition des données ou non, n’est pas
suffisante pour empécher I'apparition d’artéfacts de mouvement dans les images. En effet, une deuxiéme étape
consistant a corriger ces effets de mouvement a partir de la trace respiratoire est nécessaire. Une méthode simple,
appelée « gating » rétrospectif, consiste a trier les données brutes (de I'espace de Fourier) en fonction de la phase
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respiratoire au cours de laquelle elles ont été acquises, puis de reconstruire séparément les images correspondant
a ces différentes phases du mouvement physiologique. Cependant, I'application d’un gating rétrospectif sur les
données ZTE conduit trés souvent a une espace de Fourier incomplet, avec des zones sur-échantillonnées et
d’autres vides de signal. Aprés reconstruction, des artéfacts basse-fréquence de sous-échantillonnage apparaissent
alors dans I'image finale corrigée du mouvement, ce qui détériore grandement son potentiel diagnostique. Ces
vides de signal apparaissent en ZTE a cause de la trajectoire trés spécifique de cette séquence, et en particulier a
cause de la coordonnée de rayon 6 évoluant lentement et monotoniquement au cours de I'acquisition, ce qui
impose un lien fort entre les coordonnées de I'espace de Fourier et le temps.

Il serait préférable d’utiliser une trajectoire qui découplerait le temps et I'ordre d’acquisition des rayons dans
I’espace de Fourier de I'image. Cependant, il est tout de méme nécessaire de garder une certaine continuité
directionnelle dans les rayons acquis successivement, la séquence ZTE étant appliquée a I'aide de gradients de
lecture continus et non pulsés (voir Figure 1). Cette adaptation aux exigences de la ZTE et a la correction du
mouvement respiratoire par gating rétrospectif est le point de départ d’une trajectoire développée lors de ma
these. Cette nouvelle trajectoire, nommée AZTEK, pour « Adaptive ZTE K-space », a I'ambition de répondre au
cahier des charges initial (découplage du temps et de I'ordre d’acquisition des rayons + continuité temporelle des
directions de rayons acquis) mais aussi de s’adapter a n’importe quel rythme de mouvement physiologique. Cette
derniere partie n’a été que théorisée et seul le développement de la trajectoire et ses premiers tests ont été
effectués lors de la these.

Axial Sagittal Coronal

Trajectoire
standard

Trajectoire
AZTEK

-

Figure 5 : Images ZTE obtenues a I'aide de la trajectoire standard et de la trajectoire AZTEK. A droite de la figure
sont représentées des vues 3D du remplissage de I'espace de Fourier aprés gating rétrospectif.

Le développement de AZTEK part d’une inversion des roles entre 6 et ¢ : 8 varie a présent rapidement, alors que ¢
varie lentement. De plus, trois parameétres ont étés implémentés pour le contréle de I'évolution temporelle des
directions de rayons acquis : AZTEK-Twist, AZTEK-Shuffle et AZTEK-Speed, contrélant respectivement la torsion des
arcs de la trajectoire, la variation en 8 d’un arc a I'autre et la vitesse a laquelle est parcourue chaque arc. En réglant
correctement ces trois parametres, il est possible d’obtenir une couverture uniforme de I'espace de Fourier apres
I'application d’une gate rétrospective. L’adaptation théorisée dans la these portera sur le choix automatique des
valeurs attribuées a ces trois parametres pour adapter au mieux la trajectoire a n’'importe quelles caractéristiques
de mouvement physiologique (rythme, périodicité ...). Des acquisitions ZTE sur fantdme, sur volontaire sain mais
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également sur patient (protocole IMAHTEP conduit par le Dr. Florent Besson) ont été réalisées avec les trajectoires
standard et AZTEK et ont validé le potentiel de la trajectoire AZTEK pour I'imagerie ZTE du poumon corrigée du
mouvement (voir Figure 5).

A présent que nous maitrisons un peu mieux I'imagerie par résonance magnétique dynamique du poumon, il nous
est possible d’étudier les deux aspects de la mécanique respiratoire cités précédemment : le comportement
mécanique et les propriétés mécaniques du parenchyme pulmonaire.

3. ETUDE DU COMPORTEMENT MECANIQUE DU POUMON : LA SPIROMETRIE PAR
RESONANCE MAGNETIQUE 3D

Self-navigation f J J\

S mamique. NN 1{ j/H\L /}

Soft-gating
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Figure 6 : Schéma décrivant I'acquisition et le post-traitement des données pour notre application « 3D Magnetic
Resonance Spirometry ».

En ce qui concerne I'étude du comportement mécanique du poumon, nous avons développé un protocole complet
d’imagerie thoracique et de post-traitement d’image dédié a I'extraction de parametres d’intérét quantifiant le
comportement mécanique du poumon au cours de la respiration. Ce protocole, illustré en Figure 6, a été appelé
« 3D Magnetic Resonance Spirometry », la spirométrie étant I'une des principales techniques utilisées aujourd’hui
en routine clinique pour I'évaluation globale de la fonction pulmonaire.

L'inconvénient de la spirométrie est sa globalité : il est impossible d’extraire les propriétés fonctionnelles d’une
région particuliere du poumon car seule une mesure globale n’est possible. Par I'analyse de champs de
déformation du parenchyme pulmonaire extraits des images dynamiques 3D UTE, nous avons montré qu’il était
possible d’effectuer des mesures d’accroissement local de volume d’air dans le poumon. Leur analyse en temps
nous donne alors accés a des mesures de débits d’air régionaux le long du cycle respiratoire. Il est alors possible
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d’extraire et de représenter le méme résultat qu’en spirométrie standard, c’est-a-dire, un cycle débit-volume d’air
au sein du poumon, mais a I'échelle locale et en trois dimensions (voir Figure 7).

Débit d'air
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Figure 7 : Images de spirométrie par résonance magnétique 3D avec légende d’interprétation en bas a droite de la
figure.

Nous avons également montré que la spirométrie n’était qu’une partie des informations qu’il était possible
d’extraire des données initiales. Cette information est certainement la plus parlante pour les pneumologues mais
n’est pas la seule qui puisse étre extraite. Ainsi, nous avons montré qu’il était possible d’étudier les trajectoires
locales suivies par le parenchyme pulmonaire, d’extraire les différentes composantes du tenseur de déformation
local, d’étudier I'anisotropie et les directions principales de déformation ainsi que de mettre en évidence des
phénomenes d’hystérésis apparaissant au sein du cycle respiratoire pour différentes quantités. A présent, la
guestion a se poser porte sur I'intérét clinique de telles mesures : méme si cette analyse mécanique compléte du
mouvement respiratoire est tres intéressante d’un point de vue physique, qu’en est-il de son potentiel clinique ?
Pour cela, seules des réflexions approfondies avec des spécialistes de la physiologie et de la pathologie pulmonaire,
couplées a des essais sur volontaires sains et sur patients, pourront éclaircir le sujet.

Dans cette analyse du comportement mécanique du poumon, un élément capital n’est pas pris en compte : les
forces. Or, les déformations analysées précédemment, source de ventilation pulmonaire, sont contrélées par des
forces générées a I'extérieur du poumon (par le diaphragme et les muscles intercostaux essentiellement) qui se
traduisent par des contraintes au sein du parenchyme pulmonaire (pression, cisaillement ...). Jusqu’a présent, nous
étions sensibles aux effets associés au comportement mécanique (déformation, ventilation ...) mais pas aux causes
(forces, contraintes ...). Ce probléme pourrait étre adressé grace a I'étude du deuxieme aspect de la mécanique
respiratoire : la mesure des propriétés mécaniques du parenchyme pulmonaire.
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4. ETUDE DES PROPRIETES MECANIQUES DU POUMON : L’'ELASTOGRAPHIE PAR
RESONANCE MAGNETIQUE

Par le terme « propriétés » mécaniques du poumon, nous entendons essentiellement deux aspects : I'élasticité (ou
dureté), qui fait le lien entre la contrainte et la déformation d’un matériau, et la viscosité, qui relie cette contrainte
au taux de cisaillement du matériau. A partir de la connaissance de ces propriétés a I’échelle locale et de la mesure
de I"évolution des déformations présentée précédemment, il serait alors possible de mesurer des forces et ainsi
compléter notre étude de la mécanique respiratoire. Pour cela, I'IRM pourrait étre d’une grande utilité grace a
I'une de ses applications : I'élastographie par résonance magnétique.

Cette technique consiste a ajouter des gradients d’encodage du mouvement a une séquence IRM standard et a
générer des ondes mécaniques au sein de l'organe d’intérét. Si ces gradients d’encodage du mouvement sont
insérés entre I'impulsion d’excitation RF et la fenétre d’acquisition des données, mais aussi appliqués en phase avec
les ondes de cisaillement générées dans l'organe, il est possible de mesurer de maniére quantitative les
déplacements micrométriques au sein des tissus biologiques. L’analyse de la propagation des ondes, en particulier
la mesure de leur vitesse de propagation et de leur atténuation, permet alors de remonter aux propriétés
mécaniques que I'on souhaite mesurer. Cependant, pour le poumon, nous sommes confrontés a un probleme
majeur : a cause des T, trés courts présents au sein du poumon, il est difficile d’insérer un gradient d’encodage du
mouvement entre I'impulsion d’excitation et I'acquisition des données. Cette stratégie provoquerait un
allongement du TE incompatible avec I'imagerie du parenchyme pulmonaire. Une autre stratégie doit donc étre
envisagée.

Au cours de ma thése, une nouvelle technique d’élastographie a été développée. Cette technique possede
plusieurs propriétés intéressantes. En particulier, elle offre la possibilité de réaliser I'élastographie de matériaux a
courts T;, mais aussi de réduire la durée totale de I'acquisition d’un facteur 5 en moyenne. Cependant, le dépét
prochain d’un brevet portant sur cette technique ne nous permet pas de divulguer d’avantage d’informations sur
cette nouvelle stratégie pour le moment. Cette nouvelle technique a été testée sur fantome et sur volontaire sain
et s’annonce trés prometteuse a la fois pour I'élastographie du poumon mais également pour I'élastographie
d’autres organes.

En conclusion, cette thése nous a permis de mesurer le potentiel de I'IRM pour I'étude de la mécanique
respiratoire, a la fois concernant I’analyse du comportement mécanique du poumon mais aussi la quantification de
ses propriétés viscoélastiques. Cette approche biomécanique du diagnostic de la pathologie pulmonaire par IRM du
proton est encore récente mais semble ouvrir la voie vers la mesure de nouveaux biomarqueurs de I'état
physiopathologique du poumon.
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INTRODUCTION

Medical imaging is probably one of the most valuable and impressive recent advances in medical practice.

It is of primary importance to consider physical phenomena and physical measurement at the basis of any reliable
medical practice, either in diagnosis, therapy or treatment follow-up. The notion of physical measurement is not
new as it has been practiced for several centuries by natural scientists to better understand their environment.
However, the idea of simultaneously measuring the same physical quantity in an extended region of space is quite
recent, and it can be challenging to find a non-invasive and reliable strategy to obtain, at the same time as the
measurement process, the spatial positions where the physical parameters were measured. To take only one
example that will be largely discussed in this manuscript, Magnetic Resonance Imaging (MRI) consists in measuring
electromagnetic waves produced by nuclei through Nuclear Magnetic Resonance (NMR) phenomena in the body of
a patient and localizing the sources from where the waves were emitted. Therefore, two strategies need to be
developed and put together: one to reveal and enhance this physical phenomenon and another one to localize and
characterize the sources from where the electromagnetic waves are emitted. This technique has the great
advantage to non-invasively produce images of the inside of the body, but also to enable the measurement of
special physical quantities or physiological phenomena that were not assessable before.

The lung is an organ of the greatest importance in the human body. Thanks to the gas exchange possibilities it
enables, it is the only interface between the human body and its environment for dioxygen consumption and
carbon dioxide evacuation. However, because of its low density and short NMR relaxation times, and because of
the effects of respiratory motion in MR images, it is today one of the most challenging organs to study with proton
MRI. This is problematic because MRI would offer the possibility to study the pulmonary anatomy, the physical and
physiological processes occurring inside the organ, but also to detect lung diseases and assess the
pathophysiological state of the organ.

In this manuscript, we will see that proton lung MRI is possible today thanks to advanced image acquisition and
post-processing strategies dedicated to this type of organ. Moreover, we will see that most interesting aspects of
the lung, anatomy, function, pathology, are closely related to lung mechanics, which covers at the same time the
mechanical behavior of the organ (how it moves, how its shape changes along time, how it inflates, ...) but also its
mechanical properties (how elastic or viscous the organ is). Finally, we will see that these two aspects of lung
mechanics can be directly assessed thanks to dedicated proton MRI acquisition protocols and post-processing
strategies. This is therefore very promising for the future of pulmonology.

The assessment of pulmonary mechanical behavior and properties with MRl is quite new, and the only proposed
strategies to do it are found in a quite small number of scientific publications. These strategies need to be further
developed and discussed and tools need to be built, both for imaging protocols and for post-processing tasks. This
is where my PhD thesis starts. | have worked during my three-year research project on magnetic resonance imaging
of respiratory mechanics. This manuscript is composed of an extended bibliographic study, both on pulmonology
and on medical imaging techniques to study the lung, and of the technological solutions | developed, tested and
validated to answer to scientific and medical questions on respiratory mechanics and lung pathophysiology.

In the first chapter of this manuscript, | give a review of the basic information on lung structure and function, of the
main techniques used today to diagnose pulmonary diseases, and | explain why we should focus on lung mechanics
to assess its pathophysiological state. Then, | explain the fundamental concepts of magnetic resonance imaging,
and exhibit its interest for the non-invasive assessment of many physical quantities inside the human body. Finally,
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| introduce the challenges of lung MRI and give solutions to the encountered problems through two MRI pulse
sequences adapted to lung imaging: Ultrashort Echo Time (UTE) and Zero Echo Time (ZTE) pulse sequences.

The second chapter of this manuscript is focused on the notion of physiological motion. After presenting the usual
techniques developed to track motion and avoid motion related artifacts in MR images, and after introducing and
explaining the notions of surrogate signal and self-navigation, | propose three innovations for motion tracking and
correction in UTE and ZTE imaging. The first one is a Self-Navigator Intelligent Filter, or SNIF, that aims at
understanding and correcting the high-frequency ‘noise’ observed sometimes in the UTE DC-signal, often used as a
self-navigator. The second one is a Self-Navigator from Off-center ZTE Evolution, or SNOZE, which is an algorithm
that aims at extracting a self-navigation signal from ZTE k-space data, as it can be done in UTE. The third one is an
Adaptive ZTE K-space trajectory, or AZTEK, which is a k-space trajectory designed to be adapted to both ZTE pulse
sequence recommendations and motion correction with retrospective gating.

In the third chapter of this manuscript, | focus on the primary aspect of respiratory mechanics: the mechanical
behavior of the lung. To study this aspect, | give a review of the literature on MR imaging techniques that were
developed for the assessment of the different aspects of lung function. | give a special attention to methods based
on the measurement of motion components inside the lung (especially deformation and velocity fields), and
explain the assets of this family of techniques. Then, I introduce a full MR image acquisition and post-processing
strategy designed to measure the mechanical behavior of the lung and extract relevant potential biomarkers based
on pulmonary biomechanics. This advanced technique, called 3D Magnetic Resonance Spirometry, is shown to
extract a great variety of physical quantities of interest, and leads to results in accordance with the literature on
lung physiology.

Finally, the fourth chapter of this manuscript is dedicated to the second aspect of respiratory mechanics: the
mechanical properties of the lung. After introducing the fundamental physical and technological concepts of
elastography, both in the field of ultrasound and MR imaging, | explain the challenge of MR elastography in the lung
and describe why it is impossible to implement standard elastography techniques with UTE and ZTE imaging. To
tackle this issue, | propose a totally new paradigm to perform MR elastography and show the very first promising
results we obtained with this technique.
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CHAPTER 1- THEORETICAL BASES: THE
LUNG IN MAGNETIC RESONANCE
IMAGING

]
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IN THIS CHAPTER, WE WILL INTRODUCE THE BASIC CONCEPTS AND
VOCABULARY THAT WILL BE NEEDED FOR THE REST OF THIS
MANUSCRIPT. FIRST, WE WILL INTRODUCE A BASIC KNOWLEDGE
ABOUT LUNG ANATOMY, FUNCTION, PATHOLOGIES AND DIAGNOSIS
TECHNIQUES. AFTER THIS, WE WILL STUDY THE BASIC PRINCIPLES OF
MAGNETIC RESONANCE IMAGING, OR MRI, FROM ITS PHYSICAL
ORIGINS TO ITS MAIN APPLICATIONS IN CLINICAL ROUTINE AND
RESEARCH. TO FINISH, WE WILL FOCUS ON THE ISSUES OF LUNG MRI
AND STUDY THEIR POSSIBLE SOLUTIONS THROUGH ADVANCED MRI
PULSE SEQUENCES. THIS WILL BE THE STARTING POINT FOR THE
EVALUATION OF RESPIRATORY MECHANICS WITH MAGNETIC
RESONANCE IMAGING.
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Chapter 1 - Section 1

SECTION 1 THE HUMAN LUNG

IN HUMAN CELLS, DIOXYGEN IS CONSUMED DURING THE PRODUCTION OF ENERGY
FROM NUTRIENTS AND CARBON DIOXIDE IS PRODUCED ALONG THIS CHEMICAL
REACTION. THIS PROCESS IS CALLED CELLULAR RESPIRATION AND IS PART OF THE CELL
METABOLISM. THESE DIOXYGEN AND CARBON DIOXIDE ARE RESPECTIVELY EXTRACTED
FROM THE ENVIRONMENT AND EVACUATED THROUGH A SECOND RESPIRATION
PROCESS CALLED PHYSIOLOGICAL RESPIRATION. THIS EXCHANGE PROCESS IS PROVIDED
BY THE LUNG, AND THE TERM ‘VENTILATION’ IS OFTEN USED TO DESIGNATE MORE
PRECISELY THE GAS, SAY THE AIR, RENEWAL PROCESS INSIDE THE LUNG NEEDED FOR
THE GAS EXCHANGE. IN THE ENTIRE MANUSCRIPT, ‘RESPIRATION” AND ‘RESPIRATORY’
WILL REFER ONLY TO THIS SECOND PROCESS. IN THIS FIRST SECTION, A BRIEF
DESCRIPTION OF LUNG ANATOMY, FUNCTION AND DISEASE, AND THEIR RELATIONSHIP
TO LUNG MECHANICAL PROPERTIES, IS GIVEN.

1. ANATOMY OF THE HUMAN LUNG

Figure 1.1: Schematic representation of the human lung anatomy.

Morphologically speaking, the human lung is located inside the thoracic cage?. Starting from the larynx and going
caudally, the organ is composed of the trachea (see Figure 1.1a), which is the main air duct, that divides in two
primary bronchi (see Figure 1.1b), the first generation of air ducts, and terminates into two ‘lungs’ (see Figure

1 Susan Standring, Gray’s Anatomy International Edition: The Anatomical Basis of Clinical Practice (Elsevier Health
Sciences, 2015).
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1.1c), the same term being used to designate either the whole organ or its two main parts, each of them fitting
inside an independent pleural cavity. These cavities are covered with a membrane called parietal pleura. The two
lungs are also covered with a membrane called visceral pleura. The space between those two pleurae is filled with a
liquid called pleural liquid. The region between the two lungs, containing the trachea and the primary bronchi, but
also the heart and the esophagus, is called the mediastinum. The right lung is composed of three lobes (upper,
medium and lower) and the left lung of two lobes (upper and lower), each lobe being separated from the others by
fissures (oblique and horizontal for the right lung and oblique for the left lung, see Figure 1.1d). The diaphragm
spreads below the inferior surface of the lung, caudally to the parietal pleura.

Inside the two lungs, several interleaved functional systems can be distinguished:

e The bronchial tree, that includes the trachea and the two primary bronchi, is composed of successive
generation of air ducts. The primary bronchi split into secondary bronchi (see Figure 1.1e), which split into
tertiary bronchi, and so on until reaching bronchioles through several other generations of bronchi,
forming the gas conductive zone of the bronchial tree. Distally to this conductive zone, we find the
respiratory zone composed of respiratory bronchioles, alveolar ducts (see Figure 1.1f) and alveolar sacs
(see Figure 1.1g) containing alveoli (see Figure 1.1h), where gas exchanges occur. In human lungs, the
bronchial tree is composed approximatively of 23 generations of air ducts from the primary bronchi to the
alveoli.

e The pulmonary circulation system, that brings deoxygenated blood from the right ventricle of the heart to
the lung alveoli through the pulmonary arteries (see Figure 1.1i), that subdivides into small capillaries, and
brings back to the left atrium of the heart oxygenated blood through the pulmonary veins (see Figure 1.1j)
after the gas exchange processes occurred in the alveoli. Those processes are possible thanks to the close
proximity between the alveolar walls, or septa, and the capillaries.

e The bronchial circulation system, part of the systemic circulation system, brings to the lower respiratory
tract and the visceral pleura oxygenated blood for lung cell nutrition purposes. This blood is taken directly
from the aorta and conducted to the lung cells through the bronchial arteries. The deoxygenated blood is
then conducted out of the lung essentially through the pulmonary veins described above, but also through
dedicated veins called bronchial veins.

e The nervous system, formed by nerves of the autonomic nervous system, controls the constriction of the
bronchi and the secretion of mucus.

These different systems in the lung work together to ensure the lung function.
2. FUNCTION OF THE HUMAN LUNG

As stated above, the main function of lung is the gas exchange between the human body and the environment. The
lung extracts dioxygen from the inhaled air and releases carbon dioxide produced by the different cells of the
organism. These exchanges are permitted during the ventilation process, which is the renewal of gas inside the lung
airways. This ventilation process is enabled by the respiratory cycles, during which the whole lung deforms (change
in volume and shape) because of the air going in and out of the lung alveoli. All this process is explained by
respiratory mechanics.
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Figure 1.2: Chronogram of pulmonary respiration for nominal breathing over tidal volumes (red) with functional
residual capacity and full breathing with additional inspiratory reserve volume (blue), inspiratory capacity (purple),
expiratory reserve volume (green) and residual volume (brown).

Here is a presentation of the phenomena underlying the mains steps of a respiratory cycle:

e During an inspiration, a volume of air goes from the environment to the inside of the lung. This process is
enabled by the increase of the thorax size in different directions. The principal increase direction occurs in
the superior-inferior direction thanks to the contraction of the diaphragm: when this muscle of respiration
contracts, the lung is pulled caudally and the organs present inside the abdomen are pushed toward the
feet. The second diameter increase can be observed in the anterior-posterior direction because of the
contraction of external intercostal muscles, in particular in the case of a deep inspiration: when these
muscles contract, the rib cage is pulled upwards, which increases the distance between the spine and the
sternum. Those two effects induce a depression inside the lung with respect to the environment, which
makes the air go inside the lung through the mouth or the nose. It has been shown that lung alveolar walls
are covered by a surfactant fluid, called pulmonary surfactant, which decreases the surface tension of
alveoli, making easier for the lung to inflate and helping for the homogeneity of this inflation in all parts of
the lung? 3. Because of the action of these different muscles, the inspiration process is said to be active. In
the case of a normal inspiration, the volume of air going inside the lung, called the tidal volume (see Figure
1.2, in red), is around 0.5 L, making the total volume of air inside the lung varying approximatively from 2
to 2.5 L. In the case of a very deep inspiration, other muscles, called ‘accessory muscles of respiration’,
essentially in the neck and around the thoracic cage, are contracted. In the case of a full forced inspiration,

2 R. J. King, “Pulmonary Surfactant,” Journal of Applied Physiology 53, no. 1 (July 1, 1982): 1-8,
https://doi.org/10.1152/jappl.1982.53.1.1.

3 Melissa L. Siew et al., “Surfactant Increases the Uniformity of Lung Aeration at Birth in Ventilated Preterm
Rabbits,” Pediatric Research 70, no. 1 (July 2011): 50-55, https://doi.org/10.1203/PDR.0b013e31821be094.
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the total gas volume inside the lung, called the total lung capacity (see Figure 1.2, in black), is usually
comprised between 4 and 6 L.

At the end of the inspiration, the gas inside the alveoli is a mixture of the air inhaled during this last
inspiration and the air inhaled during previous ones. Once the alveoli are inflated, the gas exchanges are
passively performed thanks to gas diffusion through which equilibrium is found to equalize the partial
pressures of dioxygen and carbon dioxide between the alveoli and the blood capillaries surrounding the
alveoli. The partial pressure of dioxygen being higher in the alveolus compared to the capillary, a global
flow of dioxygen is observed from the alveolus to the capillary. To the contrary, because the partial
pressure of carbon dioxide is higher in the capillary compared to the alveolus, a global flow of carbon
dioxide is observed from the capillary to the alveolus. When the partial pressures of gas are equal between
the two sides of the alveolus wall, the diffusion process is still ongoing at the same exchange rate but the
different partial pressures do not change anymore: the equilibrium state is reached. In practice, 0.25 s of
contact between the air inside the alveolus and the blood inside the capillary is needed to reach this
equilibrium state at each respiratory cycle in the human lung. The physical proximity of both healthy
alveoli and bold capillaries is needed for this gas exchange and is usually referred as ventilation-perfusion,
or V/Q, matching*.

The expiration process, in the case of a healthy human subject spontaneously breathing, is a passive
phenomenon. At the end of inspiration, the whole thorax is set in a state out of the mechanical
equilibrium: the lung is mechanically stressed, the rib cage was moved cranially and the organs located
below the lung (liver, spleen, ...) are compressed. This state out of the mechanical equilibrium can be held
by keeping the different muscles for the respiration, principally the diaphragm and the external intercostal
muscles, activated. In this situation, an apnea or breathhold is performed. If their contraction is released,
we observe passive elastic recoil from the different elements of the thorax: from the lung, because of its
own elasticity, but also from the thoracic cage and the organs located caudally to the lung (liver, spleen,
..). It involves an increased pressure inside the lung compared to the environment, which makes the
deoxygenated and carbonated gas going outside of the lung. Thanks to the presence of pulmonary
surfactant, alveoli are not collapsing at the end of the expiration process. Nevertheless, the expiration
process can become an active process, in the case of some diseases or if the subject decides to control it,
for example in the case of a forced exhalation. In this case, several other abdominal muscles and internal
intercostal muscles are contracted, which cranially pushes the organs located below the lung and increases
the pressure inside its entire parenchyma. Because of this pressure increase, the air goes outside of the
lung. It needs to be noted that even at the very end of a total forced expiration process, some gas remains
inside the lung: this volume of air is called the residual volume (see Figure 1.2, in brown), and is
approximatively equal to 1 liter.

In the case of a healthy human subject freely breathing, the respiratory cycles are performed spontaneously by the

subject. The rhythm and amplitude of the cycles are controlled by the brainstem and the regulation is performed

essentially from a measure of the partial pressure of carbon dioxide in the blood thanks to chemoreceptors located

in the aortic arch, in the carotids and in the medulla oblongata®. The rhythm and amplitude of breathing can also be

4 SK Jindal Gupta PS Shankar, Suhail Raoof, Dheeraj, Textbook of Pulmonary and Critical Care Medicine Vols 1 and 2
(Jaypee Brothers Publishers, 2011).

5 Patrice G. Guyenet, “Regulation of Breathing and Autonomic Outflows by Chemoreceptors,” in Comprehensive
Physiology (American Cancer Society, 2014), 1511-62, https://doi.org/10.1002/cphy.c140004.
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affected by efforts and emotions®. Usually, in the case of a healthy human subject freely breathing, the time spent
with lungs deflated is longer than the one with the lung inflated’.

The human lung plays also support and/or secondary roles. The most important one is surely the protection of the
organism from the infection due to the inhalation of dust particles and microorganisms, like bacteria for example.
The protection is ensured mainly through the mucociliary clearance®: the surface of the lung airways is covered by
cilia carrying mucus and animated by a synchronic beating. The mucus is able to catch the intrusive particles or
microorganisms and the coordinated beating of cilia sets them into motion from the lung to the mouth of the
subject, where they can be either expectorated or swallowed and eliminated through the gastric process.
Additionally, the secretion of other protective molecules and the presence of immune cells at the surface of the
airway walls contribute to the protection of the lung®. As a remark, because of the decrease in size of these airways
at each successive generation of bronchi and bronchioles, particles and microorganism cannot reach the alveoli if
they are not small enough®. Finally, lung plays many other roles important for the global organism function
(regulation of the blood pressure?!, speech®?, ...).

One or several of these vital lung functions can be affected in the case of a patient suffering from a lung disease.
3. THE MAIN RESPIRATORY DISEASES IN HUMAN

Human lung can be affected by numerous illnesses that are not specific to the lung (cancer, idiopathic fibrosis,
sarcoidosis, embolism, edema, ...). Moreover, the lung function can be altered by causes that do not affect the lung
itself directly (obesity, scoliosis, muscular and/or nervous diseases, ...). For that reason, it can be difficult to give an
overview of the pathology of the lung structure and/or function. One possibility is to classify them in groups
depending on the part of the lung that is affected (upper airways, bronchi, bronchioles, alveoli, pleura, ...). We can
also consider their main cause (smoking, air pollution, hygiene, ...). Here, | decided to focus only on respiratory
diseases, which directly affect lung function in terms of gas exchange. These diseases can be classified into three
classes: obstructive, restrictive and mixed lung diseases. The study of these diseases is called pulmonology.

% Frans A. Boiten, Nico H. Frijda, and Cornelis J. E. Wientjes, “Emotions and Respiratory Patterns: Review and Critical
Analysis,” International Journal of Psychophysiology 17, no. 2 (July 1, 1994): 103-28, https://doi.org/10.1016/0167-
8760(94)90027-2.

7 Martin J. Tobin et al., “Breathing Patterns: 1. Normal Subjects,” CHEST 84, no. 2 (August 1, 1983): 202-5,
https://doi.org/10.1016/50012-3692(15)33498-X.

8 “Mucociliary Clearance in the Airways. | American Journal of Respiratory and Critical Care Medicine,” accessed
January 3, 2019, https://www.atsjournals.org/doi/abs/10.1164/ajrccm.154.6.8970383?journalCode=ajrccm.

9L. P. Nicod, “Lung Defences: An Overview,” European Respiratory Review 14, no. 95 (December 1, 2005): 45-50,
https://doi.org/10.1183/09059180.05.00009501.

10 G Oberdérster, J Ferin, and B E Lehnert, “Correlation between Particle Size, in Vivo Particle Persistence, and Lung
Injury.,” Environmental Health Perspectives 102, no. Suppl 5 (October 1994): 173-79.

11 Walter F. Boron and Emile L. Boulpaep, Medical Physiology, 2e Updated Edition E-Book: With STUDENT CONSULT
Online Access (Elsevier Health Sciences, 2012).

12 Hixon Thomas J., Goldman Michael D., and Mead Jere, “Kinematics of the Chest Wall during Speech Production:
Volume Displacements of the Rib Cage, Abdomen, and Lung,” Journal of Speech and Hearing Research 16, no. 1
(March 1, 1973): 78-115, https://doi.org/10.1044/jshr.1601.78.
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Obstructive lung diseases are characterized by an obstruction of the lung airways. It can affect bronchi, bronchioles
or even alveoli. Here is a list of the principal pathologies referred as obstructive lung diseases:

e Asthma®®: This pathology is characterized by the hyperresponsivity of lung airways. For that reason, the
airways suffer from inflammation and produce an important quantity of mucus. Moreover, we observe a
hyperplasia and a constriction of the smooth muscles in the airway walls. All those phenomena produce a
narrowing of the airways, making the breathing work difficult.

e Chronic bronchitis!*: This pathology is characterized by an inflammation of the bronchi and an hyper-
secretion of mucus, that tends to obstruct the lung airways. The equivalent pathology for bronchioles is
called bronchiolitis.

e Bronchiectasis'®: This irreversible disease is characterized by a permanent dilatation of the bronchi. Its
direct effect is the narrowing of the lung airways.

e Pulmonary emphysema‘®: This pathology is characterized by a destruction of the alveoli walls. Because of
related loss of lung elasticity, the direct consequence for surrounding alveoli is a decreased expansion
leading to a reduced local ventilation. If the emphysema is severe, it can also decrease importantly the gas
exchange surface of the lung, making the gas exchange function more difficult to perform.

Chronic bronchitis and pulmonary emphysema are parts of the same group of illnesses called COPD, for Chronic
Obstructive Pulmonary Disease!’. Patients affected by this category of diseases can suffer both from chronic
bronchitis and emphysema. Asthma is differentiated from COPD essentially because of its reversibility, even if
COPD can sometimes show signs of reversibility.

Restrictive lung diseases'® are characterized by a restriction of lung expansion, leading most importantly to lung
volumes that are reduced during inspiration. This category of respiratory defects can be related to various organs
and parts of the body. For example:

e |t can be related to a degradation of thoracic or muscular walls or environment, for example in the case of
scoliosis, obesity or myopathy.

e |t can be related to the affection of the lung parenchyma, for example in the case of radiation-induced or
idiopathic lung fibrosis, benign or malignant tumor or lesion in the lung parenchyma or lung sarcoidosis.

13 Ppeter J. Barnes, “Asthma Mechanisms,” Medicine 44, no. 5 (May 1, 2016): 265-70,
https://doi.org/10.1016/j.mpmed.2016.02.020.

1 Victor Kim and Gerard J. Criner, “The Chronic Bronchitis Phenotype in COPD: Features and Implications,” Current
Opinion in Pulmonary Medicine 21, no. 2 (March 2015): 133-41, https://doi.org/10.1097/MCP.0000000000000145.

15 Angeline Lazarus, Janet Myers, and Gregory Fuhrer, “Bronchiectasis in Adults: A Review,” Postgraduate Medicine
120, no. 3 (January 1, 2008): 113-21, https://doi.org/10.3810/pgm.2008.09.1912.

16 Masashi Takahashi et al., “Imaging of Pulmonary Emphysema: A Pictorial Review,” International Journal of
Chronic Obstructive Pulmonary Disease 3, no. 2 (June 2008): 193—-204.

17 peter J. Barnes et al., “Chronic Obstructive Pulmonary Disease,” Nature Reviews Disease Primers 1 (December 3,
2015): 15076, https://doi.org/10.1038/nrdp.2015.76.

18 Nina Saxena, “Restrictive Lung Disease,” in The Perioperative Medicine Consult Handbook, ed. Molly Blackley
Jackson, Somnath Mookherjee, and Nason P. Hamlin (Cham: Springer International Publishing, 2015), 199-202,
https://doi.org/10.1007/978-3-319-09366-6_32.
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e Finally, it can be related to a nervous system affection, for example in the case of respiratory defects
caused by Parkinson’s disease, multiple sclerosis or poliomyelitis.

Mixed lung diseases share the characteristics of obstructive and restrictive lung diseases. Hence, we observe both
an obstruction of lung airways and a decrease in lung expansion. It can be related to a combination of several
pathologies, for example, a chronic bronchitis (obstructive lung disease) for a patient affected by scoliosis
(restrictive lung disease).

Many diagnosis techniques are used today in clinical routine to assess the quality of lung function and characterize
a possible lung disease.

4. PULMONARY FUNCTION TESTS AND OTHER STANDARD PULMONOLOGY EXAMS IN
CLINICAL ROUTINE

As explained previously in this chapter, normal lung function supports several distinct but simultaneous processes,
which are to occur during breathing:

e providing dioxygen to the organs of the body and evacuating the carbon dioxide they produce in the
environment, the first required step is a flow of gas inflating and deflating the different regions of the lung.
This gas circulation process is referred to as ventilation.

e the exchange of dioxygen and carbon dioxide between gas and blood is made through a diffusion process
through the alveolar-capillary membrane. This process is referred to as gas transfer.

e the blood newly enriched in dioxygen needs to be evacuated from the lung in order to let inflowing blood
rich in carbon dioxide perform gas exchange too. This results in the circulation of blood in the lung, which
is referred to as perfusion.

Those three processes are needed for a healthy function of the lung, and are generally fulfilled in the whole volume
of the organ. If one of those three processes is deficient in one given region of the lung, global lung function can be
partly altered. From this point of view, it can be deduced that the evaluation of one of those three processes (lung
ventilation, gas transfer and blood perfusion around the alveoli) can help characterizing lung function, and
therefore on the pathophysiological state of the organ. Complete information on lung function and pathology can
be obtained by studying those three processes with spatial sensitivity, in order to discriminate between different
regions of the lung.

To evaluate the pulmonary function and to diagnose the pathophysiological state of the lung in humans, various
procedures and techniques are used today in clinical routine by pulmonologists and practitioners. The aim of these
techniques is to measure physical parameters able to characterize lung function, either globally or locally, and
either related to lung ventilation, gas transfer, or perfusion. In the following, we will study the global and the local
methods and see what each of them measure.

4.1. GLOBAL MEASUREMENTS OF LUNG FUNCTION

As far as the global methods are concerned, the most important techniques used in clinical routine are gathered
under the name ‘respiratory function testing’. This family of techniques aims at measuring lung volumes (tidal
volume, inspiratory reserve volume, expiratory reserve volume and residual volume, see Figure 1.2), lung capacities
(total lung capacity, inspiratory capacity, functional residual capacity, and vital capacity, see Figure 1.2), inspiratory
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and expiratory air flows and pressures, and also the global quality of gas exchange and blood composition. In these
techniques, the three processes that characterize lung function are tested within the entire organ.

4.1.1. MEASUREMENT OF RECRUITABLE LUNG VOLUMES

A spirometer is a system able to measure inspiratory and expiratory gas volumes, gas flows and therefore
recruitable lung volumes beyond the residual volume?®®. It is usually composed of a disposable mouthpiece and a
measurement station. In a standard spirometry procedure, the patient holds the mouthpiece with his lips and
freely breathes through it. After several respiratory cycles of free breathing permitting to measure the tidal
volume, the patient is asked to inhale as deeply as he can and to blow the gas out of his lung as fast as possible. The
result can be represented as a volume-time curve (representing the gas volume as a function of time) and/or, more
commonly, as a flow-volume loop (representing the gas flow, which is the first time derivative of gas volume, as a
function of gas volume during the forced respiratory cycle). The shape of this loop gives information about an
eventual decrease in air flow during forced expiration, often explained by an obstructive lung disease, and/or a
decrease in lung volumes and capacities, often explained by a restrictive lung disease (see Figure 1.3). Just by
analyzing the global shape of this flow-volume loop, the pulmonologist is able to evaluate the global
pathophysiological state of the lung in terms of ventilation.

Obstructive Restrictive
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disease disease
Air ¢ Air ¢
-l <
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A\ 4 A 4
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Figure 1.3: lllustration of a spirometry exam and presentation of the shape of the flow-volume loop for two
common types of lung diseases.

From a more quantitative point of view, several indices can be calculated from this flow-volume loop and can be
used for disease diagnosis and staging:

e The Tiffeneau-Pinelli index, which is the Forced Expiratory Volume in one second divided by the Forced
Vital Capacity (FEV1/FVC). This index is decreased in patients suffering from obstructive lung diseases in
comparison to normal subjects. In patients suffering from restrictive lung diseases, it remains normal or
increases sometimes.

e The Forced Expiratory Flows (FEF) and Forced Inspiratory Flows (FIF) at different fractions of the forced
vital capacity (often 25%, 50% and 75% of FVC).

e The Peak Expiratory Flow (PEF), which is the maximal air flow measured during the forced expiration
period.

1 M. R. Miller et al., “Standardisation of Spirometry,” European Respiratory Journal 26, no. 2 (August 1, 2005): 319—
38, https://doi.org/10.1183/09031936.05.00034805.
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To increase its robustness, this procedure is often repeated several times. Spirometry can also be performed under
other conditions: after the administration of a bronchodilator (to test the reversibility of an obstructive disease),
during or after a physical effort (to study the alteration of effort dependent indexes measured with spirometry),
after the administration of a pharmacological or a physical stress (called bronchial provocation testing, to evaluate
an eventual hyperresponsivity of the lung) or after the administration of a treatment (corticoids, for example, to
challenge the therapeutical action). Moreover, if spirometry measurements are associated to pressure
measurement thanks to the use of a pressure transducer, the change in lung volume can be represented as a
function of the pressure at the mouth and the lung compliance can be measured by estimating the slope of this
curve?®. Finally, this type of measurement can also be performed under a mechanical excitation produced by an
oscillatory pressure signal to obtain information on both lung compliance and reactance through techniques known
as forced oscillation techniques (FOT)2L. The latter provides information that is directly related to lung mechanical
properties and will be studied in details in the last chapter of this manuscript.

4.1.2. MEASUREMENT OF NON-RECRUITABLE LUNG VOLUMES

To measure non-recruitable lung volumes (residual volume, functional residual capacity and total lung capacity, see
Figure 1.2), several techniques can be implemented??. A first technique is called plethysmography and is based on
the measurement of volume and pressure changes in a sealed chamber as the patient breathes through a
mouthpiece. The measurement of the lung volumes is based on Boyle’s law (pressure x volume = constant for a
given amount of gas at a given temperature). A second technique is called helium dilution technique, and is based
on the measurement of the concentration of helium in a mixture made of oxygen and helium. As the patient is
breathing the mixture, because the lung contains no helium at the beginning of the experiment and because the
total amount of helium involved in the experiment is known, a lung volume that takes into account the residual
volume can be estimated. Another technique, called nitrogen washout, is able to measure the anatomic dead
spaces in the lung (spaces occupied by trachea, bronchi and bronchioles, which do not participate in the gas
exchange) by making the patient breathing pure dioxygen and measuring along the respiratory cycles the quantity
of nitrogen leaving the lung. Finally, lung volumes can also be assessed by medical imaging, and in particular X-ray
imaging. Once again, those measurements of lung volumes and gas flows are only sensitive to ventilation, but
neither to gas transfer nor blood perfusion in the lung parenchyma.

4.1.3. OTHER GLOBAL MEASUREMENT OF LUNG FUNCTION PROCESSES

Other global measurement techniques are also performed in clinical routine to assess the other processes involved
in the lung function. For example, by measuring the diffusing capacity of carbon monoxide (DLCO) during a single
inspiration-breath hold-expiration cycle of a known quantity of carbon monoxide, it is possible to evaluate the
permeability of the alveolar wall to the gas exchange by measuring the partial pressures of CO before and after the
cycle?®. Moreover, arterial blood gas composition can be explored by sampling and analyzing a small quantity of
blood to evaluate the global quality of gas exchanges for a given patient. Analyzes of bronchoalveolar lavage fluids

20 Eduardo Salazar and John H. Knowles, “An Analysis of Pressure-Volume Characteristics of the Lungs,” Journal of
Applied Physiology 19, no. 1 (January 1, 1964): 97-104, https://doi.org/10.1152/jappl.1964.19.1.97.

21 Bjll Brashier and Sundeep Salvi, “Measuring Lung Function Using Sound Waves: Role of the Forced Oscillation
Technique and Impulse Oscillometry System,” Breathe 11, no. 1 (March 1, 2015): 57-65,
https://doi.org/10.1183/20734735.020514.

22 ), Wanger et al., “Standardisation of the Measurement of Lung Volumes,” European Respiratory Journal 26, no. 3
(September 1, 2005): 511-22, https://doi.org/10.1183/09031936.05.00035005.

23], M. B. Hughes and D. V. Bates, “Historical Review: The Carbon Monoxide Diffusing Capacity (DICO) and Its
Membrane (Dm) and Red Cell (©-Vc) Components,” Respiratory Physiology & Neurobiology 138, no. 2 (November
14, 2003): 115-42, https://doi.org/10.1016/j.resp.2003.08.004.
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and lung biopsy samples can also be performed to obtain more detailed information about a given pathology.
Finally, polysomnography?* consists in performing a great number of various measurements (ECG, EEG, lung air
flow measurement, ...) as the patient is sleeping in order to detect and characterize respiratory tract related sleep
disorders, for example sleep apnea. Those last techniques are more specific to a given category of pathologies and
go beyond our analysis in terms of ventilation, gas transfer and perfusion.

4.2. LOCAL MEASUREMENTS OF LUNG FUNCTION

The different techniques presented in 4.1 have great advantages: they are robust, often simple and available in
clinical routine. However, they all show an important drawback: they only give a global estimation of lung function,
in the sense that they are not sensitive to the spatial location of any lung defect. These techniques are not even
able to distinguish between left and right lung function. Because many lung diseases affect specific regions of the
lung (as pulmonary embolism, emphysema or lung cancer, for example), it seems worthwhile to develop new
techniques that would be sensitive to lung function defects in terms of ventilation, gas transfer, and perfusion, but
also to the location of the diseased regions inside the organ. This possibility would give more sensitive
measurements (because they would average the measurement on smaller regions of the lung, and not on the
entire organ), would make possible the detection and characterization of several types of pathologies or diseased
regions at the same time and would inform on the location and extent of diseases in the perspective of a targeted
therapy, for example.

As far as local methods are concerned, they are all based on medical imaging?®. From a general point of view,
medical imaging can be considered as the spatially localized measurement of a physical or a pathophysiological
parameter. This physical parameter can be an intensity of X-rays attenuated by the patient’s body, as it is done in
conventional radiography. From this type of measurement, a linear attenuation coefficient of biological tissues can
be estimated for X-rays, as it is done in Computed Tomography (CT). If an exogenous radioactive tracer is injected
in the patient and is able to radiate gamma rays directly or indirectly, the concentration of this tracer can be
estimated from the intensity of the emitted gamma rays, as it is done in scintigraphy, Single Photon Emission
Computed Tomography (SPECT) or in Positron Emission Tomography (PET). Other physical phenomena, as the
reflection of ultrasound waves in echography or the production of nuclear magnetic resonance electromagnetic
waves in Magnetic Resonance Imaging (MRI), as seen previously, can be measured and localized in space to
produce medical images. An optical probe can even be inserted in a natural cavity of the patient to observe directly
the light reflected and diffused by the surface of an organ: this is the principle of endoscopy.

4.2.1. STRUCTURAL IMAGING OF THE LUNG

Today, in clinical routine, the main medical imaging techniques performed to establish a lung diagnosis are
conventional radiography, CT, scintigraphy, SPECT, PET and bronchoscopy (endoscopy inside the first generations
of bronchi, up to several millimeters in diameter). Conventional X-ray radiography can be used to observe the walls
and heterogeneous structures of organs inside the thorax as 2-dimensional projection images. The measurement
relies on the differences in density between neighbor organs and structures. Moreover, this technique can be
useful to characterize pneumonia, emphysema and different types of lesions. CT gives anatomical images of the
lung comparable to the ones obtained in conventional radiography but with the advantage to discriminate the

24 Konrad E. Bloch, “Polysomnography: A Systematic Review,” Technology and Health Care 5, no. 4 (January 1,
1997): 285-305.

25 Jerrold T. Bushberg and John M. Boone, The Essential Physics of Medical Imaging (Lippincott Williams & Wilkins,
2011).
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measurement along the third dimension of space by exploiting the image acquisition and reconstruction principles
of tomography. This makes the detection of lesions or diseased tissues easier, and often more precise and more
sensitive. Scintigraphy is able to give, on a bi-dimensional image, the location and the importance of the tissue
uptake of a given radiopharmaceutical tracer. SPECT and PET are able to give similar results but in 3D by exploiting
the principles of tomographic reconstruction. The information obtained will depend on the injected tracer and its
administration method. For example, information about lung cell metabolism can be obtained during a 8F-FDG PET
exam. This information is valuable in the case of cancer diagnosis and therapy follow-up?®. Finally, during a
bronchoscopy exam, a bronchoscope is introduced in the lung airways through the patient’s mouth or nose to
visualize the surface of those airways. This procedure can be valuable to detect in real-time small bleedings, cancer
lesions?’ or inflammation, for example.

4.2.2. FUNCTIONAL IMAGING OF THE LUNG

The possibilities offered by medical imaging are wide and it would be difficult to detail all the possibilities offered
by this family of techniques in the field of ventilation, gas transfer and perfusion assessment in the lung. As a
summary, every imaging method sensitive to any of the three functional processes presented at the beginning of
this subsection, but also to other abnormal characteristics in the lung (presence of a lesion, abnormal metabolism,
abnormal tissue texture, ...) is valuable for the evaluation of the pathophysiological state of the lung.

Ventilation-perfusion ratio is efficiently mapped by V/Q scintigraphy?® or V/Q SPECT?° 3°, These two techniques will
be introduced together as SPECT is the 3D extension of scintigraphy, and is thus based on the same physical
phenomena and acquisition method. V/Q stands for Ventilation/Perfusion ratio, with the lung ventilation expressed
in liters of gas per minute, and being globally around 4 L/min in healthy adults at rest for the entire lung, and the
perfusion expressed in liters of blood per minute, and being globally around 5 L/min in healthy adults at rest for the
entire lung. This V/Q ratio is therefore a dimensionless quantity reaching a global mean value around 0.8 in healthy
adults at rest, and represents the ideal situation of global V/Q matching: ventilation and perfusion are globally
adapted to each other, which enables the optimal gas exchange.

In a V/Q scintigraphy or SPECT exam, the ventilation maps result from the administration of an aerosol of
radionuclides (based on Tc99m, for example), which get distributed throughout the airways, whereas the perfusion
maps result from an intravenous injection of a radionuclide, which remains in the vascular system. Both ventilation
and perfusion images are obtained with one (scintigraphy) or multiple (SPECT) projections images acquired thanks
to a gamma camera. The comparison of both images and even the calculation of a V/Q map can be performed to
obtain a global analysis of the ventilation-perfusion matching quality in a given patient (see Figure 1.4).

26 James W. Fletcher et al., Recommendations on the Use of 18F-FDG PET in Oncology, n.d.

27 Timothy C. Kennedy, Stephen Lam, and Fred R. Hirsch, “Review of Recent Advances in Fluorescence
Bronchoscopy in Early Localization of Central Airway Lung Cancer,” The Oncologist 6, no. 3 (January 6, 2001): 257—
62, https://doi.org/10.1634/theoncologist.6-3-257.

28 “value of the Ventilation/Perfusion Scan in Acute Pulmonary Embolism: Results of the Prospective Investigation
of Pulmonary Embolism Diagnosis (PIOPED),” JAMA 263, no. 20 (May 23, 1990): 2753-59,
https://doi.org/10.1001/jama.1990.03440200057023.

29 patrick Reinartz et al., “Tomographic Imaging in the Diagnosis of Pulmonary Embolism: A Comparison Between
V/Q Lung Scintigraphy in SPECT Technique and Multislice Spiral CT,” Journal of Nuclear Medicine 45, no. 9 (January
9, 2004): 1501-8.

30 Gregory G. King, Benjamin Harris, and Sriram Mahadev, “V/Q SPECT: Utility for Investigation of Pulmonary
Physiology,” Seminars in Nuclear Medicine, SPECT V/Q Imaging of the Lungs, 40, no. 6 (November 1, 2010): 467-73,
https://doi.org/10.1053/j.semnuclmed.2010.07.006.
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V/Q is usually not uniform throughout the lung. When regionally measured and calculated through local air volume
per minute and local blood volume per minute, the local V/Q matching can be more or less optimal with respect to
the lung regions. In particular, for a healthy human in upright position, ventilation and perfusion are known to
reach higher values close to the base of the lung in comparison to the apex, essentially because of gravity.
Concerning ventilation, the basal region is more subject to gravity than the apical region (and is therefore called the
dependent region in upright position), which makes this former region more easily distensible than the latter. Basal
regions therefore ventilates more efficiently than apical ones, as explained and demonstrated by Bryan et al.3%.
Concerning perfusion and because of gravity, it is more difficult for the blood to reach regions located above the
heart than below in upright position3? 33, Because perfusion is more sensitive to gravity than ventilation, this leads
to higher apical V/Q ratio compared to basal V/Q ratio in upright position in general®* 3*, More recent studies
however mitigate the role of gravity in the distribution of ventilation and perfusion in the lung, in particular for
positions other than upright and by looking at the heterogeneity at smaller spatial scales3® 37 38 39,

The V/Q ratio can also vary locally throughout the lung because of regional anatomical particularities and also
because of lung disease. In the two extreme cases®, first, if a given region is perfused but not ventilated (because
of chronic bronchitis or asthma, for example), its V/Q is close to 0 and the region is called a blood shunt. Inversely,
second, if a given region is ventilated but not perfused (because of pulmonary embolism or emphysema, for
example), its V/Q becomes very high and the region is called an alveolar dead space (as it does not contribute to
the gas transfer, like the previously described anatomic dead space that was referring to the volume occupied by
the conducting airways). In all the intermediate situations between those two extreme cases, and for V/Q values
that are shifted from the normal value obtained for a given region, we talk about V/Q mismatch or V/Q defect. This
V/Q mismatch is therefore a good indicator of the functional and pathophysiological state of the lung.
Nevertheless, as it was defined, V/Q does not take into account the gas diffusion process through the alveolus-

31 A C Bryan, J Milic-Emili, and D Pengelly, “Effect of Gravity on the Distribution of Pulmonary Ventilation.,” Journal
of Applied Physiology 21, no. 3 (May 1, 1966): 778-84, https://doi.org/10.1152/jappl.1966.21.3.778.

32N R Anthonisen and J Milic-Emili, “Distribution of Pulmonary Perfusion in Erect Man.,” Journal of Applied
Physiology 21, no. 3 (May 1, 1966): 760-66, https://doi.org/10.1152/jappl.1966.21.3.760.

33 Klaus W. Stock et al., “Demonstration of Gravity-Dependent Lung Perfusion with Contrast-Enhanced Magnetic
Resonance Imaging,” Journal of Magnetic Resonance Imaging 9, no. 4 (1999): 557-61,
https://doi.org/10.1002/(SIC1)1522-2586(199904)9:4<557::AID-JMRI8>3.0.CO;2-Y.

34C. J. Martin and A. C. Young, “Ventilation-Perfusion Variations Within the Lung,” Journal of Applied Physiology 11,
no. 3 (November 1, 1957): 371-76, https://doi.org/10.1152/jappl.1957.11.3.371.

35). B. West and C. T. Dollery, “Distribution of Blood Flow and Ventilation-Perfusion Ratio in the Lung, Measured
with Radioactive C02,” Journal of Applied Physiology 15, no. 3 (May 1, 1960): 405-10,
https://doi.org/10.1152/jappl.1960.15.3.405.

36T, S. Hakim, R. Lisbona, and G. W. Dean, “Gravity-Independent Inequality in Pulmonary Blood Flow in Humans,”
Journal of Applied Physiology 63, no. 3 (September 1, 1987): 1114-21,
https://doi.org/10.1152/jappl.1987.63.3.1114.

37R. W. Glenny et al., “Gravity Is a Minor Determinant of Pulmonary Blood Flow Distribution,” Journal of Applied
Physiology 71, no. 2 (August 1, 1991): 620-29, https://doi.org/10.1152/jappl.1991.71.2.620.

38 Robb W. Glenny et al., “Gravity Is an Important but Secondary Determinant of Regional Pulmonary Blood Flow in
Upright Primates,” Journal of Applied Physiology 86, no. 2 (February 1, 1999): 623-32,
https://doi.org/10.1152/jappl.1999.86.2.623.

39|, Galvin, G. B. Drummond, and M. Nirmalan, “Distribution of Blood Flow and Ventilation in the Lung: Gravity Is
Not the Only Factor,” BJA: British Journal of Anaesthesia 98, no. 4 (April 1, 2007): 420-28,
https://doi.org/10.1093/bja/aem036.

40 p_ D. Wagner, H. A. Saltzman, and J. B. West, “Measurement of Continuous Distributions of Ventilation-Perfusion
Ratios:  Theory,” Journal of Applied Physiology 36, no. 5 (May 1, 1974): 588-99,
https://doi.org/10.1152/jappl.1974.36.5.588.
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capillary membrane and thus the possibility to effectively perform gas exchange. Moreover, in the case of both
abnormally low ventilation and perfusion in a given lung region, normal V/Q values can be reached thanks to the
compensation between the two physical quantities, which necessitates to evaluate ventilation and perfusion values
separately too.
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Figure 1.4: Typical V/Q maps of a standard clinical V/Q SPECT exam. The coronal perfusion images are represented
in the top part of the figure and the corresponding ventilation images are represented in the bottom part. Note the
greyscales on the right putting in evidence the mean V/Q around 0.8 (79% for ventilation and 100% for perfusion).
Note also the black spot observed on several views of the ventilation maps. It corresponds to radioactive gas that
entered inside the stomach of the patient during gas inhalation. This V/Q SPECT exam was recently performed at
Service Hospitalier Frédéric Joliot (SHFJ), Orsay, France.

5. THE RELATIONSHIP BETWEEN LUNG MECHANICS, FUNCTION AND PATHOLOGY

Mechanics is the field of physics that studies the behavior of physical bodies when subjected to forces, in particular
in terms of their displacement, deformation and interaction with their environment. In this way, lung is a very
complex but rich object to study from a mechanical point of view:

e During the inspiration, the diaphragm and the thoracic cage apply forces and set boundaries to the lung,
decreasing the surface force, or pressure, applied by the gas inside the lung and deforming it at different
space scales as the organ inflates. For a given pressure inside the alveoli, the local tissue deformation
pattern depends on the local elastic property of the lung tissue, of the thoracic cage and of the organs
located caudally to the lung, but also on the opposite action of surface tension forces created by the
alveoli wall but decreased thanks to the presence of pulmonary surfactant. The global effect of these
elastic forces and surface tension forces gives the compliance introduced in 4.1.1. Moreover, resistance
forces applied on the entering gas by the lung airways along the whole respiratory tract and the viscosity
property of the lung tissue increase the mechanical work to provide in order to inflate the lung.

e During the expiration, the lung goes back to its mechanical rest state thanks to the elastic recoil of all the
organs of the thorax and the abdomen, which were displaced and deformed during the inspiration
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process. As it is observed during inflation, surface tension properties, airway resistance and viscosity of
lung parenchyma play important roles in the time evolution of the lung’s deformation field during its
deflation.

As we can see, lung main function, which is the gas exchange in alveoli through cycles of lung inflation and
deflation, is directly related to lung mechanics: a modification of either the elasticity or viscosity of the lung tissue
and its surrounding environment, of the airway resistance or the surface tension properties of alveoli will produce
direct effects on the time evolution of the deformation field of the lung parenchyma and, therefore, in its regional
ventilation distribution and time evolution along the respiratory cycle.

We have seen throughout this section that most lung pathologies affect one or several of these mechanical
properties of the lung. Just to remind a few examples:

e In asthma, we observe a narrowing of lung airways, which produces an increase of the resistance forces
applied by the airways to the inflating and deflating air circulating in those airways.

e In emphysema, alveoli walls are locally altered, affecting directly both the elasticity and surface tension
properties of lung parenchyma in the diseased regions.

e In idiopathic or radiation-related lung fibrosis, fibrous conjunctive tissue appears in the lung parenchyma,
and affects directly its elasticity, making the tissue stiffer®..

e In lung cancer, one or several soft tissue masses appear in the lung parenchyma. Those lesions usually do
not share the same elasticity and viscosity compared to their surrounding lung tissue*?.

If we link these observations to what we explained just above, we observe an interesting relationship between:
e |lung mechanical properties,
e lung mechanical behavior, which is a direct function of the mechanical properties,

e lung function, itself depending partly on the mechanical behavior, and on the deformation field of the lung
parenchyma, in particular,

e and lung disease, that modifies lung mechanical properties, and thus its mechanical behavior and function.

For that reason, lung mechanical properties and lung mechanical behavior appear to be relevant sets of physical
parameters to consider and estimate in order to probe lung function, detect pulmonary pathologies and
characterize them. Lung mechanics, in terms of both mechanical properties and behavior, appears to bring a
hopeful set of biomarker candidates for lung diagnosis in most of its common pathologies that are known today in
human. As we will see in the next chapters, a great number of measurement techniques (spirometry,
plethysmography, forced oscillations technique, ...) are available in clinical routine to probe certain aspects of lung
mechanics and extract information about lung function. However, because those behaviors and properties can vary
throughout the lung, which can explain different pathophysiological states within the same organ (some regions of

41 Rebecca G. Wells, “Tissue Mechanics and Fibrosis,” Biochimica et Biophysica Acta (BBA) - Molecular Basis of
Disease, Fibrosis: Translation of basic research to human disease, 1832, no. 7 (July 1, 2013): 884-90,
https://doi.org/10.1016/j.bbadis.2013.02.007.

42 Sui Huang and Donald E. Ingber, “Cell Tension, Matrix Mechanics, and Cancer Development,” Cancer Cell 8, no. 3
(September 1, 2005): 175-76, https://doi.org/10.1016/j.ccr.2005.08.009.
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the lung are affected while others are healthy), it would be important to obtain a spatial information with those
potential biomarkers so as to know where they were measured, in the perspective to create a medical image
spatially mapping those biomarkers.

Thanks to the spatial discretization inherent to medical imaging measurements, exploiting a modality from this
family of techniques appears to be a promising strategy to probe the lung mechanics locally. In the following
section, we will study the principles of one particular medical imaging modality which could be valuable to study
lung mechanics at the regional scale: magnetic resonance imaging.
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SECTION 2 MAGNETIC RESONANCE IMAGING

MAGNETIC RESONANCE IMAGING (MRI) IS A NMR-BASED MEDICAL IMAGING
TECHNIQUE INVENTED IN 1973, WHICH UNDERWENT A VERY QUICK DEVELOPMENT
OVER THE LAST 45 YEARS. MORE THAN A SIMPLE INNOCUOUS TECHNIQUE TO MAKE
ANATOMICAL IMAGES WITH UNMET SOFT-TISSUE CONTRASTS WITHOUT IONIZING
RADIATIONS, THE LATEST DEVELOPMENTS OF THIS MODALITY ENABLE THE ASSESSMENT
OF ARTERIOVENOUS BLOOD VELOCITIES (MAGNETIC RESONANCE ANGIOGRAPHY), THE
MAPPING OF WATER MOLECULES DIFFUSION COEFFICIENTS (DIFFUSION MRI), THE
STUDY OF TISSUE'S BLOOD PERFUSION (PERFUSION MRI) OR AGAIN THE VISUALIZATION
OF THE ACTIVATED PARTS OF THE BRAIN DURING A GIVEN ACTIVITY (BRAIN
FUNCTIONAL MRI). AND THIS LIST IS NOT EXHAUSTIVE.

1. PHYSICAL PRINCIPLES OF NUCLEAR MAGNETIC RESONANCE (NMR)

1.1. THE BEHAVIOR OF AN ISOLATED SPIN IN A MAGNETIC FIELD

Every particle can be associated to a spin property, which is its intrinsic quantum angular momentum. It is
characterized by the spin number, I, taking only integer or half-integer values, and is modeled by the angular
momentum vector f, with quantized components along any direction of space. If we measure the component I, of
falong the spatial z axis, it takes only discrete values given by I, = mh, where m is the magnetic quantum number
of the particle, varying between +I and —I with integer intervals. Thus, for a particle of spin number I, we can
measure 21 + 1 possible values for .

Concerning nucleons, protons and neutrons, from which atom nuclei are constituted, both are characterized by a
spin number I equal to 1/2: they are said to be of spin one-half and are called fermions. From the Pauli Exclusion
Principle and the fundamental composition of nucleons, and because protons and neutrons are distinguishable
particles, it can be shown that every nucleus composed of an odd number of protons and/or neutrons possesses a
non-zero spin number. Water molecules in biological tissues possess two hydrogen atoms. The nucleus of an
hydrogen atoms, 1H, is made of one proton and zero neutron, and therefore possesses a spin one-half with I, =
+h/2.

In the following, because most biological tissues are essentially made of water, and because our goal is to explain
the medical application of these physical principles, we will consider only the particular case of 'H Nuclear
Magnetic Resonance (NMR), even if other isotopes, like 3He, *3C and 3!P, have also a non-zero spin and can lead to
the same physical phenomena and NMR measurements.
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We have in this case, for H:
e A spin-up state, characterized by:
I, = +h/2 Eq. 1.1
e A spin-down state, characterized by:
I,=—-h/2 Eq.1.2
A magnetic dipole i can be associated to this spin faccording to this expression:
p=yl Eq.1.3
where y is the gyromagnetic ratio of 'H, and thus:
U, =vl, Eq.1.4
where 11, is the component of ji along the z axis.

If the magnetic field of the nucleus environment is 0, the two spin states are said to be degenerated, meaning that

they are characterized by the same energy. When a uniform and stationary magnetic field EQ, considered to be
oriented along the z axis, is applied to the H nucleus, the degeneracy is lifted and two different energies must be
considered for the two eigen quantum states described above.

As the energy of a magnetic dipole [ in a magnetic field B_O) is given by:
E=—j- B—o) Eq. 1.5
we observe:
e One state of low energy E;, for which the magnetic dipole /i is parallel to the magnetic field B_O):
u, = +yh/2 Eq. 1.6
e One state of high energy E,, for which the magnetic dipole ji is anti-parallel to the magnetic field EQ:
p, = —yh/2 Eq. 1.7
and the energy difference between these two states is given by:
AE = E, — E; = yh|B| Eq. 1.8

At thermal equilibrium and for a biological tissue, only a tiny difference exists between the number of spins in the
parallel state and the ones in the anti-parallel state: for one million of protons, the difference between the number
of protons in a parallel state and in an anti-parallel state in a magnetic field of 3 T is about 12 at room temperature.
This difference is proportional to the magnetic field at low magnetic field strengths and room temperature. It is
possible to change a spin in the parallel state into an anti-parallel state through an interaction between the nucleus
carrying the spin and a photon of energy AE corresponding to the energy difference between the two spin
guantum states described in Eq. 1.1 and Eq. 1.2.
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As the relation between the energy E, and the angular frequency w, of a photon is given by E, = hw, (Planck-
Einstein relation), the resonance condition for the excitation to be performed is given by:

wo = ¥|By| Eq. 1.9

Moreover, in a magnetic field, the spins follow a precession motion called Larmor precession. It can be shown, by
solving the equation given by the Ehrenfest theorem with the components of ji orthogonal to B_(; and the
Hamiltonian for the interaction between ji and 73;, that the angular frequency of this precession is also equal to

Wy = V|E|-

|1.2.THE BEHAVIOR OF A BIOLOGICAL TISSUE SUBJECT TO EXTERNAL MAGNETIC FIELDS

If we consider now several protons from an homogeneous biological tissue in the same magnetic fieId_B’;and
interacting with a radiofrequency (RF) electromagnetic wave (or photon flow, from a quantum mechanics point of
view) tuned at Larmor frequency and characterized by the magnetic field Bj orthogonal to B_o), a resonance
condition is verified between the RF field and the magnetic dipoles. In this case, spins in the parallel state become
able to absorb the energy of RF photons, which can be seen as an excitation of the spins in a parallel state to the
anti-parallel state. However, this idea of state transition for one given spin is false from a quantum mechanics point
of view. In general, the spin is set in a superposition of the two quantum states described in Eq. 1.1 and Eq. 1.2.
Nevertheless, this idea of transition between two quantum states, which is halfway between the classical and the
quantum points of view, is often used to explain NMR phenomena.

If the tissue magnetization Mis introduced, defined as the sum of all the individual /i local magnetic moments in a
localized infinitesimal volume of biological tissue divided by this given infinitesimal volume, this spin excitation
phenomenon will be macroscopically characterized by:

e A decrease of the longitudinal magnetization amplitude M,, the component of M parallel to BE and
conventionally along the z axis direction. If the RF field is applied with a strong amplitude and/or during a
long period of time, an inversion of this longitudinal magnetization can occur.

® Anincrease of the transverse magnetization amplitude M,,,, the component of M perpendicular to BT) and
conventionally in the (Oxy) plane. This transverse component describes a vector M,,,, the projection of M

in the (Oxy) plane, that rotates in this plane at Larmor frequency. This increase in transverse
magnetization amplitude is directly related to the decrease in longitudinal magnetization amplitude

explained just above: M is rotated by a given flip angle, and M, and M,,,, are respectively proportional to
the cosine and the sine of this angle.

Thus, the interaction between a biological tissue in a magnetic field B_(; and a RF electromagnetic field tuned at the
Larmor frequency of the spins in the biological tissue will be characterized by a rotation of the total magnetization

vector M around the time-varying RF magnetic field vector B_f, resulting in a double rotation of M around B_o) and B_l)
directions (see Figure 1.5).
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Figure 1.5: Schematic representation of the two major steps of a NMR experiment for a m/2 RF pulse, material
excitation and data acquisition, from a quantum mechanics point of view and from a classical mechanics point of
view.

In electromagnetism, from the classical mechanics point of view, the induction principle says that a magnetic dipole
moving in space produces an electromagnetic wave. Here, because M—m;(t) keeps following a Larmor precession in
the (Oxy) plane after the RF excitation, a RF wave at the same Larmor frequency and phase is produced and
radiates from the biological tissue. At the scale of each individual spin and from a quantum mechanics point of
view, after being excited, a spin in an anti-parallel state goes back to a parallel state by emitting a photon of
angular frequency w, and of energy AE = hw, = yh|B_0>| (see Figure 1.5). Once again, the quantum point of view is
simplified here, as each spin is actually set in a superposition of the two eigen quantum states. This phenomenon,
composed of an excitation step and a relaxation step, is called *H Nuclear Magnetic Resonance (*H-NMR).

After the excitation, the magnetization vector M will therefore concurrently relax to its initial value at thermal
equilibrium (see Figure 1.6):

e The longitudinal magnetization M, will increase in amplitude along time to reach its equilibrium value. This
temporal evolution, driven by the relaxation process from an excited state to a more stable state, can be
characterized by an exponential function of time constant T;: this is the T; relaxation, or spin-lattice
relaxation process.

e The transverse magnetization M,, will decrease in amplitude along time to a null value. This temporal
evolution, driven by the local dephasings between the different spins caused by spin-spin interactions and
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B_(;field spatial inhomogeneity, is characterized by an exponential function of time constant T5: this is the
T, relaxation.

e If the BTJ field was perfectly homogeneous in space or if the B_o) field inhomogeneities could be
compensated (with a 180° RF pulse for example), only spin-spin interactions would drive the transverse
magnetization relaxation, and the associated time constant is written T,: this is the T, relaxation, or spin-
spin relaxation process.
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Figure 1.6: Time evolution of the different component of the magnetization vector M and definition of the time
constants Ty, T, and T,

As mentioned just above, there are two types of dephasing causes explaining the T, decay:

e Intrinsic inhomogeneities, causing a dephasing between spins because of the interactions between
neighbor spins.

e Extrinsic inhomogeneities, causing a dephasing between spins because of stationary magnetic field

inhomogeneities (_Bz field imperfections, magnetic susceptibility effects, ...).

T,, T, and T, values depend mainly on tissue characteristics (molecular composition, microscopic structure, ...),
tissue orientation (magic angle effect leading to a T, increase in tendons, ...) and magnetic field characteristics (E’;
field strength, B_o)spatial homogeneity, ...). Nevertheless, the relation T; > T, > T, is always verified. In biological
tissues, we observe a great diversity of relaxation time values, ranging approximatively from a few tens of
milliseconds to several seconds for T;, from 1 ms to a few hundreds of milliseconds for T, and from a few tens of
microseconds to a few tens of milliseconds for T, .

The electromagnetic wave, radiating from the biological tissue and produced through NMR, experimentally looks
like a sinusoidal signal oscillating at Larmor frequency, and decreasing exponentially in amplitude along time with a
time constant equal to T, this signal is called the Free Induction Decay (FID). This electromagnetic wave can be
recorded by inducing an electromotive force in a loop of conducting material (a receiving coil) electronically tuned
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at Larmor frequency and exploited here to measure the NMR response of the tissue. This response signal is
therefore transformed in an electrical signal that is recorded, digitized and stored in a computer memory.

2. FROM NMR TO MAGNETIC RESONANCE IMAGING (MRI)

We have seen previously that medical imaging consists in measuring a physical quantity produced through a
physical phenomenon in the body of a patient. If we are able to localize and differentiate the signals produced by
different regions of a biological tissue, it will be possible for us to represent a characteristic component of the NMR
signal (magnitude or phase, for example) as a function of the spatial position of the region producing this signal
thanks to a representation scale, giving an image of the information carried by the NMR signals regionally radiated
by the biological tissue. This step is the only gap between standard NMR measurements and Magnetic Resonance
Imaging, or MRI. In this subsection, the usual techniques to localize tridimensionally the sources of NMR signal in
biological tissues will be presented.

Previously, we have seen that RF excitation of a biological tissue can only be done on-resonance: the frequency of
the RF excitation wave must be equal to the Larmor frequency in the tissue. Moreover, we have seen that the NMR
signal is emitted with the same characteristics as the Larmor precession of the magnetization M in the tissue: same
frequency and same phase. In this subsection, we will see that we can exploit these properties of the acquired NMR
signal to localize its source in space and produce an image.

2.1. THE CONCEPT OF SLICE SELECTION IN MRI

If a spatially linear and temporally constant magnetic field gradient oriented in one direction of space is
superimposed to the _B;field during RF excitation at wgr = w, , the Larmor frequency of the biological tissue will
accordingly vary along this direction, from wy— Aw to w, + Aw, with Aw depending on the strength of the
magnetic field gradient and on the size of the biological tissue sample in the direction under consideration. Because
of the need to be on-resonance to excite the tissue and produce a NMR signal, only the spins located in the plane
centered on the biological tissue and orthogonal to the gradient direction will be excited because their Larmor
precession frequency is equal to wgr. Experimentally, the excitation is performed with a RF pulse with a finite
duration, thus characterized by an excitation bandwidth dw, which is inversely proportional to the timespan of the
RF pulse. For that reason, only the spins located in the slab verifying a Larmor frequency comprised between wgp —
Sw and wgp + Sw will be excited and will produce a FID, and the other spins are left in their original quantum
state.

With this technique that consists in applying a linear magnetic field gradient during the RF excitation, we are able
to select one slice of tissue from which an NMR signal will be produced: this is called slice selection (see Figure 1.7).
To select a slice in another direction, we just need to change the direction of the gradient. If we want to modify the
thickness of the slice, the best way to achieve it is to modify the gradient strength (for example, if the gradient
strength is multiplied by two, the slice thickness will be divided by two, and inversely). If we now want to modify
the position of the slice along the gradient direction, the best solution remains to modify the RF excitation
frequency wgp: a decrease in excitation frequency will move the slice in the direction of the lower amplitudes of
magnetic field (lower Larmor frequency), and inversely. This solution is thus very flexible to select any slice of the
biological tissue sample from which we can produce a 2D image. The acquisition of 2D images from several parallel
slices gives us the possibility to acquire a full 3D volume (stack of 2D slices) of biological tissue. In the following, we
will see how to localize the sources of signal along the two spatial dimensions included in this selected plane.
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Figure 1.7: Excitation of a slice of biological tissue and control of the slice thickness thanks to the use of a slice
selection gradient.

2.2. THE CONCEPTS OF FREQUENCY AND PHASE ENCODING IN MRI

Now consider that we apply the same type of magnetic field gradient during the signal acquisition in one of the
directions included in the previous plane. In this situation, the FID is not looking like an exponentially decaying
sinusoidal signal oscillating at Larmor frequency, but will be a continuous sum of oscillating signals with frequencies
varying from w, — Aw to wy + Aw. In this case, we observe a bijective relationship between the frequency of the
NMR signal produced by a tiny part of the biological tissue (equal to the new Larmor frequency for the
corresponding spins) and its location along the gradient direction. The position of signal sources is therefore
encoded directly in the Larmor frequency of the spins: this technique is therefore called frequency encoding (see
Figure 1.8).

Concerning the position encoding along the third direction of space, it is not possible to use a frequency encoding
strategy because the simultaneous application of two stationary gradients oriented along different directions
results in one global gradient, which therefore encodes along only one direction. We can propose to apply a
gradient for a short time before the signal acquisition instead of during this readout. In this case, after the
application of this gradient, all the spins induce a NMR signal oscillating at the same temporal frequency, but not at
the same phase. This can be understood by the fact that the spins performed a different time evolution before the
signal acquisition during the application of the gradient pulse. Regions of biological tissue located at extreme
positions along the gradient direction perform an increase in angular frequency equal to Aw during a time At. The
phase increase in the acquired signal is therefore equal to Ap = Aw At for the spins located at those extreme
positions. The biological tissue sample is therefore producing signal components with phase varying from ¢, — Ap
to ¢, + Ap depending on where the spins are located along the axis corresponding to the direction of the gradient
pulse, and ¢, being the phase of signal components without applying the additional gradient. Once again, we
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observe a bijective relationship between the phase of the NMR signal produced by a tiny part of the biological
tissue and its location along the gradient direction. The position of signal sources is thus directly encoded in the
phase of Larmor precession of spins: this technique is therefore called phase encoding (see Figure 1.8).

Larmor /A
frequency/
phase at
acquisition
time

Application of a
frequency/phase
encoding gradient

>
Position along the
frequency/phase encoding
gradient direction

Figure 1.8: Principle of the frequency encoding of spin position.

For a biological tissue sample, it is therefore possible to encode the spatial localization of the sources of NMR signal
just by applying (see Figure 1.9):

e concomitantly to the RF excitation pulse, a slice selection gradient pulse,

e between tissue excitation and signal readout, a phase encoding gradient pulse along one direction
included in the slice, and,

e during the signal acquisition, a frequency encoding gradient pulse along the direction included in the slice
and orthogonal to the phase encoding gradient direction.

We are thus able to fully encode the spatial positions of NMR signal sources in the three directions of space thanks
to a succession of RF and gradient pulses along time. This set of RF pulses, gradient pulses and data acquisition
widows, with chosen durations, amplitudes and frequencies, is called pulse sequence, and is today the way used in
clinical routine to produce a magnetic resonance image from the NMR electromagnetic waves produced by the

body of a patient once positioned in a strong magnetic field Eg.

In the next subsection, we will see how to do it in practice.
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Figure 1.9: Position in the pulse sequence of the three position encoding gradients: slice selection gradient,
frequency encoding gradient and phase encoding gradient.

3. DESCRIPTION OF BASIC MRI HARDWARE SET AND PULSE SEQUENCE

3.1. THE MAIN HARDWARE PARTS OF A MRI MACHINE

A clinical MRI machine is composed of several coils enabling the generation of the different magnetic fields
required for the production of NMR signals and the encoding of the spatial positions from which they were
emitted:

e The main magnetic field coil: This coil produces the main magnetic static field B_O). Because of the very high
amplitude of this field (between 1.5 T and 3 T in clinical practice), this coil is most of the time made up of a
superconducting material. Some machines use a resistive coil or a permanent magnet, but only for lower
magnetic fields.

e The gradient coils: They are organized in pairs of coils in a configuration inspired by Maxwell configuration

(z direction, which is also conventionally the direction of B_O)) or Golay configuration (x and y directions,
both orthogonal to the z direction) to produce magnetic field gradients in the x, y, and z directions.

e The shim coils: These coils improve the homogeneity of the main magnetic field across the biological
sample before an acquisition, which is necessary to enhance the final image quality.

e The transmit coil: This coil produces the B_l) RF pulses. One coil of this type is usually inserted into the MRI
machine, and is called body coil. Other transmit coils can be used to address more specific regions of the
body (knee or head typically). More recently, transmit coil arrays were proposed to perform parallel
transmission with several coil elements at the same time.

e The receive coil: This coil receives the NMR signals coming from biological tissues after an excitation.

Some receive coils can also transmit the E; RF pulses and act as a transmit/receive coil (it is usually the
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case for the body coil presented just above). Today, a lot of MRI reception antennas are constituted of a
great number (up to 64 in practice today) surface coil elements, which acquire the NMR signals coming
from the body in parallel with different non-uniform spatial sensitivity profiles. They are called reception
phased array coils.

In the clinical field, the most standard field strengths for MRI machines are 1.5 T and 3.0 T. In the research field, in
particular for preclinical research, it is possible to find MRl machines with a magnetic field strength of 7.0 T or even
more, up to 21.1 T.

3.2. THE NOTION OF K-SPACE IN MRI
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Figure 1.10: Chronogram of a standard gradient echo pulse sequence.

Let us consider the pulse sequence represented in Figure 1.10, featuring chronologically a RF excitation pulse
concomitant to a slice selection gradient in the z axis, a phase encoding gradient in the y direction, of duration At,,,
characterized by an amplitude G,, such that the local variation in magnetic field it creates at position y be equal to
G,y, and a signal readout window starting at time T concomitant to a frequency encoding gradient in the x
direction, characterized by an amplitude G, such that the local variation in magnetic field it creates at position x be
equal to G,x. Let S(x,y) be the continuous complex amplitude function (including magnitude and phase)
representing the monochromatic complex exponential NMR signal at time T in the slice of biological tissue selected
by the slice selection gradient pulse. If we consider that there is no T, decay of NMR signal during the data
acquisition window, the value of the FID (we will keep this name, even if the precession is not free anymore)
measured at time t > T during the acquisition window on the volume V of biological tissue corresponding to the
excited slice can be written:

FID(t) « Jf S(x,y) exp(—i (yGyxt + ynyAty)) dxdy Eq. 1.10
{x,y}ev
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In Eg. 1.10, y G, x represents the variation of Larmor angular frequency because of the application of the frequency
encoding gradient G, during signal readout, and yG, yAt, represents the variation of Larmor precession phase
because of the application of the phase encoding gradient G,, during a period At,, before signal readout. If we write
ky = yGytand k,, = yG,At,, we obtain:

FID(ke@,ky) [ 5Gr3) exp (=i (ke + ky)) dxdy = IS 21 e, Ky) Eq. 111

{xylev

with F being the bidimensional spatial Fourier transform of S(x,y), and with k, and k,, being the spatial angular
frequencies in the bidimensional plane (Oxy) along the directions given by the frequency encoding gradient and
the phase encoding gradient respectively. If the FID function values are known for all the values of k, and k,,, a
function proportional to S(x,y) can therefore be obtained by calculating the bidimensional inverse Fourier
transform F 1 of the FID function represented in Eq. 1.11:

S(x,y) « FLFID(ky, ky)](x, ) Eq.1.12

We can demonstrate that this relation is still correct in the case of discrete representations of S(x,y) and of
FID(kx, ky), x and y being in this case discrete positions in space, and k, and k,, being discrete angular spatial
frequencies. At signal acquisition time, the FID values at N, discrete k, values for a given k,, value are acquired in
one signal readout thanks to the pulse sequence introduced in Figure 1.10, N, being the size of the S and FID
matrices along their first dimension (the frequency or readout direction).

To obtain the full FID matrix, which is needed to calculate the full S matrix, we need to repeat this pulse sequence
N, times, N,, being the size of the § and FID matrices along their second dimension, with the same number of
different amplitudes of phase encoding gradient permitting to reach the N, required values of k,,. Once we
acquired all the elements of the FID matrix, we just need to compute its 2D discrete inverse Fourier transform to
obtain the matrix S. This last step is often called the image reconstruction step. S is then our complex 2D magnetic
resonance image and FID, its Fourier transform, is usually called k-space of the MRI image. By representing
graphically, thanks to a given color-scale or gray-scale for example, either the values of the complex modulus or
argument of S obtained at each discrete position (x,y), we obtain respectively the MR magnitude and phase
images of our biological tissue sample.

3.3. THE DIFFERENT FAMILIES OF MRI PULSE SEQUENCES

The pulse sequence we just studied is called a gradient echo pulse sequence. This name comes from the fact that a
gradient echo is created at the center of the acquisition window thanks to the dephasing gradient pulse applied just
before the refocusing frequency encoding gradient pulse: because the area of the refocusing part of the frequency
encoding gradient is twice the area of its dephasing part applied just before, the spin dephases and then rephases
completely at the exact center of the acquisition window, where we can thus see a maximum of signal called echo.
An echo can also be produced in MRI with a RF pulse: if a refocusing 180° RF pulse (a RF pulse that inverses the sign
of the different component of magnetization) is inserted at equal time distance between the RF excitation pulse (or
a previous echo) and the readout gradient center, a new type of echo, called spin echo, superimposes with the
previously described gradient echo. The RF excitation pulse is usually here a 90° RF pulse that flips all the
longitudinal magnetization in the selected slice of the biological tissue sample into the transverse plane. The pulse
sequence is therefore called a spin echo pulse sequence, even if a gradient echo is still produced.
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If we want to obtain a 3D image of the biological tissue sample under consideration, three main possibilities can be
explored:

e The first one is to repeat the same imaging procedure several times with a different RF excitation
frequency to excite different slices of the biological tissue. Each 2D image is then reconstructed separately
with a 2D discrete inverse Fourier transform as explained with Eq. 1.12. We refer to this procedure as a 2D
multi-slice MRI acquisition. These slices can either be acquired successively or, more advantageously in
terms of total scan time, be acquired in an interleaved manner.

e The second one is usually referred to as simultaneous multi-slice®. By using a RF pulse containing different
frequency and phase components, it is possible to excite several 2D slices at the same time and separate
them during the reconstruction.

e The third solution is to modify the pulse sequence by removing the slice selection gradient along z,
keeping a frequency encoding strategy along the x axis and developing a phase encoding strategy on both
y and z axes. In this case, we need to acquire a tridimensional matrix FID(kx, ky, kz), which represents a
tridimensional k-space that can be reconstructed by applying a 3D discrete inverse Fourier transform (Eq.
1.10, Eq. 1.11 and Eq. 1.12 are generalizable in 3D). We refer to this procedure as a 3D MRI acquisition.

3.4. CARTESIAN K-SPACE SAMPLING SCHEMES IN MRI

Usually, the N, X N,, points in the N, 2D k-spaces, or the N, X N,, X N, points in the 3D k-space, are chosen equally
spaced or not in the spatial frequency domain along the different k-space dimensions: these measurements are
said to be performed on a Cartesian grid. In this case, the image reconstruction process can be performed
numerically by applying a 2D or 3D inverse Fast Fourier Transform (FFT) to the k-space matrix. The values of Ny, N,,
and N, are thus chosen as a function of the final image matrix size we want to obtain.

To control the Field Of View (FOV), which is the region over which the image is recorded, and in particular its size in
the different dimensions of space, we need to modify the spatial frequency distance between the k-space points.
For example, for a fixed frequency encoding gradient amplitude and duration, a twice larger sampling rate during
signal readout (and a twice larger N, value to cover the whole acquisition window and the same region of k-space)
results in a twice larger FOV size along the frequency encoding direction, without modifying the image voxel size.
The sampling rate during signal readout is usually expressed as the readout bandwidth (BW), which is the inverse of
the time duration between two measurements of adjacent k-space points during signal readout. Another way to
understand the readout bandwidth is to see it as the span of the range of Larmor frequencies in the FOV while the
readout gradient is turned on: at a given sampling rate, if the readout gradient amplitude is increased, the span of
the Larmor frequency range is increased by the same ratio in the whole biological tissue sample but, because of the
decrease in FOV size as the frequency encoding gradient amplitude increases, the range of Larmor frequencies in
the FOV remains the same and corresponds to BW. A last thing to know about the readout bandwidth is that an
increase in BW degrades the Signal-To-Noise Ratio (SNR) of the image, which is the ratio between the informative
signal amplitude in the image divided by the background noise. Indeed, the NMR measurement, as any other
physical quantity measurement, is tainted by a multi-factorial noise (resistive noise of the reception antenna,
thermal noise, electronic noise, digital noise, ...), which is translated in image noise after the reconstruction step.

43 David J. Larkman et al., “Use of Multicoil Arrays for Separation of Signal from Multiple Slices Simultaneously
Excited,” Journal of Magnetic Resonance Imaging 13, no. 2 (2001): 313-17, https://doi.org/10.1002/1522-
2586(200102)13:2<313::AID-JMRI1045>3.0.CO;2-W.
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This decrease in SNR is explained by the fact that more noise is acquired for the same amount of useful signal when
BW is increased. In the y direction, the FOV size can be doubled by increasing twice the number of phase encoding
steps while keeping the same extremal phase encoding amplitudes (for the acquisition of the first and last FIDs of a
linearly filled 2D Cartesian k-space matrix, for example).

The voxel size in one given dimension can be set by modifying the maximal spatial frequency distance along this
dimension between the k-space points and the k-space center, characterized by k, = k, (= k,) = 0: as k-space
values are sampled far from the k-space center, potential high spatial frequency information will be obtained,
which decreases the voxel size of the image (but does not necessarily increase the spatial resolution of the image
itself, in particular if this high spatial frequency information is hidden into background noise). To obtain a lower
voxel size, at a fixed readout bandwidth, higher amplitude encoding gradients will be needed. In this case, because
the matrix size is kept, the FOV is reduced. With this same strategy, to keep the same FOV with a decreased voxel
size, the readout bandwidth and the matrix size need to be increased too (see Figure 1.11).
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Figure 1.11: Relationship between spatial frequencies, field of view and voxel size.
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3.5. NON-CARTESIAN K-SPACE SAMPLING SCHEMES IN MRI

In the more general case, we are neither asked to follow a Cartesian grid nor using phase encoding steps. We can
imagine the k-space to be acquired through pure frequency encodings along freely drawn curves in the 2D or 3D
Fourier domain of the final image, usually referred to as views. The combination of all these curves needed for the
imaging process is called trajectory. In this case, k,(t), k, (t) and k,(t) are all piecewise continuous functions of
time, with one continuous piece per readout. The pulse sequence designer is then free to cover the k-space surface
or volumes as he or she desires. He or she can choose to follow, for example, radii in k-space starting from its
center and finishing in the outer part of k-space: this is called a radial trajectory, and needs constant gradient
amplitude values along readout. Another strategy would be to describe at each readout period a spiral starting
from the center of k-space and finishing in the outer k-space part: this is called a spiral trajectory, and needs
oscillating gradient amplitude values along readout. We can also imagine the acquisition of a whole k-space with
only one RF excitation followed by one readout window. In this case, the trajectory needs to cover the whole k-
space in only one view: this is what is done in single-shot Echo Planar Imaging (EPI) pulse sequences, for example
(see Figure 1.12).

Cartesian Radial Spiral EPI
AKy Aky AKy Aky

VVVY
™

Figure 1.12: Examples of 2D Cartesian and non-Cartesian k-space trajectories.

The only limits of MRI sequence trajectory design are gradient limits in terms of maximal amplitudes and maximal
rates of amplitude variation along time (called slew rate), and also, of course, the pulse sequence designer
imagination. The difficult step is the image reconstruction step: because the k-space points are not acquired on a
Cartesian grid anymore, the standard 2D or 3D inverse FFT algorithms cannot be directly applied. In the case of
non-Cartesian trajectories, more developed reconstruction methods need to be used. For example, it is possible to
use a direct regridding, based on the interpolation of the non-Cartesian k-space measurements on a Cartesian grid,
that can thereafter be reconstructed by applying the inverse FFT. Another example is to directly apply a non-
uniform FFT (or NUFFT*) on the non-Cartesian k-space data. Those methods are usually based on the iterative
resolution of an inverse problem that tries to find the image that best fits to the k-space measurements and
sometimes that verifies other conditions, usually called priors.

4]. A. Fessler and B. P. Sutton, “Nonuniform Fast Fourier Transforms Using Min-Max Interpolation,” IEEE
Transactions on Signal Processing 51, no. 2 (February 2003): 560-74, https://doi.org/10.1109/TSP.2002.807005.
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4. MANAGEMENT OF MR IMAGE CONTRAST

4.1. PRINCIPLES OF MR CONTRAST MANAGEMENT

In this subsection, we will explore what MR properties and acquisition parameters control the aspect of our image
S, and in particular the contrast of its magnitude |S|. To do this, we first need to introduce several standard
acquisition parameters that control the gradient echo pulse sequence studied above (see Figure 1.10):

e The time duration between the application the RF excitation pulse and the acquisition of the most central
points of k-space at each readout is called the Echo-Time, and is written TE. This is the time to wait after
the excitation to reach the center of the gradient echo.

e The time duration between two successive RF pulses that excite the same biological tissue region (which is
important to precise in the case of a multi-slice acquisition that interleaves in time the repetitions for the
different slices to exploits the dead times and reduce the global scan time) is called the Repetition Time,
and is written TR.

e The angle in space at which the global magnetization vector M is flipped from its thermal equilibrium
direction by each RF excitation pulse is called the Flip Angle, and is written FA. This angle is a function of
the amplitude, the duration and the envelope shape of the RF excitation pulse.

It is easy to guess that |S| will depend first on the proton density of the biological tissue under consideration: a
proton density p which is twice higher will produce, for the same pulse sequence, twice the NMR signal.
Nevertheless, proton density does not vary a lot between the different tissues of the human body but for particular
organs like bones or lungs. Therefore, the proton density contrast in MR images is not always interesting to study.
Moreover, spin relaxation effects will affect a lot the signal produced by biological tissue and the relationship with
the related density, which is a chance because of the great variety of values found for the different relaxations time
in soft biological tissues, as stated in 1.2. For that reason, it is necessary to know how to control and exploit these
NMR relaxation related contrast possibilities to increase the diagnostic potential of medical MR images.

Let us see what changes in terms of magnitude image contrast when the pulse sequence parameters seen just
above are modified (see Figure 1.13):

e If the TE value is increased, biological tissues with different transverse relaxation time values, T, have
more time to relax, which emphasizes the contrast in the signal value between tissues with different
characteristic times for this relaxation process. For that reason, an increase of TE is said to increase the T,
weighting of gradient echo images. To the contrary, a decrease in TE decreases the T, weighting. For spin-
echo sequences, the same effect is obtained but with T, weighting instead of T,;. As seen in 3.3, the 180°
refocusing RF pulse between the 90° RF excitation pulse and the acquisition window removes, more
generally reduces, the effects coming from extrinsic inhomogeneities in the transverse relaxation
phenomena.

e Ifthe TR value is decreased, we can observe more important spin saturation effects: if the TR is short with
respect to T;, the biological tissue magnetization may not have the time to come back to its thermal
equilibrium state, creating an accumulation effect along repeated RF excitations and thus reducing the
amplitude of the NMR signal. For a given TR value, this effect will be more important for tissues with long
T, values compared to tissues with short T; values, because these short T; tissues have the time to
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recover their longitudinal magnetization between each excitation pulse. For that reason, a decrease of TR
is said to increase the T; weighting of magnitude MR images. To the contrary, an increase of TR is said to
decrease the T; weighting.

e If the FAis increased (only for gradient echo pulse sequences; spin echo pulse sequences are most of the
time performed with a 90° RF excitation pulse), the same T; dependent saturation effect as for a decrease
of TR can be observed. For that reason, an increase of FA is said to increase the T; weighting of gradient
echo images, and a decrease of FA is said to decrease the T; weighting.
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Figure 1.13: Control of the magnitude image contrast in gradient echo imaging.

Gradient echo pulse sequences being designed to reduce the total scan time compared to spin echo sequences, an
increase of TR is not usually applied in practice with this type of sequence to control the contrast. By taking into
account the previous consideration:

e If we want to obtain a T, weighted image:
o Weuseashort TE and a large FA in gradient echo pulse sequences.
o Weuse ashort TE and a short TR in spin echo pulse sequences.

e If we want to obtain a T or T, weighted image:

o We use a large TE and a short FA in gradient echo pulse sequences (in this case, we obtain a
contrast driven by T;).

o We use alarge TE and a large TR in spin echo pulse sequences (in this case, we obtain a contrast
driven by T,).

e If we want to obtain a p weighted image:
o Weuseashort TE and a short FA in gradient echo pulse sequences.

o Weuseashort TE and a large TR in spin echo pulse sequences.
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Concerning the MR phase image, where the argument of the MR complex image is represented, one sequence
parameter can be tuned to control its contrast: if the TE is increased, the excited spins, that can be considered all
in phase just after the RF excitation, will have more time to dephase because of local magnetic field
inhomogeneities (slightly off-resonance Larmor precession, magnetic susceptibility effects, ...). For that reason, at
signal readout time, the phase contrast increases with TE.

4.2. ADVANCED ASPECTS OF MR CONTRAST MANAGEMENT

If we want to control more precisely the magnitude image contrast, one solution is to use preparation pulses,
which are small pulse sequences applied just before the RF excitation. For example, we can use:

e An inversion preparation pulse, which consists of a 180° RF pulse, followed by a waiting duration before
the RF excitation pulse called inversion time. A standard role of this pulse is to obtain a stronger T;
contrast in the image. By tuning precisely the inversion time, it is even possible to suppress the signal
coming from a tissue with a known T; value. We can then obtain images with the signal coming from fat
tissues being suppressed (STIR technique®) or with the signal coming from liquids being suppressed (FLAIR
technique?).

e A spectrally selective preparation pulse, which attenuates the signal coming from a frequency shifted
component (fat for example, that does not resonate at the exact same frequency as water) by applying a
saturation pulse tuned at this special frequency (chemical shift selective fat saturation?’, for example).

Gradient echo pulse sequences being usually performed with short TR values, transverse magnetization may
remain important just before the next RF excitation pulse. If this remaining signal created to acquire a previous k-
space view is acquired at the same time as a new k-space view, it can produce artifacts in the final image. To solve
this problem, two main solutions are usually implemented®:

e A spoiling strategy can be implemented, which consists in changing at each repetition the phase of the RF
excitation pulse (RF spoiling) and/or performing magnetic field gradients (called spoiler or killer) just
before the next RF excitation pulse (gradient spoiling). In this case, the transverse magnetization
coherences between repetitions are disrupted. This strategy is implemented in the SPGR (or FLASH) pulse
sequence, for example.

e A refocusing strategy can be implemented, which consists in implementing refocusing gradients before
and/or after the readout gradient to make use of the transverse magnetization remaining at the end of
each repetition for the next one. In this case, the transverse magnetization coherences between
repetitions are preserved and exploited. This strategy is implemented in SSFP (or FIESTA) pulse sequences,
for example.

45 G. M. Bydder et al., “The Short Tl Inversion Recovery Sequence—An Approach to MR Imaging of the Abdomen,”
Magnetic Resonance Imaging 3, no. 3 (January 1, 1985): 251-54, https://doi.org/10.1016/0730-725X(85)90354-6.
46 B, De Coene et al., “MR of the Brain Using Fluid-Attenuated Inversion Recovery (FLAIR) Pulse Sequences.,”
American Journal of Neuroradiology 13, no. 6 (November 1, 1992): 1555—-64.

47 A. Haase et al., “1 H NMR Chemical Shift Selective (CHESS) Imaging,” Physics in Medicine & Biology 30, no. 4
(1985): 341, https://doi.org/10.1088/0031-9155/30/4/008.

8 Brian Hargreaves, “Rapid Gradient-Echo Imaging,” Journal of Magnetic Resonance Imaging 36, no. 6 (2012):
1300-1313, https://doi.org/10.1002/jmri.23742.
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Fast versions of the gradient echo and spin echo pulse sequences are also available. They are usually based on the
acquisition of several lines of k-space from a single RF excitation pulse. To perform this, an echo train (spin echo
train or gradient echo train) is created. The type of pulse sequence that exploits this technique at its best is surely
Echo Planar Imaging (EPI) pulse sequences® for the gradient echo family and Fast Spin Echo (or FSE) pulse
sequences for the spin echo family. In these cases, a full 2D k-space can be acquired in one or a small number of RF
excitations and echo-trains.

In all those more complicated pulse sequences, contrast management will be often more complicated to
understand (mixture of p, T; and T, /T, weightings, involvement of other acquisition parameters or MR signal
characteristics, ...). It makes MRI a very rich and highly tunable and flexible technique for medical imaging, and it
definitely makes its great clinical value today. MRI contrast can even go beyond those purely anatomical imaging
considerations and measure various physical parameters of great clinical value. Let’s take a brief tour of them.

5. ADVANCED APPLICATIONS OF MRI: BEYOND PURE ANATOMICAL IMAGING

Here is a non-exhaustive list of the main advanced MRI applications that give the possibility to the clinician to go
beyond anatomical images:

5.1. EXPLOITATION OF INTRINSIC AND EXTRINSIC CONTRAST AGENTS IN MRI

To enhance the image contrast, the clinician can decide to inject in the patient’s blood a liquid modifying the
surrounding MR properties of tissue. The most widely used contrast agent is based on the NMR action of
gadolinium chelates®. The main effect of gadolinium consists in a T; shortening. At high concentration, it also
decreases the T, /T, . Globally, it increases the NMR signal (in particular in T; weighted images) at low
concentration but decreases the NMR signal if its local concentration is too high (in particular in T, /T, weighted
images). The presence of a contrast agent in arterial and venous blood can be exploited to specifically image
arteries and veins: it is called MR angiography>. In this case, special imaging protocols are used to enhance, in the
image, the signal coming from blood vessels without enhancing the signal coming from the other tissues: this is
why we usually talk about bright blood MR angiography.

Another way to perform MR angiography is to exploit the saturation effect on tissues around blood vessels. This
effect is not the same for the fluid in blood vessels because of its circulation in and out of the excited slice or
volume. In this case, blood plays the role of an intrinsic contrast agent and Time-Of-Flight (TOF) MR angiography®?
is performed. With the same type of effect but on the blood itself, if the saturation is performed thanks to a pre-
saturation band created by a saturation pulse with a localized effect in space, dark blood MR angiography®3 is
performed.

49 M. K. Stehling, R. Turner, and P. Mansfield, “Echo-Planar Imaging: Magnetic Resonance Imaging in a Fraction of a
Second,” Science 254, no. 5028 (October 4, 1991): 43-50, https://doi.org/10.1126/science.1925560.

50 peter Caravan et al., “Gadolinium(lll) Chelates as MRI Contrast Agents: Structure, Dynamics, and Applications,”
Chemical Reviews 99, no. 9 (September 1999): 2293-2352, https://doi.org/10.1021/cr980440x.

51 Frank R. Korosec et al.,, “Time-Resolved Contrast-Enhanced 3D MR Angiography,” Magnetic Resonance in
Medicine 36, no. 3 (1996): 345-51, https://doi.org/10.1002/mrm.1910360304.

52D Saloner, “The AAPM/RSNA Physics Tutorial for Residents. An Introduction to MR Angiography.,” RadioGraphics
15, no. 2 (March 1, 1995): 453-65, https://doi.org/10.1148/radiographics.15.2.7761648.

53R R Edelman et al., “Extracranial Carotid Arteries: Evaluation with ‘Black Blood’ MR Angiography.,” Radiology 177,
no. 1 (October 1, 1990): 45-50, https://doi.org/10.1148/radiology.177.1.2399337.
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Concerning extrinsic contrast agents, like gadolinium for example, another widely used application is perfusion
imaging. Injected as a bolus, the time evolution of the contrast agent concentration in an organ of interest can be
followed by repeating the acquisition of the same image with a controlled time interval between the images. It is
then possible to perform Dynamic Contrast Enhanced MRI (DCE-MRI)**, based on the T; shortening in tissues
caused by the gadolinium injection and followed with T; weighted images repeated at large time intervals, or
Dynamic Susceptibility Contrast (DSC-MRI)®, based on the T, /T; shortening in tissues caused by the gadolinium
injection and followed with T, /T; weighted rapidly repeated images. As previously introduced with dark blood
MRI, it is possible to use pre-saturation bands to use the blood itself as an intrinsic contrast agent giving
information about perfusion: it is called Arterial Spin-Labeling MRI (ASL-MRI)®.

5.2. MOTION SENSITIZATION IN MRI

To make the image contrast sensitive to motion effects, one widely-used possibility is to modify the pulse sequence
to include motion encoding gradients. This strategy is usually performed by applying a pair of opposite gradient
lobes in a gradient echo sequence (or identical gradient pulses on both sides of the refocusing pulse in spin echo
sequences). If a spin is animated by a motion (caused by flow, diffusion, deformation of biological tissue, ...) along
the direction given by the motion encoding gradient and during the time between the application of the two lobes
of this gradient, the phase of its Larmor precession accumulated during the application of the first lobe is not
compensated by the application of the second lobe. In the case of a motionless spin, the motion encoding gradient
does not alter the Larmor phase of the spin.

This phenomenon can be exploited in a type of MR angiography called phase contrast MR angiography®’: in this
technique, the velocity component of the blood flow along the motion encoding direction axis is directly encoded
in the MR image phase. We can therefore obtain a quantitative map of flow velocities in an organ. In the case of a
diffusive motion of water molecules in an organ, the same type of sequence can be used. Because of the random
walk motion followed by each water molecule, the effect is not seen as a coherent MR phase shift anymore but as a
decoherence in the phases of neighboring spins. This is thus visible as a decrease in MR magnitude signal intensity,
similar to the one that would be obtained with a shorter T, /T, for the tissue being subject to diffusion. This
technique is called diffusion MRI®®. Because this diffusion can be probed in different directions of space (the
direction of the motion encoding gradient), diffusion anisotropy, as it can be observed in the white matter of the
brain or in some muscles for example, can be additionally probed by analyzing, as a whole, a set of images acquired
with different direction of motion encoding gradients. This leads to diffusion tensor imaging (DTI), from which
advanced data processing algorithms can extract the path of the different white matter or muscle fibers: this
technique is called tractography, and is useful in order to analyze the structural connections between the different
parts of the brain.

54 Paul S. Tofts et al., “Estimating Kinetic Parameters from Dynamic Contrast-Enhanced T1-Weighted MRI of a
Diffusable Tracer: Standardized Quantities and Symbols,” Journal of Magnetic Resonance Imaging 10, no. 3 (1999):
223-32, https://doi.org/10.1002/(SIC1)1522-2586(199909)10:3<223::AID-JMRI2>3.0.CO;2-S.

55 K. Welker et al., “ASFNR Recommendations for Clinical Performance of MR Dynamic Susceptibility Contrast
Perfusion Imaging of the Brain,” American Journal of Neuroradiology 36, no. 6 (June 1, 2015): E41-51,
https://doi.org/10.3174/ajnr.A4341.

56 A. R. Deibler et al., “Arterial Spin-Labeling in Routine Clinical Practice, Part 1: Technique and Artifacts,” American
Journal of Neuroradiology 29, no. 7 (August 1, 2008): 1228-34, https://doi.org/10.3174/ajnr.A1030.

57 Saloner, “The AAPM/RSNA Physics Tutorial for Residents. An Introduction to MR Angiography.”

8 Denis Le Bihan, “Looking into the Functional Architecture of the Brain with Diffusion MRI,” Nature Reviews
Neuroscience 4, no. 6 (June 2003): 469-80, https://doi.org/10.1038/nrn1119.

59



Chapter 1 - Section 2

A last technique based on the use of motion encoding gradients is Magnetic Resonance Elastography (MRE)>®: in
the MR phase image contrasted by the use of motion encoding gradients, we are able to depict the shear wave
patterns induced by a mechanical exciter in the organ of interest. The analysis of these waves in terms of
propagation velocity (and sometimes also linear attenuation coefficient) makes us able to measure the intrinsic
elasticity (and sometimes also the intrinsic viscosity) of the biological tissue. This technique will be discussed more
deeply later in this manuscript.

5.3. BRAIN FUNCTIONAL MRI

A last technique that will be rapidly discussed in this part is BOLD functional MRI (fMRI)®C. This technique consists in
probing the functional activity of the brain (contrary to DTl and tractography, that are sensitive to its structural
architecture) by exploiting the difference in T, /T, between tissues perfused by oxygenated and deoxygenated
blood, and called Blood Oxygen Level Dependent (BOLD) effect®. Indeed, when a region of the brain is functioning,
a vasodilation is locally observed to supply the dioxygen needs of this region. This increase in amount of
oxygenated blood is, in practice, more important than the real metabolic needs of brain cells. For that reason, brain
region activation leads to a local higher tissue concentration of oxyhemoglobin, decreasing the relative
concentration of deoxyhemoglobin, a paramagnetic molecule that disturbs the local magnetic field in the brain and
thus decreases the local T, /T; value of tissue. For that reason, the activation of a region in the brain produces a
signal increase in T, /T, weighted images acquired as the region is activated.

The standard way to practice fMRI consists in rapidly repeating the same imaging pulse sequence to capture the
time evolution of MR signal in the brain. This protocol brings two principal types of application. The first one, called
resting-state fMRI®? 83, consists in analyzing the acquired images together and detect the statistically representative
similarities in signal evolution between voxels. With the hypothesis that regions that are functionally connected
perform the same BOLD effect evolution along time, this post-processing step gives the possibility to visualize the
different functional networks of the brain during rest. The second one, usually referred to as task fMRI, consists in
performing during the imaging protocol a set of stimuli, called paradigm, designed to test which regions of the
brain are activated for a given stimulus®. A great variety of stimuli can be tested: visual, audio, olfactory, or even
based on a complex activity involving the interaction between several senses (playing a game, answering to
questions, ...).

Many other applications are still under research validation and development today, and new promising ones are
still discovered nowadays. This huge variety of possibilities offered by MRI makes it one of the most versatile

59 R. Muthupillai et al., “Magnetic Resonance Elastography by Direct Visualization of Propagating Acoustic Strain
Waves,” Science 269, no. 5232 (September 29, 1995): 1854-57, https://doi.org/10.1126/science.7569924.

605, Ogawa et al., “Intrinsic Signal Changes Accompanying Sensory Stimulation: Functional Brain Mapping with
Magnetic Resonance Imaging,” Proceedings of the National Academy of Sciences 89, no. 13 (July 1, 1992): 5951-55,
https://doi.org/10.1073/pnas.89.13.5951.

615, Ogawa et al, “Brain Magnetic Resonance Imaging with Contrast Dependent on Blood Oxygenation,”
Proceedings of the National Academy of Sciences 87, no. 24 (December 1, 1990): 9868-72,
https://doi.org/10.1073/pnas.87.24.9868.

62 Bharat Biswal et al., “Functional Connectivity in the Motor Cortex of Resting Human Brain Using Echo-Planar
Mri,” Magnetic Resonance in Medicine 34, no. 4 (1995): 537-41, https://doi.org/10.1002/mrm.1910340409.

63 Frederik Barkhof, Sven Haller, and Serge A. R. B. Rombouts, “Resting-State Functional MR Imaging: A New
Window to the Brain,” Radiology 272, no. 1 (July 1, 2014): 29-49, https://doi.org/10.1148/radiol.14132388.

64 A. M. Blamire et al., “Dynamic Mapping of the Human Visual Cortex by High-Speed Magnetic Resonance
Imaging,” Proceedings of the National Academy of Sciences 89, no. 22 (November 15, 1992): 11069-73,
https://doi.org/10.1073/pnas.89.22.11069.
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diagnostic tools in the clinical environment. However, while most organs can be observed and diagnosed today
with MRI, several ones remain difficult to study with this imaging modality. This is the case of the lung for example,
and we will see why in the next section.
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SECTION 3 THE LUNG: A CHALLENGING ORGAN FOR MRI

AS SEEN IN THE FIRST SECTION OF THIS CHAPTER, THE LUNG IS A VITAL ORGAN IN THE
HUMAN BODY. THROUGH ITS MAIN FUNCTION, WHICH IS GAS EXCHANGE BETWEEN THE
ORGANISM AND ITS ENVIRONMENT, WORKING TOGETHER WITH THE HEART, IT
CONSTITUTES ONE OF THE MOST IMPORTANT ELEMENTS IN BODY FUNCTION. WE SAW
THAT THIS ORGAN CAN BE AFFECTED BY VARIOUS DISEASES, WHICH MOST OF THE TIME
DIRECTLY AFFECT THE GAS EXCHANGE PROCESS AND THEREFORE PREVENT THE LUNG
FROM FUNCTIONING CORRECTLY, WHICH CAN BE CRITICAL FOR PATIENT’S HEALTH AND
WELLNESS. PREVIOUSLY, WE HAVE ALSO SEEN THE GREAT VALUE OF MRI. THROUGH ITS
ABILITY TO GIVE HIGH QUALITY IMAGES REFLECTING THE INTRINSIC GREAT VARIABILITY
IN NMR PROPERTIES OF BIOLOGICAL TISSUES, AND ITS HIGH FLEXIBILITY ENABLING THE
DEVELOPMENT OF ADVANCED MR APPLICATIONS ABLE TO QUANTIFY VARIOUS
PHYSICAL PARAMETERS AND PHYSIOLOGICAL PHENOMENA, MRI HAVE QUICKLY
BECOME OVER THE LAST 40 YEARS ONE OF THE MOST VALUABLE TOOL IN CLINICAL
ROUTINE TO EXPLORE MOST OF THE ORGANS IN HUMAN AND UNDERSTAND THEIR
PATHOLOGIES. IN THIS SECTION, WE WILL STUDY THE CASE OF LUNG MRI, AND FIRST
TRY TO UNDERSTAND THE CHALLENGES ENCOUNTERED WITH THIS ORGAN.

1. THE THREE CHALLENGES OF LUNG MRI

As it was previously presented in this manuscript, lung is a complex organ both in terms of structure and function.
As a reminder, lung is made of a generative airway tree, starting at the larynx with the trachea then dividing into
bronchi, that subdivide into smaller bronchi, bronchioles, alveolar ducts, alveolar sacs, and terminating with several
hundreds of millions of alveoli through which gas exchange is performed. Moreover, the lung is also made of
several generative arterial and venous trees, starting with the main arteries and veins of the human body (aorta,
vena cava, pulmonary artery and vein) and finishing in either nutritive ducts for lung tissues or in millions of
capillaries that surrounds the alveoli to bring them the carbon dioxide to evacuate and to capture the dioxygen that
will be delivered to all the body cells. This function cannot be performed through a pure diffusive phenomenon of
the exchanged gas through the alveoli walls. To perform its function correctly, the lung needs to create a circulation
of air inside the bronchi, bronchioles and alveoli, called pulmonary ventilation. This ventilation, as we saw
previously, is ensured by deforming the lung parenchyma quasi-periodically and this deformational motion is
intimately related to lung function.

The morphofunctional characteristics of the lung induce three important consequences for lung MRI, which can be
seen as challenges at first glance.

1.1. THE PROBLEM OF LOW TISSUE DENSITY IN THE LUNG

The first challenge concerns the low and dynamic tissue density in the lung parenchyma. As stated in the first
section of this chapter, lung is made of numerous airways filled of air, the relative proportion of air being higher at
the end of inspiration than at the end of expiration. However, we have seen that *H NMR and MRI in biological
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tissues are based on the important quantity of water available in most biological tissues, in particular inside the
cells. Moreover, we have seen that the signal measured in one voxel is directly proportional to the proton density
at its location, written p, and thus proportional to the volume of water present in the biological sample
corresponding to the voxel.

Because any representative sample of lung parenchyma will globally be composed of comparable volumes of tissue
and air, the MR signal amplitude produced by a lung parenchyma sample will be lower than the one produced by
the same volume of a plain tissue sharing the same other MR properties as the lung. The mean proton density
within the entire lung was measured to be around 0.29 times the proton density of a muscle at the end of
inspiration, which is known to have a water density of 75%°%. This low proton density results in a low SNR in the MR
image, which can compromise the depiction of details in the lung image and thus the diagnostic value of a lung MR
image.

1.2. THE PROBLEM OF ULTRASHORT RELAXATION TIMES IN THE LUNG

The second challenge concerns the complex multi-scale airway structure of the respiratory tract. Because of the
numerous generations of air ducts of different sizes in the lung and the huge number of alveoli, the lung features
an important air-tissue interface surface relatively to its tissular volume, estimated to be between 40 and 100
square meters® for a tissular volume between 600 and 1000 mL®” %8, The magnetic susceptibility of most biological
tissues is very different from the magnetic susceptibility of a gas. This magnetic susceptibility of a material
characterizes its ability to get magnetized as it experiences a magnetic field. Because this is exactly the case for a
biological tissue from which we want to produce a MR image, and because of this difference between water and
air, those two media get differently magnetized. Because the magnetization of a medium changes the local
magnetic field strength or, to be physically speaking more accurate, the magnetic induction strength inside it, the
local magnetic field in pure biological tissue will be slightly different to the one in the gas, creating local magnetic
field gradients inside the lung at space scales usually below the voxel size. Those local magnetic field gradients
disturb the spatial homogeneity of the magnetic field in the lung: we thus observe a tissue-induced magnetic field
inhomogeneity.

This induced magnetic field inhomogeneity is therefore an extrinsic magnetic field inhomogeneity that amplifies
the discrepancy between T, and T, in the lung parenchyma: a good order of magnitude of T, in the lung
parenchyma is known to be around 1-2 ms at clinical MRI magnetic field strength, while T, can be 60 times higher
and T; very long, around 800 milliseconds®® 7°. With standard MRI pulse sequences, the TE is often superior to a

5 Hiroto Hatabu et al., “T2* and Proton Density Measurement of Normal Human Lung Parenchyma Using
Submillisecond Echo Time Gradient Echo Magnetic Resonance Imaging,” European Journal of Radiology 29, no. 3
(March 1, 1999): 245-52, https://doi.org/10.1016/50720-048X(98)00169-7.

56 William M. Thurlbeck, “The Internal Surface Area of Nonemphysematous Lungs,” American Review of Respiratory
Disease 95, no. 5 (May 1, 1967): 765—73, https://doi.org/10.1164/arrd.1967.95.5.765.

57 M. F. Petrini, B. T. Peterson, and R. W. Hyde, “Lung Tissue Volume and Blood Flow by Rebreathing Theory,”
Journal of Applied Physiology 44, no. 5 (May 1, 1978): 795-802, https://doi.org/10.1152/jappl.1978.44.5.795.

58 ). D. Armstrong et al., “Lung Tissue Volume Estimated by Simultaneous Radiographic and Helium Dilution
Methods.,” Thorax 37, no. 9 (September 1, 1982): 676—79, https://doi.org/10.1136/thx.37.9.676.

59 Grzegorz Bauman et al., “Pulmonary Relaxometry with Inversion Recovery Ultra-fast Steady-state Free Precession
at 1.5T,” Magnetic Resonance in Medicine 77, no. 1 (January 1, 2017): 74-82, https://doi.org/10.1002/mrm.26490.
70 Jjangsheng Yu, Yigun Xue, and Hee Kwon Song, “Comparison of Lung T2* During Free-Breathing at 1.5T and 3.0T
with Ultrashort Echo Time (UTE) Imaging,” Magnetic Resonance in Medicine : Official Journal of the Society of
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few milliseconds in gradient echo pulse sequences and superior to ~10 milliseconds in spin echo pulse sequences. It
is therefore difficult to obtain an NMR signal from tissues with T, values under 10 ms’®. The measured signal is
therefore usually very low and hidden in the image noise, making the lung parenchyma details usually invisible
because of the poor SNR.

Moreover, because of the fast signal decay, the standard assumption of null transverse relaxation effects during
the signal readout (between the beginning and the end of the data acquisition window) usually fails for the lung
parenchyma. It results in an important and unpredicted signal decrease during the MR signal readout. It leads to a
wider point spread function in the image matrix, which depends on the T, value of the biological tissue, the time
duration of the signal acquisition window and the trajectory that is followed in k-space for the pulse sequence
under consideration. This effect deteriorates the spatial resolution of the image only in the lung parenchyma. A
standard lung MR image thus features several spatial resolutions depending directly on the T, value of the tissue
under consideration. Concerning the lung parenchyma, this effect decreases even more its MR image quality.

1.3. THE CHALLENGE OF PHYSIOLOGICAL MOTIONS INSIDE THE THORAX

The third challenge concerns motions. We have seen that lung is a living organ always in motion. Moreover, in the
thorax, the heart is also in continuous motion and it creates blood flows in the arteries and veins in the lung and in
the close environment of the organ. Lung and heart motions are usually quasi-periodic motions with a mean
pseudo-period around 3-5 seconds (12-20 cycles per minutes) for the lung and 0.75-1 second (60-80 bpm) for the
heart’. The blood motion depends on the type of vessels in which the blood circulates: the blood flow is usually
pulsatile in the arteries and quasi-stationary in the veins. Generally speaking, if an organ is in motion during a MRI
acquisition, motion artifacts can be observed in the image”3. The aspect of those motion artifacts depends on the
type of motion that occurs, but also on the MRI pulse sequence, and in particular its time parameters (TE, TR, ...)
and the trajectory followed in k-space. For example, standard pulse sequences with a Cartesian sampling of k-space
and quasi-periodic motions usually result in images showing ghosting artifacts. In the case of a radial sampling of k-
space, the same motion will lead to artifacts looking more like a smoothing around the moving organs.

For that reason, if motions are not taken into account in the imaging process of a human thorax, motion artifacts
appear on the images and reduce their diagnostic value. When imaging rate cannot compete with the motion
dynamics, the universal strategy to avoid or reduce motion artifacts in medical images consists in, first, capturing
the motion, and second, establishing a strategy during any elementary part of the imaging process (image
acquisition, image reconstruction, ...) either to freeze, correct or compensate for the motion upon what was
measured during the first step. The different strategies that are used and developed today to deal with motion in
MRI will be presented and discussed in detail in the second chapter of this manuscript.

Lung MRI is therefore not as straightforward as it can be for other organs like the brain. To perform relevant
medical images of the lung, in particular in terms of SNR, spatial resolution, and motion resolution and artifacts,

Magnetic Resonance in Medicine / Society of Magnetic Resonance in Medicine 66, no. 1 (July 2011): 248-54,
https://doi.org/10.1002/mrm.22829.

71p. D. Gatehouse and G. M. Bydder, “Magnetic Resonance Imaging of Short T2 Components in Tissue,” Clinical
Radiology 58, no. 1 (January 2003): 1-19, https://doi.org/10.1053/crad.2003.1157.

72 “\fital Signs,” Cleveland Clinic, accessed January 5, 2019, https://my.clevelandclinic.org/health/articles/10881-
vital-signs.

73 Mark Hedley and Hong Yan, “Motion Artifact Suppression: A Review of Post-Processing Techniques,” Magnetic
Resonance Imaging 10, no. 4 (January 1, 1992): 627-35, https://doi.org/10.1016/0730-725X(92)90014-Q.
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strategies need to be developed to go beyond standard MRI pulse sequences and adapt the modality to the special
characteristics of the lung.

2. SUB-MILLISECOND TE RADIAL PULSE SEQUENCES

As seen previously, in the particular case of lung in MRI, we have to deal with three challenges:
e the low proton density p of the lung parenchyma;
e the low transverse relaxation times T, /T in the lung parenchyma;
e the motion of the lung, the heart and the blood in the thorax.

An ideal pulse sequence would then be a sequence with a very high sensitivity to the MR signals produced by the
nuclear spins in the lung (to compensate for the low p values), with a TE value being as short as possible (to
minimize the SNR decrease related to the low values of T, /T;), an acquisition window duration as short as possible
(to minimize the spatial resolution degradation related to the low values of T, but being careful not to increase the
readout bandwidth too much to avoid a decrease in SNR), and which produces a low amount of motion artifacts
and/or provides a method to solve easily the problem of motion (to avoid thoracic motions related artifacts in the
MR images).

2.1.INTRODUCTION OF UTE AND ZTE PULSE SEQUENCES

To solve those issues and try to find the ideal MRI pulse sequence for lung imaging, we first need to change
paradigms. In standard MRI pulse sequences, signal acquisition is based on the production of an echo, that needs at
least a gradient dephasing immediately followed by a readout/refocusing gradient. Moreover, the RF excitation is
usually performed with a ‘sinc shaped’ RF pulse, or a more complex pulse designed with the Shinnar-Le Roux (SLR)
algorithm’* for example, simultaneously to a slice selecting gradient that needs to be refocused just after its
application in order to obtain a well-defined slice in the image domain. Finally, k-space acquisition is done on a
Cartesian grid, by using both frequency and phase encoding gradients, which is convenient in terms of data
acquisition control and flexibility, but also in terms of image reconstruction through the application of a simple FFT
algorithm. All these standard characteristics avoid the possibility to obtain a TE value below approximatively one
millisecond. However, we will see in the following that we do not really need all those features to create an image.

Previously, we have seen that any trajectory can be followed in k-space. To keep a good image quality without
under-sampling artifacts, it will be necessary to ensure a uniform coverage of k-space, in particular without leaving
‘holes’ in k-space, where the signal would not be acquired. A dephasing gradient is used before the readout
gradient in Cartesian imaging to read a full k-space line, on both sides of its center. If we remove it, only half of the
k-space (the ‘right’ part of the k-space) will be acquired. One possibility is to acquire this half of the k-space and to
apply exactly the same pulse sequence with sign inverted readout gradients. This strategy gives the possibility to
reduce the time duration between the RF excitation pulse and the acquisition of the center part of k-space. The TE
is therefore shorten by removing the dephasing gradient in the frequency encoding direction and by acquiring the
most central points of the k-space at the beginning of the acquisition window.

74 ). Pauly et al., “Parameter Relations for the Shinnar-Le Roux Selective Excitation Pulse Design Algorithm (NMR
Imaging),” IEEE Transactions on Medical Imaging 10, no. 1 (March 1991): 53-65, https://doi.org/10.1109/42.75611.
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Moreover, we are not forced to acquire the image in slices by measuring N, 2D k-spaces. We can remove the slice
selection gradient, adapt the trajectory and acquire a 3D k-space. Furthermore, the use of a phase encoding
strategy is not necessary. We can just read center-out radii in k-space by applying a pure readout gradient
composed of a stationary combination of G, G, and G, amplitudes at each repetition, and by changing these
amplitudes during the acquisition to cover the whole k-space volume that is needed to avoid under-sampling
artifacts. This type of pulse sequence, using only frequency encoding gradients along 3D center-out radii in k-space
with no slice-selection or volume-selection, is usually called 3D radial pulse sequence.

In this type of pulse sequence, which is very similar to the very first one developed by Lauterbur in 197375, FIDs are
directly measured and neither a gradient echo nor a spin echo needs to be produced: this is a clear change of
paradigm compared to Cartesian pulse sequences. Nevertheless, we still call ‘Echo-Time’, or TE, the time between
the tissue RF excitation and the signal readout, even if there is no echo. The advantage of removing all the
unnecessary gradients (slice selection gradients and its refocusing lobe, phase encoding gradient and the dephasing
lobe of the readout gradient) gives us the possibility to move the acquisition of the k-space center, which is done at
the very beginning of the readout gradient and acquisition window, closer to the RF excitation pulse, which reduces
considerably the TE and maximizes the image overall contrast.

The TE value can be even decreased by optimizing the duration of the RF excitation pulse: to do so, the best way is
to use a ‘square pulse’, usually called ‘hard pulse’, which excites the whole resonant biological tissue sample
covered by the excitation coil. For a given flip angle, this type of pulse is experimentally shorter than any ‘sinc
shaped’ pulses or SLR pulses, for example. By further reducing its duration, one may be limited in flip angle because
of hardware constraints, which is not a real problem here because it gives us the possibility to reduce the TR value
too, without neither spin saturation effects nor Specific Absorption Rate (SAR) overtake. This key strategy is
exploited in two very interesting and very similar pulse sequences called Ultrashort Echo-Time pulse sequence, or
UTE, and Zero Echo-Time pulse sequence, or ZTE.
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Figure 1.14: Chronograms of the UTE (left) and ZTE (right) pulse sequences.

A 2D version of UTE exists, using a slice selection gradient and half RF-pulses, and also 3D versions using a k-space
trajectory which is radial along x and y and Cartesian along z, and usually referred to as ‘stack of stars’. Moreover,
for 3D versions of UTE pulse sequences, RF excitation can also be performed through a ‘minimum-phase slab
selective pulse’ together with a slab selection gradient, which is similar to a slice selection gradient but with a lower

75 P, C. Lauterbur, “Image Formation by Induced Local Interactions: Examples Employing Nuclear Magnetic
Resonance,” Nature 242, no. 5394 (March 1973): 190-91, https://doi.org/10.1038/242190a0.

67



Chapter 1 - Section 3

gradient amplitude to select a ‘slab’, or a ‘thick slice’ of biological tissue, on which a 3D k-space is acquired. In the
following, only 3D radial sequences featuring square/hard RF excitation pulses and without any slice or slab
selection gradients will be discussed. In ZTE, only hard pulses are used for tissue excitation. We will see why later.
Because of its appearance in a 3D graphical representation, the 3D radial trajectory is also called ‘kooshball’
trajectory.

UTE and ZTE pulse sequences, as said just before, are very similar (see Figure 1.14): they both provide a very high
MR signal sensitivity because the acquisition is performed as soon as possible after the excitation, leading to a
minimal incoherent dephasing of spins and a maximal amount of signal, which maximizes the image SNR. For that
reason, they are particularly adapted to compensate for the low proton density p of the lung parenchyma and to
capture its quickly decaying MR signals because of the very short T, values it features. The two first challenges (i.e.
short T, and low proton density) of lung MRI are thus advantageously addressed. The value of such pulse
sequences in short T; materials is demonstrated in Figure 1.15.

TE = 12 ps TE =1 ms TE =3 ms

Figure 1.15: Images obtained with our UTE sequence on a bottle of water (on the left, long T, of several tens of
milliseconds) and on a piece of rubber (on the right, short T, around 1 ms). At ultrashort TE, we clearly observe a
very intense signal coming from the piece of rubber. This signal almost disappears when TE reaches a few
milliseconds. The MR signal coming from the bottle of water remains almost the same over this range of TE values.
For these acquisitions, TR and FA were set to 5 ms and 8° respectively.

In terms of image contrast, because of their intrinsic short TE values and low FA values, UTE and ZTE images
appear naturally with a proton density contrast (and sometimes a little bit of T; contrast if FA is large and TR is
short, as in Figure 1.15). Because proton density contrast is not the most useful one for medical diagnosis, UTE and
ZTE pulse sequences provide preparation pulses to modify the contrast:

e Itis possible to apply an inversion pulse before the RF excitation to add an inversion recovery property to
UTE and ZTE, leading to a strong T; contrast.

e It is possible to apply a long T, suppression pulse, also called magnetization transfer pulse, which is a
frequency shifted pulse aiming at saturating short T, components (which have large MR
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excitation/emission bandwidth because of their short 7)) in tissues to transfer their magnetization to a
neighbor long T, component and saturate it. These pulses give the possibility to obtain a T; contrast’®.

e Itis possible to apply a spectrally selective fat saturation pulse to saturate specifically fatty tissues in order
to decrease their signal. The NMR signal of fat can indeed be very high in UTE and ZTE because of its high
proton density and short T;.

e Finally, it is possible to produce perfusion weighted images with an Arterial Spin Labelling (ASL) technique:
an image, where out-of-FOV flowing spins are saturated, is subtracted to a non-saturated image”’.

2.2. MAIN DIFFERENCES BETWEEN UTE AND ZTE PULSE SEQUENCES

Despite of their numerous similarities, UTE and ZTE pulse sequences differ on a few aspects that need to be
described. All those details are related to the readout gradients of both sequences. In UTE, the readout gradient is
ramped-up just after the RF excitation and ramped-down just after the end of the signal readout. Signal readout
often starts during frequency encoding gradient ramping to obtain a TE value as short as possible. In ZTE, in
comparison to UTE, there is no readout gradient ramp-up and ramp-down. The signal readout is performed through
a permanent frequency encoding gradient, which thus cannot be seen as pulsed, as it is the case in most standard
MRI pulse sequences, and which is incrementally modified between the repetitions on the three gradient axes. One
immediate effect of these small increments of gradient is the very low amount of sound produced when the pulse
sequence is applied. In MRI, this sound is essentially generated by gradient ramping-up and down. These
increments are moreover applied at the end of signal readout and before the next RF tissue excitation. This very
particular way to apply readout gradients in ZTE implies several consequences for MR signal production and image
acquisition compared to UTE. These differences are discussed in a great number of technical papers about UTE”8 7°
and ZTE®0 818283 8 gnd gre summarized below.

The first specificity of ZTE compared to UTE is the need to apply an excitation pulse with a large excitation
bandwidth. Indeed, in UTE, the RF excitation pulse is applied to excite spins that precess at the same Larmor

76 R. M. Henkelman, G. J. Stanisz, and S. J. Graham, “Magnetization Transfer in MRI: A Review,” NMR in Biomedicine
14, no. 2 (2001): 57-64, https://doi.org/10.1002/nbm.683.

77 Deibler et al., “Arterial Spin-Labeling in Routine Clinical Practice, Part 1.”

78 C J Bergin, ] M Pauly, and A Macovski, “Lung Parenchyma: Projection Reconstruction MR Imaging.,” Radiology
179, no. 3 (June 1, 1991): 777-81, https://doi.org/10.1148/radiology.179.3.2027991.

7 Damian J. Tyler et al., “Magnetic Resonance Imaging with Ultrashort TE (UTE) PULSE Sequences: Technical
Considerations,” Journal of Magnetic Resonance Imaging 25, no. 2 (February 1, 2007): 279-89,
https://doi.org/10.1002/jmri.20851.

805, Hafner, “Fast Imaging in Liquids and Solids with the Back-Projection Low Angle ShoT (BLAST) Technique,”
Magnetic Resonance Imaging 12, no. 7 (January 1, 1994): 1047-51, https://doi.org/10.1016/0730-725X(94)91236-
P.

81 David P. Madio and Irving J. Lowe, “Ultra-Fast Imaging Using Low Flip Angles and Fids,” Magnetic Resonance in
Medicine 34, no. 4 (October 1995): 525-529, https://doi.org/10.1002/mrm.1910340407.

8 vyaotang Wu et al., “Density of Organic Matrix of Native Mineralized Bone Measured by Water- and Fat-
Suppressed Proton Projection MRI,” Magnetic Resonance in Medicine 50, no. 1 (July 1, 2003): 59-68,
https://doi.org/10.1002/mrm.10512.

8 Dean O. Kuethe, Natalie L. Adolphi, and Eiichi Fukushima, “Short Data-Acquisition Times Improve Projection
Images of Lung Tissue,” Magnetic Resonance in Medicine 57, no. 6 (June 1, 2007): 1058-64,
https://doi.org/10.1002/mrm.21230.

84 Markus Weiger et al., “ZTE Imaging in Humans,” Magnetic Resonance in Medicine 70, no. 2 (August 1, 2013):
328-32, https://doi.org/10.1002/mrm.24816.
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frequency in the entire biological tissue sample. Experimentally, the Larmor frequency can vary a little bit between
spins in this biological tissue sample because of B, inhomogeneities and the presence of frequency shifted
components compared to free water, as it can be found in fatty tissues for example. Usually, an excitation
bandwidth of approximatively 1000 Hz is sufficient to excite a slice or a slab of tissue®. The width of this slice/slab
is determined by the choice of the slice/slab selection gradient amplitude. In ZTE, as it was explained just above,
the RF excitation pulse is applied while the frequency encoding readout gradient is on, which imposes an excitation
of spins that precess over a wide range of Larmor frequencies. More quantitatively speaking, and as explained
earlier, the range of these precession frequencies in the FOV under consideration is equal to the readout
bandwidth BW. For that reason, an excitation bandwidth at least equal to the readout bandwidth needs to be
performed in order to ensure a uniform excitation of the piece of biological tissue comprised in the FOV. We also
understand why slice or even slab selection is difficult in ZTE and why ZTE is always applied as a 3D MRI imaging
technique. To perform such a wide bandwidth for tissue excitation, two main methods can be found in the
literature®®:

e The first one is based on the application of a very short square/hard pulse with a carrier frequency on
resonance with the spins located in the FOV. The temporal Fourier transform of such an excitation pulse
shows that its bandwidth around the carrier frequency is inversely proportional to its width in time. This
type of pulse gives the possibility, after a fast transmit/receive (T/R) switching, to perform immediately the
acquisition of data. Nevertheless, because of hardware constraints, this type of pulse can never achieve a
flip angle FA much greater than a few degrees.

e The second one is based on the application of a swiped frequency pulse, in which the carrier frequency is
modulated along time to linearly sweep from low to high temporal frequency. This type of pulse is much
longer than the previous type. For that reason, and because the excitation frequency is varying along time,
data acquisition can be performed during the excitation®’.

In this manuscript, we will only consider the first method for tissue excitation.

The second particularity of ZTE compared to UTE concerns the k-space trajectories followed by both sequences. In
UTE, k-space radii are drawn from its center to the periphery of k-space. This is made possible by acquiring the very
first data point of each radius while the readout gradient is starting to ramp-up at each repetition. In ZTE, because
readout gradients are just incremented at the end of each repetition and because the tissue is excited during the
application of this gradient, the center of k-space needs to be acquired at the center time of the RF excitation,
which is technically impossible. For that reason, when the acquisition window starts to sample the FID, the first
acquired k-space points are already out of the k-space center. At the end of the acquisition, it results in a sampled
k-space spherical ‘hole’ located at the center of k-space and where data is missing (see Figure 1.16).

85 Pauly et al., “Parameter Relations for the Shinnar-Le Roux Selective Excitation Pulse Design Algorithm (NMR
Imaging).”

8 Markus Weiger, Klaas P. Pruessmann, and Franciszek Hennel, “MRI with Zero Echo Time: Hard versus Sweep
Pulse Excitation,” Magnetic Resonance in Medicine 66, no. 2 (August 1, 2011): 379-89,
https://doi.org/10.1002/mrm.22799.

8 Djaudat Idiyatullin et al., “Fast and Quiet MRI Using a Swept Radiofrequency,” Journal of Magnetic Resonance
181, no. 2 (August 1, 2006): 342—49, https://doi.org/10.1016/j.jmr.2006.05.014.
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Figure 1.16: Standard 3D radial ‘kooshball’ trajectories followed in UTE (left) and ZTE (right) pulse sequences.

Nevertheless, the actual center of k-space is ‘crossed’ by the k-space trajectory at the exact same moment the RF
excitation pulse is applied, and only at this particular moment because of the application of a continuous readout
gradient. For that reason, the time duration TE between the center of the RF excitation pulse and the virtual
acquisition of the k-space center is equal to zero, which has led to the somewhat misleading name of this sequence
(Zero TE). For that reason, contrary to UTE, which usually reaches very short TE values around tens of
microseconds and featuring an image contrast that corresponds to this value of TE, ZTE images feature an image
contrast corresponding to a null TE, but only for tissues being excited and producing an MR signal (which is not
always the case because of spin dephasing during excitation for very short T, tissues, resulting in a decreased
actual flip angle compared to the prescribed flip angle) and for which signals are at least partly acquired in the
acquisition window. This last consideration can be illustrated by a very short T, tissue or material (i.e. T, < 1 ps)
that would produce a tiny MR signal because of its inefficient excitation and that would not be even acquired
because the T, is shorter than the T/R switching time duration of the MRI machine (around 10 ps): in this case,
even if we have a zero TE contrast, this very short T, tissue cannot be seen in the image, which puts the concept of
‘zero TE’ in perspectives. Even for T/R switching durations of the order of T,, enabling the acquisition of signal
from the material under consideration, this T; decay will remain strong during the signal acquisition, leading to a
deterioration of the image spatial resolution and compromising the possibility to even see correctly the tissue in
the image, as explained in 1.2. If the number of missing points at the center of k-space is too important, the image
cannot be correctly reconstructed from the acquired k-space. In this case, several solutions can be considered:

e A first one consists in estimating the missing k-space points either by considering the acquired values of
their neighbors or by assuming prior image characteristics.

e A second one is based on the acquisition of the missing data with the same type of trajectory but with
reduced readout gradient amplitudes and a lower number of radii: this method is usually called WASPI.

e A third method consists in performing a pointwise acquisition of the missing points in k-space with a NMR
signal spatial localization only based on phase encoding: this method is usually called PETRA.

If one of those previous methods needs to be performed to avoid low spatial frequency artifacts in the final image,
it cannot be done within the acquisition of the outer k-space domain but as an offline process or as an additional
pulse sequence implementation. Moreover, before image reconstruction, an additional processing step is needed
in order to merge both parts of k-space: the acquired outer k-space part and the estimated or acquired center k-
space region part.
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The third specificity of ZTE compared to UTE is the global constraints imposed by the continuous readout gradients.
Because these gradients are incremented instead of being ramped-up and down at each repetition, it is difficult to
perform more things than just exciting the tissue and acquire the signal. For example, it is difficult to apply a
crusher at the end of each repetition to spoil the remaining transverse magnetization. For that reason, the only way
to avoid image artifacts because of this remaining transverse magnetization is to choose small increments of
readout gradients at the end of each repetition: in this case, the remaining signal created during the previous
repetitions and measured during the actual repetition results from spins that go on dephasing, thus producing a
negligible signal. In this situation, we observe that readout gradients play also a role of crusher. Another constraint
is the difficulty to apply preparation pulses to perform, for example, inversion recovery or chemical shift selective
fat saturation. One possible solution to this problem is to divide the pulse sequence into segments of several tens
of repetitions inside which the readout gradient is slightly incremented at the end of each repetition (see Figure
1.14, on the right) and at the end of which the readout gradient is ramped-down, before being ramped-up for the
next segment. Between two segments, it is then possible to include one or several preparation pulses®.

To wrap up the comparison, in UTE, there is an intrinsic solution to the third challenge we mentioned about MR
lung imaging, which is related to the physiological motions inside the thorax during the acquisition, in particular
respiratory and cardiac motions. First, radial trajectories are known to be very robust to motion artifacts, as
explained in the next chapter. Moreover, thanks to this radial trajectory followed in k-space during an UTE
acquisition, an easy solution is provided to follow this motion along the whole duration of the acquisition and
directly from k-space data.

In the next chapter, we will see how this is working, what type of information we can obtain from this technique
and how we can then avoid motion artifacts in the images. We will also understand how these strategies can be
adapted to ZTE to a certain extent. All these considerations will be taken into account, amongst others, to choose
the best pulse sequence between UTE and ZTE for one given lung MRI application.

8 Florian Wiesinger et al., “Zero TE MR Bone Imaging in the Head,” Magnetic Resonance in Medicine 75, no. 1
(January 1, 2016): 107-14, https://doi.org/10.1002/mrm.25545.
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DEVELOPMENTS IN THE FIELD OF SELF-
NAVIGATION AND SELF-GATING FOR
UTE AND ZTE IMAGING OF THE LUNG
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IN THIS CHAPTER, WE WILL FIRST INTRODUCE THE NOTIONS OF
MOTION FIELD, MOTION MODEL, SURROGATE SIGNAL AND SELF-
NAVIGATION. THROUGH A FEW REPRESENTATIVE EXAMPLES OF
MOTION CORRECTION TECHNIQUES TAKEN FROM THE LITERATURE,
WE WILL SEE THE CENTRAL ROLE OF THE SURROGATE SIGNAL IN
MOTION CORRECTED MRI. THEN, WE WILL STUDY THE
IMPROVEMENT BROUGHT BY THREE INNOVATIONS DEVELOPED
DURING THIS THESIS. THE FIRST ONE, CALLED SNIF, IS A METHOD
AIMING AT FILTERING THE SELF-NAVIGATION SIGNAL EXTRACTED
FROM QUASI-RANDOM UTE ACQUISITION. THE SECOND ONE, CALLED
SNOZE, IS A METHOD THAT EXTRACTS A SELF-NAVIGATOR FROM ZTE
ACQUISITIONS SIMILARLY TO WHAT CAN BE DONE IN UTE. FINALLY,
THE THIRD ONE, CALLED AZTEK, IS A NEW K-SPACE TRAJECTORY
DESIGNED TO BE ADAPTED BOTH TO ZTE PULSE SEQUENCE
REQUIREMENTS AND MOTION CORRECTION.
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SECTION 1 MOTION TRACKING AND CORRECTION IN MRI

PERFORMING MRI OF THE RESPIRATORY MECHANICS REQUIRES DEALING WITH MOTION
IN THE COURSE OF THE IMAGING PROCESS. IN THIS FIRST SECTION, WE WILL SEE ABOUT
WHAT MOTIONS WE ARE TALKING AND WHY IT IS IMPORTANT TO TAKE THEM INTO
ACCOUNT. ON THE WAY, WE WILL DESCRIBE THE DIFFERENT TECHNIQUES AVAILABLE IN
CLINICAL ROUTINE OR PROPOSED IN THE LITERATURE.WE WILL EVENTUALLY SEE THAT
MOTION IS NOT ONLY A CHALLENGE TO OVERCOME BUT ALSO AN OPPORTUNITY TO
ACCESS TO NEW INFORMATION. WE WILL INTRODUCE A VERY IMPORTANT CONCEPT IN
THE FIELD OF MOTION TRACKING AND MOTION MODELLING: THE SURROGATE SIGNAL.

1. MOTION IN MRI: A SOURCE OF TROUBLESOME ARTIFACT OR USEFUL CLINICAL
INFORMATION?

Motion is a displacement of matter from one spatial position to another one during a given period of time and
relatively to a reference frame. For a given material system, composed of one or several bodies, the motion can be
rigid and therefore described through translations and rotations. In this case, the global position and the
orientation of the system are changed but neither its shape nor the relative positions of the different bodies
composing the system are modified. The motion can be non-rigid and include changes in the relative positions of
bodies or even changes in the shape of the bodies, which is usually referred to as deformation. This definition does
not include any concept of force or stress. Therefore, the concept of motion comes from kinematics, a branch of
mechanics.

When a MRI acquisition is performed on living tissues or phantoms, motion can occur at different scales, from
physical motions of body parts at macroscopic scales to the diffusion of water molecules at microscopic scales.
Moreover, as it will be seen in the last chapter of this manuscript, motion can be induced by an external source for
excitation and measurement purposes. In this special case, motion is not proper to the subject under consideration
but induced to it. From a very applicative point of view in the field of MRI, those different types of motions can be
classified, but not exclusively, into two main categories:

o Deleterious motions: One very large field of research in MRI, and in medical imaging more generally,
consists in studying the negative impact of motions on the imaging procedure and mostly to find technical
solutions to reduce or suppress their effects on images. As addressed later in this chapter, motions inside
or surrounding the subject or organ of interest can induce motion artifacts in the final images so motion
correction or compensation strategies are needed to avoid them. For example, a significant displacement
of the body part under consideration during the MRI exam can produce a drastic degradation of the MR
image quality. To preserve it, a strategy needs to be developed either to avoid this type of motion during
the imaging process or to correct it either prospectively during the acquisition process or retrospectively
afterwards.

¢ Informative motions: Several other fields of research in MRI focus on the study of motion either
physiological or physical. They aim at developing techniques not to suppress their effects but to emphasize
their effects and study them. They usually promote techniques to enhance these motions of interest in the
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MR images and quantitatively measure them with MRI. For example, the diffusion of water molecules
within tissues can be of great interest to detect and characterize some diseases (strokes, for example), but
also to indirectly study the microstructure of tissues. Basic MR imaging techniques are poorly sensitive to
diffusion processes. By implementing motion encoding gradients to the MR pulse sequence, diffusion of
water molecules becomes quantifiable and advanced acquisition and post-processing strategies were
developed to extract the diffusion motion.

The concept of motion can be detrimental or beneficial in MRI depending on the subject of interest, but also on the
related methodological approach. In this way, diffusion motion discussed just above can also be problematic in
pure anatomical MRI for example, as this motion may lead to signal amplitude decreases in the final image through
the unavoidable use of position encoding gradients. In this manuscript, the subject of interest is the study of
respiratory mechanics with MRI. As explained in the first chapter of this manuscript, the notion of respiratory
dynamics refers to two main topics that were shown to be potentially related to lung function and
pathophysiological state:

e Maechanical behavior of the lung: Estimated essentially through the study of pulmonary physiological
motions, this topic will be covered in the third chapter of this manuscript.

e Maechanical properties of the lung: Estimated essentially through mechanical tests performed onto the
lung, this topic will be covered in the fourth chapter of this manuscript.

Lung MRI is challenging because of physiological motions, especially respiratory and cardiac motions. In these lines,
different types of motions in the lung, physiologically and remotely induced, will be studied here with MRI. In this
manuscript, a third type of motion, related to flowing blood, will be minimally studied. As discussed later, this
motion has a limited impact on the developed imaging techniques.

A dual role is played by respiratory motion, which will be at the same time a challenge to address and a source of
information to explore. However, as many advanced MRI applications, the study of mechanical behavior and
mechanical properties of the lung will be based on standard MRI pulse sequences made originally to perform
anatomical images. Because anatomical imaging is, in the general case, concerned by the problem of motion
artifacts, and in particular respiratory and cardiac motions artifacts, the first step of the doctoral project will be to
find adapted solutions to deal with those two motions, and in particular with respiratory motion.

2. THE BASIC CONCEPTS OF MOTION CORRECTION IN MRI AND THE PRIMORDAL ROLE OF
THE SURROGATE SIGNAL

Respiratory and cardiac motions are of the same type: they are both macroscopic physiological motions
characterized by a deformation varying quasi-periodically with time. Hence, similar strategies can be considered to
overcome their effects on anatomical images. One thing to keep in mind is that, because of the physical proximity
of the lung and the heart in the human body, mutual deformations are generated by the two organs. The great
difference between those two motions is found, as previously seen, in their motion periods: around 3-5 seconds for
the lung and 0.75-1 second for the heart in healthy human adult. Besides, the subject can willingly take control over
the respiratory motion by contracting the diaphragm and intercostal muscles whereas she or he does not have
direct access to control the heart motion as it is induced by the depolarization of myocardial cells.

78



Chapter 2 - Section 1

2.1. MATHEMATICAL MODELING OF A MOTION

A good and largely approved model to represent the evolutions along space and time of respiratory and cardiac
motions is to define one, and only one, 3D vector field % (X,Y, Z,t). In this representation, X, Y and Z represent
spatial positions in a given 3D coordinate system. This system is usually chosen as a direct orthonormal coordinate
system, the same as the one in which the spatial components of U, written u,, u, and u,, will be described. t
represents the time passed from a given time origin, which can be chosen as the beginning of the MR acquisition
for example. Because only the subject located inside the MRI machine is considered, the spatial coordinates

y 4

introduced above are usually defined only in the image FOV.
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Figure 2.1: lllustration of the Lagrangian formulation of motion fields and definition of the main vector fields
related to this representation.

To make the link between the abstract mathematical object % and the underlying physics, 1 (X,Y, Z, t) should be
seen as the displacement of the infinitesimal volume of matter which was located at spatial coordinates (X, Y, Z) at
time t,. At this special time, taken as a reference, the vector field U is therefore null everywhere in the subject. This
type of description is usually referred to as Lagrangian formulation (contrary to the Eulerian formulation). In this

type of description, each infinitesimal volume of matter is ‘followed’ along time relatively to a reference state
X
Y
Z
the position vector of a given infinitesimal volume of matter at time t,, the position vector of this same volume of

reached (or not, in a more general case) at a given reference time point t,. More explicitly, ifR = represents

matter at time t is given by (see Figure 2.1):

x(X,Y,Z,t)

y(X,Y,Z,t)

2(X,Y,Z,t)

= R+1UXY,Z10)
X+u,(X,Y,Z,t)

= |[Y+u,(X,Y,Z1)
Z+u,(X,Y,Z,t)

#(X,Y,Z,t)

Eq. 2.1

This vector field is not necessarily spatially continuous: ‘sliding’” motions may exist (which will be useful to represent
the motion at the interface between the parietal pleura and the visceral pleura in the thorax, or the motion at the
interface between the lung and the heart, for example). However, for physical purposes (infinite velocities and
accelerations do not exist in physics), the different spatial components of this vector field will vary quite regularly
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along time (at least C? in time). Usually, the vector field (X, Y, Z, t) will be referred to as the motion field or the
displacement field in the following and in the literature, whereas # is usually called deformation field. Finally, it is
important to consider that this representation is a simplified model: diffusion of water molecules within the tissue
for example is not included. Nevertheless, this representation is far sufficient for our applications.

2.2. THE EFFECTS OF MOTION IN MRI
2.2.1. INTRA-VIEW AND INTER-VIEW EFFECTS OF MOTION

An MR image is generated after recording temporal signals along an acquisition process, referred in the previous
chapter to as views, with one view every TR. Within some approximations, those views were shown to be subsets
of the k-space for one given MR image. If enough different views, or subsets of k-space, are recorded during the
acquisition process, and if those views cover sufficiently well the k-space at coordinates where information
corresponding to the reciprocal image of interest is found, it becomes possible to reconstruct a MR image.
However, the different measurement points from the many views acquired during the imaging process must
correspond to subsets of the same k-space, thus related to the same MR image. If a motion occurs during the
acquisition, those considerations may be compromised. More precisely, it is necessary to distinguish between two
types of effects®
e Intra-view effects: Those effects appear when a motion occurs during one repetition in the pulse
sequence, and in particular during the position encoding and acquisition of one view®'. Because of the
relatively slow time evolutions of the motions under consideration here (respiratory and cardiac motions)
and thanks to the very short TR values we will use in the following, we will neglect those effects.

e Inter-view effects: Those effects appear when a motion occurs between repetitions in the pulse sequence,
and thus between the acquisitions of different views®. In a simple approach, the different views are
acquired from different spatial spin configurations because of motion, and therefore correspond to
different static MR images. When image reconstruction is performed after data acquisition, those different
subsets of k-space are not coherent to each other anymore, leading to undesired effects in the image
domain, which are usually referred to as motion artifacts.

8 Mark Hedley and Hong Yan, “Motion Artifact Suppression: A Review of Post-Processing Techniques,” Magnetic
Resonance Imaging 10, no. 4 (January 1, 1992): 627-35, https://doi.org/10.1016/0730-725X(92)90014-Q.

%0 Qing-San Xiang and R. Mark Henkelman, “K-Space Description for MR Imaging of Dynamic Objects,” Magnetic
Resonance in Medicine 29, no. 3 (1993): 422-28, https://doi.org/10.1002/mrm.1910290324.

°1Van J. Wedeen, Richard E. Wendt, and Michael Jerosch-Herold, “Motional Phase Artifacts in Fourier Transform
MRI,” Magnetic Resonance in Medicine 11, no. 1 (1989): 114-20, https://doi.org/10.1002/mrm.1910110110.

92 Pippa Storey et al., “Band Artifacts Due to Bulk Motion,” Magnetic Resonance in Medicine 48, no. 6 (2002): 1028—
36, https://doi.org/10.1002/mrm.10314.

80



Chapter 2 - Section 1

2.2.2. NOTIONS OF MOTION BLURRING ANG GHOSTING IN MRI

In the final MR image, the (inter-view) motion artifacts appear through two different visible effects®? %*:

e Motion blurring: This effect is characterized by a local degradation in image spatial resolution, which
becomes worse than the voxel size. Thus, boundaries between different types of tissues or organs, which
would be sharp without motion, now appear more diffuse. Moreover, small objects in close spatial
proximity that were distinguishable in the MR image without motion now cannot be separated, and they
even sometimes become invisible. This blurring appears in the direction of motion.

e Motion ghosting: The term ghosting refers to the presence of mirage structures appearing in the image
and usually corresponding to objects in motion whose representations in the image repeat in the
directions orthogonal to the views. Because 2D MR imaging is usually performed in Cartesian mode by
acquiring views in k-space with different amplitudes of phase encoding gradients, the ghosts usually
appear along the phase encoding direction. The appearance of those structured repetitions (sharp ghosts
or more diffuse artifacts) and their spatial localization are related to both the time evolution of the
motion causing this artifact and to the rate at which the views are acquired (usually related to the TR).

2.3. BASIC TECHNIQUES TO AVOID MOTION ARTIFACTS IN MR IMAGES
2.3.1. NATURAL ROBUSTNESS TO MOTION ARTIFACTS OF UTE AND ZTE PULSE SEQUENCES

For our applications in lung imaging, we focus on two pulse sequences: Ultrashort Time-Echo (UTE) and Zero Time-
Echo (ZTE). Those two pulse sequences share one common feature: the purely radial exploration of a 3D k-space.
Therefore, the views take the form of radii in k-space starting from the low spatial frequency center (or close to
the center for ZTE) of k-space and finishing in the high spatial frequency domain of the k-space. This strategy
uniquely based on frequency encoding, in comparison to the standard method combining frequency and phase
encoding in 2D or 3D Cartesian acquisitions, is highly relevant for moving organs in the sense that the obtained
images are usually robust to motion artifacts. This robustness can be explained along the following three aspects®:

e The first one is related to the oversampling of the k-space center. This oversampling occurs because every
view record information in the central region of k-space. In a basic radial sampling scheme, the exact
center of k-space is even sampled at each pulse sequence repetition. Whereas in Cartesian imaging, the
sampling density in k-space is the same everywhere, it is oversampled at the center of k-space in radial
imaging, which leads to averaging effects between the different states of motion, in particular for the bulk
motion of large organs.

e The second one is related to the appearance of ghosting motion artifacts in radially acquired images. As
seen in 2.2.2, motion artifacts in standard Cartesian imaging appear as blurring in the direction of motion
and ghost images along the directions orthogonal to the acquisition of each view, which is often the phase
encoding direction. In radial acquisitions, there is no phase encoding and the direction of each view in the

9 Michael L. Wood and R. Mark Henkelman, “MR Image Artifacts from Periodic Motion,” Medical Physics 12, no. 2
(1985): 143-51, https://doi.org/10.1118/1.595782.

9L Axel et al., “Respiratory Effects in Two-Dimensional Fourier Transform MR Imaging.,” Radiology 160, no. 3
(September 1, 1986): 795-801, https://doi.org/10.1148/radiology.160.3.3737920.

% G. H. Glover and J. M. Pauly, “Projection Reconstruction Techniques for Reduction of Motion Effects in MRI,”
Magnetic Resonance in Medicine 28, no. 2 (1992): 275-89, https://doi.org/10.1002/mrm.1910280209.
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k-space is different for each view. For that reason, the intensity corresponding to motion ghosts in radial
imaging is spread in the entire image surface or volume and is thus diluted in the entire image. The
artifacts are thus less visible compared to the ones obtained in Cartesian imaging, where the artifact
intensity is only oriented along one direction and appears as coherent ghost structures. Motion ghosts in
radial imaging usually appears as radial streaks, with an intensity lower close to the moving object and
which increases far from this object.

e The third aspect is related to the location where the ghosting motion artifacts are observed. It can be
shown that streaks are more intense in the direction orthogonal to motion. For that reason, the streaks
are usually out of the organs and thus do not hinder the detection of structures or lesions of interest.

Nevertheless, even if the ghosting artifacts are not such a problem for our two sequences of interest, motion blur
remains. For that reason, if the motion is not taken into account either during the acquisition or during the
reconstruction process, small structures and other image features characterized by high spatial frequencies will not
be detected. In the following, we will thus study the different strategies available to limit motion blurring, from the
more basic to the more advanced ones.

2.3.2. REDUCTION OF PHYSIOLOGICAL MOTION AMPLITUDE

Motion blurring increases with the motion amplitude of a given organ (of the lung or the heart in our case). One
solution to decrease this effect is to reduce the motion amplitude. This can be done by asking to the patient to
perform one or several breath-holds during the imaging process. The patient can also be asked to slowly breathe
and to inhale only small volumes of air. One last solution to reduce respiratory motion can be to restrain the
subject by strapping the chest to the MRI bed.

However, those techniques require either the patient’s cooperation or tolerance. Moreover, it concerns only
motions that can be controlled, like the respiratory motion for example, but not cardiac motion. Furthermore, in
our applications, we want to suppress the motion artifacts in the images, not the motions themselves because
these motions are a valuable source of information. Consequently, those methods are not suited to our project but
are usually considered in clinical routine for standard thoracic and abdominal imaging exams.

2.3.3. SPECIAL CASE OF ULTRAFAST MR IMAGING TECHNIQUES

Another technique does not consist in avoiding the motion itself but in being at the same motion field state for
each view. A way to do it is to use ultra-fast imaging techniques, like EPI for example, in order to acquire one single
image in a period of time shorter that the characteristic evolution time of motion. However, those ultrafast imaging
techniques are usually limited to 2D imaging, and 3D imaging can only be assessed by repeating the same 2D
acquisition techniques several times in this situation. This leads to a ‘motion freezing’ for each 2D image but not for
the entire 3D image at the exact same motion field state.

2.3.4. PROSPECTIVE AND RETROSPECTIVE GATING TECHNIQUES

Another approach relies on the repetition of the motion. The motion may be ‘freezed’ by organizing the acquisition
and/or the reconstruction process in order to have virtually no motion in the body of the patient within the data
set. Those techniques are usually referred to as gating or binning techniques and give the possibility to artificially
‘freeze’ the motion. There are essentially two types of gating (see Figure 2.2):

e Prospective gating: MR data is acquired only when the motion field reaches a given state. For example,
this state can be the end of expiration for respiratory motion or the diastole for the heart motion. The
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major part of the strategy is thus concentrated on the image acquisition process, which is composed of an
alternation between data acquisition periods and waiting periods.

e Retrospective gating: MR data is acquired in continuous mode, without any motion consideration.
However, during the reconstruction step, the acquired data are sorted into gates (or bins), with one
motion gate per representative motion field state. The different motion gates are then reconstructed
separately to give one separate image per motion gate. For that reason, the major part of the strategy is
concentrated in post-processing steps, even if techniques exist to take into account the motion during the
acquisition process too (in cine cardiac imaging for example, where the same view in k-space is acquired
several times during one heart beat in order to have enough data at the end of the acquisition to
reconstruct properly each prospective motion gate).

Surrogate Surrogate
signal signal

Triggered - Image acquisition - - -
image acquisition - - - 9 9 m
IRl an Binning - e -
i ; ; H H H A HIR I

Image reconstruction Image reconstruction

Prospective gating Retrospective gating

Figure 2.2: Illustration of the principles of prospective and retrospective gating techniques.

These two techniques are particularly adapted to lung and heart motions because of their quasi-periodicity:
approximatively the same motion field states are retrieved at each motion cycle. Enough data can thus be
accumulated for one or several motion gates, either in prospective or retrospective mode. However, for both types
of motion and for the two strategies described above, it is necessary to know how the motion field evolves along
time to properly perform any gating. But the motion field itself is a very complex vector field and it cannot be easily
measured in the general case. Thankfully, respiratory and cardiac motions are quasi-periodic. Therefore the
information upon the motion field state is redundant and can be largely ‘compressed’ in one or several temporally
varying signals, which are sometimes referred to as surrogate signals.

2.3.5. NOTION OF SURROGATE SIGNAL

A surrogate signal, in its general form, can be defined as a temporally varying signal which is highly correlated to
the time evolution of the motion field of an organ. For example, the time evolution of the periphery of the thorax
and/or the abdomen of a patient can be considered as a surrogate signal for respiratory motion. A perfect
surrogate signal would be a signal that varies with the motion field with a one-to-one correspondence between
them. Usually, such a perfect surrogate signal does not exist but the one-to-one relationship can be an
approximation, which is sometimes sufficient to solve a given problem. Another solution might be to use several
surrogate signals from simultaneous different measurement sources in order to get a closer one-to-one
correspondence between the actual motion field and the set of surrogate signals. Because of their capital role in
gating processes (and also in other motion correction methods, as explained below), we will further study the
concept of surrogate signal later.
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2.4. ADVANCED TECHNIQUES TO AVOID MOTION ARTIFACTS IN MR IMAGES

So far, only techniques to freeze or attenuate the motion either mechanically or virtually have been discussed.
Those techniques do not ‘compensate’ for the motion or ‘correct’ the motion, but just attenuate its effects in
images by acting on the motion itself or by adapting the imaging process to its basic temporal features.
Theoretically, it has been demonstrated that if the vector field i is known for each voxel position and for the time
position of each view, the motion artifacts can be directly corrected in the acquired k-space before the
reconstruction®. This does not depend neither on the type of motion nor on the type of pulse sequence under
consideration but the motion field needs to be known during the entire data acquisition process. And it is very
difficult if not impossible to entirely measure the 3D motion field in the region of interest at the same time as the
MR data. A simplifying model of the motion may be used instead.

2.4.1. NOTION OF MOTION MODEL

An excellent review on respiratory motion models was written several years ago by McClelland et al.*’. This review
introduces very well the concept of respiratory motion model both for diagnostic medical imaging and
interventional imaging. It provides an overview of the research projects that were held over the last 15 years in this
domain. Moreover, most of the concepts introduced in this review are adapted to cardiac motion. In the following,
I will make a non-exhaustive summary of this review by focusing on our purposes and give a list of the most
remarkable examples of model based motion correction techniques.

Surrogate
signals
t
Motion
model /T\
Organ in = = = <= o, S S, e e —
motion

Figure 2.3: Definition of a motion model W.

This review defines a motion model as a process W that takes some surrogate data for input and produces some
motion estimates for output (see Figure 2.3). To build a motion model, four choices are usually made:

1. The choice of one or several surrogate signals,
2. The choice of a simplified representation for the motion,

% P, G. Batchelor et al., “Matrix Description of General Motion Correction Applied to Multishot Images,” Magnetic
Resonance in Medicine 54, no. 5 (November 2005): 1273-1280, https://doi.org/10.1002/mrm.20656.

97]. R. McClelland et al., “Respiratory Motion Models: A Review,” Medical Image Analysis 17, no. 1 (January 2013):
19-42, https://doi.org/10.1016/j.media.2012.09.005.
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3. The choice of a method to estimate the relationship between the surrogate signal(s) and the motion
representation, and
4. The choice of the relationship between the surrogate signal(s) and the motion representation.

2.4.2. MOTION CORRECTION TECHNIQUES BASED ON THE CONSTRUCTION OF A MOTION
MODEL

Once the choices above are made and once the MR exam to correct from the motion is chosen, the motion model
needs to be constructed and applied to the imaging process. Four main strategies can be considered:

e Constructing the motion model before the MR acquisition and then applying it during the data
acquisition process: This type of approach is usually referred to as a prospective. In this case, the first step
consists in constructing the motion model. It is usually based on the acquisition of temporally resolved
medical images (ultra-fast MRI, CT, ...) at the same time as one or several surrogate signals. From those
two sets of data, surrogate and motion data, the motion model is constructed by estimating the
relationship between both. The second step consists in applying in ‘real-time’ the motion model during the
image acquisition process. As explained in the first chapter, the geometrical parameters of the MR image
(slice position and width, FOV position and size, ..) can be modulated by tuning the RF excitation
frequency and the amplitude of the position encoding gradients. It is thus possible, thanks to the
instantaneous value of the surrogate signal(s), to estimate the instantaneous motion field, from which an
optimal setting of RF and gradients can be deduced for the view to be acquired in order to compensate for
the motion. After the acquisition, the acquired k-space will be, in the ideal case, free of motion artifacts
and can thus be directly reconstructed by applying a standard reconstruction algorithm. However, the
motion correction remains limited to affine motion fields (translations, rotations, zoom and shearing). The
first technical implementation of such a prospective motion correction technique was proposed by Nehrke
et al.’® based on observations made ten years before by Wang et al.®°. The aim of their work was to
correct the quasi-translational motion of the heart induced by respiration. To correct for this motion,
which is supposed to be purely affine, a calibration sequence generating series of low-resolution 3D
images with a good time resolution, is first applied before making the link between several surrogates
signals (navigator echoes here) and the patient specific motion field estimated from these images. On each
3D low-resolution image, as described above, the motion is frozen. Once the motion model is learnt, it can
be used in any MR pulse sequence to correct the position encoding gradients and RF excitation pulses in
‘real-time’ from the same surrogate signals measured and analyzed during the MR acquisition.

e Constructing the motion model before the MR acquisition and then applying it during a post-processing
step: This type of approach is usually referred to as a retrospective. In this case, the first step consists in
learning the motion model, as explained in the first strategy. However, instead of directly using it in the
acquisition process, the imaging data and the surrogate signal(s) are just acquired continuously without
taking into account the surrogate signal(s). The motion model is then exploited to estimate the time
evolution of the motion field during the image acquisition thanks to the surrogate signal(s). The motion
estimation is thus done as a post-processing step. Finally, the estimated motion field can be exploited to
correct for the motion artifacts directly in the image k-space before or during the reconstruction. The

%8 Kay Nehrke and Peter Bérnert, “Prospective Correction of Affine Motion for Arbitrary MR Sequences on a Clinical
Scanner,” Magnetic Resonance in Medicine 54, no. 5 (2005): 1130-38, https://doi.org/10.1002/mrm.20686.

9Yj Wang, Stephen J. Riederer, and Richard L. Ehman, “Respiratory Motion of the Heart: Kinematics and the
Implications for the Spatial Resolution in Coronary Imaging,” Magnetic Resonance in Medicine 33, no. 5 (1995):
713-19, https://doi.org/10.1002/mrm.1910330517.
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advantage compared to the previous technique is that non-affine motion fields can be taken into account
(which is more relevant for respiratory and cardiac motions) and it can be done for any standard pulse
sequence. This strategy is well explained by Odille et al.X® for respiratory motion correction. In their study,
and similarly to what was proposed previously in prospective motion correction, a fast pulse sequence
(bSSFP) was used to obtain 3.6 2D images per second during several periods of motion as a calibration
step. An elastic motion model based on the displacement of control points chosen on a Cartesian grid was
learned between these quasi-instantaneous images and the corresponding surrogate signals composed of
the outputs of two respiratory belts (one for the thorax and one for the abdomen), one ECG system and
their first time derivatives. For this, it was supposed that the motion of any control point along any spatial
direction could be approximated as a linear combination of the surrogate signals, the coefficients of this
linear combination being the parameters to learn during the model building step. Moreover, it was
supposed that two neighboring control points should follow similar displacements, which was explained by
the continuous elastic properties of the material, and introduced as a regularization term in the motion
model learning process. This model was then exploited to retrospectively correct the motion during the
image reconstruction process by taking as inputs the acquired k-space data of interest and the same
surrogates signals acquired during the acquisition process.

e Constructing the motion model during the acquisition process: In this case, the acquisition of data
dedicated to the construction of the motion model and to the generation of the final MR image is done
simultaneously. Sometimes, data needed to build the motion model is extracted from the imaging data
itself. In this case, the calibration step that was seen in both techniques described above is not needed
here. This strategy was implemented for PROPELLER (Periodically Rotated Overlapping ParallEL Lines with
Enhanced Reconstruction) MRI2, In this technique, k-space data is acquired with a very special trajectory
composed of segments usually referred to as ‘blades’. Those blades are composed of several Cartesian k-
space lines spanned around the center of k-space and oriented along one given direction. The k-space is
fully covered by acquiring several blades with different orientations. During the acquisition of each blade,
the central region of k-space is sampled and a low-resolution image can be estimated from it. As a post-
processing step, k-space center position, bulk rotations, bulk translations and through plane motion can be
corrected within the Fourier domain thanks to this frequently sampled region around the k-space center. A
motion-corrected image is thus reconstructed from the corrected k-space. Another more advanced way to
do it is to include the correction of motion artifacts directly within the image reconstruction step, as
proposed in the Augmented SENSE reconstruction method!??. The effectiveness of this strategy was
proven for head motion but also for the respiratory-induced motion of the heart. Finally, a ‘real-time’
estimation of a motion model can be imagined in order to make prediction on future physiological motion
cycles and therefore perform optimized prospective gating, as it was demonstrated a few years ago for
cardiac imaging®.

100 Freddy Odille et al., “Generalized MRI Reconstruction Including Elastic Physiological Motion and Coil Sensitivity
Encoding,” Magnetic Resonance in Medicine 59, no. 6 (2008): 1401-11, https://doi.org/10.1002/mrm.21520.

101 James G. Pipe, “Motion Correction with PROPELLER MRI: Application to Head Motion and Free-Breathing Cardiac
Imaging,” Magnetic Resonance in Medicine 42, no. 5 (1999): 963—-69, https://doi.org/10.1002/(SICI)1522-
2594(199911)42:5<963::AID-MRM17>3.0.CO;2-L.

102 Roland Bammer, Murat Aksoy, and Chunlei Liu, “Augmented Generalized SENSE Reconstruction to Correct for
Rigid Body Motion,” Magnetic Resonance in Medicine 57, no. 1 (January 2007): 90-102,
https://doi.org/10.1002/mrm.21106.

103 Brice Fernandez et al., “Adaptive Black Blood Fast Spin Echo for End-Systolic Rest Cardiac Imaging,” Magnetic
Resonance in Medicine 64, no. 6 (2010): 1760-71, https://doi.org/10.1002/mrm.22566.
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e Constructing the motion model during a post-processing step: In this last case, the acquisition of imaging
data with one or several surrogate signals is done in a standard way. However, both the estimation of the
motion model and its exploitation are performed during the same post-processing task. One of the best
examples of this strategy is the technique referred to as GRICS (Generalized Reconstruction by Inversion of
Coupled Systems)®. In this algorithm, both the motion model and the motion-corrected image are
iteratively estimated from the same k-space dataset, the corresponding surrogate signals and an initial
motion model, estimated either from a calibration step as seen above or progressively estimated without
prior knowledge thanks to a multi-resolution strategy. The elastic motion model is similar to the one
described above for retrospective motion correction, but it is included in the multi-resolution strategy
instead of being applied on a Cartesian grid of control points. Two coupled inverse problems are thus
solved at the same time and lead to the desired optimally motion-corrected image and an optimal motion
model directly estimated from the imaging data. The efficiency of this technique was demonstrated for the
correction of respiratory motion on ECG trigged thoracic MR acquisitions in free-breathing.

The previous description of motion correction techniques is not supposed to give an exhaustive panel of what has
been developed in the field during the last decades of research in model-based motion correction but instead to
understand representative examples of what is possible. A common element is found in every model-based motion
correction technique: the surrogate signal. To avoid motion artifacts in the images, it was explained that gating
methods were based on the acquisition of a surrogate signal during the image acquisition. This signal could be used
either in prospective or retrospective gating techniques. For that reason, any motion correction technique either
based on a gating strategy or a motion model will depend on the efficient measurement of a surrogate signal that
needs to be highly correlated to the evolution of the motion field within the organ of interest, and if possible with a
one-to-one relationship between this surrogate signal and the actual motion field in the subject.

3. SURROGATE SIGNALS FOR RESPIRATORY AND CARDIAC MOTIONS AND PRINCIPLES OF
SELF-NAVIGATION

Again, this part is not to be exhaustive on the many existing techniques to record a surrogate signal but to provide
the main strategies that can be found in clinical routine and in the literature. First, a good surrogate signal needs to
be highly correlated to the physiological motions that need to be corrected. Second, the surrogate signal should be
easy to measure with a sufficient temporal resolution. Furthermore, in a MR environment, the chosen strategy
needs to be compatible with the proximity to strong magnetic fields. Globally, motion tracking strategies can be
divided into two groups:

e Techniques based on the use of an external hardware system during MR acquisition.

e Techniques based on the acquisition of MR signal directly thanks to the MRI machine.

3.1. TECHNIQUES BASED ON THE USE OF EXTERNAL HARDWARE PARTS

Techniques based on the use of an external hardware system are usually sensitive to only one type of motion
(respiratory motion or cardiac motion). A brief description of the principal systems able to track the two types of
motion is given in the following.

104 Freddy Odille et al., “Generalized Reconstruction by Inversion of Coupled Systems (GRICS) Applied to Free-
Breathing MRI,” Magnetic Resonance in Medicine 60, no. 1 (2008): 146-57, https://doi.org/10.1002/mrm.21623.
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Here is a list of the principal external hardware systems able to track respiratory motion%:

e Respiratory bellows!: This system, available on most MRI machines, consists of a bag filled of air and
attached around the body of the patient (thorax or abdomen usually) thanks to a belt. This system is also
usually referred to as respiratory belt or abdominal belt. When the patient breathes, the air pressure
inside the bag changes and a pressure sensor measures its variations along time, which is thus related to
respiratory motion.

e Spirometry!?’: The principles of spirometry and its use for lung function testing were introduced in the
first chapter. Here, it is only considered as a device able to measure gas volumes and gas flows inflating
and deflating the lung during breathing. The time evolution of this volume and/or the flow (which is the
first time derivative of volume) can be directly used as a surrogate signals for respiratory motion.

e Skin surface position measurement systems'’®: By using an optical system based on a time-of-flight
camera, on an infrared camera coupled with a reflective marker (as in the Real-Time Position
Management™ system commercialized by Varian), on a laser or on electromagnetic fields, it is possible to
follow along time the spatial position of one or several points located on the chest wall and/or the
abdomen of the patient.

For the heart, here is a list of the principal external hardware systems able to track cardiac motion:

e Electrocardiograph (ECG)!%: This system, which is added on many MRI machines, is composed of
electrodes, positioned on the chest wall, directly on the skin surface, which record the electrical activity of
the heart. The evolution of this electrical activity gives indirect information of the heart motions.

e Photoplethysmograph (PPG)!%: This system, which is also available on many MRI machines, is based on
the principle of the pulse oximeter. This pulse oximeter measures, with a photodiode, the absorption of
the light generated by a light emitting diode. In clinical medical imaging routine, such a system is
positioned at the patient’s finger. The absorption of the light is directly correlated to the oxygen saturation
of the blood, which varies through the cardiac cycle.

However, none of the systems described above is perfect. In particular, measurements based on phenomena
occurring outside the patient’s body (respiratory bellow, skin surface position measurements, ...) never fully reflect
the internal motion of organs inside the body. Moreover, systems based on air displacements (bellows, spirometry,

105 J R. McClelland et al., “Respiratory Motion Models: A Review,” Medical Image Analysis 17, no. 1 (January 2013):
19-42, https://doi.org/10.1016/j.media.2012.09.005.

106 Claudio Santelli et al., “Respiratory Bellows Revisited for Motion Compensation: Preliminary Experience for
Cardiovascular ~ MR,”  Magnetic  Resonance in  Medicine 65, no. 4 (2011): 1097-1102,
https://doi.org/10.1002/mrm.22687.

107 M. R. Miller et al., “Standardisation of Spirometry,” European Respiratory Journal 26, no. 2 (August 1, 2005):
319-38, https://doi.org/10.1183/09031936.05.00034805.

108 Hadi Fayad et al., “Technical Note: Correlation of Respiratory Motion between External Patient Surface and
Internal Anatomical Landmarks,” Medical Physics 38, no. 6Partl (2011): 3157-64,
https://doi.org/10.1118/1.3589131.

109 Alfred P. Fishman and Dickinson W. Richards, “Electrocardiography,” in Circulation of the Blood: Men and Ideas,
ed. Alfred P. Fishman and Dickinson W. Richards (New York, NY: Springer New York, 1982), 265-351,
https://doi.org/10.1007/978-1-4614-7546-0_5.

110 john Allen, “Photoplethysmography and Its Application in Clinical Physiological Measurement,” Physiological
Measurement 28, no. 3 (February 2007): R1-R39, https://doi.org/10.1088/0967-3334/28/3/R01.
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...) may suffer from air leaks, mis-positioning, and thus to biases in the measurement. This leads to a decrease in
correlation between the surrogate signal and the motion field. Even systems more closely related to obvious
physiological phenomena (ECG, EEG, ...) usually produce delayed outputs with respect to the actual motion
(particularly for the PPG, because of the distance between the heart and the finger where the measurement is
performed) and never offer the expected one-to-one relationship with the internal motion field. However, this
relationship can be more closely obtained by combining several external hardware systems (by exploiting several
respiratory belts and ECG systems differently set up, and by taking into account the first time derivative of their
outputs, for example).

3.2. TECHNIQUES BASED ON THE ACQUISITION OF MR SIGNAL

Some other techniques are based on the measurement of MR signal directly with the MRI machine. It has the
advantage to be free of supplementary hardware equipment and to yield an inside output that is usually more
closely related to the internal motion of organs, to reduce drastically the time delay between the actual motion
field and the measurement, and to be able to measure both respiratory and cardiac motion components at the
same time. A first sub-category of techniques based on MR measurements could be referred to as ‘N-Dimensional
navigator-echoes’. A navigator-echo can be defined as a short time MR acquisition sequence which is interleaved
with the actual MR image acquisition, and implemented with a sufficient temporal rate to track the motion
evolution of a given part of the body.

3.2.1. 1D NAVIGATOR

The most standard navigator-echo is the 1D navigator-echo, usually simply referred to as navigator. It consists in a
short pulse sequence during which is acquired either:

e one 1D projection!! 112113 114: this projection is obtained by calculating the 1D Fourier transform of one
line of k-space passing through the center of k-space. This line is sometimes called center k-space line or
CKL.

e or, more commonly, one small ‘column’ of MR signal®!® 11¢: this column of signal can be acquired by using,
for example, spatially selective RF pulses to excite only one particular region of the body.

At the end of the image acquisition process, the image k-space is obtained with the time varying 1D signal
measured from the patient’s body. Usually, the projection or column of MR signal is measured at a spatial position
where motion occurs and oriented in a direction along which the signal changes with motion. For example, the

111 Richard S. Hinks, Monitored echo gating for the reduction of motion artifacts, United States US4761613A, filed
August 12, 1987, and issued August 2, 1988, https://patents.google.com/patent/US4761613A/en.

112 Thomas A. Spraggins, “Wireless Retrospective Gating: Application to Cine Cardiac Imaging,” Magnetic Resonance
Imaging 8, no. 6 (January 1, 1990): 675-81, https://doi.org/10.1016/0730-725X(90)90001-I.

113 Sergio Uribe et al., “Whole-Heart Cine MRI Using Real-Time Respiratory Self-Gating,” Magnetic Resonance in
Medicine 57, no. 3 (2007): 606—13, https://doi.org/10.1002/mrm.21156.

114 Freddy Odille et al., “Model-Based Reconstruction for Cardiac Cine MRI without ECG or Breath Holding,”
Magnetic Resonance in Medicine 63, no. 5 (2010): 1247-57, https://doi.org/10.1002/mrm.22312.

15yy L. Liu et al.,, “A Monitoring, Feedback, and Triggering System for Reproducible Breath-Hold MR Imaging,”
Magnetic Resonance in Medicine 30, no. 4 (1993): 507-11, https://doi.org/10.1002/mrm.1910300416.

116 Y Wang et al., “Navigator-Echo-Based Real-Time Respiratory Gating and Triggering for Reduction of Respiration
Effects in Three-Dimensional Coronary MR Angiography.,” Radiology 198, no. 1 (January 1, 1996): 55-60,
https://doi.org/10.1148/radiology.198.1.8539406.
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most common way to set a navigator is to localize the column between the lung and the liver and to orient it along
the superior-inferior axis (see Figure 2.4). With this setup, the sharp spatial transition between the low MR signal
coming from the lung and the high MR signal coming from the liver can be tracked along time and is usually well
correlated to the respiratory motion field in the patient’s body. The navigator can also be set close to the
myocardium wall in order to follow cardiac motion. It is even possible to follow several navigators during the same

PPPPPPPPP

pulse sequence.

t

Figure 2.4: Principle of the 1D navigator. A column of 1D signal (in green, top) is acquired frequently along the
acquisition process in an interleaved manner. This gives the possibility to track the motion of one chosen part of
the body by representing along time the evolution of this 1D signal (bottom). The process is illustrated here with
the motion at the interface between the lung and the liver to follow respiratory motion.

3.2.2. THE MULTI-DIMENSIONAL NAVIGATOR

With the same strategy, 2 or 3D navigators can be acquired during the actual MR image acquisition in order to
measure at the same time different directional components of motion'?’ 118119120121 NMgre complex navigators,
even if they are usually not mentioned as such, can be acquired during the imaging process. One of the most
famous special navigators was implemented in the PROspective Motion correction technique (PROMO)*?2. In this
technique, three orthogonal 2D MR images are acquired in an interleaved manner with the acquisition of the image
k-space and with a sufficient temporal rate. By analyzing in ‘real-time’ the series of orthogonal 2D images with a
Kalman filter, it was shown that the rigid motion of the head could be prospectively corrected by re-scanning the

117 Michael Lustig et al., “Butterfly: A Self Navigating Cartesian Trajectory,” ISMRM 2007.

18 7huo Wu Fu et al., “Orbital Navigator Echoes for Motion Measurements in Magnetic Resonance Imaging,”
Magnetic Resonance in Medicine 34, no. 5 (1995): 74653, https://doi.org/10.1002/mrm.1910340514.

119 yasser M. Kadah et al., “Floating Navigator Echo (FNAV) for in-Plane 2D Translational Motion Estimation,”
Magnetic Resonance in Medicine 51, no. 2 (2004): 403-7, https://doi.org/10.1002/mrm.10704.

120 Edward Brian Welch et al., “Spherical Navigator Echoes for Full 3D Rigid Body Motion Measurement in MRI,”
Magnetic Resonance in Medicine 47, no. 1 (2002): 32—-41, https://doi.org/10.1002/mrm.10012.

121 André J. W. van der Kouwe, Thomas Benner, and Anders M. Dale, “Real-Time Rigid Body Motion Correction and
Shimming Using Cloverleaf Navigators,” Magnetic Resonance in Medicine 56, no. 5 (2006): 1019-32,
https://doi.org/10.1002/mrm.21038.

122 Nathan White et al., “PROMO: Real-Time Prospective Motion Correction in MRI Using Image-Based Tracking,”
Magnetic Resonance in Medicine 63, no. 1 (January 2010): 91-105, https://doi.org/10.1002/mrm.22176.
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motion artifacted k-space lines and by adjusting in real-time the position encoding gradients and RF pulses, as
explained in 2.4.2.

3.2.3. 0D NAVIGATOR

With the same ‘ND navigator-echoes’ formalism, it is even possible to define a OD navigator-echo. To do so, only
one given point either in the Fourier space or in the image space should be acquired. Because of the direct access
to image k-space offered by MRI, the simplest way to obtain this OD navigator is to acquire the exact same k-space
point throughout the acquisition, with a sufficient temporal rate and by interleaving the acquisition of this 0D
navigator with the acquisition of the image k-space. The most accessible k-space point, which is also certainly the
easiest to analyze, is the one located at the center of k-space. Many studies were focused on the acquisition of such
a 0D navigator at the center of k-space either by directly acquiring this special point in k-space!?, or a FID curve!?,
without any position encoding gradient, or by analyzing the maximum signal of a gradient echo obtained through

125 or even half of a central k-space line'?. In these two last cases, the k-

the acquisition of a central k-space line
space line is not acquired to obtain a projection of the image, as seen above with 1D navigator-echoes, but to
estimate the signal obtained at the k-space center, which is supposed to be measured when the maximum signal
intensity of the echo is reached. For that reason, even if those techniques are based on the acquisition of a 1D k-

space signal, only a 0D navigator is extracted from it.

The signal used as a 0D navigator is usually referred to as k-space center because of the location where the
measurement is performed in image k-space. It is also usually referred to as DC-signal because this component
corresponds to the complex signal baseline or direct component of the MR image. In this approach, it is necessary
to clearly distinguish this k-space center signal, used as a navigator, with the signal value found at the center of the
spatial Fourier transform of any final reconstructed image. The first reason is because the navigation signal is
acquired apart from the imaging data (the navigators and the image k-space data are acquired separately, in an
interleaved manner). The second reason is because the spatial average complex signal of the final MR image (or the
complex signal found at the center of its k-space, which is the same from the Fourier point of view) will be
impacted by a possible signal averaging (if the center of k-space is acquired several times with a radial or
interleaved spiral trajectory, for example) and by a possible motion correction strategy applied before or during the
image reconstruction step. For those reasons, every time the terms center k-space or DC-signal are mentioned in
the field of motion navigation, we will be careful about what this signal represents exactly.

3.2.4. CONCEPT OF SELF-NAVIGATOR

The distinction between the center of k-space in the final image and the one used as a navigator can be even more
clouded by directly extracting the navigator from the acquired image k-space, and not by measuring it as a separate
step from the imaging process. This practice is usually referred to as self-navigation, and the extracted navigator is
called self-navigator. If a gating process is applied from such a navigator, this process will usually be referred to as
self-gating. The easiest way to do it is to acquire a 0D self-navigator thanks to the use of a k-space trajectory that

123 Anja C. S. Brau and Jean H. Brittain, “Generalized Self-Navigated Motion Detection Technique: Preliminary
Investigation in Abdominal Imaging,” Magnetic Resonance in Medicine 55, no. 2 (February 2006): 263-270,
https://doi.org/10.1002/mrm.20785.

124 Martin Buehrer et al., “Prospective Self-Gating for Simultaneous Compensation of Cardiac and Respiratory
Motion,” Magnetic Resonance in Medicine 60, no. 3 (2008): 683—-90, https://doi.org/10.1002/mrm.21697.

125 Mark E. Crowe et al., “Automated Rectilinear Self-Gated Cardiac Cine Imaging,” Magnetic Resonance in Medicine
52, no. 4 (2004): 782-88, https://doi.org/10.1002/mrm.20212.

126 Edwin Heijman et al., “Comparison between Prospective and Retrospective Triggering for Mouse Cardiac MRI,”
NMR in Biomedicine 20, no. 4 (2007): 439-47, https://doi.org/10.1002/nbm.1110.
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frequently samples the same k-space point throughout the entire image acquisition process. This is the case if a
radial trajectory??” or a trajectory composed of interleaved undersampled spiral segments!?® is implemented for the
MR imaging process, for example. It is even possible to extract a ND self-navigator with N > 0 if the imaging
trajectory gives this possibility!?® 130131132 Again we should be careful about what is referred to as self-navigation
and self-gating in the literature because many papers label their techniques with these expressions even if the
navigator under consideration is not extracted directly from the imaging data. In the following, we will consider the

‘self’ prefix only if the navigator is extracted from the image k-space data (see Figure 2.5).

RF
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Figure 2.5: lllustration of the difference between a navigator and a self-navigator, here in the OD case and for a
radial pulse sequence. Whereas the navigator needs the application of special pulses to be acquired, the self-
navigator is directly extracted from the imaging data.

3.2.5. SOURCES OF SIGNAL VARIATION IN OD NAVIGATION AND SELF-NAVIGATION

The signal obtained at the center of k-space, either through the implementation of a standard 0D navigator or a 0D
self-navigator, is particularly interesting because its complex value represents the complex mean MR signal
amplitude of an image that would have been acquired in ‘real-time’, or instantaneously, and in which all the
physiological motions would be frozen. If the spatial configuration of spins changes because of motion (a
deformation of biological tissue, for example), the DC-signal will normally change in the general case.

127 Nara S. Higano et al., “Retrospective Respiratory Self-Gating and Removal of Bulk Motion in Pulmonary UTE MRI
of Neonates and Adults,” Magnetic Resonance in Medicine 77, no. 3 (March 2017): 1284-1295,
https://doi.org/10.1002/mrm.26212.

128 Gary H. Glover and Song Lai, “Self-Navigated Spiral FMRI: Interleaved versus Single-Shot,” Magnetic Resonance
in Medicine 39, no. 3 (1998): 361-68, https://doi.org/10.1002/mrm.1910390305.

129 i Feng et al., “XD-GRASP: Golden-Angle Radial MRI with Reconstruction of Extra Motion-State Dimensions Using
Compressed Sensing,” Magnetic Resonance in Medicine 75, no. 2 (February 2016): 775-788,
https://doi.org/10.1002/mrm.25665.

130 Wenwen Jiang et al., “Motion Robust High Resolution 3D Free-Breathing Pulmonary MRI Using Dynamic 3D
Image Self-Navigator,” Magnetic Resonance in Medicine, October 2017, https://doi.org/10.1002/mrm.26958.

131 Marta Tibiletti et al., “Respiratory Self-Gated 3DUTE for Lung Imaging in Small Animal MRI,” Magnetic Resonance
in Medicine 78, no. 2 (August 2017): 739-745, https://doi.org/10.1002/mrm.26463.

132 Chunlei Liu et al., “Self-Navigated Interleaved Spiral (SNAILS): Application to High-Resolution Diffusion Tensor
Imaging,” Magnetic Resonance in Medicine 52, no. 6 (2004): 1388-96, https://doi.org/10.1002/mrm.20288.
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Here is a non-exhaustive list of physical effects that may explain the evolution of the DC-signal with motion:

Biological tissue going in and out of the excitation volume: The excitation volume is controlled both by
the sensitivity profile of the excitation coil and by the pulse sequence prescriptions, and in particular the
position and width of the slice or slab which is excited. If the biological tissue moves relatively to this
excitation volume (through plane motion in 2D imaging, for example), the volume and nature of excited
tissue will not be the same at each repetition. This therefore leads to a mean MR signal changing with
motion along the imaging process.

Displacement of tissue within the sensitivity profile of the reception coil: Each reception coil element is
characterized by a sensitivity profile. This profile is usually modelled as a 3D complex scalar function giving,
at each spatial position, the sensitivity of the coil element to the MR signal. The MR signal acquired and
reconstructed to one given location can thus be seen as the product of the actual MR signal produced
locally with the local value of this sensitivity profile. Usually, and in particular for surface reception coils,
the sensitivity profile of one reception element is not spatially uniform within the excited volume
presented above. For that reason, if the biological tissue moves within this excitation volume, the
measured MR signal coming from this tissue can be modified, even if the actual MR signal produced by this
tissue remains the same.

Change of the electromagnetic load of the reception coil: When a biological tissue is installed close to a
reception coil element, the resonance frequency and the quality factor of this element are shifted, and
these changes depend on the position, size, shape and electromagnetic properties of the biological tissue
under consideration. If a motion occurs during the imaging process, the resonance frequency and quality
factor of the reception coil element can therefore vary over time, which thus changes its global sensitivity
to MR signal depending on motion, and therefore produces motion dependent variations in the DC-signal.

Motion of the reception coil itself: If the reception coil is set in contact with the patient’s body and if the
internal motion of organs generates external mechanical effects, the reception coil may move during the
acquisition process. This is particularly the case because of respiratory motion if a flexible array of surface
coils is used to perform thoracic imaging in free-breathing. In this case, the coil elements move relatively
to the magnet bore and may even bend because of motion. These effects modify the sensitivity profile of
the coil element but also its resonance frequency and quality factor, which leads to a sensitivity to MR
signal modulated because of the internal motion of organs.

Change of tissue MR properties with motion: Because of motion, the MR properties of tissues can change.
For example, it was shown that the T, " values in the lung parenchyma decrease with lung inflation*3, For
that reason, if the acquisition of the DC-signal is subject to a T, contrast (if the duration between the RF
excitation and the acquisition of the DC-signal is long, for example), the DC-signal value will change along
time because of motion.

Variation of B, homogeneity with motion: During a motion, because of the displacement of interfaces
between tissues with different magnetic susceptibilities, the B, field may change as a function of the
motion field along the image acquisition process. As a consequence, the phase component of the DC-signal
may vary with motion, in particular if the time between RF excitation and DC-signal acquisition is long.

133 Rebecca J. Theilmann et al., “Quantitative MRI Measurement of Lung Density Must Account for the Change in T

2* with Lung Inflation,

”

Journal of Magnetic Resonance Imaging 30, no. 3 (September 2009): 527-534,

https://doi.org/10.1002/jmri.21866.
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3.2.6. ADVANTAGES OF USING OD SELF-NAVIGATORS

0D navigators are sensitive to both respiratory and cardiac motions. At first glance, it may seem complicated to
distinguish the two sources of variation but, thanks to the usual difference between respiratory motion frequency
(around 0.2-0.3 Hz in human) and cardiac motion frequency (around 1 Hz in human) it is usually easy to separate

both sources with a bandpass filtering?3

. Moreover, this DC-signal is extracted from every coil element of the array
usually employed to perform thoracic MR imaging, with some coil elements closer to the heart or the diaphragm
and therefore more sensitive to one of both types of motion, a whole set of actually different surrogate signals can
be used’. These considerations are exactly the same for navigators and self-navigators based on ND image
projections obtained through the frequent sampling of the same k-space lines for example!36 137 138139 The third
and last interest of using such 0D navigators is the possibility to use them in any motion correction technique

thanks to their great simplicity of acquisition and processing, even in the case of a prospective gating*.

To finish, 0D self-navigators have a particular advantage in comparison to standard OD navigators in the fact that no
extra element needs to be added to the pulse sequence. In a self-navigation method, the navigator is directly
extracted from the imaging data. Thanks to this, the complexity of the pulse sequence is not increased, the scan
time is not modified, the SAR remains the same and the obtained signal is perfectly synchronized with the MR
acquisition of each view. Nevertheless, for temporal resolution issue, the pulse sequence needs to be adapted to
such an intrinsic navigation technique, by featuring a radial or a spiral trajectory for example.

We will study in the following the possibility to use self-navigation through the extraction of 0D self-navigators in
our UTE and ZTE pulse sequences. Moreover, we will also see the requirements and the limits of those techniques.
Furthermore, we will also study the degrees of freedom offered by k-space trajectory design to optimize both the
detection of motion and the final image quality. This is the first necessary step to perform thoracic MR images free
of respiratory and cardiac motion artifacts.

134 Bassem Hiba et al., “Cardiac and Respiratory Double Self-Gated Cine MRI in the Mouse at 7 T,” Magnetic
Resonance in Medicine 55, no. 3 (March 2006): 506—513, https://doi.org/10.1002/mrm.20815.

135 Stefan Weick et al., “DC-Gated High Resolution Three-Dimensional Lung Imaging during Free-Breathing,” Journal
of Magnetic Resonance Imaging 37, no. 3 (2013): 727-32, https://doi.org/10.1002/jmri.23798.

136 Jing Liu et al., “Respiratory and Cardiac Self-Gated Free-Breathing Cardiac CINE Imaging with Multiecho 3D
Hybrid Radial SSFP Acquisition,” Magnetic Resonance in Medicine 63, no. 5 (May 2010): 1230-1237,
https://doi.org/10.1002/mrm.22306.

137 peng Hu et al., “Motion Correction Using Coil Arrays (MOCCA) for Free-Breathing Cardiac Cine MRI,” Magnetic
Resonance in Medicine 66, no. 2 (2011): 467-75, https://doi.org/10.1002/mrm.22854.

138 Davide Piccini et al., “Respiratory Self-Navigation for Whole-Heart Bright-Blood Coronary MRI: Methods for
Robust Isolation and Automatic Segmentation of the Blood Pool,” Magnetic Resonance in Medicine 68, no. 2
(2012): 571-79, https://doi.org/10.1002/mrm.23247.

139 Tao Zhang et al., “Robust Self-Navigated Body MRI Using Dense Coil Arrays,” Magnetic Resonance in Medicine
76, no. 1 (July 1, 2016): 197-205, https://doi.org/10.1002/mrm.25858.

140 pascal Spincemaille et al., “Kalman Filtering for Real-Time Navigator Processing,” Magnetic Resonance in
Medicine 60, no. 1 (2008): 158-68, https://doi.org/10.1002/mrm.21649.
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SECTION 2  SNIF: A SELF-NAVIGATOR INTELLIGENT FILTER TO CORRECT THE UTE DC-

SIGNAL FROM OFF-CENTER AND SPIN-HISTORY ARTIFACTS

FOR SELF-NAVIGATION AND SELF-GATING IN MRI, SELF-NAVIGATORS ARE EXTRACTED
FROM THE MEASUREMENTS OF THE K-SPACE CENTER MAGNITUDE/PHASE OR
REAL/IMAGINARY PARTS, CALLED DC-SIGNAL. THIS EXTRACTION IS USUALLY MADE
THROUGH A TEMPORAL FREQUENCY ANALYSIS TO SEPARATE BETWEEN RESPIRATORY
AND CARDIAC MOTION COMPONENTS. HOWEVER, THIS SIGNAL OFTEN CONTAINS
ARTIFACTS. THIS SECTION INTRODUCES A SELF-NAVIGATOR INTELLIGENT FILTER (SNIF),
A METHOD TO MODEL THE PHYSICAL ORIGIN OF THE K-SPACE CENTER ARTIFACTS TO
ESTIMATE THEM AND THUS MORE ACCURATELY REMOVE THEM. THE RESULTS OF THIS
PROJECT WERE PRESENTED ORALLY AT ISMRM 2018 IN PARIS.

1. PURPOSE OF SNIF

Ultrashort Echo-Time (UTE) pulse sequences were shown to advantageously deal with the short T, " values of the
lung parenchyma and physiological motions inherent to thoracic imaging!#! 142143 144 UTE sequences feature very
short RF excitation pulses and 2D or 3D radial samplings of the k-space, which yield very short echo times (TE)
between the RF excitation and the signal acquisition at the k-space center, down to a few tens of microseconds.
These times are very short compared to most standard Cartesian pulse sequences — an order of magnitude or two
shorter — so the SNR of measured DC-signals can be largely improved in short T, " tissues. Moreover, today MR
systems enable very rapid readouts of radii (also called spokes) in k-space, preventing from a strong k-space
attenuation in the high spatial frequencies domain and thus a low-pass spatial filtering of the images*> 146,

Furthermore, because the k-space sampling is radially performed, the DC-signal is sampled every repetition. If it
were possible to instantaneously acquire a whole MR image, the complex DC-signal value measured at the k-space
center would be equal to the mean complex amplitude of this instantaneous image. If the imaged object were
moving, instantaneous images acquired along this motion would move accordingly and the corresponding DC-signal
value would evolve correspondingly. Also, as RF excitation and signal readout are performed in a relatively short

141 p, D. Gatehouse and G. M. Bydder, “Magnetic Resonance Imaging of Short T2 Components in Tissue,” Clinical
Radiology 58, no. 1 (January 2003): 1-19, https://doi.org/10.1053/crad.2003.1157.

142 Michael Garwood, “MRI of Fast-Relaxing Spins,” Journal of Magnetic Resonance, Frontiers of In Vivo and
Materials MRI Research, 229 (April 2013): 49-54, https://doi.org/10.1016/j.jmr.2013.01.011.

143 Kevin M. Johnson et al., “Optimized 3D Ultrashort Echo Time Pulmonary MRI,” Magnetic Resonance in Medicine
70, no. 5 (November 2013): 1241-1250, https://doi.org/10.1002/mrm.24570.

144 Nicholas S. Burris et al., “Detection of Small Pulmonary Nodules with Ultrashort Echo Time Sequences in
Oncology Patients by Using a PET/MR System,” Radiology 278, no. 1 (July 2015): 239-246,
https://doi.org/10.1148/radiol.2015150489.

145 ). M. Wild et al., “MRI of the Lung (1/3): Methods,” Insights into Imaging 3, no. 4 (August 2012): 345-353,
https://doi.org/10.1007/s13244-012-0176-x.

146 R Todd Constable and John C. Gore, “The Loss of Small Objects in Variable TE Imaging: Implications for FSE,
RARE, and EPL,” Magnetic Resonance in Medicine 28, no. 1 (November 1992): 9-24,
https://doi.org/10.1002/mrm.1910280103.
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time, we can implement short repetition times (TR), hence frequent samplings of the DC, in order to match the
motion state evolution. Then, a 1D signal giving information about the motion state of the lung and/or the heart
can usually be extracted out of the DC-signal. This signal is usually referred as a self-navigator!#” 148,

The self-navigators inherently depend on several concomitant physical effects: the motion of the organs in and out
of the sensitive region of the coil elements, the change in the coil element load as well as the evolution of tissue
MR parameters throughout the motion, ... The self-navigators are not a measure of the motion itself, like the
evolution of the deformation fields of the tissues with time, but they are a surrogate signal following its
evolution?*® 10, Nevertheless, a bijective relationship is often assumed between this signal and the deformation
fields: to one value of the self-navigator, a unique deformation field is associated, which is wrong in general
because two different deformation fields can lead to the same average signal in the image, and thus to the same
self-navigator value.

In most studies, two steps are implemented to extract the self-navigators from the DC-signal: i) separation of
respiratory and cardiac information and ii) filtering of high-frequency noise. The latter noise is observed when a
quasi-random choice of spoke-orientation is selected for k-space sampling along the image acquisition

151 or golden-angle based'*? 1>3), Both steps are usually performed through a temporal

(computationally-random
frequency analysis because respiratory and cardiac motions can be approximated by quasi-periodic motions with
different characteristic low frequencies. The method consists in band-pass filtering the DC-signal to separate the
information related to each motion and to reduce the background noise!>* 155 156 157158 159 |t holds as long as the

physiological motions are quasi-periodic, which is seldom the case over a few-minute acquisition in healthy

147 Marta Tibiletti et al., “Respiratory Self-Gated 3DUTE for Lung Imaging in Small Animal MRI,” Magnetic Resonance
in Medicine 78, no. 2 (August 2017): 739-745, https://doi.org/10.1002/mrm.26463.

148 Nara S. Higano et al., “Retrospective Respiratory Self-Gating and Removal of Bulk Motion in Pulmonary UTE MRI
of Neonates and Adults,” Magnetic Resonance in Medicine 77, no. 3 (March 2017): 1284-1295,
https://doi.org/10.1002/mrm.26212.

149 ) R. McClelland et al., “Respiratory Motion Models: A Review,” Medical Image Analysis 17, no. 1 (January 2013):
19-42, https://doi.org/10.1016/j.media.2012.09.005.

150 Robert Grimm et al., “Self-Gated Radial MRI for Respiratory Motion Compensation on Hybrid PET/MR Systems,”
in Medical Image Computing and Computer-Assisted Intervention — MICCAI 2013 (Springer, Berlin, Heidelberg,
2013), 17-24, https://doi.org/10.1007/978-3-642-40760-4_3.

151 Wenwen lJiang et al., “Motion Robust High Resolution 3D Free-Breathing Pulmonary MRI Using Dynamic 3D
Image Self-Navigator,” Magnetic Resonance in Medicine, October 2017, https://doi.org/10.1002/mrm.26958.

152 i Feng et al., “XD-GRASP: Golden-Angle Radial MRI with Reconstruction of Extra Motion-State Dimensions Using
Compressed Sensing,” Magnetic Resonance in Medicine 75, no. 2 (February 2016): 775-788,
https://doi.org/10.1002/mrm.25665.

153 Grimm et al., “Self-Gated Radial MRI for Respiratory Motion Compensation on Hybrid PET/MR Systems.”

154 Grimm et al., “Self-Gated Radial MRI for Respiratory Motion Compensation on Hybrid PET/MR Systems.”

155 Jiang et al., “Motion Robust High Resolution 3D Free-Breathing Pulmonary MRI Using Dynamic 3D Image Self-
Navigator.”

156 Feng et al., “XD-GRASP.”

157 Jing Liu et al., “Respiratory and Cardiac Self-Gated Free-Breathing Cardiac CINE Imaging with Multiecho 3D
Hybrid Radial SSFP Acquisition,” Magnetic Resonance in Medicine 63, no. 5 (May 2010): 1230-1237,
https://doi.org/10.1002/mrm.22306.

158 Jean Delacoste et al., “A Double Echo Ultra Short Echo Time (UTE) Acquisition for Respiratory Motion-
Suppressed High Resolution Imaging of the Lung” Magnetic Resonance in Medicine, August 2017,
https://doi.org/10.1002/mrm.26891.

159 Bassem Hiba et al., “Cardiac and Respiratory Double Self-Gated Cine MRI in the Mouse at 7 T,” Magnetic
Resonance in Medicine 55, no. 3 (March 2006): 506-513, https://doi.org/10.1002/mrm.20815.
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subjects. It obviously fails in patients with breathing difficulties or cardiac arrhythmia. As the filtering method is
only based on the supposed frequency content of the DC-signal, the origin and the nature of the high-frequency
noise are not integrated in the filtering process.

In this section, we introduce SNIF, a Self-Navigator Intelligent Filter designed to suppress the high frequency noise
by considering its physical origin in the context of 3D-UTE with radial sampling in random order. SNIF assumes that
this noise is a measurement bias that results from two different physical artifacts:

1. An off-center artifact as the DC-signal measurement is not performed exactly at the center of k-space
because of overall system imperfections (B, inhomogeneity, gradient delays, ...), and

2. A spin-history artifact as the transverse magnetization states of previous repetitions influence the current
magnetization state.

The two artifacts were modeled and their intrinsic measurement was implemented for each MR acquisition.
Thereafter, on the basis of their physical origin and not on assumed frequency contents, SNIF can knowingly
remove both contributions out of the signal. From this advanced process, we hope to extract more reliable
respiratory and cardiac self-navigators. Compared to more common techniques, we expect those new self-
navigators to better correspond to the underlying motion fields in the patient’s thorax and be less dependent on
acquisition biases. In the perspective of retrospective motion correction, it is known that the quality of this
correction step highly depends on the quality of the surrogate signals, which encourages us to further improve the
self-navigator extraction process.

2. THEORY AND UNDERLYING NUMERICAL METHODS

2.1. MODELLING OFF-CENTER AND SPIN-HISTORY ARTIFACTS

Let Sp be the DC signal measured at the expected center of k-space, recorded by a given reception coil element in
a radial MR pulse sequence. It corresponds to the first sampled data point along each center-out radial readout. For
a subject lying still in the MR bore, presumably motionless, we write this signal S,. If this measurement were
performed at the theoretical center of k-space with no added noise source, say the ground truth, S, would remain
constant and equal to the mean intensity of the image acquired with each coil element. Because of hardware and
pulse sequence imperfections, the first data point is never experimentally sampled at the theoretical center of k-
space. This leads to an off-center artifact characterized by a variation of the recorded S, value along the
acquisition, which depends on both the readout gradient direction and the subject’s morphology. Moreover, in the
general case, the DC-signal also depends on cumulative former transverse magnetization states reached in
preceding sequence repetitions. It introduces a spin-history effect in the recorded signal. This effect was modelled
by a convolution kernel h = [hNRep .. h3 hy hy hg], where N, is the number of relevant preceding sequence

repetitions which influence the current measurement. Each one lasts TR and h, corresponds to the current
repetition. Thereby, the DC-signal is a sum of the back-shifted and re-weighted S, signal, S, x h, where * is the
discrete convolution operator. In other words, the effect of previous magnetization states on the current DC-signal
is here assumed to be linearly dependent on S, values recorded before.

If the subject is now animated by a low-amplitude motion, the effect of this motion on the DC-signal can be
modelled as a small additive contribution to S, written S,,,. The DC-signal Sp can then be written:

SDC = (Sm + So) * h Eq. 2.2
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Sy is the motion-less component of the DC-signal; and S,,, is the motion component of the DC-signal from which
self-navigators should be extracted.

For a quasi-random off-centered radial sampling of the image k-space, which is the case when the entire 2D or 3D
k-space is uniformly sampled with an order of spokes ruled by randomness or a law that aims at maximizing the
uniformity of k-space sampling within any small number of successive spokes (based on the golden ratio!® or
shifted orthogonal directions'®!, for example), S, can be considered as a noise containing information within a
broad range of frequencies. In comparison, if the motion has a time evolution characterized by a quasi-period T >
N, TR (in the case of a quasi-periodic motion), the motion state does not change much from one repetition to the
other. This inequality is experimentally verified for respiratory and cardiac motions for most short TR pulse
sequences (TR < 10 ms) because the spin-history effects depends mainly on a small number of previous
repetitions (h can be characterized by a small number of values, namely Ng,,, is small, as demonstrated later). For
that reason, Eq. 2.2 can be simplified as:

SDC = Sm + SO * h Eq. 2.3

where S, * h constitutes an additive noise.

2.2. ESTIMATION OF THE OFF-CENTER AND SPIN-HISTORY ARTIFACTS TERMS

Every spoke of a 3D ‘kooshball’ trajectory is characterized by two angles in spherical coordinates: a polar angle, 6,
and an azimuthal angle, ¢ (see Figure 2.6). Sy is processed to extract $,, an estimation of the k-space off-center
artifact S,, with a method based on the C!-constrained interpolation of k-space data from the time domain to a
(6, @) representation of k-space. Then, data are filtered by applying successively median, sliding window, and
Gaussian low-pass filters before being interpolated back from (6, ¢) into the time domain (see Figure 2.6a-d). The
different filters cited above were applied in this special order and with their characteristic parameters (sliding
window width, spatial frequency cutoff, ...) tuned manually in order to remove the noise without degrading the
pattern varying slowly along 8 and ¢. This manual tuning process was performed on the data acquired by several
representative reception channels and the same parameters were then used for the entire dataset. Note that this
method can be easily transposed to 2D imaging by interpolating data in the polar representation of k-space along 8
only.

The estimated convolution kernel i was then extracted by deconvolving the original DC-signal Sp. with S,. With
*~1 as deconvolution operator, and thanks to the commutative property of convolution, Eq. 2.3 leads to:

Spe*x 18y =8, * 18+ hxS5y 18, Eq.2.4

To solve this problem, a deconvolution algorithm was adapted by fitting the general model 5‘0 * hL to the signal Sp¢
in the least squares sense. .§0 is known and the coefficients of i are the fitting parameters. The optimization
process leads to the equality between the kernel & and Spc*7t 5‘0. As §'m and 5‘0 are not physically correlated, the
solution for .§m *x1 .§0 out of the deconvolution algorithm is expected to be very close to a null vector. Moreover,

160 stefanie Winkelmann et al., “An Optimal Radial Profile Order Based on the Golden Ratio for Time-Resolved
MRI,” IEEE Transactions on Medical Imaging 26, no. 1 (January 2007): 68-76,
https://doi.org/10.1109/TMI1.2006.885337.
161 Hee Kwon Song, Lawrence Dougherty, and Mitchell D. Schnall, “Simultaneous Acquisition of Multiple Resolution
Images for Dynamic Contrast Enhanced Imaging of the Breast,” Magnetic Resonance in Medicine 46, no. 3 (n.d.):
503-9, https://doi.org/10.1002/mrm.1220.
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Sy x~1 S, yields, also as expected, a solution very close to a Dirac (hy ~ 1 and h,., = 0). Hence, [3] is simplified to
h ~ h, which provides the estimation of h we want to extract. S, and h being known, the DC-signal Sy can be
corrected with SNIF and the motion component can be estimated by calculating $,,, = Spc — S, * h (see Figure
2.6e).

DC-signal
before
processing

SDC

DC-signal
after
processing

raY

Snm t

Figure 2.6: SNIF extraction of the off-center component S, from S, and its role in the correction process: a)
Assignment of a pair of angular coordinates (8, ¢) to each DC-signal data point; b) Interpolation and regridding of
the DC-signal along 8 and ¢: motion and spin-history components appear as noise in this matrix and the off-center
component appears as a slowly varying pattern along 6 and ¢; c) Smoothing of the resulting matrix to keep only
the off-center component; d) Inverse interpolation process to extract the §0 signal: motion information and spin-
history artifact are removed; e) Filtering of S with SNIF: /1 is estimated from S and $,, and the convolution of §
with & is subtracted from the original DC-signal S, leading to §m.

3. VALIDATION METHODS

Thoracic MR acquisitions were performed on a 3.0 T scanner (Signa PET/MR, GE Healthcare, Waukesha, WI, USA)
on a freely breathing healthy human volunteer, equipped with a 30-channel thoracic coil for signal reception, a
pneumatic abdominal respiratory belt and an oximeter to record the global temporal features of respiratory and
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cardiac motions. Tissue RF excitation was performed with the body coil of the MR scanner. The research protocol
was approved by the local committee.

A 3D-radial (kooshball) UTE sequence with a random order of spoke orientations was implemented with TE =
100 ps, TR = 2 ms, FOV = (32 x 32 x 22.4) cm3, Voxel size = (1.3 x 1.3 X 1.3) mm3, full k-space sampling, RF
spoiling and ramp-sampling. It resulted in an acquisition of Ny, = 150,806 for a total scan time of 5min 2 s. To
build the random order of the spokes, a radial k-space trajectory was first estimated to ensure k-space uniform
sampling with respect to the 8 and ¢ angles (see Figure 2.6a). Then, each spoke was randomly permuted one and
another up to a total of Ny,okes Permutations.

In the experiment, Sy was the complex value of the first acquired data point for each spoke at a given reception
channel. The analysis was carried out separately on real and imaginary parts for each of the 30 coil channels. To
correct for the spin-history artifact, N, = 50 previous repetitions were considered for the complex convolution
kernel h, leading to h = [hs ... Az R, Ry hy]. We will verify retrospectively that this value is sufficient in our
experimental conditions.

The efficiency of SNIF was evaluated on the SNR of the first three and first two harmonics of the respiratory and
cardiac self-navigators respectively, measured on the absolute spectra of DC-signal real and imaginary parts. The
reference fundamental frequencies were set for both motions by analyzing the temporal Fourier transforms of the
traces provided by the abdominal belt and the photoplethysmography system (PPG). This system outputs a
surrogate signal for cardiac motion from an oximetry measurement at the patient’s finger. SNR was inferred at
each motion harmonic and for each reception channel from the ratio between (1) the amplitude of the local
Gaussian fit curves to the absolute value of the DC-signal temporal Fourier transform and (2) the amount of
background noise, provided by an affine regression of the same spectrum. Fitting was performed on absolute
spectra of DC-signal real and imaginary parts separately. The model used to fit our data was then:

|Sp36t7"um(f)| =a+ ﬁf + Z Yi exp(_ M)
: L 20, Eq. 2.5
i={R1,R2,
R3,C1,C2)

where a + Bf is the affine model of the background noise, and where the Gaussian functions of the variable f,
centered on f; and of width o;, refer to the first three respiratory motion harmonics R1-3 and the first two cardiac
motion harmonics C1-2. @, B, y;, and g;, with i = {R1,R2,R3,(1, (2}, are the fitting parameters and f; values are
estimated from the abdominal belt and PPG sensor traces as described above (chosen as independent physiological
motion measurement systems). The SNR for the harmonic i is then:

Yi

SNR: =1
Y

Eq. 2.6

4. QUANTITATIVE AND QUALITATIVE RESULTS

Figure 2.7 shows a detail of a typical DC-signal extracted from one of the 30 reception channels before and after
the correction of off-center and spin-history artifacts by SNIF. This reception channel was chosen as it was able to
measure signal variations related to both respiratory and cardiac motions. Figure 2.8 shows the DC-signal
associated spectra obtained before and after SNIF. Figure 2.9 shows an overview of the processing efficiency of
SNIF for all reception channels.
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Figure 2.7: Twenty seconds detail for a reception channel of the DC-signal real part before (magenta) and after
(green) SNIF with both off k-space-center and spin-history artifacts corrections with N,,, = 50. The noticeable
reduction of the amount of apparent noise enables a better depiction of the respiratory (long red arrow) and
cardiac (short red arrow) motion-related oscillations. A N, value comprised between 0 and 50 would lead to

traces with intermediate amounts of noise.
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Figure 2.8: Comparison of the absolute DC-signal imaginary part spectrum before (magenta) and after (green) SNIF,
for one given reception channel (the comparison similarly holds for the real part). The black curve is the multi-
Gaussian fit of the corrected signal (green) with affine regression of the background noise as a basis for SNR
estimation of each motion harmonic. The close-up focuses onto the cardiac motion 2" harmonic (red frame), which
is revealed by SNIF whereas it is not distinguishable from the noise without SNIF. Respiratory and cardiac motion
fundamental frequencies were extracted from the Fourier analysis of abdominal belt and PPG sensor traces.
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On Figure 2.7, we see an improvement of the DC-signal after the application of SNIF. When both artifacts are
corrected, the amount of noise decreases, enabling a far better depiction of the DC-signal oscillations related to
both respiratory and cardiac motions. It is particularly striking for cardiac motion-related oscillations that become
easily recognizable with SNIF.

On Figure 2.8, after applying SNIF, we observe both the global energy conservation for each motion harmonic and
the decrease of the background noise around each peak. Some motion harmonics, hidden by the noise before
correction, are revealed: SNIF discriminates motion information from off-center and spin-history noise. On Figure
2.9, we see that each correction step in SNIF increases the SNR of each harmonic for almost every channel
(standard deviation bars above 1), with SNR gains up to 3.

3l -
SNR ratios:
SNRD“—CEI’\I,
SNRnD corr.
2
SNRnﬂrcenl +spin-hist
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harmonic harmonic harmonic harmonic harmonic

Figure 2.9: Representation of the mean + standard deviation over the 30 reception channels of SNR ratios for both
real and imaginary parts of the DC-signal: i) after and before the correction of the off-center artifact only (blue), ii)
after and before the correction of the spin-history artifact only (red), and iii) after and before the correction of both
artifacts (green), for the first three harmonics of the respiratory self-navigator and the first two harmonics of the
cardiac self-navigator. The unity black dotted line is the threshold above which the SNR is improved.

5. DISCUSSION AND PERSPECTIVES

The underlying theory of SNIF is built on several strong assumptions. The first one is the existence of an off-center
component. When represented in a (6, ¢) coordinate system, the acquired data show a coherent but non-uniform
pattern that stands out of what can be named as noise (see Figure 2.6). On one hand, this noise can be easily
understood as respiratory and cardiac motions, but also spin-history effects lose any coherence while represented
in (8, @) because of the quasi-random order of spokes orientations during the image acquisition. On the other
hand, the subject’s MR image is experimentally spatially continuous, so is its spatial Fourier representation.
Thereof, a smooth pattern can be observed and extracted out of the k-space. Non-coherent components in k-space
(like motion and spin-history artifacts but also electronic and numerical noises) are easily low-pass filtered in
(6, ). First, the resulting data pattern corresponds to what should be obtained for motionless subject at the
average position of the overall subject’s motion. Second, if data were acquired at the exact center of k-space, with
a random order of spoke orientations totally decorrelated with the subject’s motions, (6, ¢) data pattern observed
in Figure 2.6 would be uniform. Hence, the observed non-uniformity of the extracted pattern supports the
assumption that data were acquired off k-space center. As a matter of fact, after the extraction of the h
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coefficients, the value of A, is experimentally close to 1, which sustains the method used to estimate S, and the
weight of the correction term for the off-center artifact flo represents (see Figure 2.10).

1.2
I == - Jo - - -
0.8
o
% 0.6 Dependance on Dependance on
> past repetitions future repetitions
=
= 0.4
0.2
hn<0 = 0
0 — ——
| | | | |
50 40 30 20 10 0 -0 20 30 -40  -50

n index value

Figure 2.10: Representation for one reception channel of the values estimated for h by deconvolving the original
DC-signal Sp¢ with S, with the real part of h represented in light green and the imaginary part in dark green. For
the sake of clarity, in order to verify the coherence of what is computed, the correlation coefficients i, were
estimated for positive n values (left part of the graph), corresponding to a correlation with the past repetitions
(spin-history effect), but also for negative n values (right part of the graph), which would correspond to a non-
physical correlation with future repetitions. First, we observe that ﬁo is very close to 1, which confirms the right
extraction of $;,. Second, we observe non-zero complex k,, values for positive n, confirming the existence of a spin-
history effect. These weights globally fade as n increases. Furthermore, ﬁnvalues are close to zero for negative n,
which is physically expected: at a given repetition, and considering the randomized order of spokes orientations,
the transverse magnetization state cannot be correlated with transverse magnetization states reached later in
future repetitions.

The second assumption, which states the influence of spin-history, is ascertained by the outcomes of the
deconvolution process yielding the estimation h of h. The coefficients of h at negative indexes (h_;, A_,, ...), which
could support a backward dependence of S on future values of S, are experimentally negligible (see Figure 2.10)
with respect to the coefficients of h at positive indexes (fll, flz, ...). Therefore, the current magnetization state is
effectively influenced by past magnetization states but not by future ones, in accordance with the causality
principle.

The third assumption considers that the spin-history artifact follows a linear model based on the convolution kernel
h. It is fair as the spin-history effect can be seen as a cumulative perturbation, which depends on the transverse
magnetization states of preceding sequence repetitions. Every transverse magnetization states are supposed to be
proportional to the S, values at the same repetition time, with h exhibiting the coefficients of proportionality
between the S, values and the correction terms for the N, preceding repetitions taken into account to estimate
and correct the spin-history artifact.

Finally, a fourth assumption is made by introducing the motion component S,, as an additional term in the
measured DC-signal. It is easily justified when both off-center and spin-history artifacts are neglected. In this case,

103



Chapter 2 - Section 2

the mean amplitude Sp(t) of an image that would be acquired instantaneously at t is the sum of i) the mean
image intensity without motion (S,(t)) = S, and ii) the motion correction term S,,(t): Spc(t) = Sy + Sy (t). The
last term characterizes the variation of S around S, related to the subject’s motion. Experimentally, when off-
center and spin-history artifacts cannot be neglected, the mean image amplitude without motion (S,(t)) is not
constant anymore but it evolves with the off-center jitter and cumulates the weighted preceding transverse
magnetizations through convolution with h, leading to Eq. 2.2. This equation is simplified to Eq. 2.3 and the spin-
history effect is correctly estimated as long as T > N,,,TR, namely as long as the motion characteristic time T is
much longer than the spin-history characteristic time, which is fulfilled here with N,, = 50, TR = 2 ms, Teargiac =
500 ms, and T, = 3000 ms for healthy adults. Moreover, in Figure 2.10, we retrospectively observe that the
value N, = 50 is experimentally enough as the Rao<nsso coefficients are very low compared to Rg<,<qo values in
terms of both real and imaginary parts. For that reason, a value N, > 50 would not extract a better self-navigator
and would increase unnecessarily the post-processing time and complexity.

The abdominal belt and PPG traces provide global and limited information on the organ motions. The single
measurements, carried at the surface of the body, are not straightforwardly related to the complex internal organ
motions. For example, the measurement with the abdominal belt relies on air pressure changes when the
periphery of the patient’s thorax or abdomen varies over the respiratory cycle. Moreover, proprietary real-time
signal processing is usually performed on those measurements, by applying for example adaptive gains to always
keep the same mean motion amplitude displayed on the control screen. Here, the outcomes of the abdominal belt
and PPG are minimally used for data analysis only to estimate peak fundamental frequencies of respiratory and
cardiac motions in order to increase the confidence we can have on the multi-Gaussian fitting process. They would
not be required otherwise.

The strength of SNIF relies on a relatively simple theory, which does not rely on neither the MR properties of the
imaged tissues nor the Bloch equations that describe the underlying phenomena. Every supporting assumption and
every related processing step can be justified in SNIF in regard to the experimental conditions. Moreover, the two
computational methods to estimate S, (leading to $,) and h (leading to h) are both theoretically and
experimentally supported; they yield direct estimation and suppression of off-center and spin-history effects.
Concerning the remaining noise experimentally observed (see Figure 2.7), one solution would be to remove it with
a more standard method (linear bandpass filtering, for example).

The correction of biases in self-navigator was studied in several recent papers!®? 163, Those methods are more
general, in the sense that they remove the artifacts from both the self-navigator and the final images. Also, they are
usually not limited to quasi-random trajectories. However, to our knowledge, SNIF is the only one to enable the
correction of both the off-center and the spin-history effects. Moreover, the underlying model proposed by those
other methods is often more complicated (the relationship between signals acquired by different reception
channels needs to be taken into account, for example), and the principle and use of the correction pipeline are
usually not as simple as for SNIF (a calibration scan can be required, for example). To reduce the effects of spin-
history, phyllotaxis trajectories may be considered®®*. However, these more advanced trajectories are not as
adapted as those featuring a quasi-random sampling of k-space in the perspective of retrospective motion

162 Guido Buonincontri et al., “Trajectory Correction for Free-Breathing Radial Cine MRI,” Magnetic Resonance
Imaging 32, no. 7 (September 1, 2014): 961-64, https://doi.org/10.1016/j.mri.2014.04.006.

163 Anagha Deshmane et al., “Self-Calibrated Trajectory Estimation and Signal Correction Method for Robust Radial
Imaging Using GRAPPA Operator Gridding,” Magnetic Resonance in Medicine 75, no. 2 (2016): 883-96,
https://doi.org/10.1002/mrm.25648.

164 Davide Piccini et al., “Spiral Phyllotaxis: The Natural Way to Construct a 3D Radial Trajectory in MRI,” Magnetic
Resonance in Medicine 66, no. 4 (October 1, 2011): 1049-56, https://doi.org/10.1002/mrm.22898.
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correction. This is particularly true with retrospective gating methods because of the non-uniform sampling of k-
space resulting from each retrospective gate in non-quasi-random trajectories.

SNIF is thus robust and applicable to any 2D or 3D radial MR acquisition, whatever acquisition parameters are
selected, as long as quasi-random order of spoke orientations is designed and the condition T >> N, TR is verified,
which is the case for most short TR standard pulse sequences, and especially for the UTE sequence performed
here. In an ideal situation where there would be neither off-center nor spin-history artifacts, where S, would then
be time-independent and h would be a Dirac, SNIF would not alter the DC-signal. In other words, SNIF can only
improve the extraction of the MR-embedded self-navigators from the DC-signal, before applying a standard Fourier
or non-linear band-pass filtering, provided the DC-signal is blurred by off-center and spin-history effects. SNIF does
not degrade useful lung or heart motion information but, to the contrary, extract a signal more closely related to
the internal motion field inside the thorax because the sources of biases are understood, modelled and filtered
with SNIF.

6. CONCLUSION

This work shows the great potential of SNIF: by mere modeling of the physics underlying the MR measurement
during a quasi-random 2D- or 3D-radial acquisition, we are able to suppress noise, which results from off k-space
center and spin-history artifacts, and to more accurately extract respiratory and cardiac self-navigators out of the
acquisition DC-signal. Many studies, where respiratory and/or cardiac self-navigation is used, analyze the DC-signal
through its frequency content. A standard low-pass filter is then applied to discriminate high frequency noise and
low frequency motion-related signals. However, low frequency noise still blurs the motion information. By
considering the origin of the noise, modeling its creation during the MR acquisition and calculating it thanks to this
model through computational methods, we showed that SNIF could remove it ‘intelligently’, resulting in the
extraction of motion information that was previously hidden within the noise and then un-extractable by using
linear filters.

To our knowledge, this is the first time such an approach is used to filter out the noise from MR DC-signal. By
following more accurately respiratory and cardiac motions, a potentially more accurate motion artifact correction
on images can be envision in MR but also in simultaneous PET/MR acquisitions. This study also showed the relative
simplicity to obtain a surrogate signal for respiratory and cardiac motions with 3D UTE. In the next section of this
chapter, we will discover that the problem is totally different for the ZTE pulse sequence.
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SECTION 3 SNOZE: A SELF-NAVIGATOR FROM OFF-CENTER ZTE EVOLUTION

THIS STUDY AIMS AT SHOWING THE FEASIBILITY OF MR-EMBEDDED RESPIRATORY
MOTION TRACKING IN ZTE LUNG IMAGING THROUGH A TECHNIQUE NAMED SNOZE,
FOR SELF-NAVIGATOR FROM OFF-CENTER ZTE EVOLUTION. IT WAS SHOWN THAT THE
MOTION INFORMATION IN A MOVING PHANTOM AS WELL AS IN FREE-BREATHING
HUMAN VOLUNTEERS AND PATIENTS COULD BE EXTRACTED FROM THE OFF-CENTER K-
SPACE DATA SAMPLED DURING A ZTE ACQUISITION. THIS EXTRACTION IS MADE WITH A
DESCENT ACCURACY AND PRECISION IN TIME AND IN AMPLITUDE WITH RESPECT TO A
RESPIRATORY BELT MEASUREMENT. THIS NEW INTRINSIC MOTION FOLLOW-UP
METHOD COULD BE USEFUL FOR RETROSPECTIVE MOTION CORRECTION OF
SIMULTANEOUSLY ACQUIRED PET/MR IMAGES. THE RESULTS OF THIS PROJECT WERE
PRESENTED ORALLY AT ESMRMB 2016 IN VIENNA, AUSTRIA, AS AN ELECTRONIC POSTER
AT ISMRM 2017 IN HONOLULU, USA, AND AT MANY OTHER FRENCH AND
INTERNATIONAL CONFERENCES AND MEETINGS (SFRMBM, RITS, ...).

1. PURPOSE OF SNOZE

In the previous section, we have seen that high quality self-navigators could be extracted from the frequently
sampled center of k-space in Ultrashort Echo-Time (UTE) acquisitions, referred to as DC-signal. This remains true for
any radial pulse sequence featuring k-space readouts starting at the center of k-space and finishing in the outer k-
space. In this case, the DC-signal is extracted from the first signal value measured at the beginning of each spoke.
This remains true also for any radial pulse sequence featuring k-space readouts starting in the outer k-space and
finishing at the symmetrical outer k-space position, and going through k-space center. In this second case, the DC-
signal is extracted from the signal value measured at mid-time of the readout, usually where the signal magnitude
is maximum because of the gradient echo occurring at this exact moment. Those self-navigators can be used to
track the physiological motion of the lung and/or the heart in order to perform prospective or retrospective motion
correction, which avoids the emergence of motion artifacts in the images, as explained in 2.3.4 in the first section
of this chapter.

In the first chapter of this manuscript, another pulse sequence was supposed to deal interestingly well with the
short T, " values found in the lung parenchyma: the Zero Time-Echo (ZTE) pulse sequence. It was shown that ZTE is
in reality very similar to UTE: both pulse sequences feature a similar 3D radial trajectory in k-space (usually referred
to as ‘kooshball’), both enable the measurement of rapidly decaying MR signals thanks to the ultrashort TE (which
can reach 0 in ZTE in term of final image contrast), and both are able to perform fast 3D acquisitions with a fine
voxel size (around 1 mm) and a relatively short scan time (from several tens of seconds to minutes). However, they
feature one important difference: in ZTE, to reach TE = 0, the readout gradients need to be applied during the
application of the RF excitation pulse and the data acquisition is started as soon as possible after that. This is not
the case in UTE, for which the readout gradients are ramped-up and down just after tissue excitation. This results
to a ‘hole’ located at the center of k-space and where the data cannot be measured (see Figure 2.11).

To solve this problem, either another acquisition is performed to acquire those missing data (with techniques
referred to as WASPI or PETRA, for example) or an estimation of those data is performed as a post-processing step,
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as explained in the previous chapter. In the ZTE pulse sequence provided by GE Healthcare and available on
PET/MR systems on which our experiments were performed, the WASPI method was implemented: at the
beginning of the acquisition, a ZTE acquisition similar to the one described above (in particular with the same RF
excitation and timings parameters) but with a reduced number of spokes and attenuated amplitudes of readout
gradients is performed. It leads to the measurement of the missing central region of k-space before the acquisition
of the outer k-space. In standard conditions, the number of spokes acquired with the WASPI sequence (acquiring
the center region of k-space) is 64 times lower than the number of spokes acquired with the RUFIS sequence
(acquiring the off-center region of k-space). The name RUFIS is given in reference to the original paper introducing
this technique?®.
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Figure 2.11: Reminder of the differences between UTE (left) and ZTE (right) pulse sequences in terms of pulse
sequence chronograms (top) and k-space trajectory.

Thanks to these two separate pulse sequences applied successively, there is no missing data in k-space anymore.
This make possible the acquisition of MR signals coming from short T," tissues, as UTE would do. However, the
problem is far more complicated for self-navigation, which was the second advantage of UTE for lung imaging.
Because the central and peripheral regions of k-space are acquired during separate steps with very different scan
times (a few seconds for the WASPI acquisition and around one to several minutes for the RUFIS acquisition for
thoracic imaging in practice), the center of k-space, source of DC-signal, is not sampled frequently during the most
important part of the acquisition, contrary to UTE. For that reason, self-navigation methods based on DC-signal
time evolution cannot be directly implemented in ZTE because this DC-signal is only acquired during the first
seconds of each acquisition (and not even at the exact center of k-space in practice). During the application of the
RUFIS sequence, the first signal value measured at the beginning of each spoke corresponds to a position off the k-

165 David P. Madio and Irving J. Lowe, “Ultra-Fast Imaging Using Low Flip Angles and Fids,” Magnetic Resonance in
Medicine 34, no. 4 (October 1995): 525-529, https://doi.org/10.1002/mrm.1910340407.
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space center and located on a k-space sphere, at a positon given by the orientation of the spoke under
consideration.

In the following, we will see what is possible to extract from those off-center points in terms of self-navigation with
SNOZE, a technique that enables the extraction of a Self-Navigator from the Off-center ZTE Evolution. The objective
of SNOZE is to extract from k-space data a surrogate signal similar to the one that would be obtained from the
center k-space in UTE, but without having access to the actual DC-signal evolution along the acquisition.

2. THEORY AND UNDERLYING NUMERICAL METHODS FOR SNOZE

2.1. THEORETICAL AND EXPERIMENTAL CONSIDERATIONS FOR SNOZE

As seen previously with SNIF, any off-centered k-space data acquired on a moving object will depend on three
different components:

e A signal baseline: It was written Sy and corresponded to the off-centered signal that would be acquired
without neither motion nor spin-history effects.

e A self-navigator signal: It was written S,,, and corresponded to a surrogate signal related to any motion
occurring in the subject. As seen for a human volunteer above, the self-navigator contains information
from both respiratory and cardiac motions.

e A spin-history term: It was written h and corresponded to the effects of residual transverse magnetization
from previous repetitions on the measurement performed during the current repetition.

Contrary to the UTE pulse sequence presented above, ZTE pulse sequences cannot feature a quasi-random order of
k-space spokes orientations. Indeed, to perform the RF excitation pulse at the same time as the readout gradient,
the usual solution is to create a continuous readout gradient that evolves smoothly along the pulse sequence
repetitions by performing small gradient increments before each new RF excitation. The gradient increments
should remain small for two reasons:

e In order to reach rapidly stable gradient values before each RF pulse, and

e In order to keep the SNR in the final image as high as possible without using additional spoiling gradients
at the end of each repetition (in fact, the readout gradients acts as spoiling gradients too).

Because of the smooth gradient transitions between repetitions, we can therefore suppose S, to vary slowly along
time: S, is not a white noise anymore and only contains low temporal frequency components. Moreover, thanks to
the spoiling property of continuous readout gradients presented above, the smoothing filter characterized by h can
be supposed to have weak effects: the kernel h can therefore be described correctly with a small number of
components (Ng,, is small) and the spin-history effect at one given repetition only depends on a small number of
previous repetitions. These two properties, which are the slowly varying nature of S, and the small numerical
support of h, make it possible to assume that S, x h = S,. The model described in the previous part for SNIF would
thus leads to the following relationship:

Spc =Sm + S0 Eq.2.7
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Note that this expression is a very simplified model and won’t be used directly. We just write it here to understand
the close relationship between SNIF and SNOZE, in the sense that a signal related to motion (S,,,) can be separated
from an off-center signal (S,), but without taking into account any spin-history effects. The total signal Sy cannot
be called DC-Signal anymore because of the distance in k-space between the actual center of k-space and the
position where this signal is measured. In the following, this signal will thus be referred to as pseudo DC-Signal and
written Spsenqonc- This pseudo DC-signal corresponds to k-space points located on the red dotted sphere in Figure
2.11, and examples of pseudo DC-signals are given in Figure 2.12.
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Figure 2.12: Time evolution of the pseudo DC-signal Spenqopc Magnitude obtained on a water phantom without
(top) and with (bottom) a periodic translational motion of the phantom during the MRI acquisition. This motion
was characterized by a temporal period of 3.5 seconds and an amplitude of 30 mm, which is in the order of
magnitude of a usual respiratory motion. In both signals, we observe a rapid and complex oscillation corresponding
to the off-center term (S;), and an oscillating term with a larger temporal period, that only appears on the second
signal, and that corresponds to the motion term (S,,).

The problem now is to separate those two signals S,, and S,. Let us have a look to Figure 2.12, which represents
the magnitude of the pseudo DC-signal Spseyqopc acquired on a water phantom. This is the signal acquired by one
reception coil element when the water phantom is static or performs a periodic translational motion. We observe a
signal rapidly varying along time, and more particularly at the beginning and at the end of the ZTE acquisition.
Those oscillations are related to the evolution of the ¢ angular coordinate of the spokes in the trajectory featured
by our ZTE pulse sequence (see Figure 2.11). At the beginning and at the end of the RUFIS acquisition, when the 8
angular coordinate of the spokes are close to 0 and m radians, a small number of spokes are acquired every time ¢
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covers a range of width 2m (or, explained with hands, every time ‘one turn’ is performed), resulting to a fast
angular frequency along ¢ at the beginning and at the end of the acquisition. To the contrary, at mid-time of the
acquisition, when the angular coordinate 8 of the spokes is close to /2, a much larger number of spokes are
acquired during ‘one turn’ along the ¢ angular coordinate, resulting in a lower angular frequency along this
coordinate. It explains why the fundamental frequency of the oscillations observed in the pseudo DC-signal varies
along the acquisition by first decreasing between the beginning and mid-time of the acquisition, and then re-
increasing from mid-time to the end of the acquisition. This rapidly oscillating signal is thus highly dependent on
the k-space trajectory followed along the acquisition and on the fact that the data were acquired off the k-space
center: if the same data were acquired exactly at center k-space, the measured signal wouldn’t depend on the
spoke orientation, as seen previously with SNIF. This oscillating signal thus corresponds to S,. Moreover, we
observe a second oscillation modulating the main one described above when a motion is performed. This
oscillation is related to the periodic translational motion of the phantom and doesn’t seem to depend much on the
spoke orientation at first glance. This second signal therefore corresponds to the signal S,,, described above.

These two oscillatory signals, the rapidly oscillating off-center signal S, and the more slowly varying signal S,
related to physiological motions, are thus totally intricate. At first glance, it seems challenging to separate those
two signals from the temporal representation of S,s.,40pc: because the main temporal frequency of S, changes
along time, it is not possible to make a simple Fourier analysis, and some frequency components of interest in S,
may share common representative frequencies with S,. For that reason, a more advanced extraction strategy
needs to be considered.

Max.
signal
amplitude

Min.
signal
amplitude

0 (5) T

Figure 2.13: Representation of the same data as in Figure 2.12 but interpolated in the 2D (6, @) space through a
color-scale (right), for the phantom experiment without (top) and with (bottom) periodic translational motion. In
this representation, the rapidly oscillating pattern of S, is converted into a 2D pattern varying slowly along 6 and ¢,
and the oscillations corresponding to S,, are more clearly visible now along 8 and are more easily distinguishable
from S,.
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If the pseudo DC-Signal Spseyqonc is NOW represented as a 2D (8, @) matrix representation, as proposed for SNIF,
we obtain the 2D images represented in Figure 2.13. Two remarks can be made on this representation:

e The rapid variations discussed above with a temporal frequency varying along the acquisition are now
spread over a range of @ angles of width 2w (chosen between - and ) and over a range of 8 angles of
width 1 (chosen between 0 and ). For that reason, those oscillations now appear as a slowly varying 2D
pattern along the coordinates 8 and . This pattern is the same as the one observed with SNIF and from
which Sy was extracted. One needs to imagine that those components represent the real part (the
imaginary part would give a similar representation) of the Fourier coefficients of the image at one given
absolute spatial frequency (proportional to the radius of the sphere where the data is missing during the
RUFIS acquisition) and along the different spatial directions that can be followed in k-space (each direction
being defined by a couple of angular coordinates (8, ¢)).

e Because the 6 coordinate of the spokes vary continuously and monotonically from 0 to = between the
beginning and the end of the acquisition, a one-to-one relationship can be made between the time at
which each spoke is acquired and its 8 coordinate. Said differently, a parallel can be drawn between the
evolution of time and the evolution of 6. For that reason, the signal S,,, is now observed as a 2D pattern
varying slowly along ¢ and varying quite rapidly along 8 because of the periodic motion of the phantom
(or because of the pseudo-periodic respiratory motion occurring in the volunteer’s thorax). In SNIF,
because the acquisition was performed with a quasi-random order of spokes orientations, there was
therefore a total incoherence between the time evolutions of physiological motions and (6, ¢)
coordinates for the spokes. In SNIF, the variations related to motions in the 2D (8, @) representation were
thus random and seen as a noise. To the contrary, with the standard k-space trajectory featured by ZTE, 6
evolves continuously and monotonically with time. For that reason, the continuous evolution of any
surrogate signal along time is still continuous once represented as a function of 9.

Through the 2D (6, ¢) representation proposed above (see Figure 2.13), and in comparison to the 1D
representation along time (see Figure 2.12), it is thus far easier to distinguish between the signal component
related to the subject under consideration and understood by the off-center sampling of signal in k-space (S,), and
the signal component related to the physiological motions performed by the subject (S,,). In particular, those two
components are easy to distinguish thanks to their distinct characteristic frequency components along the
coordinate 8: S, varies relatively slowly along 6 whereas S, varies quite rapidly as a function of the same angular
coordinate. This consideration is the foundation on which SNOZE is based to extract a surrogate signal related to
motion (S,,) from the pseudo DC-Signal acquired at the beginning of each spoke during the RUFIS acquisition
(Spseudonc)- Let us now describe the implementation of SNOZE.
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2.2.NUMERICAL METHODS IMPLEMENTED FOR SNOZE
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Figure 2.14: Schematic description of SNOZE. a) Interpolation of off-center k-space data from the time space to the
(6, @) spherical coordinates space ; b) High-pass filtering along 8, performed thanks to a low-pass filtering and a
subtraction with the original data ; c) Application of a Principal Component Analysis (PCA) to extract the final
respiratory surrogate signal.

In our implementation of SNOZE, the MR data acquired thanks to the ZTE pulse sequence proposed by GE
Healthcare were processed using Matlab. In our implementation, three steps were followed to extract the
respiratory surrogate signal of interest (see Figure 2.14):

a. Extraction of the pseudo DC-Signal S;,s...40p¢ and interpolation in the (8, @) space: Once the acquisition
is performed, the first off-center point of each spoke acquired in k-space during the RUFIS acquisition is
extracted: this gives the pseudo DC-Signal Spseyqopc- As it was done with the DC-Signal in SNIF, the 1D
time representation of S,s.yq0pc is Mapped onto the (8, @) space, 8 and ¢ representing respectively the
polar and azimuthal angle coordinates of the spokes in the 3D k-space. Note that Syc.y,q0pc Was here
chosen to be the absolute value of the complex pseudo DC-Signal. The processing pipeline described
below would also be applicable to its real and/or imaginary part(s), or even to its phase after the
application of a phase unwrapping step. We chose the absolute value because it was experimentally the
more sensitive component in terms of modulations caused by physiological motions. Note also that,
because 8 doesn’t evolve linearly with time, we chose a non-uniform interpolation grid along the 8 axis in
order to obtain discretization steps uniformly allocated in time between the beginning and the end of the
RUFIS acquisition. This process was performed separately for each reception channel coil used for MR
signal acquisition, as it was done with SNIF.

b. Non-linear high-pass filtering along 8: This high-pass filtering is technically performed by subtracting to
the 2D (6, @) representation of S,¢.yq0pc @ NON-linearly low-pass filtered version of the same matrix along
each constant ¢ line (see Figure 2.14). Once again, this process was performed separately for each
reception channel. Concerning the non-linear low-pass filtering cited above, it was performed through a
local piecewise least-squares weighted regression with a 2" order polynomial model. The local fitting was
performed on a sliding window with a time width set to 10 seconds by default (to be sure to suppress all
the variations related to respiratory motion, which usually feature a period of 3-5 seconds). This time
width is controllable by the user if needed. This filter was experimentally chosen for its ability to remove
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completely the oscillations related to physiological motion (related to S,,) and keep the background off-
center signal intact (related to S;). Thanks to the high-pass filtering performed by subtraction, we obtain at
the end of the process data only representing physiological motion information (S,;,).

c. Combination into one or several respiratory surrogate signals: A this point, we give to the user the
possibility to extract either one global respiratory trace from all reception channels or one trace per
reception coil element. The exact same processing pipeline is applied in both cases. The only difference is
made on the data analyzed by each pipeline: either the 2D matrices for all reception channels or only the
matrix obtained from the data acquired by one given reception coil, with the process repeated identically
for each channel. As it might be observed in Figure 2.14, each line of the 2D (6, ¢) matrix does not
represent exactly a true surrogate signal: for certain lines, the signal polarity sometimes reverses in
comparison with the true respiratory motion, leading to a reverse interpretation of those signals in terms
of inspirations and expirations. Moreover, the matrix lines show modulation patterns affecting the
respiratory oscillations. These modulation patterns essentially result from the directional sensitivity of the
off-center k-space data carrying the motion information. Indeed, the Fourier coefficient sampled at
spherical coordinates (7,6, @), with r being the radius of the missing data sphere in ZTE k-space,
represents the amplitude of the harmonic component of spatial frequency inversely proportional to r and
oscillating along the k-space orientation given by (8, ¢). From symmetry considerations along orientations
orthogonal to this direction, this coefficient is only sensitive to motions occurring in the direction (8, ).
Because breathing is characterized by a complex motion (deformation of tissues in different directions of
space), various spatial components of the motion field can be probed as the direction of acquired spokes
evolves along the imaging process. Even if further development may be pursued to integrate this
directional sensitivity in SNOZE, we decided to combine all the motion components occurring in all
directions into one global surrogate signal (per reception channel or for all channels). To do so, and to
overcome the effects of modulation and polarity reversal discussed above, without compromising the
generality of the method, we decided to use a combination method based on a Principal Component
Analysis (PCA)®. Explained with hands, PCA is an algorithm able to extract the ‘main’ trends and the most
representative behaviors within a dataset composed of many observations of different variables. Adapted
to our situation, if each time point, or 8 coordinate, represents one variable, and if each ¢ coordinate (and
each reception channel if only one global surrogate signal is extracted) represents one observation, it is
possible to estimate the most common representative observations in the dataset in terms of values taken
by the different variables, and therefore the most representative respiratory surrogate signals extracted
from our 2D (8, @) representation of S,,,. The main output of the PCA algorithm is a square matrix with a
size equal to the number of variables and containing ordered series of the most representative
combinations of variable values within the set of observations; these new variables are called the principal
components (PC). In our case, different respiratory surrogate signals are obtained and ordered in term of
representativeness (i.e. explained variance) of the dataset. The first two or three PCs obtained are
experimentally what we expect as a surrogate signal. Polarity reversal may occur in those signals but this
problem can be corrected easily now because the reversal occurs at known and repeatable positions
(experimentally observed at one-half, one-third, ... of the total signal duration). Once the polarity
corrected, the PCs signals can be summed to give the respiratory surrogate signal of interest. The number
of PCA output signals taken into account to create this final respiratory surrogate signal can be chosen by
the user. The last step consists in re-interpolating this surrogate signal onto the right temporal grid (for
example, one data point per pulse sequence repetition) in order to use it for motion correction purposes.

166 Hervé Abdi and Lynne J. Williams, “Principal Component Analysis,” Wiley Interdisciplinary Reviews:
Computational Statistics 2, no. 4 (2010): 433-59, https://doi.org/10.1002/wics.101.
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Some measurement and processing artifact, as undesired signal amplifications, may appear in the final respiratory
surrogate signal at data points corresponding to the beginning and the end of the RUFIS acquisition. These artifacts
have three causes:

e The first one is related to the fact that, at the beginning and at the end of the acquisition, the motion is
only probed along axis z (corresponding to the direction of spokes when 6 = 0 or 8 = m radians).
Experimentally, we have observed that the best solution to follow respiratory motion was to orientate the
axis z along the anterior-posterior axis of the patient. However, the components of the motion field along
this direction remain usually low in amplitude for a standard breathing pattern, in particular compared to
the motion components along the superior-inferior axis.

e The second one is related to the higher oscillatory frequency of S, at the beginning and the end of the
acquisition (see Figure 2.12). This has effects on the interpolation step in the 2D (8, ¢) space.

e The third one is related to edge effects at the beginning and at the end of the data matrix. Indeed, to
perform the low-pass filter at one given time point (see Figure 2.14b), data measured before and after this
time point are needed. For that reason, low-pass filtering may be less accurate at the beginning and the
end of the acquisition.

However, those artifacts are predictable and repeatable. For that reason, correction terms, as attenuation masks
for example, were designed empirically and implemented to correct at least partially those measurement biases.

3. VALIDATION METHODS

The ZTE pulse sequence was used on a GE Signa PET/MR 3.0 T system (GE Healthcare, Waukesha, WI, USA). To
make the images, a FOV of size (35x35x20) cm? was used. RF excitation was performed with hard RF pulses with a
flip angle equal to 2° and applied with the body coil featured by the MRI machine, and signal readout was
performed with a half-bandwidth equal to 31.25 kHz. Signal acquisition was performed with a GE GEM 30-channel
thoracic coil array. Concerning the k-space trajectory, each segment contained 64 spokes and each spoke was
composed of 256 sample points. The repetition time TR was chosen equal to 2.55 ms. For each image acquisition,
it resulted in the acquisition of 33792 spokes during the RUFIS acquisition (and 640 during the WASPI acquisition,
but not used here) and the total scan time was equal to 88s.

Several experiments were performed on different subjects with the exact same pulse sequence. In total, three
types of subjects were studied:

e A rectangular water phantom: This phantom was periodically moved along the bore axis with different
motion amplitudes and periods. The phantom was a plastic container of volume (33x22x16) cm? filled with
water and gadolinium. Its motion was generated by the translational motion of the MRI bed itself on
which the phantom was installed during the experiment, and automated thanks to a computer script
created for this purpose. The motion amplitudes ranged from 20 mm to 40 mm, and their periods from 3
seconds to 5 seconds. To create a moving phantom under a non-moving reception coil, the 30-channel
reception system was installed against the inside of the MRI bore in order to stay motionless. For each
choice of motion amplitude and period, the ZTE acquisition was only performed once, except for the
acquisition at motion amplitude of 30 mm and motion period of 3.5 seconds, which was repeated three
times for repeatability verification.
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e Five healthy human volunteers breathing freely: The population was composed of two women and three

men, with an age of (28 + 3) years. For each volunteer, three repetitions of the same acquisition were
performed to verify the repeatability of the measurement.

e Two lung cancer patients breathing freely: Only one acquisition was performed for each patient because
of timing constraint in the clinical protocol.

In each experiment, motions of interest were externally recorded with a respiratory belt. Concerning the human
studies, the respiratory belt was set in a standard clinical routine way. Concerning the phantom experiments,
because the motion was generated by a periodic translational motion of the MRI bed, we attached one extremity
of the belt at the feet extremity of the bed and the second extremity of the belt on a non-moving part of the MR
scanner. Human experiments were part of the research protocol PROMISE (PET/MR in Oncology and inflaMmatory
process - Clinical trial 100 035 2015-A01431-48) at SHFJ (I2BM, DRF, CEA) and led by Dr. Michael Soussan. For each
ZTE acquisition, one global respiratory surrogate signal was extracted from the k-space data thanks to the
processing pipeline detailed in Figure 2.14. Concerning the tuning of SNOZE parameters, it was chosen to take into
account the first three components extracted with the PCA and to create only one global respiratory trace from all
the reception channels as output for SNOZE.
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Figure 2.15: Variables used in the definitions of the Coefficient of Similarity in Time (or CST) and the Coefficient of
Similarity in Amplitude (or CSA).

The relevance of this global respiratory surrogate signal was challenged with the outcome of the respiratory belt.
The intrinsic respiratory trace extracted with SNOZE and the gold standard trace given by the respiratory belt were
gualitatively and quantitatively compared and analyzed for each subject and each repetition. Concerning the
qualitative analysis, we decided to compare both surrogate signals visually, and comment and discuss on their
similarities and differences. Concerning the quantitative analysis, the accuracy of motion tracking was estimated by

comparison with the trace given by the respiratory belt through the calculation of two similarity coefficients (see
Figure 2.15):

o The Coefficient of Similarity in Time, or CST: This coefficient is calculated from the mean ratio over the
motion periods between the time offset At between the extrema of the traces given by SNOZE and the

respiratory belt, and the local motion period T estimated from the respiratory belt:
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At
CST = (1 - ?)Motion periods Eq. 2.8

o The Coefficient of Similarity in Amplitude, or CSA: This coefficient is calculated from the mean ratio over
the motion periods between the amplitude difference Aa between the extrema of the traces given by
SNOZE and the respiratory belt, and the local motion amplitude A estimated from the respiratory belt:

Aa
CSA=(1- 7>Moti0n periods Eq. 2.9

Before calculating these two coefficients, the traces given by the belt and SNOZE were co-registered with an affine
model. For each estimation of CST or CSA, the standard deviation between motion periods was also computed to
express the dispersion of these two metric . A last remark: the intrinsic respiratory trace was extracted with SNOZE
by applying a high-pass filter (see above). This high-pass filter has the effect to suppress the low frequency
components of this surrogate signal. To be able to compare the traces obtained from the belt and from SNOZE, and
to be able to calculate the two coefficients CST and CSA correctly, the same high-pass filter was applied to the
respiratory trace given by the belt. Moreover, the two traces were registered together before CST and CSA
calculations.

4. QUANTITATIVE AND QUALITATIVE RESULTS

Respiratory belt

Time \/\J Tlme
SNOZE SNOZE

Figure 2.16: Time evolution of the respiratory surrogate signals extracted from the respiratory belt (in blue) and
SNOZE (in red) for the first (left) and the second (right) patients. Along the temporal axis, we represented the traces
obtained for the 88 s of ZTE acquisition.
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Let us first compare qualitatively the respiratory traces given by SNOZE and the respiratory belt. The different
traces obtained for the two lung cancer patients are represented in Figure 2.16. Qualitatively speaking, the traces
obtained from both techniques are very similar for each patient. The surrogate signals provided by the belt and
SNOZE remain in phase during the entire scan duration, and the motion amplitudes represented by the two curves
are visually similar at each motion period. It is particularly interesting to consider the time periods when the
breathing pattern is particularly irregular: even if an apnea or a breathing blip occurs, SNOZE remains able to follow
the evolution of the respiratory pattern with visually the same reactivity compared to the respiratory belt (see
Figure 2.16, patient 2). We chose to represent in priority the surrogate signals obtained for the two patients
because their breathing patterns were less regular both in terms of motion period and amplitude (large inter cycle
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variations, apnea, ...). The value of SNOZE in terms of motion tracking can therefore be more easily evaluated from
a qualitative point of view from the respiratory traces obtained for patients.

The Coefficients of Similarity in Time and Amplitude for the phantom, CST and CSA, are plotted with respect to the
motion amplitude and period in Figure 2.17. On this figure, we observe that motion information obtained with
SNOZE is very similar to the information obtained with the respiratory belt, both in terms of motion amplitude and
phase, and over a range of motion periods and amplitudes close to the ones usually observed in the lung
parenchyma in free-breathing humans. The values for CST and CSA are all around 0.92, which is very close to the
value 1 that would represent a perfect correspondence, with a dispersion of approximatively 10 % between periods
within each acquisition. To verify the repeatability of the measurement, the acquisition for a motion period of 3.5
seconds and amplitude of 30 mm was repeated three times in the exact same conditions. The results were shown
to be repeatable with a variation of 0.10 % for CST and 0.11 % for CSA, which represent a great repeatability.
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Figure 2.17: Evolution of the CST (top, in green) and the CSA (bottom, in magenta) as a function of the motion
amplitude (left) and the motion period (right) of a water phantom in periodic translational motion.

For the human volunteers, the respiratory traces obtained with SNOZE and the respiratory belt are also very
similar. The similarity in terms of motion phase resulted, for the five volunteers, in a CST of 0.89 +/- 0.03, thus very
close to 1 and with a low dispersion. This dispersion, calculated as explained above thanks to a standard deviation
between motion periods, expresses here at the same time the variability between motion periods, between the
three acquisition repetitions for each volunteer and between the volunteers. The similarity in terms of motion
amplitude resulted in a CSA of 0.88 +/- 0.04. Once again, this value is close to 1 and with a low dispersion between
motion periods, repetitions and volunteers.
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Concerning now the two lung cancer patients, quantitatively speaking, the values for CST and CSA are a bit lower,
but remain largely acceptable. For the first patient, we obtain a CST equal to 0.84 +/- 0.13 and a CSA equal to 0.79
+/- 0.22. For the second patient, we obtain a CST equal to 0.87 +/- 0.10 and a CSA equal to 0.89 +/- 0.08. Note
that, because it was not possible to perform several acquisitions on each patient, the dispersion expressed for the
CST and CSA values only represent the variability between motion periods.

5. DISCUSSION, PERSPECTVES AND CONCLUSION FOR SNOZE

The information extracted from off-center k-space data accurately follows the motion as recorded with the
respiratory belt over a large range of motion amplitudes and periods in the periodically-moving phantom. It also
faithfully reports the physiological respiratory motion for both volunteers and patients, as supported by the values
close to 1 with low dispersion for CST and CSA. These phantom and in vivo results actually sustain the sensitivity to
the motion embedded in the MR data. However, the methodology proposed by SNOZE suffers from several
limitations. The different drawbacks of this method are discussed in this section.

The first drawback | want to discuss is related to the lack of precision and accuracy of SNOZE at the beginning and
the end of the ZTE acquisition. This problem can easily be seen in Figure 2.16 at the end of the respiratory trace
obtained with SNOZE for the second patient. We observe that, for the last seconds of acquisition, the trace
obtained with SNOZE is totally different from the one obtained with the respiratory belt. As explained above, the
precision in the measurement of the surrogate signal with SNOZE is compromised because of the spoke orientation
at the beginning and the end of the ZTE acquisition, because of the trajectory behavior at these moments and
because of the difficulties to apply correctly a smoothing filter (edge effect). However, these elements cause
problems in measurement accuracy too, which can be severe and not reproducible between acquisitions.
Moreover, they are difficult to correct retrospectively with an attenuation mask, for example.

The second drawback concerns the dependence on spokes orientation and therefore the sensitivity of SNOZE to
different components of motions depending on the measurement direction. This problem is largely attenuated
thanks to the use of the PCA algorithm. The PCA gives the possibility to extract a representative respiratory trace
for the different directions contained in the coronal plane (which is experimentally orthogonal to the z axis) and
defined by their different ¢ values. However, because 8 varies continuously and monotonically between the values
0 and  from the beginning to the end of the acquisition, the direction of each spoke is different from the others,
and the motion component sampled at each instant of the acquisition has never the same direction. A different
evolution for the coordinate 0 of spokes is difficult to consider because first, the gradients should vary continuously
between spokes, and second, the current implementation of SNOZE is based on the fact that 8 varies continuously
and monotonically along time, so as to be able to establish a one-to-one relationship between the time and the
spoke coordinate 6.

The last weakness of this method is its blindness to motions featuring high temporal frequency. This is the case for
cardiac motion, for example, which cannot be assessed with SNOZE and the acquisition parameters we chose for
our experiments. As a reminder, the motion is detected along the evolution of spoke coordinate 6, and all the
signal values for all coordinates ¢ are taken into account for any motion state. However, in our experimental
conditions, when 0 is equal to /2, it takes 364 spokes for the coordinates ¢ to cover a range of values of width
2m, or in other words, to make ‘one turn’ of k-space trajectory. With a TR equal to 2.55 ms, it therefore takes
364 X 2.55 =~ 930 ms to explore all the possible values of ¢ when 0 equals /2. Note that this is the worst case
because, when 6 gets closer to 0 or i, turns in the trajectory are covered in shorter time periods, as explained
above. However, this explains why it is difficult to detect motions with a short temporal period, in particular in the
order of 1 second or lower, which is usually the case for the cardiac motion. Furthermore, if the motion period is
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too large, motion can also be difficult to detect. Indeed, the motion component S, is extracted from the
background off-center component S, thanks to a filtering process based on their supposed difference in frequency
content along the variable 6. In the 2D (6, @) representation, the signal related to S,,, is supposed to contain only
higher frequency components in comparison to S,. If now the physiological motion frequency of interest is too low
(for example, with a period = 10 seconds, which is equal to the time span of the sliding window used by the low-
pass filter), the frequency components related to S,, and S, are mixed and cannot be differentiated anymore,
which prevent the extraction of a surrogate signal only related to motion and not to off-center components.

One point in our validation methods deserves some discussion. This concerns the use of the respiratory belt as a
gold standard to follow respiratory motion. A first thing to consider is that the respiratory belt is a system largely
used in clinical medical imaging routine to limit motion artifacts. However, its use is often limited to prospective
gating in the field of MR imaging. As explained in 3.1 in the first section of this chapter, the surrogate signal
provided by the belt may not reflect exactly the internal motion of organs for several reasons. The first one is the
fact that the respiratory belt is an external measurement system outputting a signal that only depends on the
external effects of internal motions. Even if those external effects are usually highly correlated to organ motions,
they can be explained by other physiological phenomena (for example, the contraction of abdominal muscles), and
some internal motion patterns may not have external effects (for example, a purely diaphragmatic breathing will
not affect much the motion of the thoracic chest). The second one concerns the position of the belt. Because the
system is sensitive to the change in size of the body part to which the belt is attached, the surrogate signal can vary
a lot with the belt position along the superior-inferior axis of the patient. Studies have shown that the correlation
between the belt signal and the actual motion field can vary between a thoracic and an abdominal position for the
belt'®”. The third one is the fact that respiratory bellows usually work thanks to air pressure variations and air
displacements. If air leaks occur, the measurement data given by the belt may be biased. As well, if the belt is not
attached correctly around the patient’s body, the surrogate signal values can shift and the sensitivity of the system
can vary during the acquisition process. Finally, the output signal provided by the respiratory belt system featured
by most MRI machines today is usually subject to proprietary real-time signal processing. This can consist, for
example, in the application of adaptive gains to always keep the same mean surrogate signal amplitude displayed
on the control screen.

These considerations compromise the supposed one-to-one relationship between the motion field and the
surrogate signal provided by the belt, and thus the use of the belt signal as a gold standard. It also encourages us to
find another method to measure the evolution of the motion field along the imaging process. Nevertheless, several
studies have shown the close relationship between the signal of the belt and the internal motion of organs'®. To
avoid the comparison with the belt, the solution would be to include a navigator between the different segments of
the ZTE acquisition (between readout gradient ramp-down at the end of one segment and the ramp-up of the
gradient at the beginning of the next segment). This possibility was tested for the ZTE pulse sequence’®, but this
navigator is not implemented yet in the ZTE product sequence and thus needs further development. Moreover, as
explained above, the use of a navigator is not a perfect solution (increase of pulse sequence complexity, increase of
scan time, ...). Other solutions would be the use of spirometry or optical system to follow motion but, once again,
with their advantages and drawbacks.

167 Claudio Santelli et al., “Respiratory Bellows Revisited for Motion Compensation: Preliminary Experience for
Cardiovascular ~ MR,”  Magnetic  Resonance in  Medicine 65, no. 4 (2011): 1097-1102,
https://doi.org/10.1002/mrm.22687.

168 Bruno Madore et al., “A New Strategy for Respiration Compensation, Applied toward 3D Free-Breathing Cardiac
MRI,” Magnetic Resonance Imaging 24, no. 6 (July 1, 2006): 727-37, https://doi.org/10.1016/j.mri.2006.01.009.

169 yyji lwadate et al., “Silent Navigator—Triggered Silent MRI of the Abdomen,” Magnetic Resonance in Medicine
79, no. 4 (April 2018): 2170-2175, https://doi.org/10.1002/mrm.26869.

120



Chapter 2 - Section 3

Figure 2.18: Representation of a sagittal slice of a thoracic ZTE image acquired on a healthy human volunteer
breathing freely, and reconstructed from the full dataset, with no motion correction (top), from 30% of the dataset
chosen uniformly in the k-space (middle) and from 30% of the dataset corresponding to the deflated lung state at
each motion period (retrospective gating, bottom). On the right of each lung image, the spokes chosen for image
reconstruction are represented as dots on a unit sphere, each dot representing the orientation of one spoke in the
3D k-space. Green arrows represent locations in the image where motion correction is clearly visible (higher image
sharpness, details made visible, ...) and red arrows represent location where spatially coherent under-sampling
artifacts are visible. The presence of those artifacts can be understood by observing the highly inhomogeneous
coverage of k-space in the retrospectively gated case. This is clear in comparison with the case where the same
amount of data was extracted uniformly in k-space, and for which the under-sampling artifacts look more like a
background noise.
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The last discussion point concerns one of the final goals of our work: respiratory motion correction to avoid the
presence of motion artifacts in the final image. As explained in the first section of this chapter, the detection of one
or several surrogate signals is only one step of any motion correction procedure, and the motion correction step
itself needs to be implemented in a prospective or a retrospective manner. Figure 2.18 shows three images
reconstructed from the same dataset obtained on a healthy human volunteer. One was obtained by reconstructing
the image from the full dataset, without taking into account the respiratory motion. The second one was obtained
by taking only into account 30% of the spokes taken uniformly in the k-space. Finally, the third one was obtained by
taking 30% of the data too, but corresponding to the spokes acquired when the lung is deflated, which occurs at
the end of each expiration (retrospective gating). All these images were reconstructed with the toolbox BART,
which will be described in details later.

On the first two images reconstructed without motion correction, we observe motion artifacts, as expected in this
case (image smoothing). On the third image obtained with a retrospective gating, the motion artifacts disappear
but a new type of artifact appears. We observe the apparition of spatially coherent under-sampling artifacts,
related to the fact that only 30% of the total k-space data is taken into account. The spatial coherence of those
artifacts is problematic because of the possible confusion between real anatomical structures and those artifacts.
Under-sampling artifacts appear in the second image too because the same number of spokes was taken into
account for the final image reconstruction. However, those artifacts appear more as a background noise instead of
spatially coherent structures, and therefore alter less the clinical interpretation of the final image.

We understand the apparition of spatially coherent under-sampling artifacts in the third case by looking at the
global organization of the spokes taken into account for the reconstruction. These graphical representations only
concern the RUFIS acquisition, not the WASPI one. In the two first cases, the spokes taken into account for image
reconstruction are uniformly distributed in the 3D k-space. However, in the third case, their distribution creates
regions fully sampled and other totally empty of information in k-space. This means that no image information is
available for large continuous sets of k-space coordinates, where sometimes a lot of useful information is
contained. This explains those structured artifacts in the final image. Nevertheless, in the second case, the real lack
of information is found in the high spatial frequencies region, but uniformly along all k-space directions. This
explains why the under-sampling artifacts appear as a high frequency noise in this case. The holes of missing data
appearing in k-space are directly related, first, to the shape of the trajectory used to acquire the raw k-space data,
and second, to the motion correction method, retrospective gating, which is maybe the simplest one. The use of a
more advanced motion correction method, that would not throw out data but use all the acquired data instead,
would surely lead to far better results. Nevertheless, it would be valuable to find a robust solution to the first
problem, which is the inadequacy of the k-space trajectory featured by our ZTE pulse sequence for retrospective
gating, because it could make motion correction easier and lead to better results with more advanced methods.

In the next section, a solution to this problem is presented.
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SECTION 4  AZTEK: ADAPTIVE ZERO TE K-SPACE TRAJECTORIES

BECAUSE OF SHORT SIGNAL LIFETIMES AND RESPIRATORY MOTION, 3D MR LUNG
IMAGING IS STILL CHALLENGING TODAY. ZERO TE (ZTE) PULSE SEQUENCES ARE
PROMISING AS THEY OVERCOME THE PROBLEM OF SHORT T,". NEVERTHELESS,
BECAUSE OF THE CONTINUOUS READOUT GRADIENTS THEY REQUIRE, THEIR K-SPACE
TRAJECTORIES ARE NON-OPTIMAL FOR RETROSPECTIVE GATING. WE PROPOSE AZTEK, A
3D RADIAL TRAJECTORY FEATURING SEVERAL TUNING PARAMETERS TO ADAPT THE
ACQUISITION TO ANY MOVING ORGAN WHILE KEEPING A SMOOTH TRANSITION
BETWEEN CONSECUTIVE SPOKES. THE INCREASE IN IMAGE QUALITY WAS VALIDATED
WITH STATIC AND MOVING PHANTOM EXPERIMENTS, AND DEMONSTRATED WITH
DYNAMIC THORACIC IMAGING PERFORMED ON A HUMAN VOLUNTEER AND LUNG
CANCER PATIENTS. THIS NEW TRAJECTORY WAS PRESENTED AT ISMRM 2019 IN
MONTREAL AS AN ELECTRONIC POSTER.

1. PURPOSE OF AZTEK

Lung is a challenging organ for proton MRI because of the short T," values of its parenchyma and because of
respiratory motion. 3D radial Ultrashort Echo-Time (UTE)"° and Zero Echo-Time (ZTE)'"! pulse sequences, because
of the very short TE values they feature, were shown to be particularly adapted to short signal lifetime tissues.
Nevertheless, whereas the readout gradient is ramped up and down at each repetition in UTE, with no
requirements on the k-space trajectory, this gradient must remain continuous in ZTE, only allowing small angular
increments between repetitions’2,

The trajectory chosen by GE Healthcare for their implementation of the ZTE pulse sequence was introduced
previously in this manuscript. This trajectory is composed of two main parts: the WASPI sequence, which acquires
the central region of k-space, and the RUFIS sequence, which acquires the peripheral region of k-space. In this part,
we will only consider the RUFIS trajectory because it covers the greatest part of the acquisition time, and therefore
is more directly affected by the motion of organs during data acquisition. However, the same work and analysis
could also be performed for the WASPI trajectory, as its spokes are generally chosen with the same type of
trajectory as RUFIS. The k-space trajectory for the RUFIS acquisition is a standard 3D radial ‘kooshball” where the
different spokes are acquired along directions varying continuously along time. The first spoke is acquired along
direction 42z, or 8 = 0 in spherical coordinates, and the last spoke is acquired along direction -z, or 8 = m radians.
All the other spokes are acquired with an angular coordinate 8 varying continuously and monotonically between 0
and m radians, and thus varying slowly along the acquisition, and with an angular coordinate ¢ increasing

170 Damian J. Tyler et al., “Magnetic Resonance Imaging with Ultrashort TE (UTE) PULSE Sequences: Technical
Considerations,” Journal of Magnetic Resonance Imaging 25, no. 2 (February 1, 2007): 279-89,
https://doi.org/10.1002/jmri.20851.

171 David P. Madio and Irving J. Lowe, “Ultra-Fast Imaging Using Low Flip Angles and Fids,” Magnetic Resonance in
Medicine 34, no. 4 (October 1995): 525-529, https://doi.org/10.1002/mrm.1910340407.

172 M. Weiger and K. P. Pruessmann, “MRI with Zero Echo Time,” in EMagRes (John Wiley & Sons, Ltd, 2007),
http://onlinelibrary.wiley.com/doi/10.1002/9780470034590.emrstm1292/abstract.
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continuously with a 2m-periodicity in order to cover uniformly the 3D k-space in terms of spokes orientations. This
choice of trajectory was made for several reasons:

e The radial nature of the trajectory was chosen because it gives the possibility to encode signal coming
from short T, tissues in the most central parts of k-space. This part is known to correspond to low spatial
frequency components in the image, and thus to the components controlling the contrast of the image. To
be able to visualize the short T," tissues in the image, it is therefore important for those tissues to create
contrast in the image.

e This continuous succession of spokes gives the possibility to acquire several spokes during one segment,
which is a group of spokes during which the readout gradient is varying continuously. This feature is
important to achieve TE = 0, as explained in the previous chapter. To evolve continuously, the gradient
steps applied between pulse sequence repetitions along the three gradient axes of the MRI machine need
to be low in amplitude. This gives the possibility to make rapid changes in term of gradient field, to avoid
strong oscillation of the gradient field before each repetition and to avoid the apparition of eddy currents.

e Because successive spokes are applied with very close directions in k-space, the actual readout gradient
during the acquisition of one spoke acts as a gradient spoiler for the transverse magnetization produced
during the acquisition of the previous spokes. This gives the possibility to obtain images with a SNR which
is not reduced by residual transverse magnetization effects and without the addition of supplementary
spoiling gradients. This leads to the possibility to achieve very short TR values (between 1 and 2 ms in
practice), and thus to acquire 3D MR images in relatively short scan times compared to more standard
pulse sequences based on gradient or spin echo, for example.

Unfortunately, this strategy usually leads to trajectories covering non-uniformly the k-space after retrospective
gating, as seen at the end of the previous section about SNOZE. We have seen that the holes created in k-space by
performing retrospective gating are regions where no information is available about the image to reconstruct.
Those signal voids lead to strong spatially coherent artifacts in the final image, which can be confused with actual
anatomical structures or lesions. Those artifacts would look like a background noise if the spokes were covering
more uniformly the k-space.

To overcome this problem, we propose AZTEK, an adaptive trajectory suited to ZTE requirements and respiratory
resolved lung imaging. As we will see, the radial nature of the trajectory remains unchanged, but the succession of
spoke orientation is designed to comply better with retrospective gating without compromising its applicability in
ZTE imaging and without changing the spoiling properties of readout gradients. Thanks to its design characteristics,
this new trajectory can even be adapted to any motion pattern, as it will be discussed in the next parts.

2. DEVELOPMENT OF A NEW ZTE K-SPACE TRAJECTORY

2.1. THE DISTRIBUTION OF SPOKES IN AZTEK

Every spoke of a 3D ‘kooshball’ trajectory is characterized by two angles in spherical coordinates: a polar angle, 9,
and an azimuthal angle, ¢. In the standard ZTE sequence, k-space is sampled more rapidly along ¢ than 6 (see
Figure 2.19a). In AZTEK, we switch the angle orders such that k-space sampling is performed more rapidly along 8
than ¢ (see Figure 2.19b). In this case, constant-¢ half-circle arcs joining at the two poles, and with 6 ranging from
0 to m radians, are obtained. To avoid oversampling around the poles, 8 steps are modulated accordingly from one
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spoke to another, and 6 values on two spatially adjacent arcs are shifted with a golden ratio basis to ensure
sampling uniformity. Let us see more closely how those two features are implemented.

Slow AZTEK-Twist = 0 | AZTEK-Shgfﬂe = 0 | AZTEK-Speed = 0
sampling “ )
along 6 AZTEK- AZTEK-
. wa N@ed
a N\~ I
Fast AZTEK-
sampling ) A - T
along ¢ AN
k,

AZTEK-Twist = 1 | AZTEK-Shuffle = 1 | AZTEK-Speed = 4

Figure 2.19: Schematic representation of the possibilities offered by AZTEK trajectories in comparison with
standard trajectories.

Let Ng and N,, be the number of spokes on each arc and the total number of arcs in the trajectory, respectively. If
Ngpokes is the total number of spokes for the trajectory, the two previous numbers verify the relationship:

NHN(p = NSpokes Eq. 2.10

A good method to be sure that the spokes are uniformly covering the k-space is to ensure the equality between all
their Voronoi cell areas on a unit sphere in the 3D k-space. This Voronoi cell for one given spoke can be defined as
the continuous set of points included on a unit sphere and that are closer to this spoke compared to any other
spoke. By using the expression of an infinitesimal surface in spherical coordinates, the surface of the Voronoi cell
for one given spoke can be well approximated as:

Sceu = sin(8) AG(6, @) Ap (6, ) Eq. 2.11

where, A8(0, @) and Ap(68, ) represent the angular steps in term of polar and azimuthal angular coordinates
respectively between a spoke located at angular coordinates (6, ¢) and any direct neighbor spoke located on the
same arc for AG(6, ¢) and on an adjacent arc for Ap(0, ¢). From the description of the philosophy of AZTEK
trajectories, it can be understood that A (6, @) does not depend neither on 6 nor on ¢, and is thus given by:

Ap = — Eq. 2.12

Moreover, A6 can be defined as a continuous function of 8 only, and that does not depend on ¢ because the
angular coordinate 8 of any spoke needs to be defined thanks to a law that does not depend on the arc itself in
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order to ensure the uniformity of k-space covering. For that reason, sin(6) A8(6) needs to be constant for any
spoke of the trajectory. This leads, for any arc of the trajectory, to a distribution function controlling the
distribution of the spokes along the arc, given by:

sin(6) _sin(8)
[Fsin(6do’ 2

p(0) = Eq. 2.13
Explained with hands, along any arc, the spokes will need to be more densely distributed around the coordinate
6 = m/2 radians (which gives the maximum of the distribution) than close to the poles, defined by 6 = 0 and 6 =
7t radians (which give the minimum of the distribution). The idea is now to find a method to distribute Ny spokes
along one arc. This consists in defining Ny values of 8 spanned between 0 and r radians and that respect the
distribution p(8). A numerical method exists to perform this and is usually referred to as inverse transform
sampling. To do so, we need to calculate the cumulative distribution function P corresponding to the density
probability function p defined in Eq. 2.13. We obtain:

1 — cos(0)

2]
0

The next step consists in calculating the inverse function of P, written P~1. We obtain:
P71(&) = cos™1(1 — 2§) Eq. 2.15

The inverse transform sampling technique consists in defining Ny values ¢;, with j varying from 0to Ny — 1,
comprised between 0 and 1 and chosen along a uniform density distribution. The simplest is to define Ng uniformly
spaced values, with a spacing A = 1/Ng. We thus obtain &; = jA¢, for j varying from 0 to Ny — 1. By calculating
their transform through P~1, a suite of 8; values comprised between 0 and 7 radians is obtained with the expected
probability distribution given by p. By doing so, we ensure to uniformly cover the k-space with the Ng s spokes.
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Figure 2.20: Representation of the spokes orientations on the unit sphere in k-space without (left) and with (right)
the golden ratio correction of 8 coordinates between spatially adjacent arcs. We observ