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. This model will be able to predict the deformation of the flap and the artery wall during the implementation of the tools. Also, with the numerical simulation, we could obtain the postoperative hemodynamic in the aorta, to predict the modification of flow. Finally, the numerical simulation results are compared with the MRI data to have a validation of the numerical models. There is a parallel thesis (Moravia, 2021) that focuses on flows in aorta phantoms PIV applied in AD (same geometry) and enables the confrontation and inter-validation of both model methods at the time of the study.
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Résumé

Les maladies cardiovasculaires sont la principale cause de mortalité dans l'Union européenne et représentent environ 36% de tous les décès en 2019 [START_REF] Timmis | European society of cardiology: cardiovascular disease statistics 2019[END_REF]. Parmi ces maladies, la dissection aortique est relativement méconnue et difficile à traiter, avec un taux de survie pour les cas les plus graves ne dépassant pas 10%. Cette pathologie survient dans l'aorte et se caractérise par l'irruption de sang à l'intérieur de la paroi de l'aorte. Elle correspond à une déchirure localisée des couches internes de la paroi aortique, appelée porte d'entrée, par laquelle le sang sous pression pénètre et décolle les différentes couches qui constituent la paroi de l'aorte. La dissection de ces couches peut s'étendre sur une longue portion de l'aorte thoracique et abdominale. Le traitement endovasculaire vise à oblitérer les entrées de la faux lumen à l'aide d'un stent. Les outils chirurgicaux actuellement disponibles pour les procédures endovasculaires sont sélectionnés uniquement à partir d'informations basées sur les techniques d'imagerie médicale. Les images sont réalisées avant l'intervention et ne prennent donc pas en compte la déformation de la structure vasculaire par la mise en place de la prothèse. Si de nombreuses études biomécaniques ont été réalisées sur le traitement endovasculaire des anévrismes de l'aorte abdominale, il existe en revanche très peu d'études de ce type sur les dissections aortiques. Et il y a peu d'études sur la démonstration postopératoire des phénomènes de flux sanguin dans le traitement endovasculaire de la dissection aortique. Il est crucial d'étudier l'hémodynamique dans l'aorte après une intervention car le déploiement d'un stent entraîne des modifications du flux sanguin. Pour les chirurgiens, la procédure ne peut être réalisée que de manière empirique, en utilisant des images IRM-4D pour visualiser le flux post-opératoire du sang du patient dans l'aorte avec le stent. Mais la méthode de simulation numérique nous permet de simuler la procédure endovasculaire complète pour une recommandation adaptée lors de la planification chirurgicale. Cette thèse a pour but de présenter un outil numérique, issu du logiciel open-source FOAM-Extend ® , permettant des simulations numériques multiphysiques réalisant le couplage fluide- structure entre l'hémodynamique et la déformation artérielle pour aider au processus de planification. En outre, à l'aide du logiciel Abaqus, nous réalisons le placement des outils chirurgicaux dans un modèle de dissection aortique "bio-fidèle" [START_REF] Pan | Computer aided surgery: Application to aortic dissection[END_REF]. Cela permettra de prédire la déformation du flap et de la paroi de l'artère lors de la mise en place des outils. Et aussi, avec la simulation numérique, nous pourrons réaliser l'hémodynamique dans l'aorte en postopératoire pour prédire la modification du flux. Enfin, les résultats de la simulation numérique sont comparés aux données de l'IRM pour avoir une validation des modèles numériques. En outre, il y a une thèse parallèle [START_REF] Moravia | Design of an in vitro circulatory mock loop to study non-Newtonian hemodynamical flows in aorta phantoms: application to aortic dissection[END_REF] qui se concentre sur les écoulements dans des fantômes d'aorte avec applications de la PIV en AD (même géométrie) qui permet la confrontation et l'inter-validation des deux méthodes de modélisation au moment de l'étude.

Mots clés : Biomécanique. Maladies Cardiovasculaires. Chirurgie Virtuelle. La dissection aortique. Endovasculaire. Simulation numérique. Hémodynamique. Interaction fluide-structure. IRM-4D

Résumé long

Les maladies cardiovasculaires sont la première cause de mortalité dans le monde, et les problèmes pluridisciplinaires posés par ces pathologies nécessitent une diversité, une transversalité et une complémentarité des méthodes de résolution de problèmes de mécanique. Cette étude se concentre sur l'aorte, plus précisément l'aorte thoracique, l'arc aortique en forme de canne d'où partent les artères qui alimentent le cerveau et les bras. L'une de ces maladies vasculaires consiste en une dissection aortique, une affection rare et grave caractérisée par l'irruption de sang à l'intérieur de la paroi de l'aorte. Une dissection aortique (DA) peut être rapidement mortelle car elle ne peut fournir suffisamment de sang au coeur ou l'aorte se rompt. Sa formation est un processus complexe impliquant à la fois une combinaison de facteurs génétiques et une mauvaise santé cardiovasculaire due à l'hypertension artérielle, à l'hypercholestérolémie, au tabagisme et à l'obésité comme facteurs de risque.

Il existe deux types d'interventions chirurgicales pour prévenir la rupture d'une dissection aortique : la chirurgie ouverte traditionnelle et la chirurgie endovasculaire. La chirurgie ouverte consiste à implanter une prothèse synthétique à l'endroit de la dissection et à retirer le tissu pathologique, en pratiquant ainsi une incision aortique primaire. La chirurgie endovasculaire consiste à insérer une endoprothèse à travers le fémur jusqu'à la dissection afin de recanaliser le flux sanguin par l'endoprothèse. Par rapport au traitement chirurgical classique, cette procédure peut réduire le risque de mortalité précoce et de paraplégie et peut également réduire la durée du séjour à l'hôpital et les complications générales imposées par la chirurgie ouverte. Malgré tous les avantages de la technique endovasculaire, sa durabilité à long terme reste discutable en raison de complications qui ne sont pas encore totalement comprises. Ces complications comprennent les endofuites de type I, qui sont des fuites proximales ou distales au niveau des zones d'étanchéité et qui restent les complications les plus graves dues à un défaut d'adhérence de l'endoprothèse à la paroi aortique. La migration, qui est un autre type de complication possible, devient moins fréquente avec les nouvelles prothèses dotées de systèmes de fixation plus fiables. Par conséquent, il nous manque une compréhension de l'hémodynamique dans l'aorte en postopératoire. Il est également crucial de comprendre la mécanique du flux sanguin du patient dans les vaisseaux sanguins après la procédure endovasculaire.

Dans le contexte d'une population vieillissante, le traitement endovasculaire de la dissection aortique s'est considérablement développé ces dernières années, constituant une alternative à la chirurgie ouverte et représentant la seule option thérapeutique chez les patients présentant des comorbidités sévères et ne se prêtant pas à la chirurgie traditionnelle. En pratique, la décision de traitement endovasculaire de cette pathologie repose principalement sur le niveau de dissection, la tortuosité de l'artère iliaque et l'état de santé du patient. Le déploiement d'une endoprothèse dans une morphologie de dissection aortique complexe est difficile en raison de la courbure de l'arc qui génère des forces complexes sur l'endoprothèse. Cela peut entraîner des endofuites précoces pendant et après le déploiement. C'est pourquoi les essais cliniques ont constamment montré l'importance de l'évaluation préopératoire de la morphologie aortique pour la réussite de la chirurgie endovasculaire de la dissection aortique.

Le traitement de la maladie est souvent difficile et empirique, il faut alors de nouveaux critères pour proposer une solution fiable pour la localisation et la supervision préopératoire précise de la libération du stent. Les techniques avancées de modélisation et de simulation des structures mécaniques des artères et du flux sanguin, associées à l'amélioration des techniques d'imagerie médicale, peuvent permettre de mieux comprendre le comportement de la paroi artérielle, mais aussi d'analyser et de prévoir l'ensemble de la procédure endovasculaire. L'intégration d'une modélisation précise et réaliste des interactions entre les outils et les tissus devient alors nécessaire pour proposer une solution personnalisée afin de choisir un outil de libération et un stent adapté. En outre, il est préférable d'observer l'évolution de la distribution des flux sanguins après l'opération pour comprendre l'hémodynamique du sang dans l'aorte. Cela permet de mieux prévenir les complications postopératoires.

Résumé du 1er chapitre

Ce chapitre se concentre sur la description médicale de la pathologie associée à la dissection aortique et présente les avantages de la chirurgie endovasculaire par rapport à la chirurgie ouverte. Les complications après une chirurgie endovasculaire sont considérées d'un point de vue mécanique. Il met également en évidence le rôle très important de la simulation numérique dans les solutions chirurgicales, et les défis chirurgicaux. La partie concernée par cette étude couvre essentiellement l'ensemble de l'aorte, en particulier la crosse aortique et la dissection aortique thoracique. La décision d'effectuer un traitement endovasculaire de la dissection aortique est principalement basée sur les mesures à l'entrée de la dissection, la morphologie de la dissection aortique, la tortuosité des artères iliaques et l'état de santé du patient. La prise en charge de cette maladie est souvent délicate et empirique, et de nouveaux critères sont nécessaires pour proposer un protocole opératoire fiable pour le positionnement et le contrôle peropératoire précis de l'endoprothèse. Dans ce contexte, notre recherche est basée sur la caractérisation du comportement mécanique de la paroi aortique ainsi que sur les caractéristiques hémodynamiques spécifiques au patient, qui sont essentielles pour le processus d'aide au diagnostic et à la planification clinique. Le contexte médical décrit au chapitre 1 démontre la nécessité de nouvelles techniques de planification. Notre intérêt se porte sur la caractérisation de la pathologie de la dissection aortique et de ses caractéristiques mécaniques, qui sont essentielles pour le diagnostic et le processus de planification clinique. L'approche envisagée s'inscrit donc dans une moindre mesure dans le cadre des procédures médicales et chirurgicales assistées par ordinateur afin de proposer une solution opérationnelle pour la localisation précise et le contrôle préopératoire de la pose du stent mais surtout, la recherche et la proposition d'une recommandation personnalisée pour le choix d'un système de pose et d'un stent approprié. Si de nombreuses études biomécaniques ont été réalisées sur le traitement endovasculaire des anévrismes de l'aorte abdominale, il existe en revanche très peu d'études de ce type sur les dissections aortiques. Ainsi, une bonne compréhension de la pathologie de type B pour préparer l'opération devient importante. L'objectif de cette thèse est donc de définir les critères permettant de déterminer la procédure à suivre et d'améliorer le taux de succès de ce type d'opération.

Résumé du 2ème chapitre Tout d'abord, pour atteindre l'objectif de ce projet, nous devons comprendre le comportement mécanique de la paroi aortique et les caractéristiques hémodynamiques du patient pour diagnostiquer les caractéristiques pathologiques personnalisées de la dissection aortique et aider le chirurgien à planifier le traitement endovasculaire. La compréhension et la caractérisation mécanique du comportement des tissus biologiques sont d'une importance capitale pour comprendre l'hémodynamique et les maladies vasculaires. De nombreux chercheurs s'intéressent depuis plusieurs années aux simulations numériques de l'hémodynamique, permettant de corréler la localisation des dissections avec la surface des régions où le flux sanguin est perturbé.

Cependant, ces phénomènes de recirculation du flux sanguin n'expliquant pas totalement l'évolution des lésions artérielles, une grande attention a été portée aux propriétés mécaniques des artères. Bien que des tests in vivo basés sur des techniques d'échographie ou d'imagerie par résonance magnétique aient été développés, il n'existe toujours pas de méthode directe de mesure non invasive de la pression dans les grosses artères comme l'aorte. Les propriétés mécaniques ne peuvent donc pas être obtenues directement. Cette limitation a conduit les chercheurs à rechercher des moyens indirects pour obtenir une estimation de ces propriétés. La plupart des méthodes sont basées sur une estimation de la vitesse de propagation de l'onde de pression, généralement à partir de la mesure du flux sanguin par échographie ou IRM. Bien que ces méthodes non invasives tendent à remplacer les techniques invasives pour la mesure des propriétés mécaniques de la paroi artérielle, des méthodes ex-vivo sont encore nécessaires pour caractériser les artères de manière fiable sur le plan mécanique. Elles évitent également l'influence des erreurs inhérentes aux méthodes non invasives et sont encore largement utilisées dans la littérature. Pour simuler numériquement la procédure endovasculaire et parallèlement à la caractérisation des tissus biologiques, il est également important de connaître le comportement mécanique des outils chirurgicaux impliqués dans les opérations chirurgicales et en contact direct avec les artères. Les stents et les outils chirurgicaux commerciaux ont des dimensions fixes et existent en plusieurs tailles pour s'adapter au mieux à la morphologie de toutes les dissections aortiques. L'Agence française de sécurité sanitaire des produits de santé (AFSSAPS) exige des tests mécaniques statiques et dynamiques de ces dispositifs médicaux avant leur implantation sur le marché vasculaire afin de vérifier leur dimensionnement et leur résistance à long terme. Ils reproduisent la procédure d'implantation et les contraintes in-vivo correspondant à une durée de vie minimale de 10 ans. Par conséquent, nous devons tenir compte non seulement de la rhéologie du sang et de la paroi artérielle, mais aussi des caractéristiques mécaniques des outils et de la façon dont ils affectent la paroi artérielle tout au long du traitement endovasculaire. Dans le deuxième chapitre, nous nous concentrons sur la caractérisation et le modèle mécaniques. Le flux sanguin joue un rôle essentiel dans le développement de cette pathologie. Ainsi, la rhéologie du sang et ses différents modèles sont abordés. De plus, la paroi artérielle, en particulier la partie intimale, est essentielle pour influencer les phénomènes hémodynamiques dans la situation physiologique. Ainsi, la compréhension du mécanisme de la paroi artérielle est également présentée dans ce chapitre. L'augmentation des pathologies vasculaires et l'innovation des techniques de traitement ont conduit à un réel besoin de comprendre à la fois le comportement des artères et la rhéologie du sang. Certains auteurs ont constaté que des contraintes pariétales faibles et oscillantes favorisent le développement d'anévrismes par leur impact sur la forme et la structure des cellules endothéliales.

Le rôle du flux sanguin dans le développement de ces pathologies ne peut être négligé. La rhéologie du sang avec ses différents comportements est considérée dans notre étude. Dans la littérature, les modèles de viscosité appliqués au sang sont une approche relativement large de son comportement. Grâce aux progrès de l'imagerie médicale et de l'IRM de flux, il est possible d'obtenir des informations importantes telles que les champs de vitesse et les pressions endovasculaires, en plus de l'imagerie de l'aorte thoracique obtenue par scanner. Avec ces données expérimentales obtenues in-vivo, il devient possible de valider les calculs en mécanique des fluides et le modèle rhéologique choisi pour l'écoulement sanguin. De plus, l'évolution des techniques d'imagerie médicale permet de fournir des informations plus précises sur le comportement artériel et d'améliorer les modèles, notamment pour caractériser le comportement de la paroi de la dissection aortique. Les méthodes de caractérisation des matériaux ont permis de mettre en évidence le caractère non linéaire, anisotrope et viscoélastique de la paroi aortique et le comportement hétérogène entre parois saines et malades. La technique de corrélation d'images utilisée dans ce travail de recherche permet de mesurer le champ de déformation de la paroi artérielle lors de tests de gonflement et de traction uniaxiale. Les modèles proposés par [START_REF] Fung | Pseudoelasticity of arteries and the choice of its mathematical expression[END_REF], [START_REF] Ogden | Large deformation isotropic elasticity-on the correlation of theory and experiment for incompressible rubberlike solids[END_REF], [START_REF] Humphrey | Mechanics of the arterial wall: review and directions[END_REF] sont complexes ou parfois trop éloignés de la réalité. Pour cette raison, nous avons choisi d'utiliser le modèle de Mooney-Rivlin, qui est approprié pour notre étude. Le modèle de Mooney-Rivlin choisi pour cette étude a ses limites, principalement en termes d'isotropie, alors que des modèles plus élaborés prenant en compte, par exemple, le caractère orthotrope existent déjà [START_REF] Holzapfel | A new constitutive framework for arterial wall mechanics and a comparative study of material models[END_REF][START_REF] Gasser | Modeling the propagation of arterial dissection[END_REF]. Cependant, en raison de la grande variabilité entre les individus, selon leur âge, leur sexe, leurs conditions physiques, on peut considérer que le modèle de Mooney-Rivlin donne des résultats raisonnables dans le cadre de ce projet de recherche. En outre, nous étudierons dans ce chapitre les propriétés mécaniques des outils chirurgicaux et des stents utilisés dans les traitements endovasculaires. La caractérisation des matériaux non biologiques, des composants des outils chirurgicaux et des dispositifs médicaux permet une meilleure compréhension du comportement mécanique de ces différentes pièces pour la modélisation complète de l'acte chirurgical. Le nitinol, un alliage à mémoire de forme, est un matériau complexe à caractériser mécaniquement en raison de sa variabilité importante selon l'expérimentation et l'utilisation. La modélisation numérique de ce matériau a été abordée dans de nombreux travaux [START_REF] Altnji | Morphological and stent design risk factors to prevent migration phenomena for a thoracic aneurysm: a numerical analysis[END_REF][START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] et les différences en termes de résultats mettent en évidence l'importance de la modélisation du stent, des propriétés du matériau et en particulier celles du textile sur la réponse mécanique des stents. Enfin, les guides chirurgicaux ont une géométrie et une composition complexes, adaptées à leur utilisation. Le travail de [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] pour les essais de flexion trois points est un complément aux essais de traction réalisés par [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF]. Pour les guides testés, la différence de rigidité dans la zone de transition est due à la géométrie interne du guide, dont le revêtement TFE (trafluoroéthylène) glisse sur l'âme en acier inoxydable du guide. L'influence du revêtement sur le guide en acier n'a pas été étudiée ici, car sa faible rigidité par rapport à l'acier a été négligée. Des études numériques validées par des résultats expérimentaux sur fantômes existent dans la littérature [START_REF] Wang | A robust and fast approach to simulating the behavior of guidewire in vascular interventional radiology[END_REF] et montrent l'importance d'une approche robuste pour simuler le comportement des guides en radiologie interventionnelle vasculaire. Cependant, en pratique clinique, le comportement du guide est affecté par le flux sanguin et la déformation périodique des vaisseaux, en particulier de l'aorte thoracique soumise à des déplacements et déformations plus importants que le reste du circuit artériel. La simulation des comportements des instruments chirurgicaux dans un environnement dynamique est donc un problème qui concerne la rhéologie des parois vasculaires et du sang, que nous abordons dans le chapitre suivant.

Résumé du 3ème chapitre Dans le troisième chapitre, nous présentons le développement du modèle numérique pour la simulation de l'hémodynamique dans le logiciel libre OpenFOAM dans des modèles de dissection aortique, en tenant compte du comportement complexe du flux sanguin. Pour identifier correctement le circuit hémodynamique, il est nécessaire de développer un modèle 3D bio-fidèle suffisamment sophistiqué. Avec le logiciel OpenFOAM extend, qui s'appelle OFOM-Extend, nous réalisons un module de couplage fluide-structure. La prise en compte de la déformation du trajet aortique au cours de l'opération nous permettrait de préconiser un stent parfaitement adapté et personnalisé à des cas cliniques complexes. Nous développons une simulation de la montée des outils chirurgicaux dans une dissection aortique pathologique. Les progrès de l'imagerie médicale permettent la reconstruction virtuelle des organes d'un individu selon une procédure automatique, précise et rapide. De plus, ces mêmes outils permettront la mesure des champs de vitesse et rendront possible la validation in-vivo et non-intrusive des résultats obtenus par des simulations numériques. Ces avancées méthodologiques permettent de réaliser des simulations spécifiques aux patients afin de mieux comprendre l'impact de la morphologie de chacun d'entre eux.

Ces dernières années, les simulations numériques en mécanique des fluides ont été de plus en plus utilisées pour modéliser des géométries complexes afin de comprendre et de prévoir l'hémodynamique artérielle dans les pathologies cardiovasculaires. Ce travail numérique fait suite à des expériences sur des échantillons de tissus aortiques, qui caractérisent le comportement hyperélastique de la paroi artérielle. Avec les résultats concernant la modélisation du comportement de la structure artérielle, il était alors nécessaire de se concentrer sur la modélisation précise et réaliste du comportement du sang et de son interaction avec la paroi. Dans cette étude, nous avons modélisé le comportement du sang avec deux modèles : Le fluide newtonien et le fluide de Carreau-Yasuda. Nous avons observé qu'il n'y a pas de différence significative lorsque nous comparons les caractéristiques de vitesse et de WSS. Nous avons donc supposé que le sang est un fluide newtonien. Les conditions aux limites de Windkessel implémentées dans les logiciels OpenFOAM et FOAM-Extend ont permis de prendre en compte la résistance du reste du circuit artériel, qui n'est pas modélisé, et la compliance des artères. Les paramètres arbitraires de ce modèle sont un point négatif pour son utilisation à grande échelle sans nécessairement obtenir des données de flux dynamiques, car les valeurs numériques doivent être recalibrées sur chaque patient. Actuellement, les conditions aux limites des sorties dans les modèles fluides sont soit des conditions sur les pressions, comme le modèle de Windkessel, soit des conditions sur les vitesses, donc sur la distribution des flux entre les troncs artériels. Cependant, ces conditions sur les vitesses de sortie conduisent souvent à des instabilités dans les calculs numériques. Les données issues de l'IRM 4D sont d'une importance primordiale dans la validation de la simulation hémodynamique. De plus, l'amélioration exponentielle des techniques d'imagerie médicale rapproche de plus en plus les cliniciens et les mécaniciens. Les données in-vivo telles que les flux en temps réel obtenus par les cliniciens sur les patients permettent des avancées significatives dans la modélisation numérique.

Cet aspect sera présentée dans le dernier chapitre. L'aorte thoracique, qui comprend les parties de la dissection aortique, est une des artères (flap) qui se déforme le plus sous l'effet du pouls cardiaque, d'où la nécessité de simuler l'interaction entre le fluide et la structure pour se rapprocher des conditions physiologiques. Le couplage utilisant FOAM-Extend a été validé dans ce cas et nous avons observé clairement le mouvement du flap avec des parois déformables. En raison de l'incroyable complexité du couplage nécessaire pour simuler un tel phénomène, il est relativement difficile de le reproduire dans un modèle de difficulté AD à notre disposition. Nous avons donc débogué de nombreux paramètres dans le schéma numérique pour assurer sa convergence. Ainsi, les techniques numériques offrent une alternative potentielle pour analyser l'hémodynamique dans la DA et inclure le mouvement de la paroi dans la simulation. Cela mérite une étude plus approfondie pour voir si le travail supplémentaire nécessaire pour inclure le mouvement de la paroi dans les modèles de DA est justifié dans le cadre d'une application clinique.

En parallèle des simulations d'interaction fluide-structure et en prévision de la modélisation complète de la procédure chirurgicale, nous avons pu reprendre le travail de [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF] et [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] sur l'insertion des outils chirurgicaux dans l'aorte avec une pathologie de DA et l'adapter à l'aorte entière. Ce travail présente une difficulté supplémentaire induite par la flexion des outils au niveau des troncs supra-aortiques. Les simulations numériques de cette étude ont été réalisées avec une hypothèse forte de comportement élastique pour la paroi vasculaire.

Résumé du 4ème chapitre

Le dernier chapitre valide le modèle CFD bio-fidèle avec les données de l'IRM 4D, dont l'accord est mis en évidence. Cette recherche décrit une méthode permettant d'effectuer des simulations de DA spécifiques aux patients en utilisant les données anatomiques et d'écoulement les plus importantes disponibles in vivo. Dans cette partie, le modèle de paroi rigide utilisé pour les simulations CFD donne les premières estimations de flux par rapport à l'imagerie dynamique, en imposant des conditions limites physiologiquement correctes et individualisées. Les validations par rapport aux mesures in vivo révèlent un haut degré de concordance en général. Les résultats de cette étude devraient contribuer à une meilleure compréhension des schémas d'écoulement et des conditions hémodynamiques dans les dissections aortiques de type B, avec l'objectif à long terme d'identifier les facteurs biomécaniques qui peuvent être utilisés pour prédire la probabilité de dégénérescence et de rupture anévrismale ultérieure chez ces patients en préopératoire et en postopératoire. Comme l'indiquent des recherches récentes [START_REF] Thubrikar | Wall stress as a possible mechanism for the development of transverse intimal tears in aortic dissections[END_REF][START_REF] Xiang | Hemodynamic-morphologic discriminants for intracranial aneurysm rupture[END_REF][START_REF] Chiu | Effects of disturbed flow on vascular endothelium: pathophysiological basis and clinical perspectives[END_REF][START_REF] Meng | High wss or low wss? complex interactions of hemodynamics with intracranial aneurysm initiation, growth, and rupture: toward a unifying hypothesis[END_REF], les marqueurs de la dynamique des fluides tels que les caractéristiques du WSS et les pressions FL & TL ont un impact significatif sur la progression à long terme de la DA. Une planification clinique éclairée ne peut pas reposer uniquement sur des données géométriques. Elle doit également tenir compte de l'environnement hémodynamique pathologique et compliqué qui caractérise les cas complexes de DA. On ne saurait trop insister sur l'importance d'une telle stratégie synergique pour la recherche sur la DA et son application clinique. Assurer la validité et l'exactitude des simulations est une étape essentielle du transfert de ces méthodes vers la clinique. Les méthodes expérimentales créées dans cette étude servent de référence pour valider les résultats générés in silico. Une fois validés, les modèles CFD peuvent être utilisés pour prédire avec précision les indicateurs hémodynamiques tels que le WSS qui sont difficiles à mesurer expérimentalement et impossibles à évaluer in vivo. En outre, les modèles in silico peuvent simuler diverses situations interventionnelles (par exemple, Chapitre 3.8 Modélisation de la montée des outils chirurgicaux ). Et une nouvelle méthode individualisée a été développée, intégrant des outils expérimentaux et numériques guidés par l'imagerie clinique. Les deux modèles in vitro [START_REF] Moravia | Design of an in vitro circulatory mock loop to study non-Newtonian hemodynamical flows in aorta phantoms: application to aortic dissection[END_REF] et in silico ont incorporé une géométrie de DA anatomiquement précise, un flux pulsatile et des BC dynamiques. Les deux modèles comportaient un haut degré d'intégration des informations à de nombreux niveaux et étaient influencés par les données cliniques. Les modèles de PIV [START_REF] Moravia | Design of an in vitro circulatory mock loop to study non-Newtonian hemodynamical flows in aorta phantoms: application to aortic dissection[END_REF] expérimental comportaient un flux pulsatile contrôlé par ordinateur, un modèle d'AD spécifique au patient et les caractéristiques correspondantes du flux sanguin (modèle de Carreau-Yasuda). Cette étude montre comment les techniques in vitro et in silico peuvent être créées de concert pour recréer avec précision l'hémodynamique spécifique au patient de cas compliqués de DA, offrant ainsi un nouveau paradigme pour le traitement de la DA ou d'autres maladies vasculaires. En outre, l'expérience de PIV vise à fournir un cadre robuste pour la réalisation d'études hémodynamiques expérimentales et numériques précises de la pathologie de la DA à l'aide de données cliniques non invasives et d'investigations comme outil d'amélioration des résultats cliniques et sont souvent validées par rapport à des données expérimentales in vitro.

Conclusion
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General introduction

Cardiovascular diseases are the leading cause of death in the world, and the multi-disciplinary problems posed by these pathologies require a diversity, transversality and complementarity of methods. This study focuses on the aorta, specifically the thoracic aorta, the cane-shaped aortic arch from which arteries supply the brain and arms originate. One of these vascular diseases consists in forming an aortic dissection, a rare and severe condition characterized by the irruption of blood inside the wall of the aorta. After aortic dissection, it can be deadly quickly because it cannot provide enough blood to the heart or the aorta ruptures. Their formation is a complex process involving both a combination of genetic factors and poor cardiovascular health due to high blood pressure, high cholesterol, smoking, and obesity as risk factors.

There are two types of surgeries to prevent the rupture of aortic dissection: traditional open surgery and endovascular surgery. Open surgery consists in implanting a synthetic prosthesis at the place of the dissection and removing the pathological tissue, thus making a primary aortic incision. Endovascular surgery consists in inserting a stent graft through the femur to the dissection in order to recanalize the blood flow by the stent.Compared to the classical surgery treatment, this procedure can reduce the risk of early mortality and paraplegia and also can reduce the duration of the stay in hospital and the general complications imposed by open surgery. Despite all the advantages of the endovascular technique, its long-term durability remains questionable due to complications that are not yet fully understood. These complications include type I endoleaks, which are proximal or distal leakage at the level of the sealing zones and remain the most serious complications due to a failure of the stent graft to adhere to the aortic wall. Migration, which is another type of possible complication, is becoming less frequent with newer prostheses with more reliable fixation systems. Therefore, we lack an understanding of hemodynamics in the aorta with postoperative. It is also crucial to figure out patient's blood flow mechanics through the blood vessels after the endovascular procedure. However, in the context of an aging population, the endovascular treatment for aortic dissection has grown considerably in recent years, constituting an alternative to open surgery and representing the only therapeutic option in patients with severe comorbidities who are not suitable for traditional surgery.

In practical terms, the endovascular treatment decision for this pathology is based primarily on the level of dissection, iliac artery tortuosity, and patient health status. Stent deployment in complex aortic dissection morphology is difficult because of the curvature of the arch generating complex forces on the stent graft. It may lead to precocious endoleaks during and after deployment. Therefore, clinical trials have consistently shown the importance of preoperative assessment of aortic morphology for successful endovascular surgery of aortic dissection.

The treatment of the disease is often difficult and empirical, then require new criteria to propose a reliable solution for the localization and the precise pre-operative supervision of the release of the stent. The advanced techniques of modeling and simulation of the arteries' mechanical structures and blood flow, merged with the improvement of medical imaging techniques, which can allow to better understand the behavior of the arterial wall and also to analyze and predict the whole endovascular procedure. The integration of precise and realistic modeling of the interactions between the tools and the tissues becomes then necessary for the proposal of a personalized solution to choose an adapted release tool and stent. In addition, it is better to the observation of the phenomenon of blood after operation to understand the hemodynamic of blood in the aorta. This can better prevent postoperative complications.

In this context, our research is based on the characterization of the mechanical behavior of the aortic wall as well as on the patient-specific hemodynamic characteristics, which are essential for the diagnostic and clinical planning support process. Therefore, the approach considered in the research project is first to identify the mechanical behavior of the aortic dissection and then to identify the behavior of the blood flow to perform a patient-specific numerical simulation with the interaction between the fluid and the structure, and compared with CFD rigid wall simulation.

In the first chapter, the medical context and the positioning of the problem are presented. Vascular pathologies and their treatments are discussed as well as the possible complications. Also, the pathology of aortic dissection and the protocol for diagnosing this pathology are described.

Through biomedical techniques will improve the endovascular intervention.

In the second chapter, we focus on mechanical characterization and modeling. The blood flow plays a vital role in the development of this pathology. Thus, the blood rheology with its different models is discussed. Also, the arterial wall, particularly the intimal part, is essential to influence the hemodynamics phenomena in the physiological situation. In this way, the comprehension of the mechanism of the arterial wall is also presented in this chapter. In addition, the mechanical behavior of surgical tools and stents used in endovascular treatment will be investigated in this chapter.

In the third chapter, we present the development of the numerical model for the simulation of the hemodynamics in open-source software OpenFOAM ® in aortic dissection models, taking into account the complex behavior of blood flow. To correctly identify the hemodynamic circuit, it is necessary to develop a sufficiently sophisticated 3D bio-faithful model. With the OpenFOAM ® extend software OFOM-Extend, we realize a coupling fluid-structure module. Consideration of the deformation of the aortic pathway during the operation would allow us to recommend a stent perfectly adapted and personalized to complex clinical cases. We develop a simulation of the rise of the surgical tools in a pathological dissection aorta. The progress in medical imaging allows the virtual reconstruction of the organs of an individual according to an automatic, precise, and fast procedure. Moreover, these same tools will enable the measurement of velocity fields and make possible the in-vivo and non-intrusive validation of the results obtained by numerical simulations. These methodological advances allow patient-specific simulations to better understand the morphology of each patient.

The last chapter validates the bio-faithful CFD model with 4D-MRI data, which has a highlight agreement. And a new, individualized method was developed, integrating experimental and numerical tools guided by clinical imaging. Both in vitro [START_REF] Moravia | Design of an in vitro circulatory mock loop to study non-Newtonian hemodynamical flows in aorta phantoms: application to aortic dissection[END_REF] and in silico models incorporated anatomically precise AD geometry and pulsatile flow and dynamic BCs. Both models included a high degree of information integration at many levels and were influenced by clinical data.

The development of medical imaging and the acquisition of geometric data of the cardiovascular system of a patient constitutes a significant evolution in numerical simulation. The advantage of multi-physical simulations of stent placement with arterial wall deformation and hemodynamic flow is an area of applied research with real impact for the clinical community. Although there have been many biomechanical studies on the treatment of aortic dissections by endovascular technique, there are still few studies devoted to aortic dissections, in particular those of flow in true and false chanel. Numerical simulations will then be able to identify the biomechanical parameters responsible for possible failures of the endovascular treatment and bring elements of analysis to improve the stents used, both in terms of the duration of the stent itself and the surgical treatment.

CHAPTER 1

Clinical context and targets

This chapter focuses on the medical description of the pathology associated with aortic dissection and presents the advantages of endovascular surgery over open surgery. The complications after endovascular surgery are considered from a mechanical point of view. Also, highlight the numerical simulation plays a very important role in surgical solutions,and surgical challenges. 

Cardiovascular flow system

The cardiovascular system is also called the "circulatory system". It is composed of the heart, arteries, capillaries and veins. It is a closed circulatory pipeline in which blood flows, supplies organs and tissues with oxygen, various nutriments, hormones, etc., and transports wastes from tissue metabolism to excretory organs to maintain a stable and metabolic environment in the body. Carry out and support normal life activities. A system composed of the heart, arteries, capillaries, veins, and blood flowing through them. The heart can automatically contract and relax rhythmically under the control of the nervous system, ensuring that blood circulates in a certain direction. Arteries connect the heart to capillaries and carry blood from the heart to the tissues. The capillaries connect the arteries to veins, and form a network. They are the site of material exchange between blood and tissue. The vein connects the capillaries to the heart to collect blood and flow back to the heart.

Therefore,the arteries and veins supplying blood to the whole body are called systemic circulation(in red on the Figure 1.1). Its function is to carry oxygenated blood from the heart to all the organs of the body and then to return this venous blood to the heart.The blood passes from the atrium to the ventricle in the left heart, from where it is expelled under high pressure (110 -140 mm Hg) into the aorta, the main distribution pathway.Additionally, branchings ensure oxygenation and waste collection of tissues in the body.The fluid is then returned to the heart through veins for injection into the pulmonary sub-system.

The body has another circulation pathway, namely pulmonary circulation(in blue on the Figure 1.1). Like the systemic circulation, the pulmonary circulation also starts and ends in the heart. The blood comes from the body and is drained by the veins to the right heart at a pressure barely higher than atmospheric pressure.Then the pulmonary circulation transports carbon dioxide-rich venous blood under low pressure (25 -30 mm Hg) is stent from the right ventricle to the lungs. The pulmonary artery divides into more fine arterial ducts until the pulmonary capillaries at the level of which the exchanges with the pulmonary alveoli take place: the blood loses CO 2 and gains O 2 .The oxygenated blood then flows into the increasingly large venous channels until it reaches the two pulmonary veins, which open into the atrium of the left heart.And begins the process of the next systemic circulation. To ensure cross-flow between the pulmonary circulation and the systemic circulation, the heart pumps blood from one system to another. Therefore, the heart is like a double pump composed of four chambers: right and left atrium (blood enters the heart), and right and left ventricle (blood is pumped out of the heart). This dual-pump function divides the pulsatile cardiac cycle into two phases: diastole and systole. The heart supplies the necessary energy for blood circulation in a periodic way by a pulsatile phenomenon with an average frequency of 70 to 75 beats per minute. The arteries leaving the heart have particular mechanical properties that exploit this pulsatile phenomenon called the Windkessel effect. Their elasticity allows them to dilate during blood ejection (systole) by storing pressure part of the mechanical energy supplied by the heart and then releasing it during diastole. Therefore, the pressure and velocity of the blood vary periodically, but this mechanism ensures that the pressure and velocity of the blood in the capillaries remain more or less constant [START_REF] Fung | Biomechanics: circulation[END_REF]. The resistance to blood flow varies according to the diameter of the vessel and its muscle fiber content: the smaller the vessel, the greater its resistance, thus causing a strong decrease in pressure and velocity. About 50% of resistance is observed in arterioles, 20% in large arteries and capillaries, and only 10% in veins. The speed of the blood varies according to the cardiac cycle and the diameter of the vessel. It differs from 100cm/s in the ascending thoracic aorta to 1cm/s in the capillaries [START_REF] Kojić | Computer Modeling in Bioengineering: Theoretical background, examples and software[END_REF]. Representative pressures and flows of the human cardiac cycle are shown in the Figure 1.2. Arterial pressure is maximal during systole, and minimal in diastole: in large vessels such as the aorta, this pressure is, at rest, between 120mmHg and 80mmHg in systole and diastole, respectively. As the vessel diameter decreases, this pressure can drop to 20 mm Hg in the capillaries and the end of the arterial circuit. In the arterial circuit of the lungs, this pressure tends to be even lower because of less powerful contractions of the right ventricle and the structure of the vessels at this site, which have more non-elastic fibers.

Vascular pathology

Cardiovascular diseases are a group of heart and blood vessel disorders that include:

Coronary heart disease: diseases of the blood vessels supplying the heart muscle.

Cerebrovascular disease: diseases of the blood vessels supplying the brain.

Peripheral arterial disease: diseases of the blood vessels supplying the arms and legs.

Rheumatic heart disease: damage to the heart muscle and heart valves caused by rheumatic fever caused by streptococci.

Congenital heart disease: structural malformations of the heart present at birth.

Deep vein thrombosis and pulmonary embolism: the presence of a blood clot in a leg vein, which can dislodge and move to the heart and lungs.

Cardiovascular disease is the number one cause of death worldwide: more people die each year from cardiovascular disease than any other reason. Heart attacks and strokes are usually emergencies, mainly due to blockages that prevent blood from flowing to the heart or brain. This happens most often because of a fatty layer built up on the inner walls of the blood supplying vessels to the heart or brain. Strokes can also be caused by bleeding from a blood vessel or blood clot in the brain. Heart attacks and strokes are usually caused by the co-existence of multiple risk factors, such as tobacco use, unhealthy diet and obesity, lack of physical activity and harmful alcohol use, high blood pressure, diabetes and hyperlipidemia. Therefore, the study of the aorta is a critical topic that is very beneficial for the treatment of vascular pathology.

Aorta 1.3.1 Global location of the aorta

According to [START_REF] Claude | Anévrisme de l'aorte abdominale[END_REF], the aorta has two parts: a part which is located in the rib cage, which is called the thoracic aorta, and a part which is located in the belly, which is called the abdominal aorta. The thorax and abdomen are separated by a horizontally stretched muscle called the diaphragm. In the rib cage, the aorta takes the form of a cane with a part that goes up (ascending), a horizontal part called the butt, and a descending part that will extend into the belly (Figure 1.3) crossing the diaphragm. It arises from the heart's left ventricle and extends to the abdomen, where it branches off into two smaller arteries (the common iliac arteries). It brings oxygenated blood to all parts of the body via the circulation, except for the functional circulation of the lung (pulmonary artery). We will choose to focus in this section on the existing connections with the thoracic aorta.

The different parts of the aorta

According to Figure 1.4, the aorta is classically divided into the thoracic aorta and the abdominal aorta, relative to the diaphragm. The thoracic aorta has three parts: ascending, transverse, and descending. This part presents another element belonging to the aorta: the aortic isthmus. Ascending aorta is the initial segment of the aorta. It emerges from the left ventricle, from which it is separated by the aortic valve. The two coronary arteries of the heart originate from the base of the aorta just above the aortic valve. It is positioned in a pericardial sheath common with the pulmonary artery. These two arteries wind together so that the aorta arises dorsally in relation to the pulmonary artery, but then the aorta twists latero-ventrally to end up ventral with the pulmonary artery.

Transverse aorta (Aortic arch) passes over the pulmonary artery and the left main bronchus and remains linked to the right pulmonary artery by the Botal arterial ligament, a remnant of the ductus arteriosus. Three vessels arise from this aortic arch, the brachiocephalic arterial trunk, the left common carotid artery, and the left subclavian artery. We can also see behind the beginning of the thyroid artery (or middle thyroid artery) between the origins of the brachiocephalic arterial trunk and the left carotid artery, located posterior to this arch, but it did not come out of it. Generally speaking, the branches of the horizontal aorta supply the head, neck and arms.

Descending thoracic aorta descends into the trunk, into the mediastinum, behind the heart, and in front of the esophagus in its upper part, behind in its lower part. This part is relatively fixed compared to the other two segments. The junction between the horizontal and descending aorta is called the "aortic isthmus". It then crosses the diaphragm at the level of the aortic hiatus, located at the level of the 12th thoracic vertebra, and becomes the abdominal aorta.

Aortic isthmus can be defined as the junction zone between the arch of the aorta and the descending aorta [START_REF] Ouattara | Pathologie de l'isthme aortique[END_REF]. Located downstream from the emergence of the left subclavian artery, the aortic isthmus is the attachment of the ligament arteriosum, a remnant of the embryonic ductus arteriosus, which attaches the aorta to the left pulmonary artery. Thus, the aortic isthmus is individualized as a border zone between the mobile portion (the arch of the aorta) and the fixed portion (the descending aorta) of the thoracic aorta. Finally, the aortic isthmus, due to its embryological origin, is a vascular structure of less resistance. All of these anatomical arrangements make it a zone of vulnerability during thoracic trauma with sudden deceleration causing shearing phenomena.

1.4 Aortic dissection(AD) and pathologies

Definition

Cardiovascular disease is the world's largest cause of death, and it is estimated that 17.9 million people are killed every year.The importance of cardiovascular diseases is expected to increase with the aging of the population (demographics), obesity (epidemiological factors) and the intensification of treatment (screening, early detection, etc.). Among these diseases, aortic dissection (AD) is relatively little known and difficult to treat, with a survival rate for the more serious cases not exceeding ten percent. Aortic dissection affects about three people per 100000 [START_REF] Olsson | Thoracic aortic aneurysm and dissection: increasing prevalence and improved outcomes reported in a nationwide population-based study of more than 14 000 cases from 1987 to 2002[END_REF][START_REF] Clouse | Acute aortic dissection: population-based incidence compared with degenerative aortic aneurysm rupture[END_REF], and AD occurs most frequently between the ages of 50 to 70 years old and affects males in approximately two-thirds of cases [START_REF] Meszaros | Epidemiology and clinicopathology of aortic dissection[END_REF].

The main risk factors are high blood pressure, as well as pre-existing pathologies affecting the wall properties. This condition occurs in the aorta and is characterized by the emergence of blood inside the wall of the aorta (Wik, 2021), see Figure 1.5.

Dissection corresponds to a localized tear in the inner layers of the aortic wall, called the entry site, through which the blood under pressure penetrates and removes the various layers that make up the wall of the aorta. And it will cause an aortic aneurysm. Dissection of these layers may extend over a long portion of the ascending aorta, aortic cross, or descending aorta. It constitutes a surgical emergency. 1. Hypertension and atherosclerosis: about 67 % to 80 % of patients with aortic dissection (AD) are combined with hypertension [START_REF] Golledge | Acute aortic dissection[END_REF], and in addition to an increase in the absolute value of blood pressure, an increase in the rate of change of blood pressure is also an important trigger for AD. Atherosclerosis can thicken the intima of the arteries, which leads to malnutrition of the intima of the arterial wall, which is also an important precipitating factor for AD.

2. Two genetic disorders are common in AD patients: Marfan syndrome and Ehlers-Danlos syndrome, which are familial and often develop in patients at a young age.

3. Congenital aortic malformations: such as aortic constriction (stenosis), ductus arteriosus (aorta connected to the pulmonary artery), and aortic valve defects.

4. Injury: severe trauma can cause tearing of the aortic isthmus, and medically induced injuries can also lead to AD.

Epidemiology and type of AD

Depending on the case, several possible ending outcomes may occur. With this type of pathology, blood flows into two ducts: the true lumen(TL) (the initial path taken by blood), and the false lumen(FL) (the channel created between the layers of the wall). The two aortic lumens are separated by a layer of intimal tissue called the intimal flap [START_REF] Criado | Aortic dissection: a 250-year perspective[END_REF], as shown on Figure 1.6. The cause of death is often due to rupture of the aortic wall, weakened by dissection. The extent (starting point and ending point) of a dissection can be described considering the wall thickness and the intimal flap. Depending on the flow in the false lumen or tears in the intimal flap, aortic dissections can be distinguished (Table 1.1). The DeBakey classification [START_REF] De Bakey | Surgical management of dissecting aneurysms of the aorta[END_REF] is an anatomical classification of aortic dissections based on the origin of the dissection and its downstream extension (including the extension of the dissection to the ascending aorta, to the aortic arch, or to the descending aorta):

Type I -Begins at the ascending aorta, to the aortic arch and descending portion.

Type II -Begins and localizes only at the ascending aorta.

Type III -Begins and localizes at the descending aorta.

The Stanford Classification [START_REF] Daily | Management of acute aortic dissections[END_REF] is divided in two categories: A and B. This classification depends on the entry point of the dissection as well as its extent. Key information is whether the entry point is in the ascending or descending aorta. This location strongly influences the rate of mortality and the choice of the type of intervention. The Table 1.2 shows the differences between type A and type B.

Type A dissection involves the ascending aorta and/or aortic arch, and the descending aorta may also be involved. Intimal tear originates from the ascending aorta, aortic arch, or descending aorta (rarely). So type A dissection is a clinical emergency and associated with a high mortality rate.

Type B dissection involves the descending aorta and/or extends to the abdominal aorta, but does not involve the ascending aorta and the aortic arch.It differs in that the surgeons must choose the method of intervention. This type is more conducive to endovascular treatment, and much less problematic than open surgery operation (which has a paraplegia risk of 30%). Thus, as the classification situation describes: Type A involves the ascending aorta but may extend into the arch and descending aorta(DeBakey type I and II); Type B involves the descending aorta only(DeBakey type III).In Stanford type A, the ascending aorta is always engaged. In Stanford type B, the dissection is distal to the origin of the left subclavian artery. The Stanford system also helps to delineate two distinct risk groups for management.

The complication of AD

The condition strongly weakens the aortic wall and disrupt blood flows, which can cause multiple complications: Dissection at ascending aorta: massive aortic valve insufficiency by tilting of a cusp of the latter, resulting in severe heart failure;

rupture in the pericardium leading to profuse pericardial effusion with compression of the heart (tamponade), which may progress to heart failure and cardio-circulatory arrest;

dissection by extension of the coronary arteries with occlusion of the latter and constitution of myocardial infarction;

Dissection at descending aorta: rupture of the aorta with massive fatal internal bleeding;

progression of the dissection on the different arteries with occlusion of the latter (or significant decrease in their flow) gives a picture of localized ischemia (cerebrovascular accident if it is an encephalic artery use, renal infarction if it is a renal artery).

In practice, the most serious complications involve the heart and only occur if the dissection involves the ascending aorta. The latter therefore constitutes an absolute surgical emergency. Dissections of the descending aorta(Stanford type B) must first be treated medically (with drugs), and surgery is then discussed on a case-by-case basis.

Aortic repair surgeries for AD

Surgery may be needed when AD reaches a critical state. It takes place when the patient experience sharp pain, the aorta rapidly deletes, the aorta ruptures and/or aorta branches become too distressed to fuel essential organs properly. Depending on the degree of severity and the dissection location, a medical treatment is given, and for most serious cases, different types of surgical procedures can be practiced.

There are two possible treatment techniques for aortic dissection:

Open surgery treatment is used urgently in the event of a ruptured aortic dissection, but also for preventive treatments, consists in implanting a synthetic prosthesis in place of the aortic dissection. This technique has the advantage of being efficient and reliable but remains a heavy intervention with many risks and cardiac and respiratory complications. AD Standford type A is mostly treated with this surgical method [START_REF] Fann | Surgical management of aortic dissection during a 30-year period[END_REF]. Endovascular aortic Repair (EVAR) is a minimally invasive treatment for AA(Aortic aneurysm) and AD. Repair is performed surgically by making a small open incision in the femoral artery and inserting a catheter to reach the AA or AD region. In the case of AD, it involves sliding the stent graft over the femur to the level of the aortic dissection to redirect blood flow by obliterating the entrances to the false lumen. Compared with traditional surgical treatment, this operation can reduce early mortality and paraplegia. It can also reduce hospital stay and overall complications, including neurological, cardiac, respiratory, renal and bleeding complications, without significantly increasing the need for reoperation during the mid-term follow-up period [START_REF] Cheng | Endovascular aortic repair versus open surgical repair for descending thoracic aortic disease: a systematic review and meta-analysis of comparative studies[END_REF]. Although this technology has all the advantages, it has not been fully verified. In fact, the long-term development of endoprostheses and the complications resulting from their installation have not been fully controlled. Most patients have sudden onset of chest and back pain, type A mainly in the anterior chest and interscapular region, type B mainly in the back and abdomen.

Blood pressure asymmetry >20 mmHg between the 2 arms or abolition-decrease of a peripheral pulse abnormality of the standard chest X-ray Abnormality of the thoracic standard X-ray (mediastinal enlargement, abnormality of the cardiac silhouette, pleurisy)

Although these signs and symptoms suggest, aortic dissection more sensitive imaging techniques are needed. Commonly used imaging procedures include:

The thoracic scanner (computedtomography (CT-scan) & magnetic resonance imaging (MRI)) with an injection of contrast medium into the vascular system shows a double contrast of the aorta, which is "separated" in two by the "flap". It allows a clear delineation of its extension (Yang et al., 2014a). CT scans are relatively quick and noninvasive, and the extent of the entrapment and true or false lumen can be determined by contrast image enhancement. MRI can produce high image resolutions in the absence of contrasting agents, but can be timeconsuming and is not recommended for use in hemodynamically unstable patients.

Transesophageal echocardiogram (TEE) consists in having the patient swallow, under local anesthesia, an ultrasound probe attached to an endoscope. The examination allows a good visualization of almost the entire thoracic aorta. In the case of dissection, the "flap" is clearly objectified, as well as, sometimes, the entry and exit site [START_REF] Patil | Transesophageal echocardiography evaluation of the thoracic aorta[END_REF].

Electrocardiography (ECG) is systematically performed in the presence of any chest pain.

It may show signs of left ventricular hypertrophy secondary to untreated or poorly treated hypertension. It may also show signs of a developing infarction or repolarization disorders in a quarter of cases [START_REF] Biagini | Frequency, determinants, and clinical relevance of acute coronary syndrome-like electrocardiographic findings in patients with acute aortic syndrome[END_REF].

Multiple modalities (CT, MRI scan, and echocardiography) may supplement each other to support the diagnosis, but it depends on the circumstances. The general diagnostic precision of these various modalities is comparable. To achieve the diagnostic objectives, first, we identify the diagnostic and classify the dissection/delineate the extent; then distinguish true and false lumens(Figure 1.11), also localize intimal tear, intimal flap, entry sites [START_REF] Liu | Quantitative study of abdominal blood flow patterns in patients with aortic dissection by 4-dimensional flow mri[END_REF], and differentiate between communicating and non-communicating dissection. We need also to evaluate side branch involvement (i.e., coronary, carotid, subclavian, and renal arteries), detect and grade aortic regurgitation, monitor extravasation (periaortic or mediastinal hematoma, pleural or pericardial effusion, tamponade). Before an endovascular operation, the surgeon performs a preoperative plan, which consists in analyzing the preoperative data of the patient's examinations. These data generally contain a CT angiography, an examination that allows the visualization of the blood vessels (veins or arteries) after injecting an iodinated contrast product, opaque to X-rays. This examination makes it possible to verify that the patient's anatomy is compatible with endovascular intervention and choose the stent-graft dimensions adapted to the disease and the patient's morphology. This step is called the sizing. Several anatomical landmarks are placed on the CT angiography images and are used to take length and diameter measurements. The endoprosthesis models vary by their constitution, their mechanical properties, the range of sizes available, but also by the dimensions and properties of the catheter. It is up to the surgeon to choose the model that he thinks best suits the patient, according to all the data he has in his knowledge and considering the morphology, the accesses, but most often his experience with the medical devices. During surgery, the surgeon inserts several tools into the arteries before the stent is deployed(Figure 1.12). He begins by inserting a flexible guide to initiate the deformation of iliac arteries and abdominal aorta to make them as straight as possible. The surgeon then inserts a more rigid guide, which generates more significant deformations and straightens the vessels. The iliac arteries generally encounter the most deformation and can undergo displacements of the order of a centimeter. The surgeon then inserts the catheter, the most rigid tool with a diameter of about 5 to 7 mm, containing the stent. Its rigidity is relatively high compared to the vascular structure, which requires that the patient's anatomy be favorable (the iliac arteries not too tortuous, nor too calcified) to be able to introduce the device without risk via the femoral routes.

Possible complications with endovascular operation

Despite the advantages of this technique, such as shorter hospital stay, smaller incisions, faster recovery, and lower morbidities and mortality, current long-term clinical outcomes do not differ significantly in terms of comparison with conventional surgery. However, due to the complications generated by their implementation, the level of reliability of these new treatment techniques remains a subject of discussion, and lifelong CT surveillance is mandatory annually [START_REF] Bosch | Contrast-enhanced Ultrasound versus Computed Tomographic Angiography for Surveillance of Endovascular Abdominal Aortic Aneurysm Repair[END_REF].

The main complications that can arise are as follows:

Before surgery: The feasibility of interventional vascular therapy is directly related to each patient's vascular shape, which depends on the degree of arterial curvature and the characteristics of the vessel wall. However, patients with more complicated pathology, such as extremely tortuous arteries and high calcification degrees, will make it difficult to transport the stent in the blood vessel during the operation. That will lead to higher stress concentration on the vessel wall and the hidden danger of vessel rupture [START_REF] Vorp | Effect of aneurysm on the tensile strength and biomechanical behavior of the ascending thoracic aorta[END_REF][START_REF] Walraevens | Correlation between compression, tensile and tearing tests on healthy and calcified aortic tissues[END_REF] , which may increase death risk. On the other hand, patients and doctors are excessively exposed to X-rays when the vascular stent is inserted into the blood vessel, which causes a certain degree of harm to their health.

Postoperative: Phenomena of stent migration, breakage, folds, endoleaks, thrombosis in the thoracic and abdomen walls will be observed [START_REF] Atkins | Aortic dissection: perspectives in the era of stent-graft repair[END_REF]. These phenomena have not been completely avoided for 40% of patients who have been treated after one year [START_REF] White | Report on the results of thoracic endovascular aortic repair for acute, complicated, type b aortic dissection at 30 days and 1 year from a multidisciplinary subcommittee of the society for vascular surgery outcomes committee[END_REF]. The deformation of the artery under the stent tools' action is not considered, and another cause could be the improper size of the stent, the poor placement of the release catheter, or the improper selection of the stent [START_REF] Khanna | Endovascular repair of thoracic and abdominal aortic aneurysms/dissections[END_REF]. If the size of the stent exceeds 30 %, it will negatively affect the results of vascular interventional surgery [START_REF] Tolenaar | Influence of oversizing on outcome in thoracic endovascular aortic repair[END_REF].And the study of [START_REF] Liu | Impact of oversizing on the risk of retrograde dissection after tevar for acute and chronic type b dissection[END_REF] shows that if a rate of oversizing ≤ 5% may be a optimal choice for TEVAR of type B dissection.

Improvement of diagnostic methods from a mechanical point of view

The computerized tomography (CT) images are carried out before the intervention and therefore do not consider the deformation of the vascular structure by the implementation tools of the prosthesis. These tools do not allow for anticipation of events that may unfold during the course of treatment, which can lead to both poor sizing (length, diameter) but also poor positioning of the stent.

The experience of the surgeon permits carrying out delicate procedures and managing the unexpected. Nevertheless, it is impossible to predict the consequences of this positioning in terms of flow.

Endovascular treatment seeks to obliterate the entrances to the false lumen with a stent. In this latter case, it is difficult for the surgeon to know beforehand the place where the stent will be the most effective (entry site, reentry, output, etc.). Therefore, the positioning of the stent is an essential element for the success of the operation. This position leads to a new flow distribution that should be specified for the clinician. Poor redistribution of flow can be harmful for the health of the patient. In addition, the implantation of a stent in the aortic arch poses more significant technical and technological difficulties than in the treatment of the aortic dissection due to the angulations, the extension of the dissection, the origin of the supra-aortic trunks, and the proximity of the aortic valves. If the angle is acute and the dissection is extensive, the procedure may still be challenging to perform, even if the curved prostheses have improved well. In some areas where the supra-aortic trunks cannot be preserved, it is necessary to combine the endovascular procedure with bridges between those trunks and the ascending aorta.

Important research is currently underway to develop new prostheses specifically for the aortic arch.

For example, prostheses with side portals make it possible to keep the aortic arch, and the hybrid prostheses associate a traditional prosthesis with an endoprosthesis which makes it possible, under extracorporeal circulation, to treat the patient with a single procedure and achieve encouraging results (7% of deaths, 3% of paraplegia) [START_REF] Becquemin | Chirurgie de la crosse de l'aorte: conventionnelle, endoluminale ou hybride? une stratégie à la carte[END_REF]. In Figure 1.13, a Gore stentgraft is shown, specially adapted for the curvature of the thoracic aorta because of its flexibility. In recent years, endovascular treatments have emerged to simplify the treatment of DA. These techniques are practical and offer an alternative to open surgery [START_REF] Jang | Risk factors for stent graft-induced new entry after thoracic endovascular aortic repair for stanford type b aortic dissection[END_REF]. For some patients, they constitute the only possible treatment. Nevertheless, due to the geometry of the site (angled shape) and its position in the anatomy (exit of the heart), the stents are subjected to strong solicitations linked to the turbulent, pulsatory, and unsteady character of the blood flow. These phenomena can lead to early damage, endoleaks, and migration.

Conclusions and strategies

The area of attention in this study was to basically cover the entire aorta, especially the aortic arch and thoracic aortic dissection. The decision to perform endovascular treatment of aortic dissection is mainly based on measurements of the entry of the dissection, the morphology of the aortic dissection, the tortuosity of the iliac arteries, and the condition of the patient's health. The management of this disease is often difficult and empirical, and new criteria are needed to propose a reliable operating protocol for the positioning and precise intraoperative control of the stent-graft.

The medical background described in Chapter 1 demonstrates the need for new planning techniques. Our interest is focused on the characterization of the pathology of aortic dissection and its mechanical features, which are essential for diagnosis and clinical planning process.

The envisaged approach is thus to a lesser extent within the framework of computer-assisted medical and surgical procedures in to propose an operational solution for the precise localization and preoperative control of the stent delivery but above all, the research and proposal of a personalized recommendation for the choice of an appropriate delivery system and a stent. While many biomechanical studies have been done on the endovascular treatment of aneurysms of the abdominal aorta, there are, however, very few such studies on aortic dissections. Thus, a good understanding of the type B pathology to prepare for the operation becomes important. Therefore, the objective of this thesis is to find the criteria that make it possible to determine the procedure to be followed and improve the success rate of this type of operation.

Introduction

We need to figure out the mechanical behavior of the aortic wall and the patient's hemodynamic characteristics to diagnose the pathological features of aortic dissection and help the surgeon with the planning of endovascular treatment.The understanding and mechanical characterization of the behavior of biological tissues is of paramount importance to understand hemodynamics and vascular diseases. Many researchers (Robicsek andThubrikar, 1994, Dillon-Murphy et al., 2016) have been interested in numerical simulations of hemodynamics for several years, allowing the location of dissections to be correlated with the area of regions where blood flow is disturbed.

However, as these blood flow recirculation phenomena do not fully explain the evolution of arterial lesions, a great deal of attention has been paid to the mechanical properties of arteries. Although in-vivo tests based on ultrasound or magnetic resonance imaging techniques have been developed [START_REF] Avril | In vivo measurements of blood viscosity and wall stiffness in the carotid using pc-mri[END_REF], there is still no direct method of non-invasive pressure measurement in large arteries such as the aorta. Mechanical properties cannot then be obtained directly. This limitation has led researchers to investigate indirect means to obtain an estimate of these properties. Most methods are based on an estimate of the propagation velocity of the pressure wave, usually from the measurement of blood flow by ultrasound or MRI [START_REF] Lehmann | Aortic compliance measurements using doppler ultrasound: in vivo biochemical correlates[END_REF][START_REF] Hardy | A onedimensional velocity technique for nmr measurement of aortic distensibility[END_REF]. Although these non-invasive methods are tending to replace invasive techniques when measuring the mechanical properties of the arterial wall, ex-vivo methods are still needed to characterize arteries mechanically reliably. They also avoid the influence of errors inherent to noninvasive methods and are still widely used in the literature.

To numerically simulate the endovascular procedure and in parallel with the characterization of the biological tissues, it is also important to know the mechanical behavior of the surgical tools involved in the surgical operations and direct contact with the arteries. Commercial stents and surgical tools have fixed dimensions and exist in several sizes to best fit the morphology of all aortic dissections. The French Health Products Safety Agency (AFSSAPS) requires static and dynamic mechanical testing of these medical devices prior to their implantation in the vascular market to verify their sizing and long-term resistance. They reproduce the implantation procedure and the in-vivo stresses corresponding to a minimum life span of 10 years. As a result, we must consider not only the rheology of blood and arterial wall, but also the mechanical characteristics of the tools and how they affect the artery wall throughout the endovascular treatment.

Blood rheology

This section describes the mechanical and physical characteristics of blood to better understand the different behavioral models better.

Blood function and composition

In humans, the blood volume is 5 to 6 liters, and the average cardiac output at rest is 5.5 L/min. With physical effort, this flow can reach up to 25 L/min. The blood is distributed to the different parts of the human body and then drained by vessels of various types. But this system is not a simple distribution circuit, and it also plays the role of reservoirs: a high-pressure reservoir in the arterial part, exploiting the distensibility properties of the arteries, and a low-pressure reservoir in the venous region, which influences the high deformability characteristics of the veins [START_REF] Fung | Biomechanics: circulation[END_REF].

Blood is composed of cells suspended in a saline solution containing various proteins, called plasma. These cells occupy about 50% of the total volume and are distributed as follows:

97% are red blood cells (erythrocytes).

1% are white blood cells (leukocytes).

Approximately less than 1% are platelets (thrombocytes). Plasma is the extracellular fluid of blood. The plasma composition is highly complex and includes proteins, lipids, inorganic salts, sugars, amino acids, metabolic wastes, and large amounts of water.

The plasma serves as a channel of transport for the following constitutive cells.

Red blood cells (RBCs) ,also called as erythrocyte,is the most numerous type of blood cell in the blood. They are disk-shaped, biconcave cells without a nucleus, with a diameter of 8 to 9 µm (Figure 2.2), and filled with a protein with an iron nucleus, called hemoglobin, to which oxygen is bound. Hemoglobin allows the transport of oxygen to the tissues and carbon dioxide to the lungs. There are 4 to 6 million of them per mm 3 of blood. White blood cells (WBCs) ,also known as leukocytes, are roughly spherical and nucleated, which are part of the immune system and are in charge of destroying and removing old or abnormal cells and cellular debris, in addition to attacking pathogens and external objects. There are 5 to 10 thousand of them per mm 3 of blood.

Platelets are also referred to as thrombocytes, and their main function is blood clotting. The fibrin clumps together in a grid to gather red blood cells to form clots, which stop more blood from being lost and help stop bacteria from entering the body.

Hematocrit is a term that refers to the amount of produced components in blood. The characteristics of the flowing blood depend mainly on the hematocrit. It is the volume of blood cells (RBCs, WBCs, and platelets) as a proportion of the total volume of blood. Because 97 -99% of blood cells are red blood cells, hematocrit is frequently associated with blood RBC ratio. Hematocrit values fluctuate amongst individuals for various reasons, including gender, illness, low oxygen environment, and dehydration.

Blood rheology

Rheology and hemorheology

The science of rheology is the study of material deformation and flow. Hemorheological rheology is the study of the characteristics of blood flow in its physiological context. It entails examining the interplay of blood components, flow characteristics, the interaction of blood and vascular walls, and physiological parameters such as temperature, pressure, and diseases [START_REF] Errill | Rheology of blood[END_REF].

Understanding the degree of deformation (or flow) of a material is essential because the force exerted per unit area must be considered [START_REF] Chien | Clinical hemorheology: applications in cardiovascular and hematological disease, diabetes, surgery and gynecology[END_REF]. The deforming force, referred to as stress, may be made up of several different components, including the following: (1) Shear stress, defined as the force operating parallel to the surface per unit area; (2) Normal stress, described as the force acting perpendicular to the surface per unit area. For the latter is to be defined as a pressure in a fluid. Strain is a phrase that refers to the degree of deformation, and it also has several components linked with the various stress components. For example, shear stress leads to shear strain, which is sometimes referred to as shear rate, in which successive layers of material move parallel to one another.

Early fluid-mechanics research discovered that for a pipe of fixed diameter and length, the resistance to flow depends on the flow conditions within the pipe [START_REF] Errill | Rheology of blood[END_REF]. During the second part of the 1800s, experimental data showed that flow was proportional to the pressure drop, which (reflected) resistance to flow. Under these conditions, it has been shown that the liquid particles travel smoothly on neighboring planes (laminae) parallel to the tube wall; this form of flow is termed laminar flow [START_REF] Lowe | Plasma and blood viscosity[END_REF]. As the fluid flow rate increases, there is a tendency for fluid movement to become erratic, with swirling and uneven patterns. Turbulent flow is defined as a state of chaotic flow in which turbulence increases with the flow rate. The pressure drop is proportional to the square of the flow speed for these conditions: for the same pipe and fluid, resistance to flow is more considerable with turbulence [START_REF] Tennekes | A first course in turbulence[END_REF].

In laminar flow circumstances, a shear stress-shear rate relationship is utilized to determine the fluidity of liquids [START_REF] Errill | Rheology of blood[END_REF]. This connection represents the internal resistance between fluid layers (laminas) and the fluid's viscosity; a liquid's viscosity may be estimated by dividing the shear stress (resistance to flow) by the shear rate (rate of flow) [START_REF] Lowe | Plasma and blood viscosity[END_REF]. Liquids may be classified into two broad categories based on their rheological properties (Figure 2.3): (1) Newtonian fluids have a viscosity that is unaffected by changes in shear rate or shear stress. The slope of the shear stress-shear rate relationship is constant for these fluids across the shear stress range tested, and hence the viscosity is constant; (2) Non-Newtonian fluids are those in which the apparent viscosity of a fluid depends on the amount of the shear stress or shear rate. As the shear rate is raised, the apparent viscosity of a non-Newtonian fluid can drop (shear-thinning behavior) or rise (shear-thickening behavior). Non-Newtonian fluids may exhibit a yield stress, below which the shear rate is zero (there is no flow), resulting in an infinite apparent viscosity [START_REF] Rampling | Red cell aggregation and yield stress[END_REF].

The flow behavior of non-Newtonian fluids may also be time-dependent; at a fixed shear rate, the viscosity of thixotropic fluids decreases with time [START_REF] Chien | Clinical hemorheology: applications in cardiovascular and hematological disease, diabetes, surgery and gynecology[END_REF]. Notably, the viscosity of a liquid varies with its temperature for both groups of fluids. For example, the dynamic viscosity of water is 0.89 cP (mPa.s) at about 25 • C, and at 37 • C has a viscosity of 0.6913 mPa.s. In addition,the ratio of shear stress τ to shear rate γ is the apparent dynamic viscosity µ: Hemorheology is concerned with blood flow and its deformation behavior and the constituents that shape it (i.e., red blood cells, white blood cells, platelets). Blood rheological properties are crucial to the study of vascular mechanics: the subtleties of blood rheology are still being investigated, and blood rheology is altered in a variety of disease states. Clinical and experimental evidence demonstrates unequivocally that blood flow behavior is a crucial driver of optimal tissue perfusion.

µ = τ γ
Therefore, blood rheology detection has become an indispensable and essential tool for clinical medicine and research.

Blood may be thought of as a tissue made of multiple types of cells (red blood cells, white blood cells, and platelets) and a liquid intercellular medium from a biological perspective (i.e., plasma). Blood may be conceived of as a two-phase liquid from a rheological perspective; it may also be thought of as a solid-fluid suspension with the cellular constituents constituting the solid phase. However, due to the liquid-like behavior of red blood cells under shear, blood may also be considered as a liquid-liquid emulsion.

Plasma viscosity

Because plasma serves as the suspending phase for the cellular components in blood, any change in its viscosity has a direct effect on blood viscosity independently of hematocrit or cellular element characteristics. Plasma viscosity ranges typically between 1.10 and 1.35 cP at 37 • C [START_REF] Lowe | Plasma and blood viscosity[END_REF], but in pathological conditions and after tissue damage, maybe it will be higher(this value could be up to 2 cP). Although plasma is a Newtonian fluid, some have reported non-Newtonian behavior due to technological artifacts [START_REF] Baskurt | Blood rheology and hemodynamics[END_REF]. Because plasma has a crucial component called plasma proteins, the most important matrix proteins in the blood include between 6 and 8 grams of proteins per 100 milliliters. The bulk of these proteins is split into albumin and globulin fractions [START_REF] Lacombe | Competitive role between fibrinogen and albumin on thixotropy of red cell suspensions[END_REF]. Also present in plasma is fibrinogen, a soluble protein that is transformed into an insoluble, polymerized form known as fibrin during the clotting process [START_REF] Baskurt | Handbook of hemorheology and hemodynamics[END_REF]. Fibrinogen is also a significant determinant of blood flow behavior since this protein plays a critical role in the reversible aggregation of Red blood cells. Therefore, a substantial amount of the non-Newtonian flow characteristics are determined by fibrinogen (Merrill et al., 1963b). Plasma viscosity is a practical, non-specific indication of disease processes and is elevated in pathophysiological situations associated with acute-phase responses [START_REF] Somer | Disorders of blood viscosity[END_REF]. Acute-phase reactants, including fibrinogen, significantly influence the non-specific rise in plasma viscosity in disease processes. Plasma viscosity may rise by up to 5-6 cP in individuals with aberrant protein levels, as observed in so-called paraproteinemias [START_REF] Lowe | Rheology of paraproteinemias and leukemias[END_REF].

Red blood cells: aggregation, dispersion and deformability

The red blood cell is the most numerous type of blood cell in the blood. Therefore, the characteristics of the flowing blood depend mainly also on the aggregation and deformation properties of red blood cells [START_REF] Chien | Biophysical behavior of red cells in suspensions[END_REF].

The cellular phase contributes to the total viscosity rise and imparts non-Newtonian features. As seen in Figure 2.4, viscosity falls as the shear rate of the fluid increases. Thus, the fluid is described as "shear-thinning". To emphasize the critical function of the cellular phase, increasing hematocrit in blood results in an increase in absolute viscosity and a steepening of the shear-thinning slope [START_REF] Chien | Effects of hematocrit and plasma proteins on human blood rheology at low shear rates[END_REF]. Figure 2.4: Relationship between viscosity and hematocrit values of blood at four varying shear rates at 37 • C. [START_REF] Chien | Effects of hematocrit and plasma proteins on human blood rheology at low shear rates[END_REF] Two principal reversible mechanisms in RBCs are identified to explain blood shear-thinning:

• Deformability: RBCs are deformable elastic entities that deform under external pressure.

When flowing under a laminar high shear rate, RBCs align and elongate in the flow direction.

On the other hand, RBCs revert to roundness at low shear rates and rotate in the fluid.

• Aggregation: When RBCs are suspended in autologous plasma and viewed under light microscopy at rest, they cluster into huge aggregates like a stack of coins(Figure 2.2(c)). These aggregates, referred to as "rouleaux", are readily dispersed by fluid forces (e.g., by applying pressure to the coverslip to generate a local flow) but immediately re-form when the fluid forces are removed [START_REF] Chien | Physicochemical basis and clinical implications of red cell aggregation[END_REF]. Aggregation is highly dependent on the nature of the suspending medium. For example, fibrous proteins found in plasma promote aggregation. In addition, modifications to the media (Either experimental needs or physiological changes due to pathology) affect the RBC aggregation process.

Many studies have considered the viscosity of blood through the aggregation properties of red blood cells [START_REF] Chien | Theoretical and experimental studies on viscoelastic properties of erythrocyte membrane[END_REF][START_REF] Chien | Physicochemical basis and clinical implications of red cell aggregation[END_REF][START_REF] Donner | Erythrocyte aggregation: approach by light scattering determination[END_REF][START_REF] Haider | Rheology and ultrasound scattering from aggregated red cell suspensions in shear flow[END_REF]. The rheofluidification curves in the Figure 2.5 represent the decrease in blood viscosity as the shear rate γ increases. They demonstrate the changes in the organized structure of the blood as a result of the reversible aggregation and disaggregation of red blood cells. . This is because the blood has a high viscosity, and the elastic deformation of these rolls imparts a viscoelastic behavior to it.

At high shear, red blood cells are dispersed, orient themselves in the flow, and deformed. Thus, the low viscosity is determined mainly by the red blood cell's particular mechanical characteristics, particularly its deformability.

At moderate shear, viscosity is essentially governed by complex equilibrium phenomena between aggregation and disaggregation of red blood cells. Roller disaggregation provides an explanation for the thixotropy of blood (Lacombe et al., 1988, Jaffrin and[START_REF] Jaffrin | Biomécanique des fluides et des tissus[END_REF]: the viscosity decreases with time when constant stress is applied.

Rheological properties of blood

The behavior of blood is therefore dependent on the organized structure of the red blood cells. Such a relationship between viscosity and structure leads to time-dependent effects. The response of the blood during a cardiac cycle can consist of two phases: a first systolic phase during which the shear is high and therefore the viscosity of the blood is low, and a second diastolic phase during which the shear is lowest and the viscosity of the blood increases. The Figure 2.6 illustrates this rheological behavior of blood: the rheogram (Figure 2.6(a)) demonstrates that the viscosity of blood decreases with increasing shear, which means the blood becomes more flowable. The rolls of RBCs are formed at low shear, and when subjected to higher shear forces, these aggregates deform in the presence of weak blood flow. There is then a stress threshold below which the blood hardly flows. Thus, there is a stress threshold τ c below which the flow will not occur (Merrill et al., 1963a).

We consider that at low and high shear rates, blood can be regarded as Newtonian fluid (Figure 2.6(b)) with respectively average viscosities µ 0 = 50 mPa.s and µ ∞ = 5 mPa.s. Relationship between blood viscosity and shear rate [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] Hematocrit also has an important role in considering, and its influence has been studied extensively [START_REF] Wells | The variability of blood viscosity[END_REF], Merrill et al., 1963a[START_REF] Strumia | Effect of red cell factors on the relative viscosity of whole blood[END_REF][START_REF] Chien | Effects of hematocrit and plasma proteins on human blood rheology at low shear rates[END_REF]. In a healthy patient, the hematocrit rate is between 40 and 50%, but pathologies can make this rate decrease or increase. In some pathological cases, it can reach 60-70%, increasing the viscosity of the blood very strongly. When the hematocrit is less than 20%, the aggregation of red blood cells is practically non-existent, and the blood has a Newtonian behavior: its viscosity no longer varies with the shear rate.

The rheological behavior of blood significantly influences its flow by its viscosity which is affected by four main factors: hematocrit, temperature [START_REF] Eckmann | Hematocrit, volume expander, temperature, and shear rate effects on blood viscosity[END_REF], arterial pressure, and vessel diameter [START_REF] Pries | Blood viscosity in tube flow: dependence on diameter and hematocrit[END_REF], and therefore by the flow's continuous or unsteady character. The arterial system is constituted of a complex network with contractions, vessel dilatations, and elbows that provide the flows with complex behaviors, including recirculation zones. The non-Newtonian behavior of the blood cannot be neglected, and it becomes necessary to model the flow with an appropriate model that approximates the physiological behavior during a cardiac cycle.

Hemodynamical flow

The location of the thoracic aorta in the human body is one of the difficulties of the endovascular procedure for the aortic dissection pathology treatment. Deployment complications may occur due to the location of primary entry tear of dissection, the diameter of the true lumen and false lumen, the angulation and tortuosity of the artery (Figure 2.9), the location of the supra-aortic trunk, and its positioning directly at the exit of the heart, inducing high stress from blood flow.

The role of hemodynamics in aortic dissection formation is well recognized in the literature. Authors [START_REF] Robicsek | Hemodynamic considerations regarding the mechanism and prevention of aortic dissection[END_REF][START_REF] Seta | The endothelium: paracrine mediator of aortic dissection[END_REF][START_REF] Osswald | Elevated wall shear stress in aortic type b dissection may relate to retrograde aortic type a dissection: a computational fluid dynamics pilot study[END_REF] have shown the existence of preferential sites for aortic dissection formation and have found that low and oscillating parietal stress favors dissection development by its impact on the shape and structure of endothelial cells. Low wall shear stress induces endothelial injury, arterial remodeling, and adaptive intimal thickening with the accumulation of cells tend to increase shear stress ( (a) Low shear stress induces endothelial wall dysfunction by increasing its permeability (b) Arterial remodeling and intimal thickening affect the tolerance of WSS (c) Advanced stenosis progression [START_REF] Pedersen | Distribution of early atherosclerotic lesions in the human abdominal aorta correlates with wall shear stresses measuredin vivo[END_REF] The improvement of medical imaging techniques [START_REF] Hope | Bicuspid aortic valve: four-dimensional mr evaluation of ascending aortic systolic flow patterns[END_REF][START_REF] François | Four-dimensional, flow-sensitive magnetic resonance imaging of blood flow patterns in thoracic aortic dissections[END_REF][START_REF] Millon | A new carotid 3d mri sequence for stenosis measurement and plaque characterization at the same time[END_REF][START_REF] Sherrah | Mri in chronic aortic dissection: a systematic review and future directions[END_REF][START_REF] Sigovan | Extended 3d approach for quantification of abnormal ascending aortic flow[END_REF] allows providing more precise information on the rheological behavior of blood. In addition to the use of ultrasound imaging, which is often hampered by the organs covering the arterial vessels, the radiologist now has multiple magnetic resonance angiography (MRA) sequences that can be applied to most arterial sites and that enable a dynamic exploration of the main vascular pathologies. The observation of velocity profiles in arteries demonstrates a periodic laminar flow behavior in a circular cylindrical pipe. Indeed, in a permanent regime, the law relating the pressure to the speed is the Poiseuille law. In an oscillatory regime, this relation becomes more complex, and the study of such a flow was approached by several authors whose most significant results were contributed by [START_REF] Womersley | Method for the calculation of velocity, rate of flow and viscous drag in arteries when the pressure gradient is known[END_REF] and [START_REF] Uchida | The pulsating viscous flow superposed on the steady laminar motion of incompressible fluid in a circular pipe[END_REF] who characterized the velocity profiles by a non-dimensional number α, called Womersley :

α = R ρω µ
with R the arterial diameter (m), ρ the blood density (kg/m 3 ), ω the oscillation frequency (rad/s) and µ the blood viscosity (Pa.s). Therefore, the relation between pressure and velocity in the oscillating regime is time-dependent, and the velocity profiles that it generates deviate from the parabolic shape as α grows [START_REF] Fung | Biomechanics: circulation[END_REF]. At rest, this number varies from 10 -3 for the capillaries to 20 for the aorta for the human circulation. When α = 1, we then have a Poiseuille profile (Figure 2.12). 

Mathematical models

The rheological behavior of blood significantly influences its flow. It is a complex fluid, and its different elements lead to significant changes in its rheological properties. Therefore, modeling the flow of blood implies choosing an appropriate model that closely approximates its physiological behavior during a cardiac cycle, that is, to capture one or several of its rheological properties.

Since the shear thinning and viscoelastic properties decrease rapidly as the microstructure of red blood cells decomposes, it is essential to consider in which non-Newtonian properties of the flow regime and for the simulation domain are important. Indeed, in medium and large arteries, viscosity influences hemodynamics, but it is mainly in some capillaries, small vessels with diameters close to the size of cells, where the non-Newtonian property of blood is more predominant.

It is necessary to examine the behavior of blood at both low and high blood shear rates to provide a comprehensive explanation of hemodynamic events. The effect of viscosity on shear rate is usually well taken into consideration when selecting suitable parameters that match the experimental findings for each non-Newtonian model. There are many behavioral equations to represent the viscous property of blood. In general, these models are divided into Newtonian and non-Newtonian models.

There are different variants among the non-Newtonian models: the power law, Casson and Carreau models are the most widely used and make the viscosity variable. On the other hand, blood is also represented as a Newtonian fluid, which is a reasonable approximation in various situations, including the flow through large vessels at medium and high shear rates. For a Newtonian fluid, a constant is commonly used, called the high shear rate blood viscosity, which has a value of 3.5 mPa.s.

The fact that no model, Newtonian or non-Newtonian, is capable of capturing all the aspects of the blood's complexity necessitates the employment of several models to describe various characteristics of the blood rheology. These models, whether Newtonian or non-Newtonian, clearly vary in meaningful ways, and consequently, they may yield wildly disparate outcomes from one another. In addition, the findings vary substantially between Newtonian and non-Newtonian models in most of situations. The complexity and capacity to represent various physical events of the non-Newtonian models vary from one another. Table 2.1 provides a non-exhaustive list of Generalized Newtonian models with the form of their equations, the constants used, and in which the properties are used. When using these models, blood is treated as a homogeneous fluid, and the only particularity of these models is the consideration of the variation in viscosity as a function of shear rate.

Table 2.1: The Non-Newtonian fluid models are often used to describe the rheology of blood.

Model (Non-Newtonian Properties)

Equation Constants

Power law(shear thinning) µ = k γn-1 n = 0.828, k = 0.00927 Pa.s [START_REF] Kim | A new method for blood viscosity measurement[END_REF] n = 0.708, k = 0.017 Pa.s [START_REF] Shibeshi | The rheology of blood flow in a branched arterial system[END_REF] Powell-Eyring(shear thinning) [START_REF] Sequeira | An overview of some mathematical models of blood rheology. A Portrait of State-of-the-Art Research at the Technical University of Lisbon[END_REF] Carreau(shear thinning)

µ = µ ∞ + (µ 0 -µ ∞ ) sinh -1 (λ γ) λ γ µ 0 = 0.056 Pa.s, µ ∞ = 0.00345 Pa.s, λ = 5.383 s,
µ = µ ∞ + µ 0 -µ ∞ (1 + (λ γ) a ) 2/(n-1)
µ 0 = 0.16 Pa.s, µ ∞ = 0.0035 Pa.s, λ = 8.2 s, n = 0.2128, a = 0.64 [START_REF] Abraham | Shape optimization in steady blood flow: a numerical study of non-newtonian effects[END_REF] Carreau-Yasuda(shear thinning)

µ = µ ∞ + µ 0 -µ ∞ (1 + (λ γ) 2 ) 2/(n-1)
µ 0 = 0.056 Pa.s, µ ∞ = 0.00345 Pa.s, λ = 3.313 s, n = 0.3568 [START_REF] Cho | Effects of the non-newtonian viscosity of blood on flows in a diseased arterial vessel. part 1: Steady flows[END_REF] Cross(shear thinning) [START_REF] Cross | Rheology of non-newtonian fluids: a new flow equation for pseudoplastic systems[END_REF] Casson(yield stress) µ = ( √ µ c + τ c / γ) 2 µ c = 0.0035 Pa.s, τ c = 0.005 N [START_REF] Shibeshi | The rheology of blood flow in a branched arterial system[END_REF] 

µ = µ ∞ + µ 0 -µ ∞ 1 + (λ γ) m µ 0 = 0.056 Pa.s, µ ∞ = 0.00345 Pa.s, λ = 1.007 s, m = 1.028

Physical principles

Various studies in the literature show that wall shear stress has a significant role in the behavior of the vessel wall. The forming of the dissection, the movement of the flap, and the placement of a stent also strongly disturb the local hemodynamics and often generate an increase of this stress. Many researchers have focused on the evaluation of this stress in different ways. Some use medical imaging techniques to measure the velocity gradient at the wall and, assuming Newtonian behavior, can deduce this stress's value. Other researchers attempt to calculate it numerically with rheological blood models, but the lack of experimental validation data and the significant disparity between the models make this method still uncertain [START_REF] Baaijens | Numerical analysis of steady generalized newtonian blood flow in a 2d model of the carotid artery bifurcation[END_REF][START_REF] Gijsen | The influence of the non-newtonian properties of blood on the flow in large arteries: unsteady flow in a 90 curved tube[END_REF].

The influence of non-Newtonian effects is greatly dependent on the shape and size of the flow conduits. Thus, various non-Newtonian rheological behavior and consequently different flow modeling methods should be used for different sections of the circulatory system. In addition, there are many differences in blood transportation mechanisms in this region, such as bulk flow in big arteries compared to diffusion or perfusion in capillaries.

We can distinguish the vascular tree by the magnitude in 3 parts (Table 2.2):large blood vessels which primarily apply to arteries and veins, medium blood vessels which involve the terminal of arteries and veins,and small blood vessels which include capillaries and possibly arterioles. The work of [START_REF] Trimarchi | Descending aortic diameter of 5.5 cm or greater is not an accurate predictor of acute type b aortic dissection[END_REF] shows that at the level of acute type B aortic dissection, the median aorta diameter was 4.1 cm (range 2.1-13.0 cm). As a result, we regard blood to behave basically like a Newtonian fluid in the presence of aortic dissection. One explanation is that blood in such large lumens and cavities is often treated to very high shear rates. Therefore, the non-Newtonian effects that occur at low shear rates dissipate [START_REF] Perktold | Influence of non-newtonian flow behavior on local hemodynamics[END_REF]. Additionally, the blood seems to be a homogenous continuous media at this large scale due to the decreasing impact of blood cell aggregation [START_REF] Box | The influence of flow, vessel diameter, and non-newtonian blood viscosity on the wall shear stress in a carotid bifurcation model for unsteady flow[END_REF]. At this size, the contact between blood cells is also limited due to their prominent elastic characteristics. However, for a complete bio-faithful aortic dissection model, non-Newtonian effects are significant even in the cavities and arteries and should be included in the flow model. Another point is that some areas of the large vessel network can contain low-shear zones, such as bends and bifurcation junctions [START_REF] Lou | A computer simulation of the non-newtonian blood flow at the aortic bifurcation[END_REF]. Thus non-Newtonian effects in large vessels may be significant in some cases, such as when these zones play a bring to the attention in blood flow due to a diseased condition. Numerous mathematical and numerical models have been developed to simulate the flow of blood via large individual arteries. For Newtonian fluids, these models include the one-dimensional elastic Navier-Stokes and the rigid Hagen-Poiseuille, as well as a variety of other non-Newtonian rheological models, such as Cross and Carreau-Yasuda, as previously mentioned. Blood flow properties in single large arteries are derived analytically or numerically from these mathematical models, for example, using finite element or finite difference methods. Most non-Newtonian fluid models used are generalized Newtonian models, which do not account for time-dependent elastic or thixotropic effects. Additionally, analytical non-Newtonian models are typically applicable to rigid tubes alone. However, some efforts have been made in this context to extend Poiseuille flow to non-Newtonian rheological elastic vessels [START_REF] Vajravelu | Mathematical model for a herschelbulkley fluid flow in an elastic tube[END_REF]. It is also possible to develop non-Newtonian models for elastic vessels using numerical methods.

Blood flow simplified models

Even in big arteries, when the Reynolds and Womersley numbers are high, the fluid's viscosity has a significant impact on the flow. Flow-induced viscous stresses play an important role in determining the stability and turbulence of arteries and whether the streamline will separate (diverge) from the vessel wall at branching points or at segments where a sudden change in cross section occurs, such as in stenosis or dissection. As a physical phenomenon, viscosity is a dissipation mechanism, and as such, it should manifest itself in the attenuation of velocity and pressure in the direction of propagation. However, it is discovered that the effect of viscoelastic dissipation in the vessel wall is significantly greater than the effect of viscous dissipation in the blood. As a result, we must consider the coupled fluid-structure interaction (FSI) issue while developing our solution. On the third chapter, we will implement not only the blood flow numerical simulation with computational fluid dynamics (CFD), but also the FSI simulation to observe and validate the interaction between the fluid and solid. Hence, considering the large vessels, we assume that the blood flow is a Newtonian fluid. And in Chapter 3 we will verify our hypothesis by a numerical simulation of the blood flow.

Rheology of the vascular wall 2.3.1 Constitution of the arterial wall

Understanding the mechanical behavior and hence the physiology of the arterial wall is essential for understanding hemodynamics in physiological situations and various vascular disease situations, as the mechanical properties of the arterial wall greatly influence the characteristics of blood flow.

The blood vessel wall has a layered structure with three fundamental constituents: the elastin fibers, the collagen fibers, and the smooth muscle fibers that perform a very particular function.

On the one hand, the viscoelastic behavior of the walls modifies the pulse waveform of cardiac output and attenuates pressure waves and blood flow in the arterial system. On the other hand, the activity of the smooth muscles in the arterial wall regulates and adapts the blood flow to the oxygen requirements of the various organs [START_REF] Jaffrin | Biomécanique des fluides et des tissus[END_REF].

All vascular walls (arteries, veins, heart) are lined internally with a layer of flat cells called the endothelium. This cell formation provides a smooth surface for the blood to pass through and remains permeable to water and red blood cells. The arterial walls are usually circular in cross-section. The thickness of the artery wall varies along the artery tree but the ratio of thickness to diameter remains close to a constant of about 0.1 for adults [START_REF] Jaffrin | Biomécanique des fluides et des tissus[END_REF]. The proportions of the different fibers also vary along the arterial tree: the number of smooth muscle fibers increases as one moves away from the heart, progressively shifting from an elastic artery to a muscular artery.

We can distinguish two types of arteries:

Elastic arteries, such as the aorta and carotid arteries, are located near the heart and have a larger diameter than other arteries. They have more elastin fibers to dampen the pressure wave coming from the heart.

Muscular arteries (distal arteries), such as the femoral and cerebral arteries, are smaller than the elastic arteries and are considered viscoelastic structures. As the distance from the heart increases, the proportion of elastin fibers decreases, and the ratio of smooth muscle cells increases.

Elastin and collagen are proteins assembled in the form of fibers. They are responsible for the elastic behavior of the wall for relatively small deformations under normal physiological pressure conditions. Elastin is an expandable fiber with an elastic modulus of 10 2 kPa [START_REF] Bank | Contribution of collagen, elastin, and smooth muscle to in vivo human brachial artery wall stress and elastic modulus[END_REF] that is primarily responsible for the aorta's elastic properties at modest strain. When subjected to small deformations, elastin fibers have a constant elastic modulus of about 600 kPa. When pressure rises throughout the cardiac cycle, elastin stores energy and assists the tissue in resuming its original form when pressure decreases. Collagen fibers contribute to the stiffness and strength of vessel walls.

The stiffness of collagen is about 1000 times higher than that of elastin which makes a negligible contribution at low strains. However, once in tension, it gives the arterial wall significant stiffness. This stiffness depends on the arrangement of the fibers [START_REF] Jaffrin | Biomécanique des fluides et des tissus[END_REF]. Moreover, fibers display low-level organization at low pressures and high-level circumferential alignment as pressure increases. The artery stiffens, thus limiting aortic distension. These different fibers of the arterial wall have a preferential orientation, which has been extensively studied in the literature to understand and better model the mechanical behavior of the wall. Figure 2.13 illustrates the preferred direction of these fibers and shows two distinct types of fibers [START_REF] Schriefl | Determination of the layer-specific distributed collagen fibre orientations in human thoracic and abdominal aortas and common iliac arteries[END_REF]. They are found in different layers oriented helicoidally with an angle varying about 45°in relation to the orthoradial direction. In addition, the smooth muscle fibers make little contribution to the mechanical behavior of the arteries. However, by contraction, they regulate their elasticity and their diameter to respond to the various physiological demands during the cardiac cycle. These components are distributed and oriented differently along the vessel to accommodate a variety of loads. For instance, the thoracic aorta's elastin-collagen ratio is about 60%, while the abdominal aorta's ratio is 70% [START_REF] O'rourke | McDonald's blood flow in arteries: theoretic, experimental, and clinical principles[END_REF]. Intima :

The intima is the innermost layer of the artery. It consists of a single layer of endothelial cells lining the inner surface of the wall in contact with the blood. These cells interlock to form a smooth surface that helps reduce friction between the blood and the inner surface of the vessel. They rest on a thin subendothelial layer whose thickness varies with topography, age, and disease. However, for young and healthy muscular arteries, this layer is almost nonexistent, and the very thin intima has a very low contribution to the mechanical behavior of the artery. But with older and diseased arteries, this contribution becomes essential as the intima thickens and becomes stiffer. Thus, pathological intimal changes are associated with significant alterations in the mechanical behavior of the artery, distinguishing them from healthy arteries [START_REF] Learoyd | Alterations with age in the viscoelastic properties of human arterial walls[END_REF] . For example, aortic dissection occurs when a rupture in the aortic intima allows blood to push its way through the vessel's other layers, producing an intimal flap that splits the aorta into a true and false lumen.

Media :

The media is the middle layer of the artery. It is usually the thickest wall layer and consists of an arranged network of smooth muscle cells separated by fine elastin and collagen fibers.

The helical orientation of the smooth muscle fibers leads to a decrease in the artery's diameter during their contraction and an increase in diameter during their relaxation. Due to the high concentration of these smooth muscle cells, the media is mainly responsible for the viscoelastic character of the artery.

Adventitia :

The adventitia is the outer layer of the arterial wall. It contains mainly collagen and nerves, allowing the stimulation of smooth muscle cells. Its thickness depends primarily on the artery's type (elastic or muscular), its physiological function, and location. Collagen fibers are oriented in helices and serve to reinforce the arterial wall, contributing to its stability. The proportions of the layers of the vascular wall and their composition vary according to the location of the vessel in the arterial tree and their function. Arteries, which carry oxygen, have a thicker middle layer than veins, which carry blood back to the heart. Figure 2.15 illustrates these observations by comparing the aorta and the vena cava, roughly similar in diameter. The media in the aorta contains a lot of elastin and is thicker than the media in the vein. The latter has numerous lamellae of elastin and smooth muscle cells. Unlike the media, the adventitia is thicker in the vein than in the aorta. What's more, it is usually accompanied by calcification of the arterial wall in aortic aneurysm or aortic dissection disease. Arterial wall calcification is a manifestation of abnormal deposits of calcium and phosphorus in the vessel wall. Aortic dissection is sometimes associated with calcifications of the false lumen's outer wall [START_REF] Hachiya | Ct of calcified chronic aortic dissection simulating atherosclerotic aneurysm[END_REF]. Because the intima has been ripped away at the false lumen's edge, it is very probable that these calcifications are situated in the tunica medium or tunica adventitia (Figure 2.17). Therefore, in aortic dissection disease, the rheology of the artery should consider the calcification phenomenon. 

Mechanical properties of arteries

It is necessary to understand the mechanical behavior of the aortic tissue since it is highly stressed during stent deployment. Many hypotheses formulated to understand its behavior better are detailed below.

Incompressibility : Experimental measurements in traction and inflation show that the arterial wall is virtually incompressible, comparing their volume before traction and in the stretched state. The results of these studies [START_REF] Carew | Compressibility of the arterial wall[END_REF] indicate that the volume change was only 0.165% when the arterial segment was inflated in vivo by a pressure of 181 mm Hg. The slight volume changes observed result from the expulsion of water from the tissue: they are negligible and allow the arterial wall to be treated as an incompressible material.

Anisotropy :

The mechanical behavior of the arterial wall is not isotropic. When arterial samples are subjected to an equivalent force in the longitudinal and orthoradial directions, the mechanical behavior of the tissue is different. However, due to the architecture of the aortic wall, the tissue has a different mechanical reaction. Arterial tissue may be regarded as an orthotropic material, even though it is often referred to as isotropic if the degree of anisotropy is small or the internal pressure variations are small [START_REF] Peterson | Mechanical properties of arteries in vivo[END_REF].

Nonlinear large deformations : Arterial walls undergo large deformations when subjected to physiological pressure. Deformation caused by pressure variations during the cardiac cycle is 1 -2% for muscular arteries and can reach 10 -15% for elastic arteries such as the aorta or carotid artery. The wall is easily deformed at low pressure because the collagen fibers forming loose loops are not stressed, and only the elastin fibers are stretched. At higher pressure, the wall becomes rigid as the collagen fibers are also stretched (Peterson et al., 1960, Jaffrin and[START_REF] Jaffrin | Biomécanique des fluides et des tissus[END_REF].

Viscoelasticity : A hysteresis loop (Figure 2.18) appears on the pressure-strain plot during experimental tests with dynamic loading of an arterial wall sample. It implies that the wall's stress state is determined not only by the corresponding deformation but also by previous deformations.

The components of the wall can no longer be considered elastic and therefore constitute a viscoelastic material. Simple tensile tests show both stretching and relaxation. Residual stresses :

The arteries underwent retraction after longitudinal and circumferential cutting. The arterial segments opened to form approximately a sector of a circle [START_REF] Vaishnav | Residual stress and strain in aortic segments[END_REF]. Figure 2.19 [START_REF] Holzapfel | Layer-specific 3d residual deformations of human aortas with non-atherosclerotic intimal thickening[END_REF] shows that the segments are spontaneously opened. This form constitutes a zero-stress state and reveals the existence of zero transverse pressure prestresses. The inner part of the wall is under compression, and the outer part is under tension. The opening angle is generally the parameter chosen to describe the level of prestress in the arterial segment. Experimental work has shown a variation in the opening angle along the arterial tree. [START_REF] Fung | Change of residual strains in arteries due to hypertrophy caused by aortic constriction[END_REF] showed that this angle is about 180°for the ascending aorta.

These results were also subsequently demonstrated as [START_REF] Holzapfel | Layer-specific 3d residual deformations of human aortas with non-atherosclerotic intimal thickening[END_REF], having performed a study on a human aorta, observed that the deformations lasted 16 hours after cutting the aorta. The opening angle was more than 180°in the circumferential direction, while a small curvature was formed in the longitudinal direction (Figure 2.19). According to them, these residual strains are not equal in the three layers of the artery and in the two cutting directions, which means that the distribution of residual stress in the arterial wall is not the same. 

Different mechanical behavior models

The study of the mechanical behavior of the materials of the vascular wall allows us to know its response to a given solicitation. The objective of mechanical behavior models is to reproduce numerically and as close as possible the observations made experimentally. Each model can therefore be formulated from the fundamental equilibrium relations of the mechanics of continuous media.

Relations of elastic, hyperelastic, viscoelastic or poroelastic behavior have been used to describe the mechanical properties of arterial tissue. Hyperelasticity reflects the highly nonlinear behavior of a material, whereas viscoelasticity includes time-dependent mechanical responses and is appropriate for modeling relaxation phenomena. On the other hand, poroelasticity considers the material as a fluid-saturated medium and is suitable for studying fluid movements in the arterial wall. Some models of isotropic and anisotropic behavior used in the literature to describe the mechanical behavior of arterial tissue are presented in this section.

Isotropic hyperelastic models

A hyperelastic model assumes a potential internal energy density Ψ, a scalar function of the deformation measure. We consider a solid subjected to large deformations. F is the gradient tensor of the transformation from the initial configuration Ω 0 to the current deformed configuration Ω t . We note X the position of a point in Ω 0 and x the position of this same point after deformation in Ω t .

The gradient tensor of the transformation is written as:

F =grad X (x)
This tensor is not ideal to describe the deformation of the structure. It is not zero for rigid body motions, and it represents all the deformation: the change in length of the infinitesimal elements and their orientation. However, a pure rotational movement does not generate stresses, and it is preferable to use a measure of deformation that does not consider this rigid rotation. Therefore, it is preferable to use the straight Cauchy-Green strain tensor :

C = F T F = U 2
with U the elongation tensor defined in terms of the principal elongation ratios λ 1 , λ 2 and λ 3 :

U =    λ 1 0 0 0 λ 2 0 0 0 λ 3   
The three invariants of the Cauchy-Green tensor C are given by :

I 1 = tr(C) I 2 = 1 2 [tr(C) 2 -tr(C 2 )] I 3 = J 2 = det(C)
where J is the Jacobian of the transformation, which characterizes the variation in the volume of the material. For an incompressible material, J = 1. The arterial wall can be considered incompressible under [START_REF] Bergel | The static elastic properties of the arterial wall[END_REF] physiological conditions. However, the state of deformation alone does not allow the determination of the state of stress, known at a hydrostatic pressure noted p. The tension is then written in the form :

S = 2 δΨ δC -pC -1
where P si is the strain energy density, and S is the Piola-Kirchhoff II stress tensor.

There are many isotropic hyperelastic models in the literature. Their main strain energy density functions are summarized in Table 2.3. Polynomial models are the most common and were introduced by [START_REF] Rivlin | Large elastic deformations of isotropic materials vii. experiments on the deformation of rubber[END_REF]. They are formulated in terms of deformation invariants of the Cauchy-Green tensor and are often called the generalized Rivlin models. A little earlier, a specific model was developed by [START_REF] Mooney | A theory of large elastic deformation[END_REF] and [START_REF] Rivlin | Large elastic deformations of isotropic materials iv. further developments of the general theory[END_REF], called the Mooney-Rivlin model. It constitutes a particular form of the generalized model. The Ogden model [START_REF] Ogden | Large deformation isotropic elasticity-on the correlation of theory and experiment for incompressible rubberlike solids[END_REF]) is formulated in terms of elongation ratios and material constants, whereas the models of Neo-Hookean (1943) [START_REF] Kim | A comparison among neo-hookean model, mooney-rivlin model, and ogden model for chloroprene rubber[END_REF], [START_REF] Demiray | A note on the elasticity of soft biological tissues[END_REF], [START_REF] Vito | The mechanical properties of soft tissues-ii: The elastic response of arterial segments[END_REF] and [START_REF] Yeoh | Characterization of elastic properties of carbon-black-filled rubber vulcanizates[END_REF] depend only on the first deformation invariant. The model of [START_REF] Raghavan | Toward a biomechanical tool to evaluate rupture potential of abdominal aortic aneurysm: identification of a finite strain constitutive model and evaluation of its applicability[END_REF] is a quadratic model, and the parameters have been identified with uniaxial traction tests.

Table 2.3: Principal strain energy density functions for isotropic incompressible hyperelastic models [START_REF] Holzapfel | Nonlinear solid mechanics: a continuum approach for engineering[END_REF] Model Function

Mooney (1940) Ψ = Ψ(I 1 , I 2 ) = C 10 (I 1 -3) + C 01 (I 2 -3)
C 10 and C 01 are material parameters characterizing the deflection tensor of the deformations, µ = 2(C 10 + C 01 ) is the initial shear modulus.

Neo-Hookean (1943) Ψ = Ψ(I 1 ) = C 10 (I 1 -3) [START_REF] Kim | A comparison among neo-hookean model, mooney-rivlin model, and ogden model for chloroprene rubber[END_REF] C 10 is a material parameter.

Ogden (1972) Ψ = Ψ(λ 1 , λ 2 , λ 3 ) = N i=1 µi αi (λ αi 1 + λ αi 2 + λ αi 3 -3)
λ i are the principal aspect ratios of the left Cauchy-Green tensor, N ,α i ,µ i are material parameters, µ = 1 2 N i=1 α i µ i is the initial shear modulus.

Demiray (1972) Ψ = Ψ(I 1 ) = µ 2α (e α(I1-3) -1) µ and α are positive constants : µ is the shear modulus and α is the degree of non-linearity of the material. [START_REF] Yeoh | Characterization of elastic properties of carbon-black-filled rubber vulcanizates[END_REF] 

Ψ = Ψ(I 1 ) = C 1 (I 1 -3) + C 2 (I 1 -3) 2 + C 3 (I 1 -3) 3
C 1 , C 2 and C 3 are material parameters, µ = 2C 1 is the initial shear modulus.

Raghavan and Vorp (2000)

Ψ = Ψ(I 1 ) = α(I 1 -3) + β(I 2 -3) 2
α and β are material parameters.

Anisotropic hyperelastic models

An important mechanical property of soft tissue is the anisotropy that results from tensile stress. This finding is associated with the different collagen fibers distributed in the material that give it directional properties [START_REF] Holzapfel | Biomechanics of soft tissue in cardiovascular systems[END_REF]. Uni-axial traction tests [START_REF] Raghavan | Ex vivo biomechanical behavior of abdominal aortic aneurysm: assessment using a new mathematical model[END_REF] first observed the nonlinear and anisotropic behavior of the aortic wall, the observations of which led to the establishment of different models. These models (Table 2.4) are either based on the decomposition of the strain energy potential into an isotropic and an anisotropic part. They are expressed about Green-Lagrange finite deformations in the circumferential and axial directions (E θθ , E zz ) and defined with material dependent parameters. For example, the exponential model of [START_REF] Fung | Pseudoelasticity of arteries and the choice of its mathematical expression[END_REF] observed the mechanical behavior of rabbit arteries subjected to internal pressure and longitudinal stretch. They observed the behavior of biological tissues during repeated loading and unloading. This model has been widely used and adapted in the literature, but [START_REF] Humphrey | Mechanics of the arterial wall: review and directions[END_REF] proposed the most general form. [START_REF] Takamizawa | Strain energy density function and uniform strain hypothesis for arterial mechanics[END_REF] showed that the strain energy functions of the exponential form better described the mechanical behavior of canine carotid arteries than the polynomial forms. They proposed a logarithmic model considering residual stresses. Other models have an approach based on the invariants of the Cauchy-Green tensor and have been formulated to come closer to the experimental results [START_REF] Gasser | Modeling the propagation of arterial dissection[END_REF][START_REF] Basciano | Invariant-based anisotropic constitutive models of the healthy and aneurysmal abdominal aortic wall[END_REF][START_REF] Rodríguez | The effect of material model formulation in the stress analysis of abdominal aortic aneurysms[END_REF][START_REF] Babu | Biomechanical properties of human ascending thoracic aortic dissections[END_REF]. In order to take into account the anisotropy mainly due to the collagen fibers of the aortic tissue, two preferred directions of these fibers are introduced in the anisotropic models (Figure 2.20). These directions are defined by :

M = cos φe 1 + cos φe 2 , M = cos φe 1 -cos φe 2
where the angle φ is a constant and e 1 , e 2 are the directions of the Cartesian reference frame. These two vectors allow us to define new invariants to characterize the anisotropy of the material: 2009) contains a parameter ρ that characterizes the degree of anisotropy of the material: when ρ = 0, the material becomes isotropic. The parameters I 0 4 and I 0 6 characterize the initial waviness of the collagen fibers. The set of parameters of these models is obtained by an optimization process using experimental data.

I 4 = MCM, I 4 = M CM
The primary energy functions, detailed in Table 2.4, describe the anisotropic hyperelastic mechanical behavior of arterial walls. They have been established with a phenomenological approach that describes the macroscopic behavior of the tissue based on experimental data. However, this modeling does not allow a correlation between the deformation mechanisms and the known microscopic structure of the material since the parameters of the models have no direct significance with the latter. 

= C 2ρ 0 e Q with Q = α 1 (E 2 θθ -E * 2 θθ ) + α 2 (E 2 zz -E * 2 zz ) + 2α 4 (E θθ E zz -E * 2 θθ E * 2 zz )
Takamizawa and Hayashi (1987

) Ψ = -Cln(1 - 1 2 E θθ 2 θ - 1 2 E zz 2 z -E θz θ z ) Humphrey (1995) Ψ = D 1 (e Q -1) with Q = α 1 E 2 θθ + α 2 E 2 zz + α 3 E 2 rr + 2α 4 E θθ E zz + 2α 5 E zz E rr + 2α 6 E rr E θθ + α 7 E 2 θz + α 8 E 2 rz + α 9 E 2 rθ Rodríguez et al. (2009) Ψ = U (J) + C 10 (I 1 -3)+ k 1 2k 2 (e k2[(1-ρ)(I1-3) 2 +ρ(I4-I 0 4 ) 2 ] -1) k 3 2k 4 (e k4[(1-ρ)(I1-3) 2 +ρ(I6-I 0 6 ) 2 ] -1)
Basciano and Kleinstreuer ( 2009)

Ψ = α(I C -3) 2 + β(IV C -1) 6 + δ(V I C -1) 6 Babu et al. (2015) Ψ = k 1 2k 2 i=4,6 (e k2(Ii-1) 2 -1)

Experimental tests on arteries

There are different techniques for mechanical characterization of aortic tissue: pressurization tests, uniaxial and biaxial tensile tests, aortic expansion test, and indentation methods. These methods have demonstrated the nonlinear, anisotropic, and viscoelastic character of the aortic wall and the heterogeneous behavior of both healthy and diseased walls.

Pressurization tests

Pressurization tests characterize the swelling of the aorta under the effect of internal pressure. This method is performed both ex-vivo [START_REF] Roy | The elastic properties of the arterial wall[END_REF][START_REF] Bergel | The static elastic properties of the arterial wall[END_REF][START_REF] Wolinsky | Structural basis for the static mechanical properties of the aortic media[END_REF] and in-vivo [START_REF] Peterson | Mechanical properties of arteries in vivo[END_REF][START_REF] Imura | In vivo viscoelastic behavior in the human aorta[END_REF] and is often applied to animal arteries but more recently to human aortas [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF]. During these tests, the evolution of the diameter is measured and evaluated as a function of pressure. In 1880, Roy (1881) studied rabbit and dog aorta samples and showed that aortic tissue did not follow Hooke's law: the extension of the aorta is not proportional to the force applied to it. Subsequent studies [START_REF] Bergel | The static elastic properties of the arterial wall[END_REF] then showed that the elastic modulus of the aortic wall is relatively low when swelling occurs at pressures below the diastolic aortic pressure but increases very rapidly with increasing pressure. Later, [START_REF] Wolinsky | Structural basis for the static mechanical properties of the aortic media[END_REF] then focused on the structure of the aortic media in the rabbit to understand this behavior. Under physiological pressures, the media behaves as a two-phase material: collagen fibers aligned along the circumference of the vessel support tangential forces while the elastin network distributes the forces uniformly over the wall. With in-vivo experiments and measurements, some authors [START_REF] Peterson | Mechanical properties of arteries in vivo[END_REF][START_REF] Imura | In vivo viscoelastic behavior in the human aorta[END_REF] have highlighted the viscoelastic character of the arterial wall and its stiffness according to the cardiac cycle. More recently, ex-vivo swelling tests performed on a thoracic aorta section (Figure 2.21, Avril et al. ( 2010)), coupled with image correlation displacement field measurements, have allowed to fit, using an inverse method, a model of anisotropic hyperelastic behavior. In conclusion, all the curves showing the progression of stresses as a function of arterial deformation show its stiffening with age and pathology and the significant disparity between the individuals. The measurement of the modulus of elasticity does not provide a precise indication of the actual mechanical behavior of the tissue. It is very often supplemented by standard uni-axial and bi-axial tensile tests.

Uniaxial traction test

Uni-axial tensile tests involve a sample held at both ends and stretched at constant speed. The required tensile force as a function of elongation is then determined. A tensile curve can be drawn from these tests from which the modulus of elasticity, yield strength, and tensile strength can be deduced. The work of [START_REF] Raghavan | Ex vivo biomechanical behavior of abdominal aortic aneurysm: assessment using a new mathematical model[END_REF] shows uniaxial tensile curves obtained on human samples taken in the longitudinal direction from healthy aortas and samples taken in the longitudinal and orthoradial directions from pathological aortas with abdominal aortic aneurysms (AAA) (Figure 2.22). This figure shows the nonlinear hyperelastic behavior of healthy and pathological arterial tissue and the strain and stress values reached before sample rupture. [START_REF] Raghavan | Ex vivo biomechanical behavior of abdominal aortic aneurysm: assessment using a new mathematical model[END_REF].

Maximum strains at failure are in the range of 50% for healthy aorta and 25 to 35% in the longitudinal and orthoradial directions for the pathological aorta. At the same strain level, the stresses are higher for the diseased aorta than for the healthy aorta, indicating greater stiffness of the diseased arterial tissue. This stiffness also appears to be greater in the longitudinal direction than in the orthoradial direction for the pathological aorta.

There is much work on AAA, but there are relatively few studies on aortic dissection, especially dissection of aortic intima and media. The recently work of [START_REF] Sommer | Dissection properties of the human aortic media: an experimental study[END_REF], Ríos-Ruiz et al.

(2021) investigated the processes through which fissures propagate after aortic dissection. They performed uniaxial tension tests in the radial direction on healthy porcine or human abdominal aortas to determine the dissection strength. We can refer to the work of [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] who perform experimental uniaxial tension on the abdominal aorta for our study of the arterial wall dissection.

Nevertheless, the models proposed by [START_REF] Ogden | Large deformation isotropic elasticity-on the correlation of theory and experiment for incompressible rubberlike solids[END_REF], [START_REF] Vito | The mechanical properties of soft tissues-ii: The elastic response of arterial segments[END_REF], [START_REF] Fung | Pseudoelasticity of arteries and the choice of its mathematical expression[END_REF], [START_REF] Humphrey | Mechanics of the arterial wall: review and directions[END_REF] are too complex or sometimes too far from reality. There are many isotropic hyperelastic models in the literature (Chapter 2 -2.3.4 Different models of mechanical behavior).

The polynomial models, introduced by [START_REF] Rivlin | Large elastic deformations of isotropic materials vii. experiments on the deformation of rubber[END_REF], are the most widespread and formulated in terms of deformation invariants of the Cauchy-Green tensor. For this reason, [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] have chosen to use the Mooney-Rivlin model, which has limitations, mainly in terms of isotropy. Nevertheless, given the wide range of individual differences in age, gender, and physical condition, this model seems to be acceptable. As the two parameters Mooney-Rivlin model could not represent the non linearities of the material correctly and the seven parameters model was not complex enough to identify these parameters, [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] choosen the five parameters model, a compromise between nonlinearity and complexity [START_REF] Rivlin | Large elastic deformations of isotropic materials vii. experiments on the deformation of rubber[END_REF].

The strain energy function W chosen to calculate the coefficients of the fitting curve depends on the invariants of the Cauchy-Green tensor. It has the following form:

W = C 10 (I 1 -3) + C 01 (I 2 -3) + C 20 (I 1 -3) 2 + C 11 (I 1 -3)(I 2 -3) +C 02 (I 2 -3) 2 (2.1)
The limitations of this study are mainly related to the description of the vessel wall, the type of mechanical stresses exerted on the samples, and the isotropic homogeneous law used to describe their behavior. The aortic wall is not isotropic, and its properties differ in the longitudinal and circumferential directions. Therefore, it is not representative of stressing the material in a single direction but all its stress directions. 2003) also shows a disparity of results between uni-axial and biaxial tensile tests, testifying to a greater stiffness under orthoradial stress than under longitudinal stress. This result, also observed by [START_REF] Raghavan | Ex vivo biomechanical behavior of abdominal aortic aneurysm: assessment using a new mathematical model[END_REF] in uniaxial tensile tests, can be explained by the constitution of the arterial wall and the orientation of elastin fibers in the arterial tissue.

Figure 2.23: (Left) Five biaxial tensile stress-stretch curves for a porcine aorta, with the fitted elastic model(dashed line) (Right) Uniaxial and biaxial tensile stress-stretch curves for a human femoral artery [START_REF] Prendergast | Analysis of prolapse in cardiovascular stents: a constitutive equation for vascular tissue and finite-element modelling[END_REF].

Even while several biaxial tensile tests [START_REF] Azadani | Comparison of mechanical properties of human ascending aorta and aortic sinuses[END_REF][START_REF] Kamenskiy | Biaxial mechanical properties of the human thoracic and abdominal aorta, common carotid, subclavian, renal and common iliac arteries[END_REF] have been done on healthy samples of the human ascending aorta, there are just a few investigations that have been conducted on dissected samples. The work recently realized by [START_REF] Deplano | Mechanical characterisation of human ascending aorta dissection[END_REF] performed biaxial tensile testing with samples of healthy and pathological human aortas, as was the case for the work of [START_REF] Raghavan | Ex vivo biomechanical behavior of abdominal aortic aneurysm: assessment using a new mathematical model[END_REF] in uni-axial tensile testing only. [START_REF] Deplano | Mechanical characterisation of human ascending aorta dissection[END_REF] demonstrated that the flap acted as a linear and anisotropic material, which is consistent with the nonlinear and anisotropic mechanical behavior of the aortic wall. Simplifications were done to minimizecomputational time and we assumed that aortic wall and flap had a linear isotropic behavior, like in the work of Menut (2017).

Aortic expansion test

Pressurization tests, which characterize the swelling of the aorta under internal pressure, are particularly well suited to the morphology and physiology of the artery. Following the previous results obtained with the uniaxial tensile tests and the limitations of this type of mechanical solicitation, it becomes necessary to solicit the material under the most possible physiological conditions. Biaxial tensile tests would allow us to get closer to physical stresses to determine a non-linear behavior. However, they would require cutting the sample and would not consider the effects of residual stresses and strains. They have the advantage of being the most representative for studying the behavior of the aortic wall. In the study of [START_REF] Menut | Characterization of the mechanical properties of the human aortic arch using an expansion method[END_REF], it was thus chosen to measure the deformation field of the aortic arch by image correlation for a human aorta immersed in water (Figure 2.24). The immersion allows, first, to have better results for the measurement method and get closer to the physiological conditions of the artery. The strain field in the aortic arch of a human aorta submerged in water is measured in [START_REF] Menut | Characterization of the mechanical properties of the human aortic arch using an expansion method[END_REF], using the stereo-correlation method.

Immersion enables more accurate measurement findings and the incorporation of residual stress and strain effects. The strain energy function W chosen to calculate the coefficients of the fitting curve for this experiment is the same as that selected for the uniaxial tensile tests with the work of Menut (2017) (Equation 2.1). The relationship between mechanical stress and elongation for an incompressible material in a pressurization test is expressed as a function of the principal elongations λ i . The principal stresses σ i of the Cauchy tensor are written as :

B E D C A

σ i = λ i ∂W ∂λ i (2.2)
With the hypothesis of an incompressible material, the invariants of the Cauchy-Green deformation tensor depend only on the elongation of the material and become for the swelling test [START_REF] Mooney | A theory of large elastic deformation[END_REF]:

I 1 = λ 2 1 + λ 2 2 + 1 λ 2 1 λ 2 2 I 2 = λ 2 1 λ 2 2 + 1 λ 2 1 + 1 λ 2 2 I 3 = λ 2 1 λ 2 2 λ 2 3
= 1 Therefore, the relationships 2.3 and 2.4 can be derived, which relate principal stresses with elongations and strain invariants. These relationships are used for the fitting curve in Figure 2.25, based on the results of swelling tests performed on aortic arch samples [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF].

σ 1 = λ 1 [(C 10 + 2C 20 (I 1 -3) + C 11 (I 2 -3))(2λ 1 - 2 λ 3 1 λ 2 2 )+ (C 01 + C 11 (I 1 -3) + 2C 02 (I 2 -3))(2λ 1 λ 2 2 - 2 λ 3 1 )]
(2.3)

σ 2 = λ 2 [(C 01 + C 11 (I 1 -3) + 2C 02 (I 2 -3))(2λ 2 1 λ 2 - 2 λ 2 3 )+ (C 10 + 2C 20 (I 1 -3) + C 11 (I 2 -3))(λ 1 λ 2 - 2 λ 2 1 λ 3 2 )]
(2.4)

The identification of the hyperelastic Mooney-Rivlin law parameters consisted of a least squares minimization of the deviation between the stress calculated with the experimental values and the stress calculated by the hyperelastic law according to the strain invariants. Therefore, table 2.5 shows that the work of Menut (2017) could simplify the 5-parameter hyperelastic Mooney-Rivlin law to the 2-parameter elastic Mooney-Rivlin law. From that, we could assumer that aortic wall and flap had a linear elastic and isotropic behavior.

The indentation method

Indentation method evaluate the hardness of the material by measuring the contact pressure during the indentation of an indentor (pyramidal, conical or spherical). The hardness is calculated either after the test, by measuring the indentation surface, or during the test, by measuring the indentation of the indenter, in both cases as a function of the applied load. The work of [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF] illustrates this type of in-vitro test on different human arterial samples and focuses on the mechanical properties of the different layers of the arterial wall. This work has thus allowed us to map the nanomacro-mechanical properties of the intima, the media, and the adventitia, according to the degree of calcification and fat. These cartographies consider the arterial morphology to better represent each patient's specific anatomy. Using preoperative images of the parietal quality of arterial walls presented in Figure 2.26, each level of gray is related to a mechanical property in the form of elasticity modulus. The evolution of medical imaging techniques [START_REF] Millon | A new carotid 3d mri sequence for stenosis measurement and plaque characterization at the same time[END_REF][START_REF] Liu | Identification of in vivo nonlinear anisotropic mechanical properties of ascending thoracic aortic aneurysm from patient-specific ct scans[END_REF] allows us to provide more precise information on arterial behavior and to improve the models with a new wave of theoretical models, in particular, to characterize the behavior of the aortic dissection wall. The increasing number of vascular pathologies and the development of treatment techniques have led to a significant need to understand better both arterial behavior and the mechanism of the pathology. This understanding comes not only from the study of the arterial wall but also from the physiological stresses that are applied to it. As a result, we must take into account not only the rheology of the blood and arterial wall, but also the mechanical characteristics of the tools and how they affect the artery wall throughout the endovascular treatment.

Mechanical of endoprostheses and tools

Modeling endovascular treatment requires knowledge of the mechanical behavior of soft tissues as well as surgical tools and medical devices such as guides and stents.

The endoprotheses

An endoprothesis generally consists of metallic support, the stent, and a semi-permeable textile coating. This liner provides the seal to the system and can be made of woven or knitted polyethylene terephthalate (PET or Dacron), or expanded polytetrafluoroethylene (ePTFE). The stent gives the stent its structural rigidity as well as its ability to expand when removed from the stent holder. Therefore, we were interested in the mechanical behavior of Nitinol, which is the most common material in the stent. Almost all new generation stents are made of Nitinol (NiTi). The firstgeneration stents were made of stainless steel 316L. These 3 thoracic stents-grafts are the more widely used in hospitals.

Gore: new generation NiTi stent (Figure 2.27)

Medtronic: new generation NiTi stent (Figure 2.27)

Cook: first generation of 316L stainless steel stents (less use now) In the work of [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF], the uniaxial tensile tests were performed on Gore and Medtronic stent. Figure 2.28 compares the curves obtained with video extensometer for uniaxial tensile tests performed on Gore and Medtronic wires. A difference between the elastic modules of the Gore and Medtronic Nitinol wires can be observed. The values of the martensitic plateau remain, however, very close. For all stress-strain curves, an instability zone is observed at the end of the martensitic plateau. This zone marks the end of the solid-solid phase change.

Stretch ɛ

Stress σ (MPa) As such, we need to select the suitable stent for the patient based on the mechanical properties of the patient's vessel wall and the rheology of blood.

The surgical guides

During endovascular surgery, the surgeon inserts several tools into the arteries before deploying the stent-graft. First, a soft guide is inserted, followed by progressively stiffer guides to straighten the arteries to make them as straight as possible. The soft guidewire is then removed, and the catheter is moved up the rigid guidewire to the dissection area. To simulate the rise of the guides and the catheter to the ascending thoracic aorta numerically, it is necessary to know their mechanical properties. The guides are generally softer at one end to facilitate the contact of the guide with the vascular walls. Two different guides (Figure2.29) were tested in three-point bending in the work of [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF]. The evolution of the guide stiffness varies with the type of model (Figure 2.31) and along the transition zone. However, the guide is composed of a stainless steel wire and an extremely flexible coating. Therefore, we could consider that Young's modulus of the guide depends only on the steel wire whose diameter varies along the transition zone. Finally, the average Young's modulus calculated for the guides is 187 GPa. This result agrees with the results of [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF], who performed tensile tests on surgical guides. She found that the point of the different guides has Young's modulus between 700 MPa and 2000 MPa. Indeed, since the tip of the guide must ensure navigation in tortuous arteries and facilitate contact with the vascular walls, it must be flexible. The areas of the guides located after the tip are more rigid, with Young's modulus between 11800 MPa and 190000 MPa, their role being to straighten the arteries and facilitate navigation of the following tools.

The catheters

Experimentation was also performed on catheters, the surgical tools that contain the stent-graft before deployment in the treatment of aortic dissection pathology. These tests were realized in the laboratory during a previous thesis [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF]. They showed a variation of stiffness along the length of the catheter with a softer tip to facilitate its entry and navigation. Indeed, the catheters are composed of different materials (silicones, polyurethanes, or polytetrafluoroethylene), which are chosen to avoid any risk of coagulation or infection. Figure 2.32 (C) shows a traction test in which image correlation results were exploited on a catheter specimen from the stent-containing area. In the work of [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF], several characterization methods were implemented, including image correlation, mechanical extensometer, and crosshead displacement measurement. The results obtained from the different measurements remain generally close, and Young's modulus value adopted for the catheter is 252 MPa. The local mechanical characterization of the tools composing the delivery system remains a problem that has not yet been addressed. The measurement of local deformations appears to be a necessary tool for an accurate determination of mechanical properties. Tests of [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF] on the mechanical characterization of endovascular tool samples have shown the feasibility of such a local characterization. Many samples from different catheters were tested in her work, including the most commonly used in the clinical setting. These tests allowed the establishment of cartography of mechanical properties for these tools.

Conclusions and strategies

The increase in vascular pathologies and the innovation of treatment techniques have led to a real need to understand both the behavior of arteries and the rheology of the blood. Some authors have found that low and oscillating parietal stress favors aneurysm development by its impact on the shape and structure of endothelial cells. The role of blood flow in the development of these pathologies cannot be neglected. The rheology of blood with its different behavioral patterns is considered in our study. In the literature, the viscosity models applied to blood have a relatively broad approach to its behavior.

Thanks to the progress of medical imaging and, flow MRI, it is possible to obtain much important information such as velocity fields and endovascular pressures, in addition to the imaging of the thoracic aorta obtained by CT-scanner. With these experimental data obtained in-vivo, it becomes possible to validate the calculations in fluid mechanics and the rheological model chosen for the blood flow. In addition, the evolution of medical imaging techniques [START_REF] Millon | A new carotid 3d mri sequence for stenosis measurement and plaque characterization at the same time[END_REF][START_REF] Sigovan | Extended 3d approach for quantification of abnormal ascending aortic flow[END_REF] makes it possible to provide more precise information on arterial behavior and to improve the models, in particular, to characterize the behavior of the wall of the aortic dissection.

Material characterization methods have demonstrated the nonlinear, anisotropic, and viscoelastic character of the aortic wall and the heterogeneous behavior between healthy and diseased walls.

The image correlation technique used in this research work allows the measurement of the deformation field of the arterial wall during swelling and uniaxial tensile tests. The models proposed by [START_REF] Fung | Pseudoelasticity of arteries and the choice of its mathematical expression[END_REF], [START_REF] Ogden | Large deformation isotropic elasticity-on the correlation of theory and experiment for incompressible rubberlike solids[END_REF], [START_REF] Humphrey | Mechanics of the arterial wall: review and directions[END_REF] are complex or sometimes too far from reality.

For this reason, we chose to use the model of Mooney-Rivlin, which is appropriate for our study.

The Mooney-Rivlin model chosen for this study has its limitations, mainly in terms of isotropy.In contrast, more elaborate models taking into account, for example, the orthotropic character already exist [START_REF] Holzapfel | A new constitutive framework for arterial wall mechanics and a comparative study of material models[END_REF][START_REF] Gasser | Modeling the propagation of arterial dissection[END_REF]. However, due to the large variability between individuals, depending on their age, their sex, their physical conditions, the Mooney-Rivlin model can be considered as giving reasonable results in the framework of this research project.

The characterization of non-biological materials, components of surgical tools, and medical devices allows a better understanding of the mechanical behavior of these different parts for the complete modeling of the surgical act. Nitinol, a shape memory alloy, is a complex material to characterize mechanically because of its significant variability depending on experimentation and use. Numerical modelling of this material has been addressed in many works [START_REF] Altnji | Morphological and stent design risk factors to prevent migration phenomena for a thoracic aneurysm: a numerical analysis[END_REF][START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF]) and the differences in terms of results highlight the importance of stent modelling, material properties and in particular those of the textile on the mechanical response of stents. Finally, surgical guides have a complex geometry and composition, appropriate for their use. The work of Menut (2017) for three-point bending tests is a complement to the tensile tests performed by [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF]. For the tested guides, the difference in stiffness in the transition zone is due to the internal geometry of the guide, whose TFE coating slides on the stainless steel core of the guide. The influence of the coating on the steel guide was not studied here, as its low stiffness compared to steel was neglected. Numerical studies validated by experimental results on phantoms exist in the literature [START_REF] Wang | A robust and fast approach to simulating the behavior of guidewire in vascular interventional radiology[END_REF] and show the importance of a robust approach to simulate guide behavior in vascular interventional radiology. However, in clinical practice, guidewire behavior is affected by blood flow and periodic vessel deformation, particularly of the thoracic aorta subject to more significant displacement and deformation than the rest of the arterial circuit. Simulating the behaviors of surgical instruments in a dynamic environment is, therefore, a problem that addresses the rheology of vascular walls and blood, which we discuss in the next chapter.

CHAPTER 3

Basic Equations and numerical simulation 

Introduction

The study of hemodynamics in arteries concerns first the prediction of blood pressure and flow at any place of the cardiovascular system, which is of major interest to the clinician in the pathophysiological investigation of a medical diagnosis. This approach is usually addressed by 0D and 1D modeling, based on simplified representations of the cardiovascular system components. Whereas 0D models provide a straightforward method for assessing hemodynamic interactions between cardiovascular organs, 1D models effectively represent the propagation effects of a pulse wave in the arterial network. These models have significantly reduced computational costs compared with higher dimensional fluid dynamics studies [START_REF] Shi | Review of zero-d and 1-d models of blood flow in the cardiovascular system[END_REF].

The prediction of blood flow dynamics on a local scale, particularly the parietal distribution of stresses on the endothelial layer, is also a significant challenge in hemodynamic modeling. Some authors have related the development of atherosclerosis to areas of low parietal stress [START_REF] Pedersen | Distribution of early atherosclerotic lesions in the human abdominal aorta correlates with wall shear stresses measuredin vivo[END_REF][START_REF] Siasos | Local low shear stress and endothelial dysfunction in patients with nonobstructive coronary atherosclerosis[END_REF], and the characterization of parietal stresses has been identified as a significant factor in most arterial pathologies in which altered tissue properties are involved. This characterization can only be considered with hemodynamic simulation tools that take into account the geometry of the structure.

The development of medical imaging (numerical process, improvement of resolutions, democratization of the access to the material in hospitals) and the acquisition of the geometrical data of the cardiovascular system of a patient constituted a significant evolution in the numerical hemodynamic simulation [START_REF] Markl | Advanced flow mri: emerging techniques and applications[END_REF]. These advances allow the virtual reconstruction of an individual's organs in an automatic, accurate, and fast procedure. Moreover, these same tools will enable the measurement of velocity fields and make possible the in-vivo and non-intrusive validation of the results obtained by numerical simulations. This methodological advance allows patient-specific simulations to better understand the morphology of each patient. However, among the precursor authors [START_REF] Taylor | Finite element modeling of blood flow in arteries[END_REF][START_REF] Moore | Accuracy of computational hemodynamics in complex arterial geometries reconstructed from magnetic resonance imaging[END_REF][START_REF] Löhner | Applications of patient-specific cfd in medicine and life sciences[END_REF], difficulties persist, in particular concerning the boundary conditions, the material parameters, and the blood rheology.

Recently, the development of modeling in biology has enabled multi-scale modeling between phenomena of mechanotransduction on cells of the endothelial wall and blood circulation. This approach aims to understand better arterial diseases and the impact of tissue remodeling on hemodynamics in the long term (Figueroa et al., 2006). This methodology has been successfully applied to the study and treatment of arterial pathologies and assist in surgical procedures and surgical planning. As example, it has been used to predicting preoperative hemodynamics in the Fontan procedure [START_REF] Marsden | Evaluation of a novel y-shaped extracardiac fontan baffle using computational fluid dynamics[END_REF], pediatric cardiac surgery, and the design and optimization of aortic endovascular stents (Figueroa et al., 2009b[START_REF] Gallo | A patient-specific follow up study of the impact of thoracic endovascular repair (tevar) on aortic anatomy and on post-operative hemodynamics[END_REF].

In treating aortic dissection pathology, the study of hemodynamics in the aortic arch and dissection's entry zone reveals new complexities compared to the abdominal aorta. On the one hand, due to the dynamics, as the Reynolds number at the systolic peak is located in the transition zone between the laminar and turbulent flow regimes. On the other hand, curvature effects are added due to the natural geometry of the aortic arch: the centrifugal force generated by the curvature triggers secondary vortex flows called Dean vortices. The Dean number, characteristic of this effect, varies between 1000 and 3000 in the aortic arch. In this regime, a dipole of longitudinal vortices appears and propagates downstream of the aortic arch impacting the turbulence production. Moreover, the pulsatory character of flow in the aortic arch, characterized by the Womersley number that can reach values close to 20, is marked in this zone.

Finally, blood rheology, by its shear thinning and thixotropic nature, is strongly influenced by the unsteady character of shear stresses in the flow. Its consideration in hemodynamics with adapted behavior laws is then necessary. Several hemodynamic flow studies have been performed on realistic geometries of the thoracic aorta and confirm the perturbations, and the helical character of the flow observed in this area [START_REF] Shahcheraghi | Unsteady and threedimensional simulation of blood flow in the human aortic arch[END_REF][START_REF] Morris | 3-d numerical simulation of blood flow through models of the human aorta[END_REF][START_REF] Watanabe | Unsteady and three-dimensional simulation of blood flow in aortic dissection reconstructed from ct images[END_REF][START_REF] Liu | A numerical study on the flow of blood and the transport of ldl in the human aorta: the physiological significance of the helical flow in the aortic arch[END_REF]. The prediction of hemodynamic stresses on an endovascular stent graft initially attached to the thoracic aorta was addressed by Figueroa et al. ( 2009a) and then by [START_REF] Mbodj | Analysis of the phenomenon of endoleak of type i a. influence of the mechanical characterization of the aorta[END_REF] to predict oscillatory stresses on the thin stent structure, anticipate its migration, and thus predict possible future endoleaks.

In view of the preceding observations, the interest of multiphysics simulations of endovascular stent placement based on arterial wall deformation and hemodynamic flow provides a direction for applied research with real impact for the clinical communication community. This chapter presents the complex rheological model used to describe blood flow in the patient-specific aortic dissection, the mathematical modeling of the cardiovascular system, and the interest of fluid-structure coupling to validate results with in-vivo data for the future research.

Introduction of fluid mechanics

Fluid mechanics relies on the solution of partial differential equations based on principles of conservation of mass, momentum, and energy. They use variables describing a fluid flow, such as density, velocity, pressure, and viscosity, and consider the displacement of matter throughout the studied domain. The complex properties of this system of equations limit the possibilities of obtaining an analytical solution in most flows, hence the use of several approaches to analyzing different flows.

the theoretical approach, which consists in the elaboration of simplified models to allow their resolution analytically, the experimental approach, which allows apprehending the results of the theoretical approach while bringing contributions on the understanding of certain observed phenomena, the numerical method solves a partial differential equation (PDE) system numerically for complex flows.

The development of the numerical approach in fluid mechanics makes it possible to reduce the time needed to analyze a flow, precisely control the various physical parameters of the simulation, and be economical compared to the costs of experimental tests. However, the progress of numerical simulation is also dependent on theoretical and experimental advances. The different approaches allow improving the prediction capacities of the simulation tools by providing more and more accurate models and by allowing to compare the numerical results with reality. This is the case in many experimental works based on particle image velocimetry (PIV) techniques. Some authors [START_REF] Guivier-Curien | Validation of a numerical 3-d fluidstructure interaction model for a prosthetic valve based on experimental piv measurements[END_REF][START_REF] Foucault | On the pulsatile flow through a coronary bifurcation with stent[END_REF] use this non-intrusive optical method to obtain flow velocity maps in in-vitro artery models with a perfectly controlled environment (material properties, fluid viscosity, flow rates, pressures, etc.).

Mathematical Modeling

The numerical solution of these flows implies the setting in equations of the problem, considering its assumptions and simplifications if necessary. The conservation equations formulated for Newtonian fluids are called the Navier-Stokes equations. They are based on the hypothesis that the fluid, on the scale of the investigation, is continuous, which means that it does not consist of discrete particles but instead of a continuous substance, leading to the condition that all fields of interest such as pressure, flow velocity, density and temperature are globally distinguishable. When it comes to blood flow in large artery vascular networks, the primary models used to describe and simulate blood flow is the one-dimensional Navier-Stokes finite element model for elastic networks [START_REF] Formaggia | One-dimensional models for blood flow in arteries[END_REF][START_REF] Sherwin | One-dimensional modelling of a vascular network in space-time variables[END_REF].

These equations, in their differential form, for a Newtonian and incompressible fluid, are as follows:

Continuity equation (mass conservation)

∇(ρ u) = 0 (3.1)
Momentum balance equation With Cauchy's equation:

ρ du i dt = ∂ ∂x j (-pδ ij ) + ∂ ∂x j µ ∂u i ∂x j + ∂u j ∂x i (3.2)
For a Newtonian fluid:

ρ ∂ u ∂t + ρ∇ u. u inertial terms = -∇p pressure term + µ∆ u viscous terme (3.3)
Heat equation (conservation of energy)

∂T ∂t + u∇T = κ∆T (3.4)
with u the velocity field, p the pressure, ρ the density of the fluid, µ the dynamic viscosity, T the temperature and κ the thermal diffusivity.

The solution of these conservation equations is performed in the framework of a discretization method. There are several ways to formulate a solution scheme for fluid mechanics analysis. The oldest method is the Finite Difference Method (FDM). Despite being the most straightforward method available, its limited application to structured grids makes it of little use for the modern analysis of complex structures.

Another discretization system that can be used for fluid mechanics is the Finite Element Method (FEM). The advantage here lies in the fact that random geometries can be easily treated. With a robust mathematical background, fluid mechanics problems such as free surface problems can be treated. However, this method can be very time-consuming for complex issues.

The mathematical method of choice for most hydrodynamic codes is the finite volume method (FVM). The conservation equations are solved approximately, using a mesh of finite or control volumes, which are small disjoint volumes whose combination constitutes the field of study. The calculations are performed at the center of each control volume. The main advantage of this method is that it applies to any type of mesh and, allows the use of polyhedral meshes, which have the advantage of reducing the computational time compared to tetrahedral meshes.

Introduction of the CFD

Computational fluid dynamics (CFD) is a branch of fluid mechanics that analyzes and solves issues involving fluid flows via the use of numerical analysis and data structures. Besides, with the development of computer science in recent years, the advancement of computational fluid dynamics (CFD) enabled the use of 3D digital simulations to study patient-specific hemodynamics and to better understand the pathology and progression of various cardiovascular diseases Limitations in the use of CFD simulations are related primarily to the model assumptions that are made when these simulations are performed, e.g., geometry, viscosity, distensibility, flow conditions. Simplified interpretations, however, have always been the cornerstone of understanding the physical world. Primarily because of its ability to quantify non-quantifiable factors in vivo, its repeatability, and its function as a diagnostic and therapeutic tool for a variety of cardiovascular disease problems. The use of CFD instead of in vitro studies facilitates modification of model parameters such as boundary conditions. Additionally, given the complexity of blood flow in intricate geometries, combining high-resolution simulation techniques and image-based measurements data has proven to be a reliable tool for realistic modeling of arterial blood flow (seen chapter II.2.3).

CFD simulations based on patient-specific models may be able to provide insight into the biomechanical behavior of blood flow in aortic dissection, allow for quantitative analysis of hemodynamic patterns, and predict clinical progression of aortic dissection, although the clinical value of these simulations has not yet been established. This research aims to simulate the complete endovascular procedure for a suitable recommendation during surgical planning. Using CFD, it is possible to assess certain hemodynamic parameters that are difficult to quantify in-vivo, such as wall shear stress.

In this project we choose to mesh the studied domain with the commercial software Star-CCM+ © and solve the Navier-Stokes equations with the open-source software OpenFOAM ® .

The OpenFOAM Open-Source software

In the context of this study, one of the goals is to consider the appropriate rheological behavior of blood in complex locations of the human anatomy and patient-specific morphologies. It is necessary to use a powerful and accomplished CFD tool. The capability to handle complex geometries, nonstructured, non-orthogonal and movable meshes, with a wide variety of solvers and interpolation schemes for the discretized system as well as numerical computation parallelization is essential. Considering these many criteria, the Open Source Field Operation and Manipulation (OpenFOAM) software, developed by OpenCFD Ltd of the ESI Group, appears to be a promising tool for this type of development. Figure 3.1 shows the basic construction of OpenFOAM. In OpenFOAM, the discretization of the flow governing equations is based on the finite volume method, including a resolution of the pressure and velocity by separate methods: SIMPLE (Semi-Implicit Method for Pressure Linked Equations) which is an appropriate choice for stationary flows [START_REF] Barton | Comparison of simple-and piso-type algorithms for transient flows[END_REF], PISO (Pressure Implicit Splitting of Operators) which is used for transient flows, where more accurate intermediate solutions are required [START_REF] Issa | Solution of the implicitly discretised fluid flow equations by operator-splitting[END_REF].

PIMPLE(merged PISO-SIMPLE) which is used for transient flow, the accuracy of numerical simulations is improved, particularly when large time steps are used in a moving mesh. [START_REF] Jasak | Error analysis and estimation for the finite volume method with applications to fluid flows[END_REF].

The main advantage of OpenFOAM is the possibility to develop new solvers (in C++), which can be modified and compiled in an unlimited way, offering a straightforward implementation of complex mathematical models. This software has been widely used, tested, and validated with many existing solvers implemented for Newtonian fluid flows mainly, incompressible and compressible, laminar and turbulent, multiphase, etc. Although it has its own meshing tool, it can also import meshes from many other commercial software such as Fluent, Ansys, Star CCM+ © , and handle unstructured meshes in tetrahedra, hexahedra, and polyhedra prismatic and also movable meshes.

Even if OpenFOAM is difficult to use because of the absence of a graphical user interface, the development possibilities, and the fact that it is free to justify selecting this program for this research.

3.4 Numerical patient-specific geometry of an AD

Acquisition methods

Direct in-vivo assessment of blood flow, which plays an essential role in the development of cardiovascular disease, remains difficult despite advances in medical imaging. In particular, current imaging techniques are limited with respect to the assessment of certain blood flow characteristics that allow the global characterization of cardiovascular hemodynamics. These characteristics include complex changes in 3D blood flow schemes, the pulsatile nature of arterial flow with flow velocity variability, blood pressure estimation, and quantification of flow in small vessels. Magnetic resonance imaging (MRI) techniques provide noninvasive, nonionizing methods for obtaining the accurate anatomic representation of the heart and its vessels during a cardiac cycle.

In addition, the sensitivity of MRI to motion offers the ability to acquire blood flow information simultaneously with morphological data within a single measurement [START_REF] Nayak | Cardiovascular magnetic resonance phase contrast imaging[END_REF]. The characterization of dynamic blood flow components has advanced considerably in recent years with methodological advances in data acquisition, reconstruction, and analysis. These developments directly impact the ability to assess cardiac and vascular hemodynamics and have opened new possibilities both in aiding the treatment of vascular disease and the validation of accompanying numerical models.

Flow imaging with MRI is based on the phase contrast technique (PC-MRI), which is used to encode blood flow velocities along with the three spatial directions and thus allows the acquisition of spatial flow information simultaneously with morphological data. In current practice, PC-MRI is usually performed using two spatial dimensions (2D) defining sections chosen by the operator, with the velocity component directed perpendicular to these sections. More advanced flow MRI techniques also exist, allowing a more comprehensive assessment of blood flow characteristics. For example, one can find the 2D real-time PC-MRI technique for evaluating flow changes over short periods and evaluating these variations during an entire cardiac cycle and the 4D MRI for the complete analysis of blood flow in 3D over time.

Unlike echocardiography, the assessment of blood flow in the cardiovascular system by PC-MRI is not limited by wave interference or probe angle. However, the evaluation of these flows for 2D MRI is performed through a section whose acquisition plane position remains difficult to assess and may lead to underestimating velocities during systole if it is not orthogonal to the evaluated flow. This difficulty is frequent in complex flows where changes in direction occur throughout the cardiac cycle. These underestimates can be improved by considering all flow directions during acquisition. Alternatively, 4D MRI allows three-dimensional, time-lapse visualization of blood flow at any location within an operator-selected 3D volume. Figure 3.2 shows the complexity of the trade-off between a large volume of flow data and acquisition times depending on the method chosen.

Figure 3.2: Graph shown that with the number of dimensions and scan duration grows, the complexity and information richness of flow data increases [START_REF] Markl | Advanced flow mri: emerging techniques and applications[END_REF] Several studies have compared the fluxes estimated by both 2D and 4D PC-MRI methods [START_REF] Markl | Time-resolved three-dimensional phasecontrast mri[END_REF][START_REF] Stalder | Quantitative 2d and 3d phase contrast mri: optimized analysis of blood flow and vessel wall parameters[END_REF] and generally found that the velocities were significantly underestimated when calculated in 2D with a single component orthogonal to the acquisition plane instead of considering all three spatial directions. However, the results obtained by considering all three directions for the in-plane velocity calculation remain consistent with those obtained by 4D MRI [START_REF] Markl | Advanced flow mri: emerging techniques and applications[END_REF]. These observations show the importance of considering all three directions of space in the calculation of flow velocities. However, the integration of these techniques into clinical protocols remains difficult due to the extended data acquisition time that requires additional data (Figure 3.

2).

Recent improvements based on imaging techniques, however, have allowed the acquisition of 2D PC-MRI with velocities in the three directions of space during a single respiratory arrest, allowing clinical examination times on the order of 5 to 15 minutes [START_REF] Markl | Advanced flow mri: emerging techniques and applications[END_REF]. These advanced hemodynamic measurements provide quantitative information about the impact of vascular disease on the aortic or pulmonary blood flow, and many investigators have exploited these data to derive new physiological hemodynamic parameters such as shear stress, pulse wave velocity, or pressure fields from reductive hypotheses.

Fluxes measured by 2D and 4D PC-MRI

Measurements in 2D PC-MRI with 3D velocity encoding were first performed on planes positioned by the operator at different locations. The slice planes were chosen such that the velocity fields and thus the flow rates could be calculated at the level of the ascending thoracic aorta, the supra-aortic trunks, and the descending thoracic aorta. 4D-PC-MRI measurements are also generally performed on the same patient to obtain velocity profiles at any time during the cardiac cycle over the entire volume of interest. There are a number of factors that compromise the accuracy of this method. These include limitations in spatial and temporal resolution leading to partial results in some areas. Other factors such as imperfections related to magnetic field disturbances can also call into question the accuracy. This is of particular concern for the in-vivo determination of velocity field-derived quantities such as shear stresses in complex flow regions in intracranial aneurysms, for example [START_REF] Boussel | Phase-contrast magnetic resonance imaging measurements in intracranial aneurysms in vivo of flow patterns, velocity fields, and wall shear stress: comparison with computational fluid dynamics[END_REF]. The work of [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] compared the flow values between the 2D and 4D methods, which are very close, and their comparison shown in Figure3.3 attests to an accuracy of the 4D process similar to the 2D process in a healthy thoracic aorta. For this case with AD pathology, which will present in chapter 3 for hemodynamic simulation, dynamic flow measurements by 4D MRI were performed at the Hôpital de la Croix-Rousse on a voluntary healthy patient [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF]. Because no flow data was available for the present patient. But we have obtained the DICOM image for the reconstruction of the 3D bio-faithful model that was used in our numerical simulations.

Segmentation from medical imaging

According to the researchers, the semi-automated segmentation of blood arteries from medical pictures has a substantial impact on arterial disorders' diagnosis and surgical treatment planning.

The digital extraction of a vascular network allows for the modeling of vessel architecture as well as blood flow in the network. When it comes to analyzing vessel diseases such as stenosis [START_REF] Millon | A new carotid 3d mri sequence for stenosis measurement and plaque characterization at the same time[END_REF] or providing preoperative guidance for endovascular surgery, the quantitative information gained from these models is precious. In this context, the fast advancement of imaging methods has enabled the more common use of MRI sequences for 3D reconstruction in place of ionizing tomography to get better results. These non-invasive sequences do not need a contrast agent to see vessels and provide pictures with a high resolution, allowing for the detection of vessels with a relatively tiny diameter.

Image segmentation is a critical stage since the precision with which it is performed directly impacts the quality of the model used in numerical simulations. In this research, DICOM pictures from MRI were processed using the commercial software Simpleware ScanIP 2017 (Synopsis, CA, USA). The segmentation displayed in Figure 3.4 was done semi-automatically by choosing voxels (3D pixels) that belonged to a range of gray levels indicative of the aorta and placing them together. However, for the part of aortic dissection, especially for the dissection entry site, true lumen, and false lumen, it is crucial that the model is accurately remodeled. Therefore, each DICOM image must be manually confirmed for the dissection part to reconstruct a bio-fidelity geometry for the patient. 

Fluid domain meshing

The continuous growth of computational capabilities sees an increase in the complexities of numerical models that require more and more detailed analysis. For example, for this study, the consideration of the complex properties of blood. The fluid domain is characterized by complicated geometries, including the numerous bifurcations of human arteries, for which it is not always easy to establish a high-quality discretized model.

Whenever possible, numerical engineers prefer to use hexahedral meshes in 3D simulations. Indeed, hexahedra have geometrical properties that result in high-quality meshes inducing numerical stability in most cases. However, while for 2D domains, the automatic generation of quadrilaterals is generally possible, commercial software has not, to date, integrated a corresponding robust method for complex 3D domains. Nevertheless, significant progress is being made with the development of open-source codes such as Pyformex, which provides a program specifically adapted to the 3D hexahedral meshing of arteries [START_REF] De Santis | Full-hexahedral structured meshing for image-based computational vascular modeling[END_REF] or with the work of Al Akhras et al. ( 2017) on new techniques for parameterizing complex geometries.

The answer to these difficulties of meshing in hexahedra is the use of tetrahedra. Even being the simplest possible volume elements, tetrahedral meshes can approximate any geometry. Their surfaces are plane segments, so the centroids of the faces and bodies are easily defined. Tetrahedral meshes have been well studied and developed, and they are also relatively easy to generate automatically. They are almost a standard application in automatic mesh generation techniques, and all major CFD solvers support tetrahedral meshes. On the other hand, however, tetrahedral meshes cannot be stretched too much, so for accuracy in boundary layers, long pipes, or small gaps, much more tetrahedral meshes than structured meshes (hexahedra) are required. Prismatic mesh layers can partially solve this problem.

Moreover, having only three neighboring cells (Figure 3.5), tetrahedra are not the optimal choice for computations in fluid mechanics because the calculation of gradients at the centers of the faces can become problematic, as the computation of the flow on a face is done by interpolating the information from the adjacent faces. One difficulty is the spatial location of the adjacent grid nodes since they may be almost in a plane, making it practically impossible to compute the gradient perpendicular to that plane. Another problem may be encountered when cells are adjacent to a boundary: even if only one face is the boundary face, the other three faces may be poorly distributed; especially when adjacent to lines or corners, a cell may have only two or one adjacent cells, which not only reduces accuracy but also causes severe numerical problems. To achieve accurate solutions and good convergence on tetrahedral meshes, special discretization techniques and many cells are required. These solutions are not optimal; the first approach makes the program more complex and harder to scale and maintain, while the second approach increases memory and computation time requirements. Polyhedral meshes provide the same automatic mesh generation capabilities as tetrahedral meshes and address these drawbacks. The main advantage of polyhedral meshes is that they have multiple neighboring cells (typically on the order of 10), and the gradient can be better approximated using polyhedral meshes compared to tetrahedral meshes (using linear shape functions and information about the nearest cell). Even near lines and corners, a polyhedral cell may have several neighboring cells, allowing reasonable prediction of gradients and local flow distributions. More adjacent cells imply more memory usage and more computational operations, which can be compensated from higher accuracy.

An alternative option to tetrahedral meshes has recently emerged, suggesting the use of polyhedral elements [START_REF] Perić | The advantage of polyhedral meshes[END_REF]. Polyhedra have the same interests as tetrahedra, but their significant advantage is that they are surrounded by many neighbors (Figure 3.11). This makes the approximation of gradients much better than when using tetrahedra. In addition, they are less sensitive to stretching, and their irregular shape is not a restriction for fluid mechanics codes. However, polyhedra have a complex geometry that depends on the generation method and does not necessarily result in flat or convex faces. However, they allow for a significant reduction in computational time by reducing the number of meshes. The work of Balafas ( 2014) presents a detailed study on the use and methods of generating polyhedral meshes in fluid mechanics.

For the reasons stated above, we have decided to use a polyhedral mesh created using the commercial program Star-CCM+ © for this investigation (Figure 3.6). In addition, we use the ANSYS program to create the tetrahedral mesh and compare it with the polyhedral mesh(Figure 3.7). A mesh sensitivity study was performed on these two mesh models (Polyhedral & Tetrahedral), based on the maximum numerical values of shear stresses at arterial bifurcations. The values were taken at the systolic peak, the phase of the cycle where the fluid velocities are the highest, the relevant criterion for this sensitivity study. For the polyhedral mesh, we study through three mesh sizes (2mm, 1mm, and 0.5mm) for the CFD simulation of AD. And we investigate the tetrahedral mesh using two different mesh sizes (2mm, 1mm). For 1mm size, we further refined the mesh around the flap of dissection to ensure the precision and convergence of the calculation. The numerical values in Table 3.1 show that the shear convergence is quite fast for coarse meshes.

Because in the after work, we need to realize the simulation of fluid-structure interaction, according to the experience, the general near-wall surface with tetrahedron is more adaptable for dynamic mesh for fluid and solid. Therefore, we have chosen to generate a relatively accurate tetrahedral mesh with about 1575416 meshes (mesh size: 1mm (flap refinement)) for the FSI numerical model.

The sensitivity parameters β for mesh study represent the relative difference of the shear stress τ depending on the type of mesh respectively. This parameters are defined as: 

β = τ poly0.5mm -τ τ poly0.5mm (3.5)

Boundary conditions

Having completed validation of the rheological model developed for blood flow modeling and the acquisition of in-vivo data that will allow the geometrical reconstruction of a patient-specific model, the next step is the definition of the boundary conditions that will be used to resolve the fluid flow problem. When solving partial differential equations on the model borders, the boundary conditions will enable us to enforce the uniqueness of the solution and achieving the following results:

The inlet surface of the aorta, on which a flow is applied that varies according to the cardiac cycle with a Poiseuille flow profile and flow from in-vivo dynamic imaging,

The outlet surfaces of the supra-aortic trunks and descending thoracic aorta, to which conditions from a 3-element Windkessel model are applied,

The free surface of the aorta is subject to a no slip at the wall condition, which means that the velocity of fluid near the aorta wall is the same as the velocity of the wall. In the case of the rheological model with rigid walls, this velocity is zero.

Conditions at the entry

There was no 4D-MRI flow data available for the this patient, so data from the work of [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] which worked with a healthy thoracic aorta. We used the same velocity field at ascending aorta, which is adapted with this case inlet. As a result, to impose this flow as an entrance condition in OpenFOAM, the flow must be translated into velocity vectors that are located at the center of each mesh on the entrance surface. The Poiseuille flow velocity profile was selected for this study, although this profile is appropriate for fully developed flows in circular pipes. As described in Chapter 2, a profile with Womersley flow is a popular option that is well suited to the oscillatory regime of the cardiac cycle and has been used in many studies. In contrast, even though Womersley flow is the solution for flows in arteries (such as those that drain into and return to the heart), it does not entirely fit the profile of blood ejection at the heart's outflow as shown in Figure 1. In the literature, Poiseuille flow is widely used to model physiological flow. Its popularity is based mainly on the fact that it is easy to use and understand and provides a reasonably accurate model that connects the mean pressure and flow values to the frictional resistance of the artery [START_REF] Stergiopulos | Computer simulation of arterial flow with applications to arterial and aortic stenoses[END_REF]. For these reasons, we decided to impose at the entrance a velocity profile based on a Poiseuille flow, which is more numerically stable because it does not include negative velocities present in a Womersley-type flow.

The analytical form of the velocity profile of a Poiseuille flow, adapted to a perfectly cylindrical pipe, depends on the radius R of the tube and the maximum velocity v max at the center of the disk :

v r = v max (1 - r 2 R 2 ) (3.6)
This formula cannot be applied to the entrance surface of the model, which is not perfectly circular.

To handle this problem, the method described in the work of [START_REF] Mynard | A 1d arterial blood flow model incorporating ventricular pressure, aortic valve and regional coronary flow using the locally conservative galerkin (lcg) method[END_REF] was applied to the geometric data of the model. This method is described in Appendix A. The 3D velocity profile is plotted on the 2D inlet surface of the aorta. If the inlet were perfectly circular, then each mesh center could be assigned a velocity for each time step as a function of the radial distance r where it is located (equation 3.6). However, the entrance surface is generally not circular, and the velocities assigned to each mesh center are more complex(Figure3.8). So for the specific patient, we create the mesh for its numerical aortic model and then obtain the aortic inlet plane mesh to derive its inlet velocity. The Poiseuille profile fitting program has been developed in Matlab © and is available in Appendix A. The velocity plot performed with the developed method results in a relatively smooth 3D input velocity profile, as shown in Figure 3.9 at several instants of the cardiac cycle. The aorta and large arteries are incredibly elastic, serving as reservoirs that reduce the pulsing of blood flow imposed by the heart, which cause the heart to beat faster. Because of the complex geometry of the arteries and the existence of bifurcations, the blood flow wave is reflected and decreased in amplitude as it travels downstream of the vascular system. The elasticity of the blood vessels and the transition from larger to smaller arteries causes a significant decrease in blood pressure, which is referred to as Windkessel. During the systolic phase, the Windkessel effect helps to dampen the pressure change and preserve the blood perfusion to the organs. The impact, however, decreases with age as a result of the hardening of the arteries.

Blood flow in the cardiovascular system is governed by the laws of conservation of mass, momentum balance, and the interaction of blood with the artery wall, among other principles. This is why models based on the Navier-Stokes equations are used to explain the blood flow in a deformable aorta segment by investigating the interaction between the fluid and the structure. This class of models is split into three-dimensional (3D), two-dimensional (2D), and one-dimensional (1D) models, each of which is defined by a sequence of partial differential equations, as well as a zero-dimensional (0D) model, which is described by ordinary differential equations (ODE).

The selection of the appropriate dimension in the choice of model, from 0D to 3D, depends on the objectives and the desired accuracy. The 0D models, known as truncated logs, assume a uniform distribution of fundamental variables, such as pressure, flow rate, and volume at any time, while higher dimensional models distinguish the variation of these parameters in space and are useful for characterizing complex flows. The coupling of different models exists in the literature to solve the problem of boundary conditions that specify the behavior of the fluid at the entrance and exit of the considered domain. These conditions are needed numerically and the coupling of 3D-0D [START_REF] Moghadam | A modular numerical method for implicit 0d/3d coupling in cardiovascular finite element simulations[END_REF], 3D-1D [START_REF] Formaggia | On the coupling of 3d and 1d navier-stokes equations for flow problems in compliant vessels[END_REF] and 1D-0D [START_REF] Marchandise | A numerical hemodynamic tool for predictive vascular surgery[END_REF] models can be used in order to eliminate the problem of measurements at the model output.

We chose a 0D model at the outlet of the arterial system branches that we developed in OpenFOAM for this study. The 0D model allows for varying, in a simple way, the pressure at the outlet of the branches during the whole cardiac cycle and thus to respect the physiological conditions of flow variation with the pressure, constituting, for this study, an acceptable compromise between model complexity and physiological reality.

Windkessel

In 0D models, a hydraulic-electric analogy is often applied. Indeed, the pressure gradient causes the blood to advance by opposing the hydraulic impedance, in the same way, that the potential difference causes the electric current to advance by opposing the circuit impedance. Hydraulic impedance represents the combined effect of frictional losses, the elasticity of the vessel wall, and inertia of the blood, similar to electrical impedance, which means the combination of resistance, capacitance, and inductance in an electrical circuit. By representing blood pressure and flow with electrical voltage and current, respectively, methods of electrical circuit analysis can be borrowed and applied to cardiovascular dynamics. This electrical analogy, summarized in Table 3.2, does not describe the nonlinearities that sometimes characterize cardiovascular mechanics, including, for example, the contribution of convective acceleration terms in the momentum equation and the nonlinear relationship between pressure and volume in a blood vessel. Nevertheless, these differences do not change the general nature of the hydraulic-electrical analogy and when necessary, such nonlinearities can be included in the solution of differential equations. Historically, 0D models have evolved and incorporated more complexities by adding components to capture particular physical phenomena. There is a wide range of 0D models available to simulate pressure and flow variations in an artery. The most widely used and simplest 0D model is the two-element Windkessel model, formulated by Otto Frank in 1899 [START_REF] Sagawa | Translation of otto frank's paper "die grundform des arteriellen pulses" zeitschrift für biologie 37: 483-526[END_REF]. The word Windkessel, translated from German as "air chamber", refers to an elastic reservoir which, in a pulsating flow circuit, first fills with a particular volume and then releases an endless flow (Figure 3.10). Thanks to the elasticity of the compliant arteries, they exert the Windkessel effect by dampening the pulse of blood flow. The arteries then swell during systole and store blood volume before expelling it in diastole.

Figure 3.10: Windkessel concept. The large arteries are associated with the air chamber (Windkessel). The combination of compliance, associated with aortic valves and peripheral resistance, leads to a rather constant peripheral flow [START_REF] Westerhof | The arterial windkessel[END_REF].

The two-element Windkessel model consists of a capacitance C connected in parallel with a resistance R (Figure 3.11). The capacitance describes the storage properties of large arteries which means their elastic properties, and the resistance describes the dissipative nature of small peripheral vessels, including arterioles and capillaries. This model was developed to represent the elementary characteristics of the arterial network only, the veins having been neglected and described as a zeropressure field. However, it does not allow modeling the internal phenomena of the arteries, such as the propagation or reflection of the pulse wave. Moreover, when the aortic flow is used as an input to the system, this model produces aortic pressure waveforms that are far from the pressures found experimentally [START_REF] Stergiopulos | Evaluation of methods for estimation of total arterial compliance[END_REF]. To overcome this problem, the three-element Windkessel model [START_REF] Westerhof | The arterial windkessel[END_REF] introduces an additional resistor Z C connected in series with the two-element Windkessel model (Figure 3.12). This second resistor represents the aorta's characteristic impedance and considers the inertia and compliance of the ascending thoracic aorta. The introduction of this Z C resistor improves the model by producing realistic pressure and flow waveforms and by fitting the experimental data (Stergiopulos et al., 1999b). This also allows to considerably improve the behavior of the model at medium and high frequencies. The 3-parameter model is the most widely used in systemic circulation modeling even though studies [START_REF] Latson | The effects of finite wave velocity and discrete reflections on ventricular loading[END_REF], Stergiopulos et al., 1999b) show that the estimates of C and Z C deviate significantly from the values obtained with the methods used in the literature: C tends to be overestimated and Z C underestimated. This means that the threeelement Windkessel model can produce realistic aortic pressures and flows, but only with parameters that differ quantitatively from vascular properties. At low frequencies, the input impedance of the system is also poorly estimated, a result visible in Figure 3.14. For this reason, the four-element Windkessel model (Figure 3.13), proposed by [START_REF] Burattini | Computer identification of models for the arterial tree input impedance: comparison between two new simple models and first experimental results[END_REF], adds an inductance L in parallel with the impedance Z C which represents the inertia of the whole arterial system and thus contributes to the low frequencies, allowing Z C to take on the medium and high frequencies (Stergiopulos et al., 1999b). However, this model reveals a particular difficulty in determining the value of the inductance. 2009) illustrates the differences between the Windkessel models in terms of impedance at the entrance to the thoracic aorta. Comparison with the impedance calculated from experimental data highlights the shortcomings of the 2-element Windkessel model: for high frequencies, its modulus reduces to negligible values, and its phase angle reaches -90°. The experimentally calculated impedance shows that the modulus decreases to a fixed non-zero value and the phase angle oscillates around zero for high frequencies. The addition of a characteristic resistor in the 3-element Windkessel model allows for correcting this defect for high frequencies, and the modulus of the impedance approaches the experimental fixed value. However, the results achieved at low frequencies are not satisfactory. Finally, the addition of inductance in the 4-element Windkessel model allows getting closer to the experimental values of [START_REF] Westerhof | The arterial windkessel[END_REF]. However, the complexity of determining the numerical values of the different elements of the circuit makes it a little-used model. For this reason, we choose to develop the 3-element Windkessel model to impose the boundary conditions of our numerical model. The three-element Windkessel model does not represent the experimentally observed oscillations in impedance modulus and phase (Figure 3.14), so this aspect of the arterial system is not modeled. Many works have been dedicated to the calculation of Windkessel model parameters. Most of them use pressure and flow measurements [START_REF] Stergiopulos | Simple and accurate way for estimating total and segmental arterial compliance: the pulse pressure method[END_REF][START_REF] Stergiopulos | Evaluation of methods for estimation of total arterial compliance[END_REF](Stergiopulos et al., , 1999a)). The Windkessel models are straightforward models with ordinary differential equations, which provide a good understanding of the overall functioning of the arterial circuit and adequately describe the diastolic phase. Nevertheless, the difficulty of estimating the parameters, despite their physiological meaning, from pressure and flow measurements and the failure to take into account wave propagation phenomena, limits these models. Q n is the average mass flow rate at t n , Q nm1 is the average mass flow rate at t n-1 , and Pmean n is the average pressure on the boundary surface. The declaration of the constants tau, taudt, dtRT, R1tau, dp n and dq n allows an easier writing of the differential equation. This code allows the resolution of the equation (3.7) which depends on the two resistances R 1 and R 2 , the compliance C, the flow rate Q and the pressure P . The electrical diagram with the hydraulic analogy is shown in Figure 3.15. 

R 1 C dP dt (t) + P (t) = (R 1 + R 2 )Q(t) + R 1 R 2 C dQ dt (t) (3.7)

Implementation in FOAM-Extend

An approach that is similar to this one is described in the preceding section. Q i is the average mass flow rate at t i , Q im1 is the average mass flow rate at t i-1 , Pm i is the average pressure on the boundary surface at t i , and Pm im1 is the average pressure on the boundary surface at t i-1 . The declaration of the constants tau1, tauD, tau2, tau3, and dQ i allows an easier writing of the differential equation.

Windkessel parameters

The Windkessel model parameters used for this case, R1, R2, and C were first set based on data from the work of [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF], which used for a healthy thoracic aortic for the three supra-aortic trunks and descending aorta in the numerical model to assure the convergence of simulation.

The parameters of the Windkessel 0 three-element model used for the numerical simulations are available in Table 3.3. R 1 , R 2 , and C are the compliance of the ascending aorta, the vessel's hydraulic resistance, and the vessel's compliance, respectively.

Table 3.3: Windkessel model parameters applied to fluid model outputs [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF]) 

R 1 R 2 C ×10 6 m -1 • s -1 ×10 6 m -1 • s -1 ×10 -7 m • s 2

Data analysis

After completing the simulations, we used ParaView © , an open-source program for post-processing CFD/FSI simulations, to assess the following values. This program has a wide variety of filters that allow for the processing and presentation of all field variables associated with the flow, the solid, and the wall-fluid interface, including:

The velocity field is used to identify the direction of blood flow from TL into FL (tracing the streamline that shows the direction in which a massless fluid element will travel at any point with time).

For CFD simulation, the WSS is defined as the magnitude of traction owing to the viscous portion of the Cauchy stress tensor, τ , which is equal to the flow on the surface wall.

W SS = W SS 2 = τ • n f Γ f s (3.8)
Time-Averaged Wall Shear Stress (TAWSS) is the average WSS magnitude during one cardic cycle. It is defined as:

TAWSS = 1 T T 0 |τ w | dt (3.9)
where T is a cardiac cycle's duration , τ w is WSS. TAWSS is an intriguing metric to investigate since it may be utilized to examine the WSS distribution on the artery and identify the low WSS areas. Generally, TAWSS for the arterial system is between 1 to 7 Pa form [START_REF] Chiu | Effects of disturbed flow on vascular endothelium: pathophysiological basis and clinical perspectives[END_REF]. The work of [START_REF] Bassiouny | Hemodynamic stress and experimental aortoiliac atherosclerosis[END_REF] presented that low shear stress (<0.4 Pa), which is common in atherosclerosis-prone areas, promotes an atherogenic phenotype.

Oscillatory Shear Index (OSI) was developed to account for the wall shear stress vector's cyclic deviance from its primary axial alignment [START_REF] Ku | Pulsatile flow and atherosclerosis in the human carotid bifurcation. positive correlation between plaque location and low oscillating shear stress[END_REF] and it is defined as:

OSI = 1 2 1 - T 0 W SSdt T 0 W SS 2 dt (3.10)
OSI is an excellent predictor of plaque's initial placement. This variable's value fluctuates between 0 and 0.5. The higher the OSI, the greater the change in shear stress direction.

Relative Residence Time (RRT) is criterion for disturbed blood flow. It is proportional to the magnitude of the TAWSS and OSI.

RRT = 1 (1 -2OSI)TAWSS (3.11)
RRT is suggested as a robust single metric for low and oscillating shear in low and oscillating conditions. The residence duration of the particles along the wall is closely related to the RRT [START_REF] Himburg | Spatial comparison between wall shear stress measures and porcine arterial endothelial permeability[END_REF]. A high RRT has been identified as being essential in the development of atherogenesis and in-stent restenosis [START_REF] Hoi | Correlation between local hemodynamics and lesion distribution in a novel aortic regurgitation murine model of atherosclerosis[END_REF]. When RRT <1, the zone is high shear; when RRT >1, the zones is both low and oscillating shear stress or areas with only low WSS.

3.6 Bio-faithful model with rigid walls

Newtonian fluid

The implementation of the model in OpenFOAM is done through the use of several source files allowing the user to enter the appropriate configuration for the calculation of the case with the appropriate boundary conditions. All these configuration files for the numerical simulation of the Newtonian case are available in Appendix B. 3). The flow regime here is considered laminar, specified in the RASproperties and turbulenceProperties files (Appendix B.4.5). The viscoelastic properties of the fluid require a relatively small time step to capture the desired effects according to the imposed boundary conditions. So for the simulation convergence, the time step for the numerical calculation of blood where ∆t = 1 ×10 -5 s. The time step parameters, calculation duration, and writing of results are indicated in the controlDict file (appendix B.6). Finally, the solvers used to resolve the equations on the whole studied domain are precise in the files fvSchemes and fvSolutions (Appendix B.7.8). The numerical calculation of the pressure with a periodic behavior requires the simulation of several cardiac cycles to establish the pressure and the stresses in the fluid due to the relaxation parameters in dynamics. The periodic convergence of the pressure is illustrated in Figure 3.17. Figure 3.18 shows the stability of the flow values observed during the convergence of the pressure to ensure that the distribution of the flows in the different branches does not fluctuate. The values of these pressures and flows rates were taken at the model boundaries with the function of the probe, whose syntax is available in Appendix B.7. As shown in Figure 3.19, the velocity profiles on different sections of the aorta were measured at various times during the peak systole of the patient (t=0.12s), throughout the flow decay (t=0.2s), at the end of the systole (t=0.3s), and the beginning of diastole (t=0.42s). At level C, we can observe that the blood flows into the False lumen and causing whirlpools inside the FL. We can also see blood moving up into the TL at level D in the figure 3.19 near the beginning of diastole, which is a nice touch. In the numerical simulation, we have assumed that the fluid is laminar. But in figure 3.19 there is turbulence flow present in the FL; we need to verify the Reynolds number to see if the hypothesis of laminar fluid is still working or not. The Reynolds number in tubes [START_REF] Fung | Biomechanics: circulation[END_REF] is defined as

Re = Inertialf orces V iscousf orces = ρV D µ (3.12)
with V is the average flow velocity (m/s), D is tube diameter(m), µ is fluid dynamic viscosity (P a.s or N.s/m 2 ), and ρ is fluid density (kg/m 3 ).

General pipe flow Reynolds number <2100 for laminar flow (also known as viscous flow, linear flow) state, more than 4000 for turbulent flow (also known as disturbance flow) state, 2100 ∼ 4000 for the transition flow state. We calculate the Reynolds number on the input and each output of the thoracic aorta throughout various instances of the cardiac cycle, respectively systolic and diastolic (Table 3.4). During the beginning phases of the cardiac cycle, the flow is laminar, with Re values less than 1200. At the moment of systolic, the flow reached the state transition status. Table3.4 shows that the Re numbers are more than 2100 during systole and less than 2100 during diastole. Since the systolic period is relatively short and the Re numbers are not very large, we considered that the blood flow is laminar in all the numerical models.

Comparison with the Carreau-Yasuda model

The Carreau-Yasuda rheological model is widely used in the literature for modeling blood flows [START_REF] O'callaghan | Numerical modelling of newtonian and non-newtonian representation of blood in a distal end-to-side vascular bypass graft anastomosis[END_REF][START_REF] Alimohammadi | Aortic dissection simulation models for clinical support: fluid-structure interaction vs. rigid wall models[END_REF]. It is a generalized Newtonian model with a two-step rheological viscosity law, detailed in Chapter 2. The comparison of numerical results between the Newtonian model and the Carreau model is interesting.

The Carreau-Yasuda model used in OpenFOAM is the BirdCarreau model with a viscosity that varies according to the following law ( γ is the shear rate):

µ = µ ∞ + µ 0 -µ ∞ (1 + (k γ) 2 ) 2/(n-1) (3.13)
The model characteristics specified in the file transportProperties and whose numerical values of viscosities are divided by the density of the fluid are entered as follows in OpenFOAM:

BirdCarreauCoeffs { nu0 nu0 [ 0 2 -1 0 0 0 0 ] 5.283e-5; nuInf nuInf [ 0 2 -1 0 0 0 0 ] 3.30189e-6; k k [ 0 0 1 0 0 0 0 ] 3.313; n n [ 0 0 0 0 0 0 0 ] 0.3568; }
The numerical values of the different parameters of this law are those of the work of [START_REF] Razavi | Numerical simulation of blood pulsatile flow in a stenosed carotid artery using different rheological models[END_REF] summarized in Table 3.5. The highest value of OSI, 0.5, indicates that the flow is entirely oscillatory. Table 3.6 shows that RRT maximum of Newtonian is higher than Carreau-Yasuda, and there are more regions of high RRT than Carreau-Yasuda fluids (Figure 3.28). These results show that there are not significantly different bewteen the Newtonian and Carreau-Yasuda models when we compared with velocity profile, average flow rate and pressure on section C where is the entry of AD, and also WSS, TAWSS, OSI and RRT of the thoracic aorta. So, the Newtonian model for this study fits well with the blood flow modeling. Meanwhile, due to the nontewtionian blood's relaxing time, which means the fluid's viscoelastic characteristics, a concise time step is required to capture the desired effects, making computations costly. As a result, we assume that the blood flows in the following simulations are all Newtonian in behavior.

3.7 Fluid-structure coupling 3.7.1 Necessity of a fluid-structure coupling

Hemodynamics in arteries has two objectives. The first one concerns the prediction of blood pressure and flow, of significant interest for the clinician in the pathophysiological interpretation of a medical diagnosis at any point of the cardiovascular system globally and dynamically. The second objective is related to predicting the dynamics of the blood flow, which impacts the structure, particularly with the parietal stress distribution on the endothelial tunica. With the development of atherosclerosis in areas of low parietal stress, the characterization of parietal stresses is indicated as a major factor in most arterial pathogenesis and alteration of tissue properties. On the other hand, in this study, aortic wall compliance and internal pressure gradients influence vessel shape, affecting the flow domain, which varies during the cardiac cycle. This motion may be captured using fluid-structure interaction (FSI) simulations, which combine computational fluid dynamics (CFD) simulations of the fluid with finite element modeling of the aortic wall. In particular, FSI simulation could consider the dynamic interactions of the blood flow field and the dissection flap.

It has been shown that flow at the dissection region is highly disturbed, and a significant flow enters the false lumen (FL), which may further enlarge the dissection. [START_REF] Metz | Decisionmaking in type-b dissection: current evidence and future perspectives[END_REF] validated FSI simulations of the interactions between the blood flow and the flap will provide insight into the dynamics of aortic dissections.

However, hemodynamic simulation methods must be used to characterize tissue behavior, and the artery deformation must be taken into consideration via FSI numerical simulations. Some of the papers have been published in the past five years that deal with flow-strengthening estimates in arteries [START_REF] Qiao | Numerical simulation of two-phase non-newtonian blood flow with fluid-structure interaction in aortic dissection[END_REF][START_REF] Bäumler | Fluid-structure interaction simulations of patient-specific aortic dissection[END_REF]. Up to this point, the issue of conducting substantial and accurate simulations in fluid-structure interaction in a time frame short enough to give meaningful findings to surgeons has remained unsolved.

Several simplifying assumptions are incorporated into the computations, and certain boundary conditions are taken into consideration to decrease the computation time. In the field of blood flow, a lot of work has already been done regarding the flow and pressure boundary conditions, as for example with the work of [START_REF] Formaggia | On the coupling of 3d and 1d navier-stokes equations for flow problems in compliant vessels[END_REF] whose three-dimensional FSI problem is coupled to a 1D system in order to get rid of the numerical problems of pulse wave feedback. After a few years, the issue was thoroughly investigated by the work of [START_REF] Formaggia | On the stability of the coupling of 3d and 1d fluid-structure interaction models for blood flow simulations[END_REF], [START_REF] Vignon-Clementel | Outflow boundary conditions for 3d simulations of non-periodic blood flow and pressure fields in deformable arteries[END_REF], [START_REF] Xiao | Multi-scale computational model of threedimensional hemodynamics within a deformable full-body arterial network[END_REF]. They used ordinary differential equation models to simulate the downstream flows of the arterial system, which had previously not been considered.

However, despite these artificial boundary conditions for blood flow, few approaches consider the surrounding tissues of arteries to model boundary conditions on vessel walls. Most fluid-structure coupling studies consider a constant, and often zero, pressure applied to the outer part of the arterial wall. This simple boundary condition cannot support the artery and usually results in artificial motion of the arterial wall. In practice, this movement could induce much greater inaccuracies than those introduced by spurious reflections on the artificial boundaries of the model. One option could be to directly prescribe the displacements deduced from the dynamic sequence of a 4D MRI as time-dependent Dirichlet boundary conditions. But this approach would be directly influenced by the inaccuracies and noise in the data sequence, particularly related to the difficulties of time sampling. Moreover, such a model would have a relatively limited predictive character and would not model certain wave propagation phenomena in the arteries.

In the past two decades, computational techniques in FSI have advanced significantly, and numerous numerical simulation software packages are now available to tackle dynamic mesh issues and multi-physics problems. OpenFOAM ® is a free and open-source software for computational fluid dynamics (CFD) simulations that is gaining popularity in academic and industry settings (Open Field Operation and Manipulation). Because one of its solutions is designed for FSI problems in a partitioned way, one of its branches, the foam-extend package, is considered to conduct the aortic dissection simulations in this case.

Fluid-structure coupling with FOAM-Extend

In fluid-structure interaction problems, one or more solid structures interact with an internal or surrounding fluid flow. Fluid-structure coupling problems play an important role in many scientific and engineering fields. However, the thorough numerical study of these problems remains a challenge due to their strong nonlinearity and multidisciplinary nature. Analytical solutions are impossible to obtain for most of these problems, and experiments have a limited scope. Numerical simulations are then employed to study the physics involved in the complex interaction between the fluid and the solid.

The equations governing FSI issues include nonlinear components, are coupled, and have an inherently temporal feature; in addition, in most instances, they must be solved in complicated geometries, which is challenging. Given these features, an analytical solution is almost difficult to find in most situations when considering the currently available mathematical approaches, leaving the sole option to depend on computational methods to solve the problem. Like CFD, Finite Volume Method (FVM), Finite Element Method (FEM), and Finite Differences Method (FDM) are three of the most common mesh-numerical methods for FSI. These methods are designed to solve the governing equations using a temporal marching procedure in which the discretized equations are applied to elements or control volumes (computational mesh) into which the calculation domain is subdivided, yielding a system of equations.

Numerical approaches to solving these fluid-structure interaction problems can be classified into two methods, monolithic and partitioned [START_REF] Ha | A comparative study between partitioned and monolithic methods for the problems with 3d fluid-structure interaction of blood vessels[END_REF], illustrated in Figure 3.29.

Monolithic approach : it treats the fluid and structural dynamics in the same mathematical model to form a single equation for the entire problem. The fluid and structural equations are solved simultaneously with a single computational code. The conditions at the interface between the fluid and the solid are solved implicitly, guaranteeing unconditional stability.

In general, monolithic schemes are accurate and stable, but very computationally expensive. Moreover, a monolithic approach is neither easy to implement nor to evolve. When the geometries or physical properties of the problem to be treated become complex, this method is no longer feasible since each medium requires specific numerical calculation procedures that the monolithic approach does not exploit.

Partitioned approach: it treats the fluid and the structure as two computational domains that can be solved separately, with their discretization and numerical algorithm. Conditions at the interface are solved explicitly to share information between the fluid and structural solutions. A strong reason for using this approach is the possibility of integrating already available algorithms for solving the fluid and structure and thus reducing the development time of a monolithic code. The use of numerical algorithms validated and used to solve many problems allows for the robustness of both parts. Therefore, a successful partitioned method can solve FSI problem with complex fluids and structures. However, the challenge of this approach is to coordinate the algorithms to achieve an accurate and efficient fluid-structure interaction solution with minimal code modification. In particular, the interface that divides the fluid and the structure by its constant motion in time requires exceptional tracking that can lead to computational errors and instabilities. A comparison between these two approaches for numerical simulation of FSI problems is discussed in the work of [START_REF] Michler | A monolithic approach to fluid-structure interaction[END_REF], where they are compared in terms of stability, accuracy, and computational cost. Partitioned schemes often require only one iteration between the fluid and the structure per time step, and, therefore, their computational cost is lower than that of monolithic schemes. On the other hand, the time lag between the integration of the fluid and the structure implies that the interface conditions cannot be completely satisfied, causing numerical instabilities.

Although the stability and accuracy of partitioned schemes can be improved, they are still inferior to those of a monolithic scheme.

There are two types of coupling algorithms between the fluid and the structure in the partitioned approach: strong coupling and weak coupling, shown in Figure 3.30. These are also referred to as implicit (strong) and explicit (weak) coupling. The strong coupling has an additional loop in its solution algorithm, which ensures cohesion between the mesh deformation and the kinematic and dynamic conditions at the interface after each time step. This method often uses a sub-relaxation technique to speed up the coupling process and guarantee the algorithm's stability. The different methods of accelerating the calculations for strong coupling will not be detailed here, but a detailed description could be found in the work of [START_REF] Degroote | Performance of a new partitioned procedure versus a monolithic procedure in fluid-structure interaction[END_REF].

Figure 3.30: Solving process for a fluid-structure interaction problem with weak coupling and strong coupling using the partitioned approach.

A solver for fluid-structure interaction exists in the extended version of OpenFOAM, called FOAM-Extend. This solver uses a partitioned approach with strong coupling. Indeed, with the densities of the fluid and the structure being very close, a weak coupling will not capture the physics and the nonlinearities that this problem imposes [START_REF] Förster | Artificial added mass instabilities in sequential staggered coupling of nonlinear structures and incompressible viscous flows[END_REF].

Discretization

With Newton-Raphson iterations, it is possible to solve for the location of the interface in partitioned simulations of fluid-structure interactions. There are several methods in FOAM-extend that could solve the problem of FSI. Schemes Interface Quasi-Newton-Implicit Jacobian Least-Squares (IQN-ILS) [START_REF] Oliveira | Using foam-extend to assess the influence of fluid-structure interaction on the rupture of intracranial aneurysms[END_REF] and Aitken relaxation are mostly used in FAOM-Extend. The IQN-ILS algorithm is an implicit solution algorithm proposed by [START_REF] Degroote | Performance of a new partitioned procedure versus a monolithic procedure in fluid-structure interaction[END_REF] in recent years. The Aitken algorithm [START_REF] Küttler | Fixed-point fluid-structure interaction solvers with dynamic relaxation[END_REF] is another implicit solution algorithm that is simple to implement and widely used, and its basic idea is based on the string truncation method. The IQN-ILS algorithm, a Newtonian iterative method, is faster than the Aitken algorithm in terms of convergence for most fluid-solid coupled problems. However, for pressure-driven fluid-structure coupled problems, the IQN-ILS algorithm cannot guarantee the stability of the computation while the Aitken algorithm has this ability. For partitioned FSI simulations, a simplified depiction of the IQN-ILS and Aitken relaxation algorithms is shown in Figure 3.31. When using the IQN-ILS model, it is possible to write the interface quasi-Newton iterations together with the approximation for the inverse of the Jacobin as equation 3.14 .

x k+1 = x k + dR dx x k -1 -r k (3.14)
Furthermore, Aitken relaxation (equation 3.15) generates a scalar relaxation factor w k that is dynamically changing for the fixed-point iterations inside a time step [START_REF] Degroote | Performance of a new partitioned procedure versus a monolithic procedure in fluid-structure interaction[END_REF].

x k+1 = x k + ω k r k (3.15)
with the relaxation factor w k is calculated as follows:

w k = -w k-1 (r k-1 ) T (r k -r k-1 ) (r k -r k-1 ) T (r k -r k-1 ) (3.16)
This shows that implementing the IQN-ILS technique is not much more complex than applying Aitken relaxation. For this project, we will use Aitken relaxation algorithm.

FSI model of AD patient-specific

The patient-specific model for the numerical simulation of fluid-structure interaction uses the fluid part explained in section 3.6 Bio-faithful model with rigid walls with a Newtonian fluid model and a structure part whose modeling is detailed below.

Mesh of FSI model

Setting up the fluid-structure interaction for a patient-specific model requires first establishing the structure part from the fluid part to have an interface in as perfect contact as possible with both the structure and the fluid. This is a significant step to ensure the convergence of the calculation. The solid component was constructed in this manner using the exterior surface retrieved from the fluid model. One challenge is to construct a realistic model and mesh of flap. So using a fluid tetrahedral mesh with flap refinement is essential to be considered. Additionally, the wall thickness is difficult to determine owing to the low quality of the images. A geometrical operation was performed from this surface to create a thickness of 1 mm to wrap the fluid and generate tetrahedron. The intimal flap (IF) was created by filling the space between FL and TL, which varied in thickness throughout the dissection area from 1mm to 2.5mm. The use of tetrahedral in structural calculations allows, in the same way as in CFD, the generation of high-quality meshes inducing numerical stability in most cases. Figure 3.32 depicts the model for creating the mesh for the structural component during the modeling phase. The structure is assumed to be elastic in this initial investigation of fluid-structure coupling, with Young's modulus of E = 300 MPa and a Poisson's ratio ν of 0.3. We relied on values obtained from the literature since it is still difficult to quantify specific characteristics in live tissues, such as Young's modulus and Poisson's ratio. So we performed three different elastic modulus simulations for the arterial wall in the fluid-structure coupling simulation. The initial one Young's modulus of E = 300 MPa, the artery is calcification with pathology which Young's modulus is E = 3 GPa. Also, Young's modulus is E = 30 GPa, which can represent a highly calcified wall and is mimicking the rigid wall properties.

By inspecting the governing equations, it becomes clear that the only unknown for the solid issue is the solid displacement field, which is both space-and time-dependent. As a result, appropriate boundary conditions are specified to resolve the issue. As with the fluid case, the starting condition is the numerical solution of the simulation with the wall excluded from the equation. A displacement field is derived from the flow solution's stress distribution on the wall and is therefore taken as the starting condition.

We used the following boundary conditions:

For the arteries, the inlet and outlets boundary of the arterial is applied as fixed displacement, which was set to zero.

Internal and external surfaces of flap and artery walls: a Neumann boundary condition was employed on the internal and outer surfaces of the solid domain, obtained from the elastic constitutive relation:

t s = (2µ s + λ s ) ∇ 0 u + µ s ∇ T 0 u + λ s tr (∇ 0 u) I -(λ s + µ s ) ∇ 0 u • n s (3.17)
where µ s and ∇ s are the Lamé's parameters relating to the material's Young's modulus and Poisson's ratio:

µ s = E 2(1+ν s )
, and with t s representing the traction per unit area on the surface, which is dependent on the stresses and pressures acting on it; and n s is the normal vectors pointing outward on the surface. Equation 3.17 is rearranged to give:

(∇ 0 u) • n = t s -µ s ∇ T 0 u + λ s tr (∇ 0 u) I -(λ s + µ s ) ∇ 0 u • n s 2µ s + λ s (3.18)
which relates to the specification of a displacement gradient, commonly known as a Neuman boundary condition. The gradients in equation3.18's right-hand side are calculated explicitly.

In terms of the boundary condition at the fluid-solid interface Γ fs , the formulation presented here is commonly referred to as the Dirichlet-Neumann formulation of the FSI problem because the flow equations are solved for a specified velocity at Γ fs due to the kinematic condition that ensures velocity continuity at this boundary :

v f Γ fs = (v s ) Γ fs = du dt Γ fs (3.19)
with the interface traction on Γ fs owing to the continuity dynamic condition is solved for the solid equation as follows:

σ f • n f Γ fs t f + (σ s • n s ) Γ fs t s = 0 (3.20)
where t s is from equation3.18, and n f and n s are the normal vectors pointing outward on Γ fs .

On the external artery, equation 3.18 is still valid. Although, the traction t s is solely attributable to a uniform pressure being applied to it, as shown in the following equation:

t s = -pn s (3.21)
with p is about 97.3 mmHg on the outer surface and corresponds to the diastole pressure in the dissection region for this model.

The files for Foam-Extend to realize the FSI simulation are showing in Appendix C. Consider big arteries and formulate the following simple assumptions in order to include the viscosity of blood and the elasticity of the artery wall into the pulsatile flow analysis:

The fluid is homogeneous and Newtonian.

The wall material is isotropic and elastic.

The fluid motion is laminar, incompressible.

Results

Comparison between CFD model and FSI model

We compared the results of CFD and FSI simulations through the previous model with Young's modulus of the artery eagle 300 MPa. Figure 3.33 demonstrates velocity profiles obtained from four sections of the thoracic aorta during systole and diastole, respectively, throughout the cardiac cycle. And Figure3.34 shows the streamline flow characteristics in the proximal (proximal to the tear) of FL and TL. Midsystole flow flowing through the middle FL & TL continues straight into the distal (distal to the exit of dissection) FL & TL, and streamlines may be seen extending down to the region's bottom.

We find that the velocity at peak systole is the same trend, but throughout the flow decay (t=0.2s), at the end of the systole (t=0.3s), and the beginning of diastole (t=0.4s), the dynamics in the FSI model are significantly different to the CFD model. The velocity in the aortic arch region and the proximal FL region is 2 or 3 times bigger than the results in the CFD model. At peak systole, a pressure differential of about 20 mmHg exists between the FL and TL, which might be anticipated to produce significant flow between the two region (Figure 3.35). On the other hand, the flow continues to reach the distal FL at this moment, although at a relatively slow pace. The pressure gradient is reversed at the dicrotic notch, yet the fluid in the distal FL is expelled when the pressure drops and the wall contracts. This is why in the systole deceleration, the velocity of FSI model is basically greater than that of CFD model. After diastole, the distal FL velocity is almost the same as TL, and the pressures between the lumina are roughly equal.

In addition, we compare the pressure on section C between FSI model and CFD model. Table 3.7 shows that because of the wall expansion at the systole, pressure is smaller than the CFD model. And at the dicrotic notch and diastole, the wall contracts, pressure is greater than CFD model. While rigid wall simulations are incapable of simulating these complicated dynamics, the issue is whether the extra simulation work required to achieve this precision is worthwhile. Prediction of wall shear stresses is an essential outcome of these models. However, as shown in Figure 3.36, the differences between the rigid wall and FSI models for the WSS distribution are not substantial, and if just WSS is of relevance, FSI modeling may be unnecessary. Table 3.8 shows that the maximum value of wall shear stress compared for several periods, there is no significant difference in the values during the systolic period. And during the diastolic period, the FSI data will be larger than CFD, which is reasonable because at the dicrotic notch and diastole, the influence of the wall contracts. In this study, the elastic modulus is reported to be in the range of 300 MPa, 3 GPa, and 30 GPa, and we model the tissue by setting the Poisson ratio ν = 0.3 in the whole structural domain.

In Figure 3.37, the displacement of the aorta wall is shown at four instances marked by inset graphs with Young's modulus of artery eagle 300 MPa. First, the ascending aorta has been pushed outward, increasing the aorta's volume, and the region of entry tear are displaced. And at diastole, the deformation around the entry tear is reverted to its original position. The more obvious displacement changes are in the proximity of TL during the cardiac cycle, and the distal FL & TL is closer to its original position. As shown in Figure 3.38, to illustrate the displacement of the region of entry tear, the highlighted black area in the inlay is expanded and color-coded. At peak systole, the edges of the entry tear are displaced by up to 0.2 mm, and the intimal flap (IF) is displaced by about 0.19 mm. As anticipated, the FL expands in sync with the TL contracting. Due to the enormous intricacy of the connection required to mimic such phenomena of flap movement with the deformable wall, reproducing it in the current AD model available to us is rather challenging. We did not distinguish Young's modulus of the IF from other regions of the arterial wall to ensure convergence and stability of the calculation. In future work, Young's modulus of the intima should be explicitly set and follow the patient image datas' material properties.

Discussion and conclusion

The purpose of this research was to determine if the added complexity and, more importantly, the time needed to conduct patient-specific FSI simulations when modeling AD as a tool for interventional planning is warranted. In contrast to the three months needed for the FSI simulations on the cluster at our laboratory supercomputer, the rigid wall simulation completed three cycles in only one week and reached the convergence state. In future work, we should study the numerical scheme of foam-extend and adjust the parameters to reduce the computation time to speed up the convergence.

There is an increasing amount of research on FSI simulations of the AD [START_REF] Alimohammadi | Aortic dissection simulation models for clinical support: fluid-structure interaction vs. rigid wall models[END_REF][START_REF] Qiao | Numerical simulation of two-phase non-newtonian blood flow with fluid-structure interaction in aortic dissection[END_REF][START_REF] Bäumler | Fluid-structure interaction simulations of patient-specific aortic dissection[END_REF], which use different models for the artery wall structure to capture the movement as accurately as possible. However, there is still no agreement on the optimal method for defining vessel wall characteristics solely from imaging data. This issue is compounded in AD, which is often associated with increased vessel wall stiffness that is not uniformly distributed across the area [START_REF] De Jong | Computed tomography of aortic wall calcifications in aortic dissection patients[END_REF]. The current simulation uses a basic Cauchy elasticity and isotopic model derived from experimental data [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] in Chapter 2, as well as a constant wall thickness throughout (except for the intimal flap), and as such may not accurately represent the wall dynamics. [START_REF] Yang | Abdominal aortic intimal flap motion characterization in acute aortic dissection: assessed with retrospective ecg-gated thoracoabdominal aorta dual-source ct angiography[END_REF] reported considerably greater flap movements (1.8 mm -10.2 mm). [START_REF] Qiao | Numerical simulation of two-phase non-newtonian blood flow with fluid-structure interaction in aortic dissection[END_REF] discovered flap displacements of up to 0.15 mm in an FSI simulation of a simplified AD. It is unknown why there is such a difference between these results with the imaging mentioned above investigations.

This research produced a detailed tool of cross-sectional area changes using high-resolution data, which used open-source software. This tool offers a straightforward method to evaluate the geomet-ric locations of the essential vessel wall motion (flap movement) and, therefore, can be a valuable clinical tool. Because the pathophysiology of AD is unknown, it is not completely obvious what data should be extracted from such FSI simulations. Longitudinal research involving many patients is needed to discover key parameters/disease indicators and create clinically helpful benchmarks. Without such clear evidence, and considering that dissections develop from aneurysms, it is fair to infer that the pathophysiology of AD is comparable to that of aneurysms [START_REF] Erbel | Diagnosis and management of aortic dissection: task force on aortic dissection, european society of cardiology[END_REF]. There is evidence that areas of high WSS are associated with AD; for example, it has been observed that reducing shear stress may help prevent dissection propagation [START_REF] Nordon | Management of acute aortic syndrome and chronic aortic dissection[END_REF]. Additionally, it has been shown that the sites of first tears correspond to areas of maximum pressure or WSS [START_REF] Wen | Investigation of pulsatile flowfield in healthy thoracic aorta models[END_REF]. [START_REF] Thubrikar | Wall stress as a possible mechanism for the development of transverse intimal tears in aortic dissections[END_REF] also found a correlation between increased WSS and intimal tears. The areas of high WSS areas shown in Figure 3.36 did not differ substantially between the FSI and rigid wall simulations. However, a growing research of data indicates that areas with high OSI and low TAWSS are more prone to rupture [START_REF] Xiang | Hemodynamic-morphologic discriminants for intracranial aneurysm rupture[END_REF], calcification [START_REF] Bassiouny | Hemodynamic stress and experimental aortoiliac atherosclerosis[END_REF], or wall thickening [START_REF] Wen | Investigation of pulsatile flowfield in healthy thoracic aorta models[END_REF] in the setting of aneurysms. According to [START_REF] Meng | High wss or low wss? complex interactions of hemodynamics with intracranial aneurysm initiation, growth, and rupture: toward a unifying hypothesis[END_REF], such areas exhibit a spectrum of endothelial dysfunction, including increased permeability and stickiness, and inflammatory responses [START_REF] Chiu | Effects of disturbed flow on vascular endothelium: pathophysiological basis and clinical perspectives[END_REF]. And for these critical, the rigid model was shown to properly represent the fluid motion in these areas in this study. However, to study the motion characteristics of arteries, the FSI model outperforms rigid wall CFD simulations in reproducing thoracic aorta fluid hemodynamics. It becomes apparent that the lack of flap motion in rigid wall simulations has a significant effect on the predicted hemodynamic parameters, emphasizing the importance of FSI simulations in AD.

Modeling for the rise of surgical tools

The modeling of the rise of surgical tools is a strongly non-linear numerical problem, mainly due to numerous contacts between deformable, tortuous, and heterogeneous bodies and large displacements and complex material behavior such as arterial tissue. For this study, the Abaqus © software with an explicit method is used for numerical simulation. According to [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF] observations, the implicit numerical method leads to several months' calculation time, mainly because each iteration needs to solve an extensive linear equations system, which requires a considerable amount of computing resources, disk space, and memory. Compared with an implicit method, an explicit temporal integration scheme leads to more reasonable computation time and guarantees more robustness in terms of numerical stability (better contact handling). Therefore, this work is particularly interested in considering the complex contacts between the aorta and surgical tools.

Here, we show the results of numerical simulations that were conducted only for the purpose of structure computation, that is, without considering the hemodynamic effects on the wall, which were performed before.

Numerical models

Clinical data from the medical imaging of a patient with the aortic dissection at the level of the descending aorta are collected in collaboration with vascular surgeons from Wuhan Tonji Hospital.

In the preoperative period, the patient performs a three-dimensional scan with an injection of contrast product to observe the arteries' positioning and understand the endovascular procedure. These tomodensitometry images allow us to produce a digital model of the entire aorta with the software Simpleware ScanIP 2017 (Synopsis, CA, USA). Figure 3.40 illustrates the segmentation process with the generation of the associated model comprising the thoracic aorta, the abdominal aorta, and the two iliac arteries necessary to simulate the rise of the tools from the beginning of the endovascular surgery. Based on the work of [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF], the guide's rigidity affects the aorta's stress and displacement.

The flexible guide produces a stress of 0.1 MPa in the iliac artery whereas the stiff guide generates 0.5 MPa. The iliac artery has 1.9 mm displacement by the flexible guide and 15 mm by the stiff guide. These findings are consistent with the surgical technique where the guides straighten the arteries and are used to rise the catheter at a later step. In this simulation, the guides of brands Amplatz (rigid) will be applied and modeled with beam elements. We have observed that the type of elements (linear or quadratic) has no impact on the stresses generated in the aorta, the aorta's displacement, and the guide's trajectory. Therefore, to optimize the calculation time, we choose linear elements, same choice for the guide rise in the abdominal aorta [START_REF] Gindre | Patient-specific finite-element simulation of the insertion of guidewire during an evar procedure: guidewire position prediction validation on 28 cases[END_REF]. A convergence study allows elements of 1 mm size, that is to say, a ratio between the element's size and the length of the guide of 2 × 10 -3 .

According to [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF], the elastic mechanical characteristics of the Amplatz (rigid) guides were determined via experimental measurements that were described in her study. We assumed that the guide's elastic mechanical properties change throughout the various transition zones (Figure 3.41) rather than modeling a guide with a diameter that varies along its length (as was done before). Table 3.9 summarizes Young's modulus and Poisson's ratio values that were acquired and utilized to simulate the various sections, and transition zones of the Amplatz (rigid), respectively. To model the environment of the aorta, that means the surrounding tissues and organs. Springs were placed at the level of the different arteries that supply it and the level of the vertebral column's attachment zones to hold the model of the aorta (Figure 3.44). During the segmentation step, the scanner was used to identify the various locations on the body. To investigate the sensitivity of these springs to the stresses and displacements of the aorta, the stiffness of these springs varied between 0.1 and 1 N/mm. The introducer which guidewire passes through and the guide are placed at the entrance of the iliac artery. The ends of the springs, two iliac arteries, and the introducer are modeled by embedding. Figure 3.44 shows the model after it has been constructed with all of the modeled components. The guidewires (flexible at first, then rigid) and the catheter, positioned in the center of the incised femoral artery, are raised progressively at 20 mm/s speed, just as the surgeon might do during surgery. This avoids the phenomena of buckling and numerical oscillations which can occur.

contact

It is possible to manage the contact between deformable bodies using a variety of methods. In the study of [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF], many numerical techniques for addressing the issue of contact between various surgical instruments and the artery wall have been evaluated, namely the penalty and Lagrangian approaches described in detail [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF], which may be summarized as follows:

The penalty method allows for slight penetration between two surfaces. This method is easy to implement because the contact force F is calculated explicitly by the product of the displacement with a penalty coefficient k (Figure 3.45).

Figure 3.45: Penetration method [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] The choice of this coefficient, which is sometimes referred to as the contact stiffness, impacts the outcome. A small value of this penalty coefficient leads to large penetrations that are not acceptable, while a too-large value causes oscillations and numerical instabilities. According to the work of Linck ( 2005), further information on numerical solutions of the contact issue by means of the penalty approach may be found there. The advantage of this method is that there is no change in the dimension of the initial system and thus no introduction of new unknowns in the solution system. The most significant drawback of this approach is the selection of the penalty coefficient, which directly impacts the outcomes of the analysis.

The method of Lagrange multipliers allows to respect a condition of non-penetration between the different deformable solids and avoid the problems related to the choice of penalty coefficients. On the other hand, it is more challenging to implement since, on the one hand, it requires the introduction of additional unknowns, called Lagrange multipliers. On the other hand, it generally involves the definition of a master surface and a slave surface. Contact conditions are then imposed on the slave nodes, which must not enter the domain delimited by the master surfaces. The Lagrange multipliers then correspond to the contact forces acting on the slave nodes.

The simulation of the rise of surgical tools in the thoracic aorta is a complex and highly nonlinear numerical problem. Several deformable bodies whose surfaces are potentially in contact are essential. Therefore, it is necessary to use a robust resolution algorithm, which is the source of a significant computation time. With the experience of [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF] work, the penalty method was chosen to model endovascular treatment of TAAs(thoracic aortic aneurysm), for its efficiency and reduced computation times. However, selecting the numerical value of the optimal penalty parameter is often tricky because it depends on the local stiffness of the structure. In this study, it was fixed following a sensitivity study on the Von Mises constraints.

Results of tool insertion

Results of guidewire insertion

The numerical results showed that the rigid guide had little influence on the Von Mises stresses (Figure 3.46) but a significant influence on the displacement values. The iliac arteries are the parts of the model most influenced by the insertion of the guide. This can be explained by the insertion of guide at the entrance of iliac arteries, which are therefore the first to undergo the deformation imposed by the guide. However, our study focuses on the region of aortic dissection, where the deformation is less important (Figure 3.47). The numerical simulations of the catheter ascent begin once the rigid guide is inserted into the TL of aortic dissection. The catheter ascent speed is fixed at 20 mm/s as for the guidewire, assuming that the surgeon changes the speed of the surgical process of a negligible amount. In addition, the vertical displacement of the guide once it has been mounted in the ascending thoracic aorta was blocked so that it would not rise with the catheter. In the same way, the surgeon maintains the guide during the catheter rising. The catheter rising is shown below. 

Discussion

Numerical simulations were performed with a strong assumption of elastic and isotropic mechanical behavior. This reducing assumption is a first step in simulating the ascent of surgical tools in the thoracic aorta. The rise of these tools in the abdominal aorta has been simulated [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF][START_REF] Gindre | Patient-specific finite-element simulation of the insertion of guidewire during an evar procedure: guidewire position prediction validation on 28 cases[END_REF], considering a hyperelastic isotropic model is already closer to the mechanical properties of the aortic tissue.

The modeling of the surrounding tissues of the aorta is rarely studied in the literature [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF]. Our study has chosen to model the aortic attachment zones at the spinal level by springs whose stiffness allows us to get closer to the intra-operative aortic deformation. However, the recent work of [START_REF] Moireau | External tissue support and fluid-structure simulation in blood flows[END_REF] proposes a mathematical model applied on the whole aortic surface to address this complex problem. From a biomechanical point of view, it allows a better description of the effect of the surrounding tissues and organs of the thoracic cavity on the aorta. From a numerical point of view, it improves the stability of the simulations by limiting migration in regions that are usually left free (aortic surface) and by relaxing some constraints in areas that are typically fixed (iliac ends, for example).

In this study, arterial calcification in aortic dissection was considered, which coincides with the CT images we obtained showing the location of calcification. The critical advantage of patient-specific simulations is that they can consider these calcifications, which greatly influence the deformations observed during the tool insertion. The results of the numerical simulation will therefore be very close to the intraoperative images.

Conclusion

In recent years, numerical simulations in fluid mechanics have been increasingly used to model complex geometries to understand and predict arterial hemodynamics in cardiovascular pathologies. This numerical work follows experiments on aortic tissue samples, which characterize the arterial wall's hyperelastic behavior. With the results concerning the modeling of the arterial structure behavior, it was then necessary to focus on the precise and realistic modeling of the blood behavior and its interaction with the wall.

In this study, we modeled the behavior of blood with two models: Newtonian fluid and Carreau-Yasuda fluid. We observed that there is not significant difference when we comparing velocity and WSS characteristics. So we assumed that blood is Newtonian fluid. The Windkessel boundary conditions implemented in the OpenFOAM ® and FOAM-Extend software allowed the resistance of the rest of the arterial circuit, which is not modeled, and the compliance of arteries to be taken into account. The arbitrary parameters of this model are a negative point for its large-scale use without necessarily obtaining dynamic flow data, as the numerical values must be recalibrated on each patient. Currently, the boundary conditions on outputs in fluid models are either conditions on pressures, such as the Windkessel model, or conditions on velocities, thus on the distribution of flows between the arterial trunks. However, these conditions on the outlet velocities often lead to instabilities in the numerical calculations. Data from 4D MRI are of primary importance in the validation of hemodynamic simulation, and also the exponential improvement of medical imaging techniques is increasingly bringing clinicians and mechanics together. In-vivo data such as real-time flows obtained by clinicians on patients allow significant advances in numerical modeling. This study will present in the last Chapter.

The thoracic aorta, which includes the parts of aortic dissection, is one of the arteries (flap) that deforms the most under the effect of the cardiac pulse, hence the need for simulations of interaction between the fluid and the structure to approximate physiological conditions. The coupling using FOAM-extend has been validated in the case, we observed clearly the movement of flap with deformable walls. Due to the incredible complexity of the coupling necessary to simulate such a phenomenon, it is relatively difficult to reproduce it in a difficulty AD model at our disposal. So, we debugged many parameters in the numerical schema to ensure its convergence. Thus, numerical techniques offer a potential alternative for analyzing hemodynamics in AD and including wall motion in the simulation. This merits further study to see if the additional work needed to include wall motion into AD models is warranted in clinical translation.

In parallel with the fluid-structure interaction simulations and anticipation of the complete modeling of the surgical procedure, we were able to take up the work of [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF] and [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] on the rise of surgical tools in the aorta with AD pathology and adapt it to the whole aorta. This work presents an additional difficulty induced by the bending of the tools at the supra-aortic trunks. The numerical simulations of this study were performed with a strong assumption of elastic behavior for the vascular wall.

CHAPTER 4

Validation Because of advancements in computing capacity, in silico models may simulate in vivo circumstances more closely via numerical simulation. Two cases of AD are presented in this last chapter for which we performed CFD simulations and compared to MRI data. The results of the numerical simulations have been validated with clinical data from medical imaging dynamically for the observation of in-vivo blood flow during a cardiac cycle, preoperatively and postoperatively. In addition, a comparison between in silico and in vitro is interesting to illustrate the physics of hemodynamic. Therefore, an implementation of Particle Image Velocimetry applied for the same case in the framework of another thesis is compared with numerical simulation and described in this chapter.

Contents

Introduction

The previous chapter illustrated the study for the numerical simulation of hemodynamic flow (CFD & FSI) with a bio-faithful AD model. However, the data from 4D MRI are critical for the validation of hemodynamic simulation, and the exponential development in medical imaging methods enables an ever-closer relationship between clinicians and mechanics to be established.

In-vivo data, such as real-time flows collected by surgeon on patients, has enabled significant advancements in numerical modeling. A partnership with the Hospices Civils de Lyon on patients with AD and frequent follow-up results in the collection of two cases in this chapter. Both models accurately replicated the patient's physical characteristics, but they also imposed physiologically correct and individualized boundary conditions on the patient's body. One of these AD cases is very specific because the stent is normally released in the TL during endovascular surgery, whereas the surgeon released his catheter in the FL for this one case. This is very rare in the literature and in practice., so for this case, not only preoperative CFD simulation but also postoperative CFD simulation was performed.

On the other hand, in vivo data collection is restricted by the limitations of conventional medical imaging methods (resolution, availability, price, late diagnosis, etc.) and the capabilities of intrusive measuring tools. As a result, concluding the processes that cause AD is challenging. Despite the fact that 4D-MRI and 4Dflow assessments have significantly increased our understanding of AD development and treatment [START_REF] Chen | Aortic dissection assessment by 4d phase-contrast mri with hemodynamic parameters: the impact of stent type[END_REF] as a time-resolved and volumetric imaging tool, some critical quantities of interest, such as WSS, are still difficult to assess [START_REF] Stalder | Quantitative 2d and 3d phase contrast mri: optimized analysis of blood flow and vessel wall parameters[END_REF].

Alternative methods, such as numerical modeling and in vitro experiments, may provide even more precise visualizations, assuming that the mimicked settings are representative of bio-faithful conditions, as shown by [START_REF] Bonfanti | A combined in vivo, in vitro, in silico approach for patient-specific haemodynamic studies of aortic dissection[END_REF].

Several studies in vitro, ex vivo, and in silico are now being conducted to overcome the limitations of in vivo research [START_REF] Alimohammadi | Aortic dissection simulation models for clinical support: fluid-structure interaction vs. rigid wall models[END_REF][START_REF] Deplano | Mechanical characterisation of human ascending aorta dissection[END_REF][START_REF] Qiao | Numerical simulation of two-phase non-newtonian blood flow with fluid-structure interaction in aortic dissection[END_REF]. In most cases, these alternative approaches are used to obtain better visualizations of AD flows as well as multi-analysis possibilities (flow rate, pressure, wall displacements, etc.) using physical in vitro models [START_REF] Soudah | Validation of numerical flow simulations against in vitro phantom measurements in different type b aortic dissection scenarios[END_REF][START_REF] Birjiniuk | Development and testing of a silicone in vitro model of descending aortic dissection[END_REF] and numerical simulations [START_REF] Bonfanti | Computational tools for clinical support: a multi-scale compliant model for haemodynamic simulations in an aortic dissection based on multi-modal imaging data[END_REF]. However, there is rarely literature about the work for combining an in vitro circulatory mock loop that replicates in vivo pulsatile flow conditions, non-Newtonian blood imitating fluid, and patient-specific AD phantoms into a single experiment before. And to compare with the results in numerical simulation, which are used the same inital and boundary condition in vitro.

An essential goal of the current in vitro aortic flow simulator is to compare and verify numerical simulations with physical models of the same aortic phantoms to better understand how they work.

In this study, two Type-B AD was studied in silico using computational fluid dynamics (CFD) and in vitro utilizing a state-of-the-art mock circulatory loop and particle image velocimetry (PIV), developed by another Ph.D student who works in our laboratory. Both models accurately replicated the patient's physical characteristics from the segmentation precisely using the software Simpleware ScanIP 2017 (Synopsis, CA, USA) in this study.

AD case study

There are three AD models (Figure 4.1) for this study. For AD1, which was used for hemodynamic in Chapter 3, only the model geometry was accessible, as presented in Chapter 3. But, AD2 and AD3 models are provided 4D-MRI scans. As a result of these measurements, the geometry and in-vivo flow velocity fields may be determined. AD1 model of which we will perform the numerical simulation CFD with rigid wall and with boundary conditions which correspond to the experimental conditions and of which we will compare the results obtained by PIV AD2 model, which the entry site of dissection is located at the aortic arch. We received the 4D-MRI data and thus could realize the hemodynamic simulation with rigid wall and compare with both results from 4D-MRI data and PIV experiment.

AD3 model, for which the entry site of the dissection is at the level of the aortic arch and the exit site is at the level of both iliac arteries. Thanks to the 4D-MRI data we performed the hemodynamic simulation with a rigid wall and compared with the two results of the 4D-MRI data with preoperative and postoperative. In addition, because the dimension of FL is larger than TL, the stent was used in FL during endovascular surgery for this patient. 4.1 shows the peak systolic period and a preoperative cardiac cycle for three cases. AD1 used the data from [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF]. And the data of AD2 & AD3 from MRI data. The AD2 case is a fascinating solution because of the observed false lumen's significant narrowing (54 percent decrease). The entrance condition is a velocity profile based on the flow rates measured by 2D PC-MRI with 3D velocity encoding. The velocity vectors are measured perpendicular to the cut made by the operator, and then from the surface measurement, the average flow rates during the cardiac cycle can be calculated. Figure 4.3 illustrates the process. As a result, the 4D flow MRI acquisition thus includes a dynamic sequence to cover the entire thoracic aorta with the aortic dissection over 20 cardiac phases. As described previously, a 2D PC-MRI is also performed perpendicular to the vessel axis to obtain a local measurement of velocities, and thus flow rates, at the inflow of the ascending thoracic aorta and outflow of the descending thoracic aorta and supra-aortic trunks (Figure 4.4). The images (DICOM) from MRI were exploited for the reconstruction of the 3D model that was used in our numerical simulations (Figure 4.2).

After constructing the model, as described in Chapter 3.4.4 Mesh for fluid domain, we create the grid for the AD2. Because we only need to simulate the fluid part in this section and reduce the computation time and ensure the convergence of the calculation, we use 1mm size of polyhedral element for meshing (Figure 4.5). 

Conditions of entry

For the ascending aorta (at the entrance), we followed the method described in Chapter 3 Boundary conditions, creating a velocity field consistent with the AD2 patient-specific entrance plane by combining Poiseuille's methods described in AppendixA with flow rates obtained from MRI data.

Conditions of exit

For the four exits of the AD2 model, we use the same Windkessel module as described in Chapter 3 Boundary conditions. The parameters of the Windkessel model used are Rp, Rd, and C. The data from the work of [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] for the three supra-aortic trunks and the descending aorta of the numerical model were used to first fix the parameters of the Windkessel model which were then manually adjusted based on the dynamic imaging data. This recalibration of the parameters enables adaptation to the patient's personalities data, resulting in resistance and compliance levels unique to the individual patient. The parameters of the three-element Windkessel model used for the numerical simulations are available in Table 4.2. Rp, Rd, and C are respectively the compliance of the ascending aorta hydraulic resistance of the vessel and the vessel's compliance. AD3 model is a rarely case. Due to the shape of its aortic dissection peculiarities and the circumstance of blood flow (helical flow) between the TL & FL in vivo (Figure 4.6), the surgeon places a stent inside FL when performing interventional procedures. The surgeon observed the helical flow in the stent in vivo with 4D-MRI. Therefore, it is interesting to perform both preoperative and postoperative numerical simulations for this case. Previously published research has approximated helical flow qualitatively using 3D flow visualization and analysis of pathlines, streamlines, and flow vectors [START_REF] Frydrychowicz | Interdependencies of aortic arch secondary flow patterns, geometry, and age analysed by 4-dimensional phase contrast magnetic resonance imaging at 3 tesla[END_REF][START_REF] Clough | A new imaging method for assessment of aortic dissection using four-dimensional phase contrast magnetic resonance imaging[END_REF]. These techniques for analyzing and classifying helical flow may continue to be observedependent. A more quantitative assessment of flow helicity may be accomplished via the use of factors such as the vorticity magnitude threshold and local normalized helicity (LNH) [START_REF] Garcia | Discrepancies between cardiovascular magnetic resonance and doppler echocardiography in the measurement of transvalvular gradient in aortic stenosis: the effect of flow vorticity[END_REF][START_REF] Chiastra | Computational fluid dynamic simulations of image-based stented coronary bifurcation models[END_REF].
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To determine helicity, vorticity must first be calculated using equation 4.1, the velocity vector's gradient. H d is defined as the scalar product of velocity and vorticity in each voxel, computed in three dimensions using equation 4.2.

ω( r, t) = ∇ × u( r, t) (4.1)

H d = u( r, t) • ω( r, t) (4.2)
where u( r, t) is the vector of local velocity, ω( r, t) is the vector of vorticity, r is a three-dimensional vector and t represents time. H d is computed for each three-dimensional voxel, and then for each area, the mean of all voxels is calculated. H d can be defined as the kinetic helicity density and be normalized in accordance with the magnitude of the velocity and vorticity, resulting in a locally normalized helicity (LNH). And the angle α formed by the velocity and the vorticity may be computed and is denoted by the LNH, α :

LN H = u( r, t) • ω( r, t) | u( r, t) ω( r, t)| = cos α (4.3)
As a result, the maximum value of LNH will be 1, and the minimum value will be -1. In earlier research with small populations, a visualization threshold of ±0.8 for LNH was utilized to identify increased LNH areas [START_REF] Morbiducci | Inflow boundary conditions for image-based computational hemodynamics: impact of idealized versus measured velocity profiles in the human aorta[END_REF]. Indeed, by definition, it is a measure of the alignmentmisalignment of the local velocity and vorticity vectors, and its sign is a helpful indication of the helical structure's rotational direction. When observed in the forward flow direction, positive Because of the strong narrowing of FL, flows are characterized by sharp contrasts between the top region (pre-narrowing area) and the lower region (post-narrowing area), where distinct patterns are seen depending on the cycle phase. A tremendous whirling shape is seen immediately before the narrowing area during the early-systole phase (t=0.06s). Around the systolic peak (t=0.108s), a narrowing pathway with a high velocity emerges and feeds the post-narrowing period. This unique channel flow shape is caused by the curvature of the left wall, which diverts the flow and pushes it into the smaller lumen. During this rising flow phase, the top area (aortic arch and three arteries branches) looks almost parallel streamlines, and all swirling patterns vanish. The flow of descending aorta features extremely crisp, ordered, and parallel streamlines in laminar flow.
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As with normal divergent section pipe flow, the flow coils immediately below the constriction during systole deceleration (t= 0.2s). Recirculation occurs in this post-reduction area, resulting in the formation of a vortex. Finally, during diastole (t=0.4s), we witness the backflow phase at the re-entry, in which the flow ascends the TL from FL. We first implement preoperative CFD Newtonian simulation. The following figure 4.12 shows a comparison between the blood flow rate recorded with PC-MRI and the blood flow rate produced with the CFD model at four distinct locations: ascending aorta(inlet), brachiocephalic artery, left common carotid artery and left subclavian artery. On the whole, the anticipated waveforms match with those seen in vivo, and there is excellent synchronization between the two waves in each of the four sites studied. The flow streamlines with preoperative 4D-MRI data and CFD simulations are compared (Figure 4.13). We could observe the same flow phenomena between in vivo and CFD simulation, even if at peak systole, the velocity in TL of CFD simulation is more significant than the MRI data. The streamlining of flow is also compared with postoperative 4D-MRI data and CFD simulations (Figure 4.16). We can well observe a high agreement between MRI and numerical simulation results. We also compared the preoperative and postoperative results for patients' flow rates and pressures. From Figure 4.18, Figure 4.19 and Figure 4.20, we can reasonably conclude that placing a stent in the FL for this patient during the interventional procedure is reasonable. We can also observe from Figure 4.20 that the four arteries (hepatic artery, superior mesenteric artery, and two renal arteries) connected to the true lumen are not affected by the blockage of the true lumen by the stent, beause of blood reflow from FL to the TL, where the four branches of the TL will be able to work and remain unaffected (Figure 4.17). In the aortic branches and the distal TL, elevated TAWSS values can be seen (Figure 4.21). Due to the pathological thoracic aorta's higher hydrodynamic resistance, there is more flow in the three branches than would usually be anticipated in a healthy aorta. As a consequence, the branches have higher TAWSS scores. Despite the decreased flow rate via the distal TL, its geometric constriction increases local velocities, resulting in higher TAWSS values. We also observed higher values of TAWSS greater than 5 Pa in postoperative analysis, not only because of the patient's advanced age (78 years old) but also because of the placement of the stent into the FL, which is narrow than the normal thoracic artery. The false lumen is subjected to the development of calcification plaque, therefore wall shear stress characteristics distribution and fluctuation throughout the cardiac cycle is essential evaluating of risky areas with preoperative and postoperative. For preoperative, the presence of helical counter-rotating structures upstream of the ascending aorta, in the bulge area (the entry of dissection), and the region of two common iliac arteries are discovered over the cardiac cycle. And there are helical structures found along the descending thoracic aorta at systole deceleration and diastole. For postoperative, LNH showed that helical structures distributed almost all the aorta during the cardiac cycle and distributed in approximately equal shares among clockwise (red) and counterclockwise (blue) structures. This is because the postoperative patient has a narrower diameter than the preoperative patient's arterial size, indicating the existence of a more stable and helicoidal flow pattern as a consequence of vascular remodeling despite the higher blood flow. 

Discussion

The purpose of this research was to assess and verify patient-specific preoperative and postoperative simulations of AD utilizing qualitative and quantitative comparisons to in vivo data obtained by 4D-MRI, not only the patient (AD2) with normal flow in aorta but also the patient (AD3) with strongly helical aortic flow. The findings of these simulations must be biologically correct to offer valuable insights. It means securing model parameters from patient-specific data, such as geometry and input and outflow boundary conditions. The use of 3D inlet velocity profiles and 3-element Windkessel outlet models has been shown to produce the most physiologically accurate CFD model results.

In addition, this project addressed the complex modeling of blood rheology and allowed the numerical results to be compared with new medical imaging data for a specific patient. Indeed, recent improvements in acquisition methods and resolution of medical imaging devices allow the acquisition of crucial quantitative information on the impact of vascular diseases and on aortic or pulmonary blood flow. In this project, the blood rheology model was validated on two patients due to the technical difficulty of the clinical examination. However, continued progress in this area will allow for clinical validation on a more significant number of patients in the future. CFD models of AD have been created to investigate dissection's hemodynamics and obtain a mechanical knowledge of critical anatomical characteristics associated with different disease progressions (atherosclerosis, aneurysm, etc.). It can be concluded that numerical tools are a promising option for analysing hemodynamics in AD.

Comparison with in vitro

Until far, only a few researchers have tried to integrate in vitro and in silico methods to investigate AD. Chen et al. ( 2016) created a three-dimensional FSI model of an idealized AD and verified the findings using in vitro ultrasound measurements in a porcine AD model using a pulse duplicator device; however, clinical ultrasound data have limited resolution. A well-established method for flow diagnostics, particle image velocity (PIV), can generate high-resolution velocity fields for visualizing and quantifying vascular flows. Utilizing an experimental method such as PIV enables the validation of numerical models in a highly controlled setting with a degree of repeatability and precision not achievable in vivo [START_REF] Raffel | Particle image velocimetry: a practical guide[END_REF]. Using calculations and tests, PIV was recently utilized to investigate the effect of tear size on the flow in an idealized AD model (Zadrazil et al., 2020). However, no patient-specific in vitro AD studies have been conducted so far using PIV with Carraeu-Yasuda model.

3D printed aorta model

In this section, we use the rigid and compliant 3D printed aortic dissections for in vitro experiment. These models are utilized for case studies based on in vivo data from patients and for comparisons between numerical and case studies. Compared to casting and silicone injection techniques, 3D printing provides quick prototyping (within 48 hours) at a cheap cost. It would be helpful for quickly manufacturing a human aorta and evaluating it in an in vitro setting for surgical training and stent-graft testing, among other applications. One of the advantages of 3D printing is the simplicity with which patient-specific geometry may be produced. However, in 3D printing, no material is both flexible and transparent. The PIV must use the transparent model to function properly, so we sacrificed the soft one. We also tried to make soft prints, but the transparency was insufficient for the PIV (we could not see the particles). It was necessary to find a compromise between transparency and compliance while using 3D printing methods. Because PIV measures are dependent on transparency, it is a non-negotiable characteristic. With stiff walls, we have decided to create a less biomimetic model of AD, which is still useful for testing the validity of aortic flow measurements from CFD simulations. To produce a rigid, transparent model of the patient-specific AD, a 3D phantom was constructed using 3D printing technology from 3D MEDLAB Company (Figure 4.25). Figure 4.26 shows the detail of AD1 and AD2 models that were printed using 3D printing. Additionally, in stiff AD models, extra components must be added to the mock loop to simulate the dampening effect. As a result, as illustrated in Figure 4.27, a compliance chamber is installed at the phantom's output. For this experiment, resistive valves are placed at each outlet (aorta, left common carotid, brachio-cephalic, and left subclavian arteries) to simulate capillary bed resistance. Because the "Solenoid valve" in PIV, which gives the pulse, cannot correspond to the flow rate from the MRI data. On the manipulator, the maximum flow rate limit from the experimental bench is less than three times that of the MRI image data. Therefore, The solenoid valve is used to impose a cardiac cycle with a period of T=0. The numerical values of the various parameters of Carreau-Yasuda law are summarized in Table 4.5.They correspond to the characteristics of fluid used in experiment. The characteristics of the model specified in the transportProperties file and whose numerical values of viscosities are divided by the density of the fluid are entered as follows in FOAM-Extend:

BirdCarreauCoeffs { nu0 nu0 
[ 0 2 -1 0 0 0 0 ] 8.726e-5; nuInf nuInf [ 0 2 -1 0 0 0 0 ] 5.2356e-5; k k [ 0 0 1 0 0 0 0 ] 50; n n [ 0 0 0 0 0 0 0 ] 0.22; } Both 2 case phantom experiments use the synchronization mode (solenoid valve/PIV synchronization) to implement the particles, PIV equipment, and process. The cardiac cycle is described using 12 cycle instants. Five hundred pairs of images are shot for each instant to compute velocities and reach an excellent statistical convergence. The time-lapse t is set for each cycle instant using this technique, as a wide range of flow velocities is observed throughout the cycle. Since each instant is treated independently, this t adaptation improves cross-correlation quality. The parameters of PIV imaging and their associated cycle instants are listed in Table 4.6. 

AD1

Indeed, optical access to regions in the phantom where limited. In AD1, PIV was focused on the entry tear region. The intimal flap's complicated shape and thickness resulted in light distortions and reflections in the region, resulting in blind areas for the camera to see through. The results were provided with a high degree of uncertainty, and there were several blind areas that prevented a thorough analysis of the tear region. In regions with non-straight geometries such as the entry tear, arch branches, and the intimal flap, it was expected that there would be some optical issues because the printed phantom surface quality was less smooth than expected. But when we compare it to the CFD results, the results are encouraging. Four areas 1, 2, 3 and 4 were singled out as particularly intriguing for discussing their similarities and contrasts. Regions 2, 3 and 4 are found as high-velocity areas in k =6, 9, and 10, while region 1 is linked with a stagnation area. At the same instant, the in vitro experiment revealed a lower velocity in the FL than the numerical calculation. In terms of the TL, both methods exhibit similar trends. Figure 4.31 depicts a three-dimensional representation of the velocity vectors with the CFD simulation results. The aorta's entrance and entry tear areas have the most significant velocity. Region 1 is once again recognized as a low-velocity stagnation zone. The preferred route is down once the flow has passed through the entrance tear and entered the FL. The 3D image confirms the trends seen in the 2D view for each area. According to these first findings, this aorta model is more straightforward than AD2, including an entrance rip and a false channel in the aortic arch's continuity. Thus, the flow is guided along a relatively smooth route with no significant direction changes. 3-D analysis does not reveal anything significant about the flow structure. These findings indicate the potential applications for in silico study combined in vitro bench, which is feasible in increasingly complicated phantom geometries.

AD2

The AD2 model has a more complex geometry with significant flow direction disturbances caused by the entrance tear's placement in the aortic arch and the FL's diameter shrinking. The three-dimensional perspective provided by the numerical simulation is anticipated to provide more information than in the AD1 scenario. And Due to the improved phantom surface quality and optical accessibility to areas of interest, AD2 produces much higher-quality findings.

This section compares AD2 flows between the PIV and CFD in the FL. In Figure 4.32, the first, PIV, and numerical simulations are compared in the same plane. The three recorded instants were selected to illustrate the two whirling formations designated regions 2 and 4 (upward and backward from the diameter narrowing, respectively) and the high-velocity route near the systolic peak in the narrowing (region 3). Region 1 is the entrance tear, which is situated behind the PIV plane from the camera's perspective. The dashed lines delimit the PIV ROI in the simulation results shown in the Figure 4.32. The CFD simulations results are shown with normalized magnitudes of velocity and vector projections to the PIV plane.

In the arrowing area, comparable velocity values are found in the PIV and numerical simulation for k =6 and k =9. At each moment, significantly greater velocities near the entrance tear are detected (region 1). They are less noticeable in the PIV data. At the systolic peak (k =6), region 1 contains the simulation's most tremendous velocity. By comparison, there is no significant change in the magnitude of velocity in PIV findings for region 1 throughout the cycle. Note that, due to the entrance tear's position, the emerging fluid flows mostly in an orthogonal direction to the experimental plane. This strong out-of-plane flow cannot be detected adequately by the 2D-2C PIV system [START_REF] Moravia | In vitro assessment of abdominal aorta non-newtonian hemodynamics based on particle image velocimetry[END_REF], resulting in an underestimate of velocity. PIV experiment's imaging method and selected plane are insufficient for quantifying velocities in this entrance tear area.

In addition, the constricting areas where the flow is mostly contained inside the experimental plane. Lower velocities and whirling formations define Region 3. At k =9, this rotating flow is seen both in vitro and in silico. Additionally, at the systolic peak (k =6), the more excellent velocity route is seen in the narrowing for both approaches: near the wall, velocity is similarly close to zero in regions 2 and 4, with stagnation zones in these two bulges. However, discrepancies between the PlV and numerical simulation results are also found. The upward constriction of the counterclockwise whirling structure is not seen in the numerical simulation at k=1. It never appears throughout the cycle. The reason is most likely due to variations in boundary conditions. The numerical simulation shows a less strong backward phase, and the upward velocity does not produce the whirling upward caused by the constriction.

In both methods, just the spiraling structure downhill into the constriction is visible. This last vortex remains longer throughout the cycle in the numerical simulation because the backward flow does not destroy it. This difference is most likely due to the in vitro experiment's Windkesel compliance chamber design. Indeed, excessive compliance would result in a more significant energy restoration in the system after systole, resulting in a more significant backward flow. The in vitro experiment over-represents reverse flow. The compliance system's inability to adjust in the in vitro simulator is a shortcoming that must be addressed further to cope with rigid wall models. A thorough comparison of numerical simulations and experimental results established the consistency and accuracy of the aortic domain blood flow patterns. In the case of AD1, the numerical simulation's 3D visualization corroborated the trends seen in the 2D PIV plane. The third dimension provided no discernible information. In contrast, the 3D view added additional dimensions to the AD2 case by revealing which geometry had a 3D effect on the flow structure. These similarities prompted the notion of developing complementing flow visualization and analysis tools to understand aortic flow patterns better. Additionally, differences were noticed, although, for the sake of this first comparison, the boundary conditions of each outlet were not tuned. The limitation of this experiment is that there is an absence of a way to achieve patient-specific dynamic BCs. In particular, the vessel input flow rate waveform and the afterload resistances and compliances are adjusted following available clinical datasets to achieve the desired systolic and diastolic pressures and cardiac output distribution.

Discussion and conclusion

This research describes a method to perform patient-specific AD simulations using the most significant anatomical and flows data available in vivo. In this section, the rigid wall model used for CFD simulations gives first flow estimates compared with dynamic imaging, imposing physiologically correct and individualized boundary conditions. Validations against in vivo measures reveal a high degree of concordance in general. The findings of this study should contribute to a better understanding of the flow patterns and hemodynamic conditions in type B aortic dissections, with the long-term goal of identifying biomechanical factors that can be used to predict the likelihood of subsequent aneurismal degeneration and rupture in these patients for preoperative and postoperative.

The cutting-edge models of PIV experiment Moravia (2021) featured computer-controlled pulsatile flow, a patient-specific AD model, and the corresponding blood flow characteristics (Carreau-Yasuda model). This study shows how in vitro and in silico techniques may be created in concert to precisely recreate the patient-specific hemodynamics of complicated AD cases, thus providing a new paradigm for treating AD or other vascular diseases. In addition, the PIV experiment aims to provide a robust framework for conducting accurate experimental and numerical hemodynamic investigations of AD pathology using non-invasive clinical data and investigation as a tool to improve clinical outcomes and are often validated against in vitro experimental data. As recent researches [START_REF] Thubrikar | Wall stress as a possible mechanism for the development of transverse intimal tears in aortic dissections[END_REF][START_REF] Xiang | Hemodynamic-morphologic discriminants for intracranial aneurysm rupture[END_REF][START_REF] Chiu | Effects of disturbed flow on vascular endothelium: pathophysiological basis and clinical perspectives[END_REF][START_REF] Meng | High wss or low wss? complex interactions of hemodynamics with intracranial aneurysm initiation, growth, and rupture: toward a unifying hypothesis[END_REF] indicate, fluid dynamic markers such as WSS characteristics and FL & TL pressures significantly impact AD's long-term progression. Informed clinical planning cannot rely solely on geometric data. However, it must also consider the pathological and complicated hemodynamic environment that characterizes complex AD cases. It is impossible to overstate the importance of such a synergistic strategy to AD research and clinical translation. Assuring the validity and accuracy of simulations is a critical step in transferring such methods to the clinic. The experimental methods created in this study serve as a baseline for validating the findings generated in silico. Once validated, CFD models may be used to accurately predict hemodynamic indicators such as WSS that are difficult to measure experimentally and impossible to assess in vivo. Additionally, in silico models may simulate various interventional situations (e.g., Chapter 3.8 Modeling for the rise of surgical tools).

General Conclusion

Currently, the growing popularity of endovascular surgery is characterized by a strong alternative to traditional open surgery for many AD patients. Endovascular repair of the thoracic aorta is characterized by reduced morbidity, shorter hospital stays, less invasive treatment, and thus faster recovery. The main criterion for the recommendation of endovascular surgery remains the prevention of rupture. In contrast, criteria concerning the medium-and long-term durability and performance of the stent graft are still secondary [START_REF] Khanna | Endovascular repair of thoracic and abdominal aortic aneurysms/dissections[END_REF]. The main long-term complications are stent migration and endoleaks of various types, leading to dangerous pathology AD. These complications can result from several factors, and there are significant differences in clinical opinion regarding the best treatment procedure. In addition, these complications are more common in the thoracic aorta than in the abdominal aorta because of the curvature of the aortic arch. However, it is generally accepted that all of these complications are related to instability, poor sealing, or poor contact between the stent graft and the vessel wall at the fixation sites [START_REF] Atkins | Aortic dissection: perspectives in the era of stent-graft repair[END_REF]. They result from several factors such as poor sizing or positioning of the stent-graft, material fatigue, or often a complex aortic morphology that is difficult to apprehend intraoperatively.

This thesis aimed to model the complete endovascular procedure (Figure 4.34) for AD to understand the origin of these complications and thus propose new criteria for a reliable operational solution for precise localization and control of stent-graft delivery. However, in clinical practice, the surgical tools' behavior and the stent delivery's success are affected by the blood flow and the periodic deformation of the vessel, in particular, the thoracic aorta subjected to displacements and deformations more critical than the rest of the arterial circuit. Therefore, the numerical simulation of hemodynamic in AD and the behavior of surgical instruments in a dynamic AD environment are the research that concerns both the rheology of arteries and blood.

To achieve this, we were first concerned with the mechanical behavior of the arterial wall because material characterization methods have demonstrated the nonlinear, anisotropic, and viscoelastic character of aortic tissue due to its layered structure. Uniaxial [START_REF] Menut | Characterization of the mechanical properties of the human aortic arch using an expansion method[END_REF] and biaxial [START_REF] Deplano | Mechanical characterisation of human ascending aorta dissection[END_REF] traction tests and expansion experiments [START_REF] Menut | Characterization of the mechanical properties of the human aortic arch using an expansion method[END_REF] on an aorta submerged in water were used to characterize the overall aortic tissue behavior. The mechanical behavior for all human thoracic aorta specimens is characteristic of hyperelastic behavior. Although the orthotropic characteristic of the aortic tissue is well-founded in the pieces of literature [START_REF] Holzapfel | A new constitutive framework for arterial wall mechanics and a comparative study of material models[END_REF][START_REF] Gasser | Modeling the propagation of arterial dissection[END_REF][START_REF] Fung | Biomechanics: circulation[END_REF] for healthy tissues, we decided to model the mechanical behavior using an isotropic hyperelastic Mooney-Rivlin type law. This choice for this study has its limitations but can be considered as giving good results for this research project. The rheology of blood, which has a shear-thinning and thixotropic nature, is strongly influenced by the unsteadiness of shear stresses in the flow. In this study, we hypothesize that blood is a Newtonian fluid, which has been validated.

According to an increasing research, regions with a high OSI and a low TAWSS are more prone to rupture [START_REF] Xiang | Hemodynamic-morphologic discriminants for intracranial aneurysm rupture[END_REF], calcification [START_REF] Bassiouny | Hemodynamic stress and experimental aortoiliac atherosclerosis[END_REF], or wall thickening [START_REF] Wen | Investigation of pulsatile flowfield in healthy thoracic aorta models[END_REF] in the presence of aneurysms. According to [START_REF] Meng | High wss or low wss? complex interactions of hemodynamics with intracranial aneurysm initiation, growth, and rupture: toward a unifying hypothesis[END_REF], these regions show a range of endothelial dysfunction, including increased permeability and stickiness, and inflammatory responses [START_REF] Chiu | Effects of disturbed flow on vascular endothelium: pathophysiological basis and clinical perspectives[END_REF]. Hence, for these critical, the role of blood flow and the parietal stresses it induces in developing these pathologies cannot be neglected.

A primary ambition in hemodynamic modeling is the representation of the rheological behavior of blood in the complex anatomical features of AD. For this reason, we chose to study hemodynamics in a specific patient AD model. For the solution of the Navier Stokes equations, we decided to use the open-source software OpenFOAM, which offers the possibility to develop new solvers that can be modified and compiled in an unlimited way, offering a straightforward implementation of complex mathematical models. The comparison of CFD numerical results between Newtonian and Carreau models shows no significant difference, demonstrating the possibility of fluid characteristic hypotheses. In the last chapter, we realize the two specific patient AD cases CFD simulation with the individual boundary conditions obtained from imaging data. The results showed highlight similarities with dynamic 4D MRI data during systolic and diastolic phases with the Newtonian model, confirming the use of such a simplified rheofluidic model.

The FSI simulation has also been addressed in this thesis using a partitioned approach and a strong coupling necessary for the coupling between blood and artery. A solver for fluid-structure interaction exists in the extended version of OpenFOAM, called FOAM-Extend. Hemodynamic simulation models must be employed to describe tissue behavior, and FSI numerical simulations must account for artery deformation. Because of the limitation in terms of the convergence and the computational time, we did not distinguish Young's modulus of the IF from other regions of the arterial wall. The FSI model outperforms rigid wall CFD simulations in recreating the thoracic aorta fluid hemodynamics when used to investigate the motion properties of arteries. It becomes clear that the absence of flap motion in rigid wall simulations has a substantial impact on the anticipated hemodynamic parameters, highlighting the critical role of FSI simulations in AD.

The work devoted to modeling the ascent of surgical tools, including the rigid guidewire and the catheter containing the stent graft, in the aorta with an AD pathology is also realized in this thesis. The Abaqus © software with an explicit scheme is used for the numerical simulation of this highly nonlinear problem, mainly due to numerous contacts between deformable, tortuous, and heterogeneous bodies and the large deformations and the complex materials involved. In the first step, the behavior of the arterial wall was modeled with an elastic law. The behavior of non-biological materials required for complete endovascular surgery models, such as surgical tools and stent-grafts are based on the results of [START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF] and [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF]. And The interest of this modeling is the possibility to model complex AD cases, considering the specificities related to each patient, simulating and evaluating the different steps of the endovascular procedure in the preoperative phase.

The last part of this thesis is the validation between in vivo and in silico and in vitro with in silico.

For this study, we used qualitative and quantitative comparisons to in vivo data acquired by 4D-MRI to evaluate and validate patient-specific preoperative and postoperative models of AD. To be valid, the results of these simulations must be physiologically accurate. Input and outflow boundary conditions, geometry, and patient-specific data correspond to MRI data. The most biologically realistic CFD models utilize 3D inlet velocity profiles and 3-element Windkessel exit models. Two AD bio-faithful CFD models were compared to MRI data for all patients and showed excellent qualitative agreement. Aortic dissection hemodynamics and key anatomical features linked with various disease progressions have been studied using CFD AD models (atherosclerosis, aneurysm, etc.). Numerical techniques are a potential alternative for AD hemodynamic analysis. Additionally, there is a parallel thesis [START_REF] Moravia | Design of an in vitro circulatory mock loop to study non-Newtonian hemodynamical flows in aorta phantoms: application to aortic dissection[END_REF] that focuses on aorta phantom flows PIV used in AD (similar geometry) allows the comparison and inter-validation of both model techniques throughout the research. A similar pulsatile flow and dynamic BCs were used in both in vitro and in silico models. Comparing hemodynamic results shows a high degree of qualitative agreement. The findings of this research establish the accuracy and reliability of numerical and experimental techniques for simulating the patient-specific models. This work demonstrates optimism that these models may be used further to investigate the hemodynamics of the patient-specific AD instance and evaluate surgical methods.

As well as supporting the creation of new or personalized in-vitro medical devices (PIV experiment), the proposed platform (Figure 4.34) can evaluate clinically significant hemodynamic indicators.

Overall, the integrated method provided here is a valuable tool for investigating AD's hemodynamics in unprecedented depth. It, therefore, represents a breakthrough in patient-specific AD hemodynamic modeling and simulation and may be extended to other vascular diseases, altering the existing clinical paradigm. 

Perspectives

The final objective of our project is to perform a virtual surgical simulation of the whole endovascular stent graft procedure for the patient-specific AD model. This procedure has a high rate of short-term success, and its indication compared to open surgery is increasing. Despite many benefits (reduced blood loss, reduced recovery time), hindsight is insufficient and has limitations related to complex anatomical configurations. This procedure, therefore, needs to be more reliable and secure. In this context, it is essential to identify the mechanical behavior of the aorta for further numerical simulations. This approach is part of a computer-aided design project for surgical procedures. It needs accurate tools/tissue interaction, including blood behavior simulations (CFD & FSI), to suggest a realistic customized solution for a proper deployment system and a suitable stent recommendation.

This research effort explored simplifying the numerical modeling of the whole endovascular process for treating the AD pathology model. These simplifications first concern the global mechanical characterization of the artery with a hyperelastic and isotropic law. However, there exists research that has led to many anisotropic hyperelastic models [START_REF] Gültekin | Computational modeling of progressive damage and rupture in fibrous biological tissues: application to aortic dissection[END_REF]. Also, numerical models do not account for the thrombus behavior [START_REF] Yazdani | Data-driven modeling of hemodynamics and its role on thrombus size and shape in aortic dissections[END_REF] and also the motion of RBCs. The porous-hyperelastic and viscoelastic behavior of thrombus requires further investigation on the effect of vascular disease.

In addition, for the complete modeling of the endovascular treatment, it is necessary to address the stent graft deployment in a thoracic aorta with AD pathology, for which numerical simulations have not been performed in this thesis work. However, the work performed at LaMCoS [START_REF] Altnji | Morphological and stent design risk factors to prevent migration phenomena for a thoracic aneurysm: a numerical analysis[END_REF] has allowed us to advance in this field by considering the hyperelastic mechanical behavior of the aortic wall and the stent-graft assembly. This assembly includes modeling the fabric performing the sealing of the stent and the metal part with superelastic and shape mechanical memory behavior, allowing the stent to recover its initial shape and adapt to the shape of the vessel. These simulations are illustrated in Figure 4.35 and show the gradual and realistic deployment of the stent when the surgeon removes the catheter. Our aim is to perform the same process for the aortic dissection and validate with MRI. In the future, simulations of AD pathology, with the most appropriate conditions as possible, could be used to analyze patient-specific AD model and assess whether they should be treated or not. In this sense, we opted to develop all the numerical steps with free and open-source software. This choice has several positive consequences:

1. If needed -since the source code of the applications used is publicly available -improvements and their implementation within the software can be made by any user with the ability to do it; 2. If someone wishes to follow the same approach, it only needs to download and use it, accelerating the process of improving the results and repeatability; 3. The whole methodology can be performed without commercial complications (interoperability).

x and y, and moving all the points (which are the centers of meshes) so that this center is located at coordinates (0, 0).

3. Then it is necessary to express the positions of all the points in 2D polar coordinates (r, θ).

The third coordinate is supposed to be constant on the whole input surface.

4. Next, we need to compute a normalized radius for each interior point. This radius is calculated by first identifying the two points on the contour with the closest θ values. From the radii of these two points on the outline (R i and R j ), an interpolated radius R int of an imaginary point of the contour is computed. This fictitious point is on the same line that connects the interior point to the center of the surface.

5. Based on the radius of the imaginary point of the contour, the normalized radius (r n ) of the interior point can be calculated as r n = r/R int and the appropriate velocity can be associated with this point.

A.2 Matlab © Code

The Matlab © code below allows adapting a Poiseuille profile to a non-circular surface for Open- FOAM or FOAM-Extend (The function for calculation the ratio is from the work of [START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF]). issu du logiciel open-source FOAM-Extend ® , permettant des simulations numériques multiphysiques réalisant le couplage fluide-structure entre l'hémodynamique et la déformation artérielle pour aider au processus de planification. En outre, à l'aide du logiciel Abaqus, nous réalisons le placement des outils chirurgicaux dans un AD "bio-fidèle" modèle. Cela permettra de prédire la déformation du lambeau et de la paroi de l'artère lors de la mise en place des outils. Et aussi, avec la simulation numérique, nous pourrons réaliser l'hémodynamique dans l'aorte du postopératoire pour prédire la modification du flux. Enfin, les résultats de la simulation numérique sont comparés aux données de l'IRM pour avoir une validation des modèles numériques. 
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 1 Figure 1.1: Human aorta antomy

Figure 1 . 2 :

 12 Figure 1.2: Pressures and volume debits are representative of the human cardiac cycle: the dotted line is the pressure measured in the aorta (based on the work of Themes (2016))
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 13 Figure 1.3: Location of the aorta in the body (image : Dr Claude VAISLIC © )
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 14 Figure 1.4: Aortic arch (image : Dr Claude VAISLIC © )
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 15 Figure 1.5: Diagram of an aortic dissection formation (image: J.Heuser © )
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 1 Figure 1.6: Aortic dissection with examples entry and exit sites

Figure 1 . 7 :

 17 Figure 1.7: Classification of aortic dissections, according to DeBakey and Stanford Classification(image : Gawinecka et al. (2017))

Figure 1 . 8 :

 18 Figure 1.8: Diagram of a classic surgical procedure: a synthetic prosthesis is implanted in place of the dissection:(A)Interpretation of an acute type A aortic dissection-the dotted line indicates the dissection;(B)After the entire underside of the aortic arch is removed, the head vessels are connected to the remaining aorta through a thin peninsula of tissue;(C)The graft is matched to the aorta and sutured with a fine needle to reconstruct the distal anastomosis;(D)Intraoperative photograph show the distal anastomosis configuration;(E)Intraoperative photograph of the completed transverse arch peninsula style repair. (Image: Chiu and Miller (2016)).
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 1 Figure 1.9: Diagram of an endovascular procedure: the stent is gradually deployed in a descending aortic dissection:(A) The presence of the IVUS(intra-vascular ultrasound) catheter in the true lumen;(B) Primary intimal rupture over the descending aorta;(C)Stent graft covering primary intimal tear.(Image : Uchida and Sadahiro (2018))
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 1 Figure 1.10: CT images of 51 year-old male diagnosed with subacute umcomplicated type B aortic dissection,(A)Pre-operation;(B)2 months after Endovascular treatment;(C) CT images demonstrated favorable remodeling of the dissected descending aorta after one year of intervention. (Image:Uchida and Sadahiro (2018))
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 1 Figure 1.11: Differentiate true lumens and false lumens
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 1 Figure 1.12: The delivery system is advanced into the aortic arch.(Image: adapted from Leshnower and Chen (2018))
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 1 Figure 1.13: Brand Gore © : flexible endoprosthesis adapted for endovascular surgery of the thoracic aorta
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 2 Figure 2.1: Blood composition

Figure 2 . 2 :

 22 Figure 2.2: (a) Scanning electron microscopy of red blood cells ×1800 (b)The average dimensions of a red blood cell (c) In the small vessels, the red blood cells form aggregates called "Rouleaux" ×250[START_REF] Mescher | Junqueira's basic histology: text and atlas[END_REF] 

Figure 2 .

 2 Figure 2.3: (1) Shear stress versus shear rate diagram for Newtonian (solid line) and non-Newtonian fluids in a simple shear flow. The dotted line represents a non-Newtonian fluid with a yield stress.The top dashed line indicates shear-thinning fluid without yield stress.The bottom dashed line represents shear-thickening fluid without yield stress.(Bao et al., 2017) (2) Viscosity-shear rate relationships for Newtonian (solid line) and non-Newtonian(dashed line) fluids

Figure 2 .

 2 Figure 2.5: Variations of relative viscosity as a function of shear rate for three hematocrit 45% suspensions: Normal RBCs are in plasma (NP), albumin-Ringer RBCs are in albumin (NA), and hardened RBCs are in albumin-Ringer (HA) ((Chien, 1970))
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 2 Figure 2.6: Rheological behavior of blood. (a) Stress as a function of the shear rate of plasma and blood (b)Relationship between blood viscosity and shear rate[START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] 

  Figure 2.7(b)), leading to atheromatous plaque formation (Figure 2.7(c)) triggered by the presence of additional risk factors (smoking, hypertension, diabetes, etc.).

Figure 2 .

 2 Figure 2.7: Hypothesis on the role of wall shear stress (WSS) in atherosclerotic plaque initiation and growth. Blood flow velocity (arrows) in a tangential view of an artery showing endothelial cells and intima.(a) Low shear stress induces endothelial wall dysfunction by increasing its permeability (b) Arterial remodeling and intimal thickening affect the tolerance of WSS (c) Advanced stenosis progression[START_REF] Pedersen | Distribution of early atherosclerotic lesions in the human abdominal aorta correlates with wall shear stresses measuredin vivo[END_REF] 

  Figure 2.8: 3D flow analysis: (A) detection of the systolic peak, (B, C, D) manual segmentation at peak systolic and calculation of the centerline, (E) an example of 3D flow results obtained in the thoracic aorta[START_REF] Sigovan | Extended 3d approach for quantification of abnormal ascending aortic flow[END_REF] 
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 2 Figure 2.10: (Left) CT volume render of the thoracic aorta demonstrating the dissection septum, (Centre) 2D PC-MRI data at the aortic inflow and several locations across the aorta, (Right) 4D PC-MRI data (Dillon-Murphy et al., 2016)
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 2 Figure 2.12: Velocity profiles for different values of the Womersley number[START_REF] Hellmuth | Scaled velocity profiles of pulsatile flow are compared according to Womersley number[END_REF] 

Figure 2 .

 2 Figure 2.13: Microscopy in polarized light of sections of (a) intima, (b) media, (c) adventitia of a thoracic aorta (horizontal and vertical directions of the image represent the orthoradial and axial directions of the artery, respectively) (Schriefl et al., 2012)
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 2 Figure2.14: Schematic of the arterial wall structure with its three layers: intima (I), media (M) and adventitia (A)[START_REF] Holzapfel | A new constitutive framework for arterial wall mechanics and a comparative study of material models[END_REF] 

Figure 2 .

 2 Figure 2.15: A comparison of the 3 layers of the largest artery and vein: the aorta (a) and the vena cava (b). (I) Intima (IEL) Internal elastic lamina (M) Media (EF) Elastic fibers (A) Adventitia (V) Small vessels. (Mescher, 2013).
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 2 Figure 2.16: Histology of the normal aorta of a child (A) and an elderly adult (B). With aging, elastic fibers fragment, collagen becomes more apparent, and smooth muscle cells decrease (magnification x 450) (O'Rourke et al., 1998) 

Figure 2 .

 2 Figure 2.17: (a) A normal and dissected aorta, as well as the location of calcifications, are shown. (b) CT of patients with aortic dissection and observed the calcification at the outer edge of false lumen (de Jong et al., 2014).
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 2 Figure 2.18: Stress-strain plots for a human vena cava sample. The circles represent loading, and the squares represent unloading[START_REF] Meyers | Mechanical behavior of materials[END_REF] 

Figure 2 .

 2 Figure2.19: The effects of residual stresses in the longitudinal and orthoradial directions of a healthy aorta[START_REF] Holzapfel | Layer-specific 3d residual deformations of human aortas with non-atherosclerotic intimal thickening[END_REF] 

Figure 2 .

 2 Figure 2.20: Preferred directions of collagen fibers introduced in anisotropic models (a) undeformed configuration (b) deformed configuration[START_REF] Holzapfel | Biomechanics of soft tissue in cardiovascular systems[END_REF] 

Figure 2 .

 2 Figure 2.21: (Left) Image of the thoracic aorta section used for testing (Middle) Green-Lagrange strains in the initial configuration (Right) Cauchy tensor stresses in the deformed configuration[START_REF] Avril | Anisotropic and hyperelastic identification of in vitro human arteries from full-field optical measurements[END_REF].

Figure 2 .

 2 Figure 2.22: (Left) Stress versus relative elongation in the longitudinal direction of a healthy aorta (Middle & Right) Stress versus relative elongation in the longitudinal and orthoradial directions of a pathological aorta with AAA (Raghavan et al., 1996).

  tensile tests consist of applying stress in two perpendicular directions to a single sample.[START_REF] Prendergast | Analysis of prolapse in cardiovascular stents: a constitutive equation for vascular tissue and finite-element modelling[END_REF] performed uni-axial and bi-axial tensile tests on porcine aortas and human femoral arteries. By the inverse method, these ex-vivo tests allowed to fit a model of isotropic hyperelastic behavior. A little later, the work of[START_REF] Avril | Anisotropic and hyperelastic identification of in vitro human arteries from full-field optical measurements[END_REF] incorporated the anisotropy of the arterial wall. The stress-stretch curves in Figure2.23 represent an average of longitudinal and orthoradial stresses. They show that the porcine aorta is less stiff than the human femoral artery, an expected result in view of previous results(Bergel, 1961, Wolinsky and[START_REF] Wolinsky | Structural basis for the static mechanical properties of the aortic media[END_REF] who have already studied the hyperelasticity of animal arterial tissues. The work ofPrendergast et al. (

Figure 2 .

 2 Figure 2.24: (A) Sample cleaned (B) The inside of the thoracic arch reveals no signs of calcification for this fresh sample (C) Installation of the speckled sample on its support (D) Aorta immersed in water before theexperiment (E) Rupture on the aortic isthmus[START_REF] Menut | Characterization of the mechanical properties of the human aortic arch using an expansion method[END_REF] 

Figure 2 .

 2 Figure 2.25: Results of swelling tests on a human aortic arch. Experimental data and fitting curves for a 5-parameter Mooney-Rivlin polynomial model (adapted from Menut (2017))

Figure 2 .

 2 Figure 2.26: Mapping of the elastic modulus as a function of the degree of calcification for the different layers of the aorta (adapted from Mouktadiri (2013)). The orders of magnitude of arterial wall stiffness vary from a few kPa for healthy areas to a few MPa for the calcified areas
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 2 Figure 2.27: 2 Nitinol thoracic endoprostheses: Gore & Medtronic

Figure 2 .

 2 Figure 2.28: Comparison of cyclic tensile test curves (1 cycle represented) for Gore and Medtronic Nitinolstents[START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] 
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 2 Figure 2.29: Illustration of a surgical guide with a flexible point preventing damage to the arterial wall (Image: Merit Medical © )

Figure 2 .

 2 Figure 2.30: Guidewire

Figure 2 .

 2 Figure 2.31: Evolution of stiffness along the transition zone of the Cook and Amplatz guides[START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] 

Figure 2 .

 2 Figure 2.32: (A-B) Catheter with an undeployed stent inside (images from Medtronic © ) (C) Traction testing of the stent-containing portion speckled in white on a black background[START_REF] Mouktadiri | Angiovision-Pose d'endoprothèse aortique par angionavigation augmentée[END_REF] 
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 31 Figure 3.1: General steps for CFD simulation

Figure 3

 3 Figure 3.3: (Left) Comparison of 2D and 4D flow rates calculated in-vivo through 2 slices located at the ascending and descending aorta. Both methods show very similar results that will be used for numerical simulations; (Right) Flowlines based on 4D MRI results(adapted from (Menut, 2017)).

Figure 3 . 4 :

 34 Figure 3.4: Segmentation process based on medical imaging with commercial software Simpleware ScanIP 2017 (Synopsis, CA, USA). The 3D volume is chosen on the 3D space parts.

Figure 3 . 5 :

 35 Figure 3.5: Comparison of the number of adjacent meshes for a tetrahedral (left) and polyhedral (right) (image from Balafas (2014))

Figure 3 . 6 :

 36 Figure 3.6: Polyhedral mesh generated with the commercial software Star-CCM+ © (338265 cells)

Figure 3 . 8 :

 38 Figure 3.8: Centers of the entrance surface meshes of the ascending aorta represented in 2D

Figure 3

 3 Figure 3.9: (Left)Velocity profile for a Poiseuille flow adapted to a non-circular surface at t = 0s; (Middle) Velocity profile for a Poiseuille flow adapted to a non-circular surface at systolic; (Right) Curves of imposed velocity profiles at the entrance of the ascending aorta at different times of the cardiac cycle.

Figure 3 .

 3 Figure 3.11: The two-element Windkessel model is analogous to the flow in an arterial system, an electrical circuit formed by a current generator, a resistor R, and a capacitor C connected in parallel.

Figure 3 .

 3 Figure 3.12: The three-element Windkessel model introduces an additional resistor Z C connected in series with the two-element Windkessel model.

Figure 3 .

 3 Figure 3.13: The four-element Windkessel model introduces an inductance L modeling the low-frequency blood inertia in parallel with the impedance Z C connected in series with the two-element Windkessel model.

Figure 3 .

 3 Figure 3.14 taken from the work of Westerhof et al. (2009) illustrates the differences between the Windkessel models in terms of impedance at the entrance to the thoracic aorta. Comparison with

Figure 3 .

 3 Figure 3.14: An example of measured impedance at the aortic inlet and impedances predicted by the two-element, three-element and four-element Windkessel model[START_REF] Westerhof | The arterial windkessel[END_REF] 

3. 4

 4 .5.2.3 Implementation of the 3-element Windkessel modelImplementation in OpenFOAMImplementing the 3-element Windkessel model in OpenFOAM was based on a typical boundary condition implemented and coded in C in the software. From this condition, we developed the code ImpedanceBC with the implementation of new variables R 1 , R 2 , C, and p 0 respectively, the proximal resistance (also known as the compliance of the ascending aorta), the distal resistance (which is the hydraulic resistance of the vessel), the compliance of the vessel, and the initialization pressure at the boundary surface. The main code for this boundary condition is part of the source file ImpedanceBC.C and is presented as: scalar Q_n = gSum(phi_prev); scalar Q_nm1 = gSum(phi_2prev); scalar Pmean_n = gSum(this->patch().magSf()*p_prev)/gSum(this ->patch().magSf()); scalar tau = R2_*C_; scalar taudt = dt + tau; scalar dtRT = dt*(R1_+R2_); scalar R1tau = R1_*tau; scalar dp_n = Pmean_n-p0_; scalar dq_n = (Q_n-Q_nm1); operator==((tau*dp_n+dtRT*Q_n+R1tau*dq_n)/taudt + p0_);

Figure 3 .

 3 Figure 3.15: The three-element Windkessel model with the hydraulic analogy. The equation (3.7) is associated with this circuit model.

  However, the environment for implementing the element Windkessel model in FAOM-Extend require the following modifications in the source file ImpedanceBC.C: const scalar Qi = gSum(phi_curr); const scalar Qim1 = gSum(phi_prev); const scalar patchArea = gSum(this->patch().magSf()); const scalar Pmi = gSum(this->patch().magSf()*p_curr)/patchArea; const scalar Pmim1 = gSum(this->patch().magSf()*p_prev)/patchArea; scalar tau1 = Rd_*C_; scalar tauD = 1.0/(dt + tau1); scalar tau2 = dt*(Rd_+Rp_); scalar tau3 = C_*Rd_*Rp_; scalar dQi = (Qi-Qim1); scalar p_next = Pout_+tauD*(tau1*Pmi+tau2*Qi+tau3*dQi); operator==(p_next);

Figure 3 .

 3 Figure 3.16 shows the set of boundary conditions entered into OpenFOAM for the fluid simulation with the Newtonian model. The boundary conditions are entered in the U, p files (Appendix B.1.2), including the Windkessel model parameters: R1, R2, and C. The properties of the Newtonian fluid are entered in the file transportProperties (Appendix B.3). The flow regime here is considered laminar, specified in the RASproperties and turbulenceProperties files (Appendix B.4.5). The viscoelastic properties of the fluid require a relatively small time step to capture the desired effects according to the imposed boundary conditions. So for the simulation convergence, the time step for the numerical calculation of blood where ∆t = 1 ×10 -5 s. The time step parameters, calculation duration, and writing of results are indicated in the controlDict file (appendix B.6). Finally, the solvers used to resolve the equations on the whole studied domain are precise in the files fvSchemes and fvSolutions (Appendix B.7.8).
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 3 Figure 3.16: Diagram of the configuration of the numerical model with rigid walls on OpenFOAM

Figure 3 .

 3 Figure 3.17: Convergence of the pressure measured with OpenFOAM over 8 cardiac cycles on the input and each output of the aorta CFD Newtonian model

Figure 3 .

 3 Figure 3.19: (Left) Velocity profiles on several sections along the aorta; (Right) Streamlines with velocity in AD

Figure 3 .

 3 Figure 3.20 shows velocity profiles during systole and diastole, respectively, taken from four sections along the thoracic aorta. These profiles are very close to those observed in the calculation based on a Newtonian model. The shear stresses of Carreau-Yasuda model(figure3.25) are very low, which corresponds to the velocity distribution close to the Newtonian model.
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 3 Figure 3.20: Velocity profiles on several sections along the aorta for the Newtonian and Carreau-Yasuda models

Figure 3 .

 3 Figure 3.29: Schematic of monolithic and partitioned approaches for FSI

Figure 3 .

 3 Figure 3.31: Simplified scheme of (Left) the IQN-ILS technique, and (Right) Aitken relaxation (adapted from (Degroote et al., 2009))

Figure 3 .

 3 Figure 3.32: tetrahedral mesh generated with the commercial software ANSYS ©

Figure 3 .

 3 Figure 3.33: Comparison of velocity profiles on several sections along the aorta between CFD and FSI models during the cardiac cycle

Figure 3 .

 3 Figure 3.35: Comparison of the pressure at peak systole between CFD and FSI models on the place of Section C

Figure 3 .

 3 Figure 3.36: Comparison of the WSS at peak systole between CFD and FSI models

Figure 3 . 37 :

 337 Figure 3.37: Displacement of the artery at various time instances with Young's modulus = 300 MPa

Figure 3 . 39 :

 339 Figure 3.39: Displacement of IF region with various Young's modulus at peak systole

Figure 3 .

 3 Figure 3.40: A: Segmentation process with software Simpleware ScanIP and views in the three sections of space; B: The model generated after segmentation; C: View of the aortic dissection

Figure 3 .

 3 Figure 3.41: Modeling of the rigid guidewire whose elastic mechanical properties vary according to different transition zones[START_REF] Menut | Chirurgie endovasculaire virtuelle pour patient-spécifique: Application au traitement de l'anévrisme de l'aorte thoracique[END_REF] 

Figure 3 .

 3 Figure 3.42: (Left)Modeling of the introducer for the navigation of the release system; (Right) Mesh of introducer

Figure 3 .

 3 Figure 3.43: Modeling of the catheter (stent holder) whose elastic mechanical properties are derived from results of Mouktadiri (2013)

Figure 3 .

 3 Figure 3.44: (Left) Aortic model in its environment; (Right) Complete modeling of the model of the rise of surgical tools.

Figure 3 . 46 :

 346 Figure 3.46: Von Mises stresses observed on the Amplatz guide during rise in the thoracic aorta at different times

  Figure 3.48 illustrates the Von Mises stresses on the aorta at many different periods in time. The iliac region is considerably straightened by the presence of the compacted stent in the catheter. And resulting of the stiffness of catheter in this location, stresses in the iliac area are significantly increased.

Figure 3 . 48 :

 348 Figure 3.48: Von Mises stresses observed on the catheter during rise in the thoracic aorta at different times

Figure 3 . 49 :

 349 Figure 3.49: Displacement of aorta observed on the catheter during rise in the thoracic aorta at same times as above
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 41 Figure 4.1: Three bio-faithful AD cases

Figure 4 . 2 :

 42 Figure 4.2: Three bio-faithful AD cases

Figure 4 .

 4 Figure 4.3: A section of the ascending aorta is selected so that velocity vectors can be measured by dynamic imaging. An average flow over the area can be generated to fulfill the input condition of the model.

Figure 4 . 4 :

 44 Figure 4.4: Flow rates measured by 2D PC-MRI on a patient with AD2 in 5 planes positioned by the operator at the level of the ascending and descending aorta and supra-aortic trunks.

Figure 4 . 5 :

 45 Figure 4.5: Polyhedral mesh generated with the commercial software Star-CCM+ © (1043286 cells)

Figure 4 .

 4 Figure 4.6: 4D-MRI flow data with helical flow

  negative) LNH values imply right(left)-handed spinning fluid formations. For the simulation of the AD3 model in preoperative and postoperative conditions, we did the same procedures as above : reconstruction of the bio-faithful model with MRI data (Figure 4.7) and meshing the model by StarCCM+ (Figure 4.8, Figure 4.9). After, we constitute the patient-specific velocity field for ascending aorta (inlet) with the flow rate measured by MRI.

Figure 4 .

 4 Figure 4.7: Reconstruction of the bio-faithful model with MRI data, AD3 preoperative & postoperative

Figure 4 .Figure 4 . 9 :

 449 Figure 4.8: Polyhedral mesh generated with the commercial software Star-CCM+ © (1438364 cells)

Figure 4 .

 4 Figure 4.10 shows the flow streamline at the beginning of systole (0.06s), peak systole (0.108s), systole deceleration (0.02s), and mid-diastole (0.4s). Because of the strong narrowing of FL, flows are characterized by sharp contrasts between the top region (pre-narrowing area) and the lower region (post-narrowing area), where distinct patterns are seen depending on the cycle phase. A tremendous whirling shape is seen immediately before the narrowing area during the early-systole phase (t=0.06s). Around the systolic peak (t=0.108s), a narrowing pathway with a high velocity emerges and feeds the post-narrowing period. This unique channel flow shape is caused by the curvature of the left wall, which diverts the flow and pushes it into the smaller lumen. During this rising flow phase, the top area (aortic arch and three arteries branches) looks almost parallel streamlines, and all swirling patterns vanish. The flow of descending aorta features extremely crisp, ordered, and parallel streamlines in laminar flow. As with normal divergent section pipe flow, the flow coils immediately below the constriction during systole deceleration (t= 0.2s). Recirculation occurs in this post-reduction area, resulting in the formation of a vortex. Finally, during diastole (t=0.4s), we witness the backflow phase at the re-entry, in which the flow ascends the TL from FL.

Figure 4 .

 4 Figure 4.10: Streamline of the velocity profile at several periods during the cardiac cycle

Figure 4 .

 4 Figure 4.11: Velocity profiles on several sections along the aorta and compared with 4D-MRI

Figure 4 .

 4 Figure 4.12: Comparison of MRI data and CFD simulation of preoperative for flow rates

Figure 4 .

 4 Figure 4.13: Comparison the flow streamline between 4D-MRI data and CFD simulation of preoperative

Figure 4 .

 4 Figure 4.14: Velocity profiles on several sections along the aorta and compared with 4D-MRI

Figure 4 .

 4 Figure 4.15: Comparison of MRI data and CFD simulation of postoperative for flow rates

Figure 4 .

 4 Figure 4.16: Flow streamline comparison between 4D-MRI data and postoperative CFD model

Figure 4 .

 4 Figure 4.17: Fluid reflow from FL to TL for the postoperative

Figure 4 .

 4 Figure 4.18: Flow rate compared between the preoperative and postoperative CFD model

Figure 4 .

 4 Figure 4.19: Comparison of flow rates in 4 branches arteries on descending thoracic in preoperative and postoperative CFD models

Figure 4 .

 4 Figure 4.20: Pressure compared between the preoperative and postoperative CFD model on each boundary

Figure 4 .

 4 Figure 4.21: TAWSS distributions for preoperative and postoperative

Figure 4 .

 4 Figure 4.22: OSI distributions for preoperative and postoperative

Figure 4 .

 4 23 shows that RRT high values are significantly throughout the domain of FL in preoperative, leading to an aneurysm pathology if not treated quickly. And in postoperative, we observer the high RRT values domain is disappeared in FL. However, due to the small irregular amount of blood flow in the upstream region of the TL, the value was high.
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 4 Figure 4.23: RRT distributions for preoperative and postoperative

Figure 4 .

 4 Figure 4.24: LNH distributions for preoperative and postoperative

Figure 4 .

 4 Figure 4.25: 3D printing to print a complete model of the aorta

Figure 4 .

 4 Figure 4.26: Detail of 3D printing model of AD1 & AD2

Figure 4 .

 4 Figure 4.27: PIV experimental setup in AD configuration ((Moravia, 2021))

  804 s and a systolic peak flow rate of about 10 L/min on the patient. Due to the partial closure of resistive valves, 68 % of the entry flow rate is allowed to pass through the aorta and out via the primary exit valve. As a result, the three aortic arch branches evacuate 32% of the entry flow rate. These distribution values are consistent with clinical data from patients with AD1 and AD2 (for whom we have 4D-MRI data). They also match the in vivo distributions seen by[START_REF] Bonfanti | A combined in vivo, in vitro, in silico approach for patient-specific haemodynamic studies of aortic dissection[END_REF] in a patient with Type-B aortic dissection. Temperature change throughout the course of an experiment within the range of 25±2 • C. Carreau-Yasuda model is utilized for the whole set of data in AD. The working fluid was selected as blood mimicking fluid (BMF), which must conform to both the rheological properties of blood and the requirements of the measurement instrument. So from the work ofMoravia et al. (2019a), she designed the fluid with which refractive index(RI) is 1.399 to reduce optical distortion and render the phantom almost undetectable when submerged in the fluid.

Figure 4 .Figure 4 .

 44 Figure 4.28: Boundary conditions at inlet (ascending thoracic aorta) and the major outlet (descending thoracic aorta)

Figure 4 .

 4 Figure 4.29: Schematic illustration of the experimental platform and the corresponding CFD numerical simulation properties

Figure 4 .

 4 Figure 4.30 depicts the velocity fields in the entry site region of dissection as determined by numerical simulations and PIV data. The results describe the development of flow throughout a cardiac cycle. The comparison is presented for four distinct instants in the cycle: (a) beginning, (b) peak systole, (c) deceleration, and (d) diastole. The comparison is shown below:

Figure 4 .

 4 Figure 4.30: Comparison of PIV and numerical simulation velocity results for AD1 at four instants

Figure 4 .

 4 Figure 4.31: 3D observation on velocity vectors of CFD model for AD1 at four instants

Figure 4 .

 4 Figure 4.32: Comparison of PIV and numerical simulation velocity results for AD2 at three instants

Figure 4 .

 4 33 depicts a 3-D vector view in the FL. The entrance tear has the most incredible velocity and vectors pointing away from the PIV 2-D plane. Thus, the in vitro experiment with the selected plane could not evaluate entrance tear velocities.The entrance tear area may be riskier for the patient than the diameter narrowing region.

Figure 4 .

 4 33( b) shows the flow wrapping to form two clockwise whirling structures after the cycle deceleration phase. The upward vortex from the narrowing lasts just 40 ms before dissipating. The PIV experiment did not show this trend, where successive instants are spaced by 50-100 ms. This is because the numerical simulation succeeding cycle instants are separated by 10ms. AD2 model would need 3-D results to study flow. The 2-D perspective is insufficient for flow analysis, and the 3-D view with more excellent temporal resolution reveals a wealth of new information. Although the models' inflow and boundary conditions would need to be adjusted for a thorough analysis, this is an excellent illustration of how 2-D experimental and 3-D numerical simulation data may complement one another.
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 4 Figure 4.33: 3D observation on velocity vectors of CFD model for AD1 at four instants
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 4 Figure 4.34: The procedure of computer aided surgery: application to AD
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 4 Figure 4.35: Progressive and realistic deployment of a stent (adapted from Altnji et al. (2015))
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Table 1 .

 1 1: Differentiation between true lumen and false lumen in AD[START_REF] Erbel | Diagnosis and management of aortic dissection: task force on aortic dissection, european society of cardiology[END_REF] 

	True lumen	False lumen

Table 1

 1 

	.2: Difference between Type A and Type B (Rizzoli et al., 1997)
		Type A	Type B
	Incidence	65-85% of cases	30-35% of cases
	Average age	50 years old	65 years old
	Acute mortality(without treatment)	≥ 90%	40%
	Treatment	emergency surgery medical, endovascular
	Surgical mortality	10 %	19-32 %

Table 2 . 2

 22 

	Name	Level	Inlet diameter (mm)	Outlet diameter (mm)	Average inlet diameter (mm)	Total surface (cm 2 )	Number
	Aorte	1	20	7	20	3.2	1
	Large arteries	2	1.8 -10	1.8	3.2	3.4	20
	Main branches	3	1.0 -4.0	1	3.4	3.4	260
	Secondary branches	4	0.4 -2.0	0.4	0.8	4	800
		5	0.2 -0.8	0.2	0.31	5	7×10
	Tertiary branches	6	0.1 -0.4	0.1	0.16	6	3×10
	Terminal arteries	7	0.04 -0.2	0.04	0.08	10	2×10
	Terminal branches	8	0.025 -0.1	0.025	0.032	16	2×10
	Arterioles	9	0.015 -0.06	0.015	0.02	25	8×10
		10	0.008 -0.03	0.008	0.012	35	3×10
	Capillaries	11	0.008 -0.01	0.008	0.008	80	2×10

: Average dimensions of the vascular tree (according to O'Rourke et al. (1998))

Table 2 .

 2 4: Principal strain energy density functions for incompressible anisotropic hyperelastic models

	Model	Function
	Fung et al. (1979)	Ψ

Table 2 .

 2 5 summarizes the values of the identified coefficients compared with values from the work of[START_REF] Prendergast | Analysis of prolapse in cardiovascular stents: a constitutive equation for vascular tissue and finite-element modelling[END_REF] on femoral aorta samples.

	Experimental stresses
	Stresses calculated with the data of Prendergast (2003)
	Fitting curves
	Stress σ (kPa)
	Stretch ratio λ

Table 2 .

 2 6: Table comparing the calculated elasticity modules between Gore & Medtronic (adapted from Menut (2017))

	Parameters	Gore Medtronic
	Austenite modulus of elasticity E a (MPa)	42030	64570
	Martensitic modulus of elasticity E m (MPa) 20330	22600
	Martensitic transformation deformation	0.046	0.058
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Table 3 .

 3 1: Mesh sensitivity study based on the maximum value of shear stress at peak systole.

	Mesh type	Mesh size	Number of meshes Shear stress	Sensitivity
		(mm)	×10 3	τ (Pa)	parameterβ(%)
		2mm	338	87.8	0.79%
	Ployhedral	1mm	1043	88.2	0.34%
		0.5mm	3371	88.5	-
		2mm	337	58.2	34.24%
	Tetrahedral	1mm	772	88.29	0.24%
		1mm(flap refinement)	1575	88.4	0.11%

Table 3

 3 

	.2: Hydraulic-electrical analogy for 0D models
	Arterial Hydraulics	Electrical System
	Blood pressure	Voltage u
	Blood flow	Current i
	Vessel compliance	Capacity C
	Vessel peripheral resistance	Resistance R
	Ascending aorta compliance	Impedance Z C
	Inertia of circulating blood	Inductance L

Table 3

 3 

	.4: Reynolds number

Table 3 .

 3 5: Numerical values from Razavi et al. (2011) for the Carreau-Yasuda model.

	Coefficient	Definition	Value
	η ∞	Dynamic viscosity of blood at high shear rate 0.00345 Pa.s
	η 0	Dynamic blood viscosity at low shear rate	0.056 Pa.s
	ρ	Volume mass of the blood	1060 kg.m -3
	λ	Blood relaxation time	3.313 s
	n	Degree of power law	0.3568

Table 3 .

 3 6: The maximum TAWSS and RRT comparison bewteen the Newtonian and Carreau-Yasuda models T AW SS max (Pa) RRT max

	Newtonian	18.49	321.04
	Carreau-Yasuda	19.01	197.81

Table 4 .

 4 

	1: The cardiac cycle of AD1, AD2 and AD3
	Case	peak systolic (s) cycle (s) a cardiac
	AD1 0.12	0.816
	AD2 0.108	1.081
	AD3 0.131	1.311
	4.2.1 Data MRI for AD2 & AD3
	4.2.1.1 AD2	

Table 4 .

 4 2: Windkessel model parameters applied to AD2 fluid model outputs and adjusted with MRI data

Table 4 .

 4 3: Windkessel model parameters applied to AD3 fluid model outputs and adjusted with MRI data

Table 4 .

 4 5: Numerical values for the Carreau-Yasuda model corresponding to experimental fluid properties

	Coefficient	Definition	Value
	η ∞	Dynamic viscosity of blood at high shear rate 0.006 Pa.s
	η 0	Dynamic blood viscosity at low shear rate	0.1 Pa.s
	ρ	Volume mass of the blood	1146 kg.m -3
	λ	Blood relaxation time	50 s
	n	Degree of power law	0.22

Table 4 .

 4 6: In all AD models, PIV synchronization parameters are used to photograph 12 cycle instants during the cardiac cycle

	Cycle instant "k"	1	2	3	4	5	6	7	8	9	10	11	12
	Cycle time (s)	0	0.04 0.08 0.12 0.16 0.2 0.24 0.3 0.4 0.5 0.6 0.7
	Number of images captured 500 500 500 500 500 500 500 500 500 500 500 500
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CHAPTER 2

Mechanical models and characterization

As the blood flow plays an essential role in the appearance of this pathology, this chapter presents the composition and rheology of the blood. Understanding the mechanism of the arterial wall is essential to carry out the hemodynamics in physiological situations and during different vascular diseases. The choice of hypothesis law allowed us to fit a mathematical model to the literature's results and mechanically characterize the arterial wall's behavior for our numerical simulations. Also, for the endovascular treatment, the mechanical behavior of surgical tools and stents will be performed.

APPENDIX A

Poiseuille flow adapted to a non-circular face

A.1 Methodology

To apply a Poiseuille flow profile to a non-circular surface, the method described in the work of [START_REF] Mynard | A 1d arterial blood flow model incorporating ventricular pressure, aortic valve and regional coronary flow using the locally conservative galerkin (lcg) method[END_REF] was applied to the geometric data of the model. The 3D velocity profile is plotted on the 2D inlet surface of the aorta. If the inlet were perfectly circular, then each mesh center could be assigned a velocity for each time step as a function of the radial distance r where it is located (equation 3.6). However, the input surface is generally not circular, and the velocities assigned to each mesh center are more complex. Figure A.1 illustrates the method applied to the entry surface of the aorta. surface [START_REF] Mynard | A 1d arterial blood flow model incorporating ventricular pressure, aortic valve and regional coronary flow using the locally conservative galerkin (lcg) method[END_REF] The method applied to the aortic entry surface to plot velocities involves five steps:

1. First, the centers of the meshes on the surface contour must be identified and isolated from the other surrounding elements. The center of these meshes has a velocity value assigned to 0 to respect the condition of no-slip at the walls, meaning that the fluid velocity at the walls is the same as that of the wall.

2. It is a matter of determining the center of the surface, computed as the average of values in 

APPENDIX B

Implementation of the model with rigid walls in OpenFOAM fvSchemes