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PUPH, APHP, Université de Paris, (UMR-S 942 MASCOT Marqueurs
cardiovasculaires en situations se stress) Invité
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Introduction (English)



Context of the thesis

Anaesthesiology and intensive care is a complex specialty allowing surgical procedures
while warrantying the physical and mental integrity of the patient who will benefit from the
surgery, or who is suffering from critical illness. The role of the anaesthetists begins before
the surgical intervention in order to anticipate the potential difficulties associated with 1/
the prior medical history of the patient; 2/ the potential interaction between the daily
medical treatments of the patient and the anaesthetic or surgical procedure; and 3/ the
surgical procedure itself. During the pre-operative period, the anaesthetist has to identify
the risks (e.g. by organising a coronarography to evaluate ischemic cardiovascular disease),
to optimise the pre-operative conditions of the patients (e.g. by stopping anticoagulant
drug) in order to decrease the identified risks and to plan the anaesthetic procedure and
the post-operative management. On the other hand, the intensivists are involved in any
pathology associated with life-threatening condition, such as polytraumatism, septic shock,
aneurysmal subarachnoid haemorrhage etc...

For these reasons anaesthetsists and intensivists are involved in cardiovascular man-
agement. Indeed a survey conducted in France during 1 year studied the causes of intra-
operative death. This survey estimated that 2/3 of the total deaths were for cardiovascular
reasons [16]. Furthermore intra-operative hypotension has been proven to be associated
with increased post-operative morbi-mortality [21; 22; 3; 4]. Also, shock state – an acute
cardiovascular insufficiency, which lead to organ dysfunction – is also a frequent cause to
enter the intensive care units (ICUs). Epidemiological studies evaluated the incidence of
shock state from 6 to 24% [1; 2].

Haemodynamic management is a complex task that the anaesthetists or the intensivists
have to be trained for. For these reasons, international guidelines recommend the use of
haemodynamic monitoring to diagnose complex cardiovascular conditions, or to evaluate
the efficacy or the response of the treatments that have been chosen [18; 11; 19]. An ideal
haemodynamic monitoring should be accurate, reactive, safe, non-invasive, reproducible,
easy to use, and should answer a predefined medical question. To date no haemodynamic
monitoring technique unites all these characteristics, and a choice has to be made by
the physician regarding the haemodyamic issue he has to deal with. Especially, the most
advanced haemodynamic diagnostic procedure (the left ventricular (LV) catheterisation) is
never used in clinical monitoring practices, as it requires an invasive procedure performed
by cardiologists in the cathlab. LV catheterisation allows to draw pressure-volume loops
and to obtain crucial information regarding the myocardial consumption and heart-arteries
interaction.

Modelling is a discipline that proposes mathematical descriptions of observed phe-
nomena. In medical sciences, statistics is probably the modelling approach that is the
most used. It allows to gather evidence with respect to medical practices when used in
clinical studies. Personalisation of medicine using machine learning with statistical ap-
proaches is spreading into the medical community [12; 17; 23]. Biomechanical modelling
is another approach. It is often based on continuum mechanics theory describing the
structure and the motion of living materials. Biomechanical modelling can help to reveal
patient-specific physiological quantities that are not available by clinical measurements
alone (or too invasive for patients). When appropriately calibrated to patients’ data (by
tuning the model parameters to fit the available data recorded on patients), the results
of the simulations performed using models may be interpreted as the patients’ physiol-
ogy, which corresponds to the concept of digital twins [7; 20; 9; 8]. For example, if the
appropriate model is used, the quantification of the myocardial contractility may be acces-
sible. To be clinically efficient and helpful for clinicians, cardiovascular modelling should
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be understandable for medical communities, easy to calibrate, fast to compute with stan-
dard computing resources, and adapted to a clinical question. Therefore, the choice of
the model and its components is an important issue. We believe that the biomechanical
modelling approach is a suitable method to approximate patients’ cardiovascular physiol-
ogy. This approach is based on the physical description of microscale phenomena (such
as description of the actin-myosin cross bridges creation/destruction) that are integrated
over a macroscale simulated organ. The motion of the beating heart (the kinematics) is
linked to the physical quantities associated with the deformation (the dynamics) using
constitutive laws. These kinds of models are usually difficult to calibrate as they need
rich patients’ data that are often not available in routine clinical settings. We developed
a reduced formulation [5] of a complete biomechanical heart and vessels model [10] which
allows to decrease the computational costs and to simplify the calibration procedure. This
model reduction allows to adapt biomechanical cardiovascular modelling to the clinical
environment, especially for anaesthesia and critical care settings.

The potential of patient-specific biomechanical cardiovascular modelling is not limited
to revealing physiological quantities. Advanced physiology may be anticipated by the at-
tending anaesthetists or intensivists while measuring cardiovascular data on patients, or
while testing patients’ response to therapeutical drugs. However, simulation of therapeutic
drugs effects prior to patients administration is a functionality that may be implemented
in a biomechanical model. It may avoid harms in patients by preventing the treating
physicians to administer inappropriate drugs. Also, one of the advantages the biomechan-
ical modelling approach may confer is related to parameter or state estimation strategies,
through which the model can interpret the changes in measured data in terms of changes
in physiological quantities.

This PhD thesis is a proof-of-concept of using a complete biomechanical approach,
with data measured in patients, in order to augment the cardiovascular monitoring with
advanced physiological quantities.

Outlines of the thesis
Our purpose in this PhD thesis is to propose and evaluate a framework, based on biome-
chanical modelling, to augment monitoring of anaesthetised patients with advanced patient-
specific cardiovascular physiological knowledge. To achieve this objective, we had to rigor-
ously overcome several issues related to clinical, biomechanical, and numerical endpoints.

The core of the PhD thesis is organised in four parts, all of which treating a specific
issue.

Part I: Physiological background, clinical issues and modelling overview

Since the PhD thesis was performed at the interface between two distinct but interrelated
environments (i.e. clinical and bioengineering), the purpose of this Part is to bridge these
two disciplines. By providing physiological, clinical, and biomechanical overviews of the
cardiovascular concepts that are developed in the PhD thesis, Part I allows the reader
to link the clinical issues arising from cardiovascular management and the bioengineering
methods that may help to solve the clinical problems.

Therefore, this part puts the PhD thesis in the context of haemodynamic management
at patients’ bed while on general anaesthesia or in critical care wards.

Part II: Estimation of patient-specific left ventricular
end-diastolic pressure-volume relationships using a biomechanical heart model
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In this Part, we will present and evaluate a method to estimate the parameters of the
passive law of the biomechanical model from only limited data measurements. The passive
law of our biomechanical model describes the end-diastolic pressure-volume relationship
of the left ventricle, which may be impaired during heart failure.

Our passive law is derived from the continuum mechanics theory, in which the stress-
strain relationship of a piece of myocardium is described by an hyperelastic potential.
Assuming a simplified spherical geometry of the model, with fibres uniformely distributed
in the orthoradial plane, Caruel et al. [5] were able to formulate a constitutive law in which
the internal pressure of the left ventricle is a function of the fibre extension (efib), the wall
thickness-to-radius ratio at reference configuration (ε) of the left ventricle and of the
parameters (Ci) of the hyperelastic potential (We). We rigorously studied the behaviour
of our passive law when deviating from a calibrated reference configuration, and verified
that it satisfies the characteristics of end-diastolic pressure-volume relationships in humans
described by Klotz et al. [13].

This allowed to reduce the parametric space to 3 parameters – namely Ci, Vref the
volume of the left ventricle at reference configuration, and ε – which can be estimated from
a single measurement of pressure and volume within the left ventricle. We evaluated the
performance of our passive law estimation method against the existing phenomenological
method described by Klotz et al. [13].

Our approach unites the rigorously derived constitutive law from continuum mechanics
theory with practical clinical measurement issues, with a potential for non-invasive clinical
applications.

Part III: End-systolic pressure-volume relationship: From time-varying
elastance concept to biomechanically-derived time-varying elastance modelling

The time-varying elastance concept was described extensively during the 80’s, and is based
on a local linearisation of the non-linear end-systolic pressure-volume relationship. From
a physiological standpoint, even though this concept is derived from a linear approxima-
tion of non-linear phenomena, within physiological ranges, it allows to access information
regarding the contractile state of the myocardium, the interaction between the left ven-
tricle and the arteries, and the myocardial energetics expenditure. However, estimating
the slope Ees and intercept V0 of this linear approximation is not trivial, and the existing
methods suffer from inaccuracy or excessive inter and intra-subjects variability. Further-
more, accurate estimation of V0 is crucial for estimation of the time-varying elastance
function E(t), which can be used as a surrogate of cardiac mechanics for cardiac modelling
purposes.

In this part, we will propose and study the performance of a framework based on
our biomechanical modelling approach to estimate the components of the time-varying
elastance concept Ees, V0 and E(t). We will also describe a time-varying elastance model
in which the cardiac mechanics of our biomechanical model will be replaced by the E(t)
function, all other components being kept as in the biomechanical model. We will evaluate
the adequacy between the time-varying elastance and the biomechanical models when
varying external conditions.

Part IV: Application & perspectives: Cardiovascular modelling for
haemodynamic monitoring

In this part, we will evaluate the feasibility of using a heart and vessels modelling frame-
work, based on the biomechanical concepts presented in the previous chapters, to char-
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acterise the haemodynamic profile of patients while on general anaesthesia for neuroradi-
ological procedures. By calibrating our biomechanical model on echocardiographic data
and aortic pressure and cardiac output monitoring signals, we will assess the contractil-
ity, the cardiac work and efficiency, and the ventricular-arterial coupling, based on the
patient-specific simulated pressure-volume loop. We will further analyse the differences
observed between the subgroups of normotensive patients and hypotensive patients, and
further evaluate the haemodynamic effect of noradrenaline administration given to restore
blood pressure in hypotensive patients, in terms of pressure-volume loop analysis.

By augmenting cardiovascular monitoring of anaesthetised patients with a biomechan-
ical model of heart and vessels, our approach paves the way for further translational works,
with the objective to help treating physicians in their clinical decision-making.
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Contexte de la thèse

L’anesthésie-réanimation est une spécialité complexe dont le but est de rendre possible
le traitement chirurgical en garantissant l’intégrité physique et mentale des patients qui
doivent bénéficier d’une intervention invasive, ou souffrant d’une maladie relevant d’une
prise en charge en unité de soins critiques. Le rôle des anesthésistes-réanimateurs dé-
bute bien avant l’opération, afin d’anticiper les potentielles difficultés associées 1/ aux
antécédents médicaux du patients ; 2/ aux interactions entre les traitements réguliers du
patient et la chirurgie et ; 3/ la procédure chirurgicale en elle même. Pendant la période
pré-opératoire, l’anesthésiste-réanimateur doit engager tous les moyens diagnostiques (par
exemple en organisant une coronarographie afin d’évaluer le risque ischémique d’une éven-
tuelle maladie coronarienne) et thérapeutiques (par exemple en organisant l’interruption
d’un éventuel traitement anticoagulant pris par le patient de façon régulière) pour dé-
croître les risques liés à cette interaction patient-chirurgie. La procédure anesthésique et la
prise en charge post-opératoire sont aussi planifiées durant cette évaluation pré-opératoire.
De l’autre côté, en secteur de soins critique, l’anesthésiste-réanimateur est impliqué dans
toutes les pathologies qui sont associées de façon directe ou indirecte avec la survie du pa-
tient, telles que les états de choc, le polytraumatisme, la rupture d’anévrysme intracrânien
etc...

Pour toutes ces raisons, les anesthésistes-réanimateurs sont impliqués dans la prise
en charge cardiovasculaire des patients dont ils ont la charge. Une enquête conduite en
France au début des années 2000 à étudié la mortalité per-opératoire des patients. Dans
2/3 des cas, le décès per-opératoire était survenu pour des raisons cardiovasculaire [16]. De
plus, les hypotensions per-opératoires ont été associées à une augmentation de la morbi-
mortalité post-opératoire [21 ; 22 ; 3 ; 4]. Les états de choc, qui sont une défaillance cardio-
circulatoire aiguë suffisamment sévère pour pérenniser une dysfonction d’organe est aussi
un motif fréquent d’admission en unité de soins critiques. Des études épidémiologiques
évaluent l’incidence des états de choc de 6 à 24% des admissions en réanimation [1 ; 2]

La gestion hémodynamique des patients est une tâche difficile, et les anesthésistes-
réanimateurs doivent y être entraînés. Pour cela, des recommandations internationales
préconisent l’utilisation d’un monitorage hémodynamique afin de diagnostiquer des si-
tuations hémodynamiques complexes, ou d’évaluer l’efficacité des thérapeutiques mises
en œuvre [18 ; 11 ; 19]. Un monitorage idéal devrait être précis, réactif, sûr, non-invasif,
reproductible, fiable, facile d’utilisation, et doit répondre à une question clinique prédé-
finie. À ce jour, aucun monitorage ne réunit toutes ces caractéristiques, et le choix doit
être fait par le médecin traitant selon les enjeux hémodynamiques particuliers associés à
l’interaction patient-chirurgie identifié en pré-opératoire. En réalité, le monitorage hémo-
dynamique le plus complet, le cathétérisme ventriculaire gauche, n’est jamais utilisé en
pratique clinique courante en anesthésie-réanimation, car le cathétérisme cardiaque gauche
nécessite une procédure invasive de mesure intra-ventriculaire de la pression et du volume
réalisée uniquement par les cardiologues en salle de cathétérisme. Le cathétérisme gauche
permet de dessiner des boucles pression-volume (PV) elles-mêmes permettant de donner
des informations sur la consommation énergétique du myocarde, ou sur l’interaction entre
le cœur et les vaisseaux.

La modélisation est une discipline permettant de décrire des phénomènes observables
en termes mathématiques. En sciences médicales, la statistique est probablement l’ap-
proche la plus utilisée. Cet outil permet d’apporter des preuves aux pratiques médicales,
quand la statistique est utilisée dans le contexte de la recherche clinique. La médecine per-
sonnalisée utilisant des méthodes d’apprentissage statistique diffuse actuellement dans la
communauté médicale pour améliorer les soins aux patients [12 ; 17 ; 23]. La modélisation
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biomécanique est une autre approche, fondée sur la mécanique des milieux continus, dé-
crivant la structure et le mouvement de matériaux vivants. La modélisation biomécanique
peut aider à récupérer des informations physiologiques qui sont souvent inaccessibles à la
mesure, soit car la mesure est inexistante ou irréalisable, soit car la procédure de mesure est
trop invasive. Quand le modèle est calibré sur les données du patient en ajustant les para-
mètres du modèle sur les données patient disponibles, les résultats des simulations peuvent
représenter la physiologie réelle du patient (concept du jumeau numerique) [7 ; 20 ; 9 ; 8].
Par exemple, si un modèle approprié est utilisé, la quantification de la contractilité peut
être accessible pour l’anesthésiste-réanimateur traitant. Afin d’être cliniquement efficient
et utile pour les cliniciens, la modélisation cardiovasculaire doit idéalement être compré-
hensible pour les communautés médicales, facile à calibrer, les résultats doivent être acces-
sibles rapidement, avec des ressources informatiques raisonnables, et doit pouvoir répondre
à une (au moins) question clinique. Ainsi, le choix du modèle est un enjeu important de
la modélisation cardiovasculaire. Nous pensons que la modélisation biomécanique est l’ap-
proche la plus adaptée pour représenter la physiologie cardiovasculaire des patients. Cette
approche est fondée sur la description physique de phénomènes microscopiques (comme
la formation/destruction des ponts d’actine-myosine), eux mêmes intégrés sur une échelle
macroscopique correspondant à l’organe simulé. Le mouvement du cœur battant (la ciné-
matique) est liée aux grandeurs physiques associés à la déformation (la dynamique) par
des lois de comportements. Ce type de modèle est en général difficile à calibrer car cela
nécessite des données patients détaillées et riches qui ne sont, le plus souvent, pas acces-
sibles en pratique clinique courante. Nous avons développé une formulation réduite [5] d’un
modèle biomécanique complet de cœur et vaisseaux [10], qui permet de diminuer les coûts
de calculs et de simplifier la procédure de calibration. Ce modèle réduit permet d’intro-
duire la modélisation cardiovasculaire biomécanique auprès de l’environnement clinique,
spécialement pour l’anesthésie et réanimation.

Le potentiel de la modélisation biomécanique cardiovasculaire n’est pas uniquement
de révéler des grandeur physiologiques inaccessibles à la mesure. D’ailleurs, ces informa-
tions peuvent être anticipées par les médecins anesthésistes-réanimateurs traitants quand
ils mesurent des données cardiovasculaires chez les patients, ou quand ils pratiquent des
épreuves thérapeutiques. En effet, la simulation des effets des thérapeutiques candidates
au traitement des patients est une fonctionnalité qui pourrait être implémentée dans le
cadre de l’utilisation de modèles biomécaniques de coeur et vaisseaux. Cela pourrait ainsi
alerter le médecin sur les effets potentiellement délétères ou bénéfiques d’un médicament
qu’il souhaitait administrer. Un autre avantage que la modélisation cardiovasculaire bio-
mécanique pourrait conférer est liée aux méthodes d’estimation d’états ou de paramètres,
pour lesquelles le model interprète les changements dans les données mesurées, dont il se
nourrit en continu, en termes de changements de grandeurs physiologiques.

Cette thèse est une preuve de concept de l’utilisation d’une approche basée sur un mo-
dèle biomécanique complet de coeur et vaisseaux, qui, couplée aux mesures physiologiques
continues enregistrées durant une anesthésie générale, a le potentiel d’être adaptée en
pratique clinique, dans le but d’augmenter le monitorage cardiovasculaire avec des simula-
tions de physiologies avancées (comme des boucles pression-volume), qui sont usuellement
inaccessible à la mesure.

Plan de la thèse

Le but de ce travail de thèse est de proposer et d’évaluer une méthode, basée sur la
modélisation biomécanique, pour augmenter le monitorage cardiovasculaire des patients
sous anesthésie générale, avec une connaissance physiologique cardiovasculaire avancée.
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Pour atteindre cet objectif, nous avons dû surmonter certaines problématiques cliniques,
biomécaniques et numériques.

Le cœur de cette thèse est organisée en 4 parties, toutes développant un aspect spéci-
fique.
Partie I : Contexte physiologique, enjeux cliniques et approche de
modélisation biomécanique

Puisque cette thèse a été effectuée à l’interface entre deux environnements distincts
mais interconnectés (c.à.d clinique et bioingénierie), l’objectif de la présente partie est
de mettre en relation ces deux disciplines. En apportant le contexte physiologique, et les
enjeux biomécaniques du système cardiovasculaire développés dans la présente thèse, la
Partie I amène le lecteur à faire le lien entre les problématiques cliniques issues de la gestion
cardiovasculaire des patients, et les méthodes de modélisation biomécaniques permettant
d’aider à résoudre certaines de ces problématiques.

Ainsi, cette partie replace la thèse en perspective de la gestion hémodynamique appli-
quée au lit des patients sous anesthésie générale ou admis en secteur de soins critiques
Partie II : Estimation patient-spécifique de la relation pression-volume
ventriculaire en télédiastole au moyen d’un modèle biomécanique de cœur et
vaisseaux

Dans cette Partie, nous présenterons et évaluerons une méthode d’estimation des para-
mètres de la loi de comportement passive du coeur utilisée dans notre modèle biomécanique
de coeur et vaisseaux, à partir d’une quantité/richesse limitée de données patients mesu-
rées. La loi passive de notre modèle décrit la relation pression-volume en télédiastole du
ventricule gauche, qui peut être altérée au cours de l’insuffisance cardiaque avec fraction
d’éjection préservée (ICpFEVG), par exemple.

Notre loi passive est issue de la mécanique des milieux continus, dans laquelle les
relation force-déplacements d’un petit échantillon de tissu myocardique est décrite par un
potentiel hyperélastique. En supposant une géométrie simplifiée sphérique du modèle, avec
des fibres myocardiques distribuées uniformément dans le plan orthoradial, Caruel et al. [5]
ont réussi à formuler une loi de comportement dans laquelle la pression interne ventricule
gauche était une fonction non-linéaire dépendant du niveau d’extension des fibres (efib), du
ratio entre l’épaisseur du myocarde et le diamètre interne du ventricule en configuration de
référence (ε), et des paramètres (Ci) du potentiel hyperélastique (We). De façon rigoureuse,
nous avons étudié le comportement de cette loi passive quand des déviations à partir
d’une calibration originale ont été appliquées, et nous avons vérifié que les caractéristiques
physiologiques de la relation pression-volume ventriculaire en télédiastole décrites chez les
humains [13] étaient respectées .

Cette étude rigoureuse, nous a permis de réduire l’espace paramétrique de la loi passive
au nombre de 3 – Ci, Vref le volume du ventricule gauche en configuration de référence et
ε– eux même pouvant être estimés à partir d’un seul point de mesure de la pression et du
volume ventriculaire. Nous évaluerons la performance de notre méthode contre une autre
méthode existante, décrite par Klotz et al. [13].

Notre approche permet de réunir la méthode rigoureuse biomécanique de description
de la loi de comportement en diastole du ventricule gauche, avec les contraintes cliniques
de disponibilité des mesures pour calibrer cette loi passive, avec un potentiel pour une
utilisation non-invasive.
Partie III : Relation pression-volume en télésystole : Du concept d’élastance
variable au modèle d’élastance variable dérivé du modèle biomécanique
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Le concept d’élastance variable dans le temps a été étudié en détail dans les années
80, et est basé sur une linéarisation locale de la relation non-linéaire entre la pression et le
volume intra-ventriculaire en fin de systole, ou télésystole. D’un point de vue physiologique,
même si le concept repose sur l’approximation linéaire d’un phénomène non-linéaire, dans
une fourchette de valeur observable en physiologie, il permet d’accéder à des informations
concernant l’état contractile du myocarde, l’interaction entre le ventricule gauche et le
système artériel et la dépense énergétique du myocarde. Cependant, l’estimation de la
pente Ees et de l’intersection V0 de cette approximation linéaire n’est pas triviale, et les
méthodes existantes souffrent d’une imprécision ou d’une variabilité intra- et/ou inter-
individuelle importante. En modélisation, une estimation précise de V0 est importante
pour l’estimation de la fonction d’élastance variable E(t), qui pourra être alors utilisée en
lieu et place des modèles de mécanique cardiaque.

Dans cette partie, nous proposerons et étudierons les performances d’une méthode, ba-
sée sur notre approche biomécanique, permettant d’estimer les composants Ees et V0 du
concept d’élastance variable ainsi que sa fonction E(t). Nous décrirons également un mo-
dèle d’élastance variable dans lequel la mécanique cardiaque de notre modèle biomécanique
sera remplacée par la fonction E(t), tous les autres composants du modèle biomécanique
étant maintenus par ailleurs. Nous évaluerons l’adéquation entre les modèles biomécanique
et d’élastance variable lors d’experimentations in silico, dans lesquels nous ferons varier
les conditions externes à la mécanique cardiaque.

Part IV : Application & perspectives : Modélisation cardiovasculaire pour
le monitorage hémodynamique des patients sous anesthésie générale

Dans cette partie, nous évaluerons la faisabilité de l’utilisation d’un modèle biomé-
canique de cœur et vaisseaux, basé sur les concepts biomécaniques présentés dans les
chapitres précédents, afin de caractériser le profil hémodynamique des patients sous anes-
thésie générale pour des procédures de neuroradiologie interventionnelle. En calibrant
notre modèle biomécanique sur les données échocardiographiques et les données conti-
nues de pression artérielle et de débit cardiaque mesurées chez nos patients, nous évalue-
rons la contractilité, le travail myocardique et l’efficience cardiaque, ainsi que le couplage
ventriculo-aortique, à partir de simulations patient-spécifiques de boucles pression-volume
ventriculaire. Nous analyserons également les différences observées entre le sous-groupe de
patients ayant présenté ou n’ayant pas présenté une hypotension artérielle. Nous analyse-
rons également ces boucles pressions-volumes simulées lors des modifications induites par
l’administration de Noradrénaline utilisée pour restaurer la pression artérielle.

En augmentant le monitorage cardiovasculaire des patients sous anesthésie générale au
moyen d’un modèle biomécanique de coeur et vaisseaux, notre approche permet d’envisager
de présenter une aide à la décision clinique. Des travaux translationnels futurs devront
confirmer nos résultats.
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Physiological knowledge, clinical
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CHAPTER 1

Physiological knowledge, clinical issues, and mod-
elling overview

In the present Chapter, we will review the theoretical concepts of the cardiac physiol-
ogy, the principles of cardiovascular biomechanical modelling, the clinical issues for the
anaesthetists and the intensivists and the issues related to haemodynamic monitoring. We
present herein the rationale for the need of an improvement of haemodynamic monitoring,
and propose to use a biomechanical model of heart and vessels to solve for this endpoint.
The biomechanical model used in this PhD thesis is also presented in this Chapter, along
with the data measurement protocol. The operational calibration procedure by which
we turn the biomechanical framework into patient-specific regime is also presented in the
present Chapter.



Chapter 1. Physiological knowledge, clinical issues, and modelling overview

Since this thesis stands at the interface between medicine, physiology, physics, biome-
chanics and modelling, the purpose of this chapter is to provide to the reader the minimal
background necessary for the understanding of the whole manuscript. In this chapter, from
a clinical perspective, an overview of cardiovascular physiology is provided, from molec-
ular mechanism of cardiac contraction to a complex interpretation of pressure-volume
relationship. The specific issues of cardiovascular medicine for the anaesthetists and for
the intensivists are also treated. From the description of haemodynamic failure the anaes-
thetists and the intensivists have to face, we will bring the reader to discover the available
diagnostic and monitoring methods, along with their respective limitations, which allow
to emphasise the helpful information for clinical decision-making.

We will discuss how mathematical modelling may help to fill the gap between imprecise
or harmful diagnostic or monitoring methods and potentially helpful information which
could help to improve patient’s management. In a more specific sense, through simple
example, we will present how mathematical modelling may help to optimise the benefit
risk balance of the diagnostic strategy, by limiting the invasiveness of the explorations
or by improving the accuracy of the measurement. We will give a global overview of
cardiovascular modelling before digging deeper in the biomechanical heart and vessel model
used in the thesis.

1.1 Cardiovascular Physiology

The aim of this Section is to provide a global overview of the cardiovascular physiology,
necessary for the understanding of our modelling approach. Details for cardiac physiology
can be found in various publications [42; 24; 92].

The cardiovascular physiology is typically described by the concepts of preload, after-
load and cardiac physiology. The preload designates all the phenomena that bring the
heart to a pre-contraction state. It includes the venous return, the cardiac rhythm, the
heart lung interaction, the right - left ventricles interdependency, and the diastolic function
of the heart. The afterload designates all the phenomena which are opposed to the heart
during ejection of blood. It is mainly composed by vascular mechanisms, and intrathoracic
conditions. The cardiac physiology is described by its molecular to organ level physiol-
ogy, from cross bridges formation to ejection of blood through valves. The cardiovascular
physiology is synchronised through electrical activity, paced by specific myocardial cells,
and is regulated by the neuro-humoral sympathetic pathway.

1.1.1 Electrical activation of the myocardium

The cardiac cells are polarised with positive charge outside the cellular membrane and
negative charge inside the cell. The electrical depolarisation field necessary for induction
of cardiac contraction is mediated through specific cardiac cells which exert excitatory
and conductive properties. The pacemaker cells of the sinus node located in the right
atrium demonstrated a self-excitatory behaviour. A slow sodium and calcium intakes
occur passively, decreasing slowly the resting potential from around -55 millivolts to a
threshold (around -40 millivolts) that triggers the opening of the rapid sodium channels
(see Figure 1.1). A transient inversion of pacemaker cell polarity occurs and spreads along
the fast conductive tissue (i.e. the anterior, middle, and posterior internodal pathways
composed by Purkinje-like cells – See Figure 1.2) of the atrium (at a speed velocity up to
1 m.s−1).

The conduction is slowed down in the atrio-ventricular node (AV-node), located on
the fibrous tissue between the atrio-ventricular valves (mitral and tricuspid – Figure 1.2).
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1.1. Cardiovascular Physiology

The cells of the A-V node demonstrated greater resistance to the ion transfer than the
other conductive cells in the heart, because of a reduced number of gap junctions. Special
Purkinje fibres lead from the A-V node through the A-V bundle into the ventricles. They
transmit action potentials at a velocity of 1.5 to 4.0 m.s−1. This conductive pathways
allow synchrony of the cardiac contraction. The action potential which spreads along the
conductive tissue is also transmitted to cardiac muscle cells but at a speed velocity around
0.3 to 0.5 m.s−1.
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Figure 1.1 – Rhythmical discharge of a sinus nodal fiber. Also, the sinus nodal action potential is
compared with that of a ventricular muscle fiber. Reproduced from Hall [42]
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Figure 1.2 – Sinus node and the Purkinje system of the heart, showing also the A-V node, and
ventricular bundle branches. Reproduced from Kimmig et al. [55] with permission

1.1.2 Excitation-contraction coupling

The mechanisms involved in the excitation-contraction coupling of the cardiac muscle
shares similarity with the skeletal muscle, and is closely related to calcium homeostasis.
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The cardiac muscle is organised as a syncytium. The unitary cells, are separated
by intercalated disks (see Figure 1.3). Cells are arranged as filaments, and contained
myofibrils of actin and myosin, in a contractile unit called the sarcomere. The cellular
membrane is organised in fold, which penetrates deeply inside the muscle, called the
transverse tubule or T tubule. Another important component of the excitation-contraction
coupling is represented by the sarcoplasmic reticulum.

Nucleus

Cell junction 
(intercalated disks)

Z-disks (striations)

Muscle f ibre

Figure 1.3 – Cardiac fibers organization. Left: Schematic. Right: Microscope image. The cells
are linked together by the junctions called intercalated disks. They form an array of branching
fibers. The striation appearing on the image originate from the sarcomeres. The right panel is a
modification of the work of Dr. S. Girod, Anton Becker, licensed under CC BY 2.5. Reproduced
from Kimmig et al. [55] thesis with permission.

The T tubule is composed by voltage dependent calcium channels. The polarity in-
version is sensed by these receptors which change their conformation to allow a calcium
inflow from the extracellular to the intracellular space. The increase in intracellular con-
centration activates the ryanodine receptors located on the membrane of the sarcoplasmic
reticulum, which allow a passive flow of calcium from sarcoplasmic reticulum to intracel-
lular space. Furthermore, the intercalated disks are composed by gap junctions that allow
passive exchange of ions from cell to cell. These mechanisms participate to the step by
step increase in intracellular calcium concentration.

The intracellular calcium concentration triggers the molecular mechanisms of the car-
diac contraction. The contractile unit is called sarcomere and is composed by actin fila-
ments, attached on one side by the Z band, and free on the other side, and by myosin fila-
ment. Another actin filament attached to another Z band close the sarcomere. The myosin
filament is intercalated between the actin filaments. The troponine C is the receptor of
the calcium, located on the actin filament. It is linked to a protein called tropomyosin. At
rest, the tropomyosin masks the myosin head fixation site, located on the actin filament.
When activated by the troponin C, the tropomyosin changes its conformation and frees
the fixation site. On the myosin side, the head of the myosin can attach and contract (see
Figure 1.5). This process is energy-consuming as it necessitates hydrolysis of ATP for the
detachment of the myosin head from the actin fixation sites. The actin filaments slide
along the myosin filaments in a contractile motion.

All the calcium channels stay opened during a few milliseconds, and the intracellular
calcium concentration is restored by the re-uptakes of the calcium by the T tubule and
the sarcoplasmic reticulum, using ATPase calcium pumps. The action of troponin C on
the tropomyosin is released, hiding the myosin head fixation sites. This stage corresponds
to the relaxation of the myocardium and is also energy-consuming.

1.1.3 Mechanics of the systole

The molecular phenomenon described above underlie the mechanics of the systole. But
the heart is a pump which have finally to sucks then eject blood from the venous to the
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Figure 1.4 – Schematic of a cardiomyocyte. The sequence of events occurring during activation
(red arrows) and relaxation (green arrows) is also presented: (1) the action potential travels on
the membrane, (2) calcium ion channels are activated and let calcium ions in, (3) this calcium
flux triggers the sarcoplasmic reticulum, (4) calcium is released in the cytosol, (5) calcium ions are
captured by the sarcomere, (6) calcium ions are taken from the sarcomere, (7) calcium ions are
uptaken by the sarcoplasmic reticulum or removed from the cells by the exchangers. Reproduced
from Kimmig et al. [55] thesis with permission.

M line half-sarcomere cross-bridgeZ disk

myosin actintitin

Figure 1. Schematic representation of a segment of myofibril
showing the elementary force generating unit: the half-sarcomere. Z-
disks are passive cross-linkers responsible for the crystalline structure
of the muscle actin network; M-lines bundle myosin molecules into
global active cross-linkers. Titin proteins connect the Z-disks inside
each sarcomere.

in a 3 stranded helix with a periodicity of 43.5 nm and the axial
distance between two adjacent double heads of about 14.5 nm
[45].

Another important sarcomere protein, whose role in muscle
contraction remains ambigous, is titin. This gigantic molecule
is anchored on the Z-disks, spans the whole sarcomere structure
and passively controls the overstretching; about its potentially
active functions see Refs. [46–49].

A broadly accepted microscopic picture of muscle con-
traction was proposed by A.F Huxley and H.E. Huxley in the
1950’s, see a historical review in Ref [50]. The development
of electron myograph and X ray diffraction techniques at that
time allowed the researcheres to observe the dynamics of the
dark and light bands during fiber contraction [51–53]. The
physical mechanism of force generation was first elucidated
in [54], where contraction was explicitly linked to the rela-
tive sliding of the myofilaments and explained by a repeated,
millisecond long attachement-pulling interaction between the
thick and thin filaments; some conceptual alternatives are dis-
cussed in Refs. [55–57]

The sliding-filament hypothesis [53; 58] assumes that
during contraction actin filaments move past myosin filaments
while actively interacting with them through the myosin cross-
bridges. Biochemical studies in solution showed that acto-
myosin interaction is powered by the hydrolysis of ATP into
ADP and phosphate Pi [59]. The motor part of the myosin
head acts as an enzyme which, on one side, increases the
hydrolysis reaction rate and on the other side converts the
released chemical energy into useful work. EachATPmolecule
provides 100 zJ (zepto = 10−21) which is equivalent to ∼
25 kBT at room temperature, where kb = 1.381 × 10−23 J K−1
is the Boltzmann constant and T is the absolute temperature
in K. The whole system remains in permanent disequilibrium
because the chemical potentials of the reactant (ATP) and the
products of the hydrolysis reaction (ADP and Pi) are kept out
of balance by a steadily operating exterior metabolic source of
energy [16; 17; 60].

The stochastic interaction between individual myosin cross
bridges and the adjacent actin filaments includes, in addition
to cyclic attachment of myosin heads to actin binding sites,
concurrent conformational change in the core of the myosin
catalytic domain (of folding-unfolding type). A lever arm
amplifies this structural transformation producing the power
stroke, which is the crucial part of a mechanism allowing the
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Figure 2. Representation of the Lymn–Taylor cycle, where each
mechanical state (1 → 4) is associated with a chemical state (M-
ADP-Pi, A-M-ADP-Pi, A-M-ADP and M-ATP). During one cycle,
the myosin motor executes one power-stroke and splits one ATP
molecule.

attached cross bridges to generate macroscopic forces [16; 17].

A basic biochemical model of the myosin ATPase reaction
in solution, linking together the attachment-detachment and
the power stroke, is known as the Lymn–Taylor (LT) cycle
[59]. It incorporates themost important chemical states, known
as M-ATP, A-M-ADP-Pi, AM-ADP and AM, and associates
them with particular mechanical configurations of the acto-
myosin complex, see Fig. 2. The LT cycle consists of 4 steps
[17; 35; 62; 63]:

(i) 1→2 Attachment. The myosin head (M) is initially
detached from actin in a pre-power stroke configuration.
ATP is in its hydrolyzed form ADP+Pi, which generates
a high affinity to actin binding sites (A). The attachment
takes place while the conformational mechanism is in pre-
power stroke state.

(ii) 2→3 Power-stroke. Conformational change during which
the myosin head executes a rotation around the binding
site accompanied with a displacement increment of a few
nm and a force generation of a few pN. During the power
stroke, phosphate (Pi) is released.

(iii) 3→4 Detachment. Separation from actin filament occurs
after the power stroke is completed while the myosin
head remains in its post power stroke state. Detachment
coincides with the release of the second hydrolysis
product ADP which considerably destabilize the attached
state. As the myosin head detaches, a fresh ATP molecule
is recruited.

(iv) 4→1Re-cocking (or repriming). ATP hydrolysis provides
the energy necessary to recharge the power stroke
mechanism.

While this basic cycle has been complicated progressively
to match an increasing body of experimental data [64–68],
the minimal LT description is believed to be irreducible [69].
However, its association with microscopic structural details
and relation to specific micro-mechanical interactions remain
a subject of debate [70–72]. Another complication is that the
influence of mechanical loading on the transition rates, that is

3

Figure 1.5 – Representation of the Lymn–Taylor cycle, where each mechanical state (1 - 4) is
associated with a chemical state (M- ADP-Pi, A-M-ADP-Pi, A-M-ADP and M-ATP). During one
cycle, the myosin motor executes one power-stroke and splits one ATP molecule Representation
of the Lymn–Taylor cycle, where each mechanical state (1 - 4) is associated with a chemical state
(M- ADP-Pi, A-M-ADP-Pi, A-M-ADP and M-ATP). During one cycle, the myosin motor executes
one power-stroke and splits one ATP molecule. Reproduced from Caruel and Truskinovsky [18].
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arterial system. The heart is a 4 cavity chambers composed by the 2 atrium and the 2
ventricle, respectively the right and left atria and ventricles (Figure 1.2). The atria are
separated from the ventricles by valves (tricuspid and mitral, respectively for the right
and the left heart). The ventricles are separated from the pulmonary artery and the aorta
by the pulmonary and the aortic valves.

The blood first enters the right atrium following a pressure gradient, flows into the
right ventricle during the relaxation of the right ventricle then the contraction of the
right atrium. During the systole, the right ventricle ejects the blood into the pulmonary
circulation. In parallel, the left atrium fills. When the pressure inside the left atrium
is superior to the left ventricle, the mitral valve opens and the blood flows into the left
ventricle. Again the contraction of the left atrium complete the filling of the LV. Finally,
the contraction of the LV ejects the blood from the LV to the aorta.

The relaxation and the contraction of the LV and the right ventricle (RV) occurs
simultaneously, synchronised by the quasi instantaneous spread of the electrical field by
the Purkinje fibre (see Section 1.1.1). Also, the filling and the contraction of the atrium
are synchronised. It begins during the ventricular systole, and the atrium systole occurs
during the late diastole of the LV.

If the relaxation-contraction sequence of the 4 cavity-chambers are synchronised the
mechanical nature and role of each chamber is different, and determined by anatomical
architecture. The LV is a thick muscular structure, composed by cardiomyocytes oriented
circularly. The objective is to optimise a squeezing motion, and to develop sufficient force
to overcome the aortic pressure, necessary for blood ejection in the aorta. On the contrary,
the right ventricle is a thin structure which have to overcome pulmonary pressure (≈ one-
fourth the aortic pressure). The RV wraps the LV, separated by the interventricular
septum, which develop most of the ejecting force of the RV. The free wall of the RV is
composed by cardiomyocyte oriented in the long axis of the RV. The effect of the free
wall is more prominent during the diastole, as it allows efficient pressure decrease, with a
suction effect.

1.1.4 Determinants of the systole

The quality of the circulating blood within the heart is affected by various determinants.
First, as discussed in Chapter 1.1.5, the filling of the heart is affected by the pas-

sive properties of the heart. The relationship between the volume and the pressure at
end-diastole is underlain by continuum mechanics theory and behave as a non-hookean
material. The passive law is determined by the constitutive stiffness of the myocardium
(related to the collagen and elastin fibres stiffness and the cardiomyocytes stiffness) and
also by the thickness of the myocardium (see Equation (2.20)). Furthermore, the passive
law is also affected by external surrounding pericardial or thoracic pressure that may be
applied on the heart. The preload is defined at the organ level as the end-diastolic pres-
sure of the ventricle. It is associated with a end-diastolic volume through the passive law
of the myocardium. It is a temporary state which depends on external conditions (see
Figure 1.6). Indeed, the preload is greatly affected by the amount of circulating blood
available for entering the ventricle, or by the ability of the heart to empty into the arterial
system. Among the factors that may affect the filling of the LV, we can cite the venous
return, the heart-lung interaction, the intrathoracic pressure, the pericardial pressure, the
relaxation of the LV, the stiffness of the LV, and the residual Pressure-Volume inside the
LV at the end of the systole.

The preload and the corresponding volume of the LV has significant effect on cardiac
physiology as it is responsible from the Frank-Starling effect [34]. It describes the relation-
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Figure 1.6 – Determinants of the systole. Left: Frank-Starling effect. The end-systolic pressure-
volume relationship (ESPVR) represents the maximal pressure-volume point the ventricle can
reach after an electrical stimulation, for a given end-diastolic filling condition – called preload. The
preload is linked to the filling by the passive law, and described the end-diastolic pressure-volume
relationship (EDPVR). When the preload increases (blue arrow), the stretch of the myocardial
fibres increases. According to the so-called Frank-Starling effect, it modifies the strength of con-
traction along the ESPVR (orange arrow). Right: Effect of the contractility. The orange curve
represent the Frank-Starling effect for a given intracellular calcium concentration. The contractility
(τ0) represents the ability of the heart to increase the calcium available for muscular contraction.
Consequently, it increases, for a given preload and afterload, the strength of contraction. It corre-
sponds to a homothetic transformation of the ESPVR.

ship between the maximal force developed by a cardiac muscle, with respect to its initial
length. The force-length relationship is not linear. Integrated over the cardiac muscle
and at the organ level, the relationship is called the end-systolic pressure volume rela-
tionship (ESPVR) (see Figure 1.6). The mechanisms that underlain the Frank-Starling
effect are not fully understood. One hypothesis involves the optimal actin-myosin cross
bridges formation related to the sarcomere length which maximise the number of myosin
heads attachment. A differential sensitivity to intracellular calcium concentration with
respect to fibre length has also been advanced [5; 45]. Another mechanism involves the
titin fibres inside the sarcomere. The elastic recoil would help the actine-myosin sliding
motion [2; 43].

The contractility is a experimental concept, which represents, at the tissue level, the
maximal force the myocardial fibre can develop, independently of the loading conditions.
It has unit of pressure. The contractility is affected by all the mechanism that modulated
the intracellular calcium and potassium concentration.When integrated to a organ level,
it represents the maximal force the ventricle can produce. It is independent of the preload
and the afterload of the heart (See Figure 1.6) but can be modulated by autonomous
nervous system or by circulating molecule which can raise either the intracellular calcium
concentration (e.g. the inhibitors of the Phosphodiesterase III, which increase the in-
tracellular AMPc concentration necessary for the opening of the calcium channels of the
sarcoplasmic reticulum) or the either the muscular sensitivity to the intracellular calcium
(e.g. the Levosimendan which enhance the effect of the Calcium on the troponine C). The
heart rate can also modulate the contractility [71]. Indeed, when the cardiac rhythm in-
creases, the re-uptake calcium capacity of the ATPase pumps are overcome [4], increasing
in turn the contractility – the Bowditch effect [76].

The synchronicity of the ventricular contraction is also a mechanism which influences
the output. As explain in Section 1.1.3, the electrical field is transmitted to the ventricular
muscle by the specific conductive tissue – the Purkinje fibres. Even though the activation
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is fast, the sequence of ventricular contraction is important. The interventricular septum
is the first to be activated, and consequently the first to contract. The Purkinje fibers lead
from the septum to the apex then to the free wall of the LV. The ventricular contraction
follows this path. It pushes the blood from the mitral valve to the apex, then it turns up
to the aortic valve (see Figure 1.2).

The afterload represents the force the ventricle has to overcome to eject blood into the
aorta. It is related to vascular determinants, such as the aortic compliance, the arteriolar
resistances, and the aortic wave reflexions [74]. It is also modulated by geometry of the
heart. Indeed, the Laplace law explain that the wall tension is inversely proportional to
the wall thickness.

T =
P · r
2h

(1.1)

Where T is the wall tension, P is the ventricular pressure, r is the radius of the LV, and
h its wall thickness. We can see from Equation (1.1), that if ventricle pressure increases,
the LV may decrease the tension by increasing the wall thickness, or by decreasing the ra-
dius. Hypertrophy of the myocardium is therefore an adaptative mechanism to chronically
increased blood pressure.

1.1.5 Physiology of the diastolic function

Diastolic function of the heart designates all the physiological phenomena observed be-
tween the end of the myocardial contraction and the beginning of the consecutive cardiac
cycle, the so-called diastolic period. At rest, this period equals approximately two thirds
of the cardiac cycle, during which occurs the left ventricle relaxation, and the passive
filling of the LV .

The relaxation is a process which consists of the isovolumic relaxation period and of
the early filling of the LV. The inversion of the transmitral pressure gradient represents
the switch between the two phases. It leads to the opening of the mitral valve, and the
consecutive filling of the LV. At a molecular level, it corresponds to the detachment of
actin-myosin cross-bridges [84] (see Section 1.1.2). The decrease in intracellular calcium
concentration is caused by the activation of calcium ATPase which allow re-uptakes of cal-
cium from sarcoplasm into sarcoplasmic reticulum and T tubles. These active transports
are energy-consuming (Figure 1.4). The isovolumic relaxation is followed by a phase that
is called the early filling of the ventricle, from opening of the mitral valve to atrial contrac-
tion. The pressure gradient between the left atrium and ventricle is positive and drives
the early filling of the heart. The passive filling (from the LV viewpoint) is represented by
the atrial contraction (which is an active process), itself responsible for a substantial part
of the filling (around 20%). The filling of the LV is therefore determined by a dynamic
or active component – the active LV relaxation – and by a static or passive component.
The latter is related to structural components of the myocardium (cytoskeleton of the
myocardial cells, connective tissue) or architectural organisation of the left ventricle [65].

The filling of the LV is therefore sensitive to phenomena that alter both the relaxation
and the passive filling. On one hand, the relaxation of the LV is altered when the syn-
chrony of the electrical activation of the LV is lost, or when delivery of oxygen is impaired
(e.g. bundle branch block, myocardial ischaemia). On the other hand, the LV compli-
ance is altered during myocardial remodelling (e.g fibrosis, storage disease or myocardial
hypertrophy). The pathologies that impair the relaxation and/or the passive filling are
responsible for diastolic dysfunction that can evolve into diastolic heart failure. As stated
above, systolic dysfunction is necessarily associated with diastolic dysfunction, caused by
the relaxation impairment. However, an isolated diastolic dysfunction exists and is mainly
caused by the alteration of the passive properties of the LV. It is responsible for an entity
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called “heart failure with preserved left ventricular ejection fraction (HFpLVEF)”. Typi-
cally, the impairment of the LV diastolic function is responsible for an increase of filling
pressure that can ultimately lead to hydrostatic pulmonary oedema. Therefore, an acute
increase of the filling pressure could decompensate a latent diastolic heart failure. For
example, arrhythmias are frequently associated with an impairment of the LV diastolic
function. Under normal circumstances, the proportional filling fraction attributable to
the atrial contraction is around 20%. When the atrial contraction is lost (e.g. during
atrial fibrillation), the total filling fraction of the LV occurs during the LV relaxation.
Therefore, the loss of atrial contraction in case of alterations of the passive properties of
the myocardium may precipitate a decompensation of HFpLVEF and lead to a sudden
and life-threatening rise of LVEDP. Finally, we remark that all the pathologies that can
acutely alter the diastolic function, such as acute atrial fibrillation, coronary heart disease,
sepsis, malignant hypertension, constrictive pericarditis, may cause diastolic heart failure
and may become a reason to enter the intensive care unit. Also, rapid changes in haemody-
namic conditions could also be responsible for an acute decompensation of diastolic heart
failure. During general anaesthesia, the tachycardia is frequent (e.g. stress, nociception,
bleeding, hypovolemia) and responsible for shortening of the diastolic period, that can
alter the LV filling. Fluid overload can also trigger an acute decompensation, especially
if systolic function is altered [32]. Finally, a highly increased LV afterload (e.g. systemic
arterial hypertension) may alter the LV relaxation and increase the end-diastolic volume
and pressure. All these conditions frequently occur in peri-operative settings, becoming a
high-risk period for patients with an impaired LV diastolic function.

1.1.6 Cardiac output and its determinants

The role of the cardiovascular system is to bring oxygen and nutrients to organs. It
schematically involves a vector (the blood), a tank (the vessels) and a pump (the heart).
The oxygen and nutrients are dissolved into the blood, which is brought from pulmonary
(oxygen) or portal (nutrients) circulations (the providers) to the organs (the customers).
The energy is brought by the heart, and the vessels can be seen as the pipelines. The
cardio-circulatory system warranty the supply chain by maintaining the cardiac output
(which contains the oxygen and nutrients) while distributing the blood to the organs.
Each organ regulates its supply by controlling the amount of blood it requires for exerting
their functions. The heart passively follows the metabolic demand if only: 1/ sufficient
enough amount of blood is able to enter the heart and; 2/ the energetic expenditure does
not override the heart capabilities.

It is important to notice that human heart is composed by two atria and two ventricles,
respectively the right and the left atrium/ventricle, connected in series through the pul-
monary circulation. Therefore the two aforementioned principles apply both to the right
and the left heart, and both the right and the left hearts are affected by the pulmonary
circulation physiology.

1.1.6.1 Functional anatomy of the vessels

Presented as pipes, vessels are seen as passive components of the cardiovascular system.
However, it is not true, as their functions are not limited only to contain blood but
also to regulate the cardiovascular final products (cardiac output and arterial/venous
pressure). Therefore, vessels are actively participating to cardiovascular physiology. We
can differentiate the vessels by their anatomical properties. All the vessels share common
characteristics. They are composed by a inner, thin endothelial layer called the intima,
by a medium musculo-elastic layer called the media, and by a solid fibrous layer called the
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adventitia. If the intima and the adventitia are well preserved throughout the different
vessels, the composition of the media determines the type of vessels.

The arteries are vessels whose functions are 1/ to bring the blood from the heart to
organs; 2/ to damper the pulsatile energy caused by the cardiac physiology and; 3/ to
regulate organ blood flows and. We can differentiate between large elastic arteries (typ-
ically the aorta or the carotid artery) for which the media is rich of elastin fibres who
preferentially participate to the damping of the oscillatory phenomena of the cardiovas-
cular circulation, and the small muscular arteries also called the arteriole (typically the
renal afferent glomerular artery) for which the media is rich of vascular smooth muscles,
who preferentially regulate the blood flow entering the organ, by controlling the size of
the lumen. The endothelium of the arteriole can sense a physicochemical modification of
the blood, and react accordingly. For example, a decrease in partial pressure of dissolved
oxygen (hypoxia) results in nitric oxide synthesis through the activation of the endothe-
lial Nitric Oxide Synthase (eNOS). The nitric oxide is captured by the vascular smooth
muscle cells, and triggers a relaxation through the increase in the concentration of cyclic
guanosine monophosphate (cGMP) [35]. It leads to a vasodilation of the capillary bed.
However a longer term effect can lead to vasoconstriction through calcium sensitisation,
mediated by Rho kinase, themselves activated by the guanylyl cyclase that have been ac-
tivated by the NO in an GMPc independent pathway [22] (see Figure 1.7): “the hypoxic
augmentation”. For example in the lung, this mechanism participates to the so-called
hypoxic pulmonary vasoconstriction [22]. It leads to redistribution of pulmonary blood
flow towards more oxygenated alveoli, optimising therefore the oxygenation capability of
the lung. It illustrates the regulatory function of the endothelial cells of the pulmonary
vessels.

The capillaries, which are the thinner vessels, are composed by one layer of endothelial
cells and few vascular smooth muscle cells. They are considered as a whole organ such their
functions are important. Indeed, the capillaries regulate the arteriolar function through
secretion of vasoactive molecules by the endothelial cells, and are the interface between
blood and the organs. They can exchange gas, nutrients, cells, proteins, enzyme, and are
therefore the gate for endocrine (from organ to organ), and paracrine (from cell to cell)
communications. The capillaries can be continuous, fenestrated or sinusoidal, depending
on their function. The continuous capillaries realise a sealed membrane, such as in the
brain, the so-called blood brain barrier. The fenestrated and sinusoidal capillaries are
porous structures which allow exchanges between the blood and the tissue. The selectivity
to the molecules that are allowed to be exchanged is tightly regulated by the endothelial
cells themselves, and is specific to each organ. Furthermore, a thin layer of proteoglycans
(hydrophilic viscous proteins), called the glycocalyx lines the endothelial surface. The
glycocalyx plays a role in the differential permeability of the endothelium, as it modifies
the surrounding environment of the endothelial cells, depending on its physical and proteic
composition, which is specific of each tissue [113; 6; 3].

The veins are capacitive vessels. It contains more than half the total blood volume
of the body [42]. The media of the veins is composed by a thin muscular layer, that
allows the veins to contract. The total volume contained in the veins can be separated
into the constrained and the non constrained volumes wether it participates or not to the
circulating blood. Indeed, the venous system can be seen as a passive blood reservoir
which can can fill from or pour into the circulation. Therefore, the venous system exert
also a regulatory function, as it can modulate the blood flow which returns to the heart.
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acutely in porcine coronary arteries during hypoxia51,77, Rho
kinase inhibitors diminish hypoxic augmentation and hence
calcium sensitization is likely to be involved (Fig. 2)51.

Hypoxia can affect vascular tone through actions on ion
channels, but these result in relaxation rather than contrac-
tion. Thus, hypoxia causes hyperpolarization in primary
cultures of porcine coronary smooth muscles by opening
KATP channels78. In human coronary myocytes, hypoxia
causes activation of KATP channels and the subsequent closure
of voltage-gated Ca2þ channels79.

Hypoxia also exert chronic effects on the vasculature.
A number of studies have pointed out that the viability and
proliferation of vascular smooth muscle cells are enhanced
after chronic hypoxia treatment. This can be attributed to the
augmented production by the vascular smooth muscle cells of
platelet derived growth factor and fibroblast growth factor,
which activate the mTOR (mammalian target of rapamycin)
pathway80 as well as telomerase, extending lifespan81.

3.4. Inflammation

Hypoxia also increases the expression of P-selectin, E-selectin,
intercellular adhesion molecules-1 (ICAM-1) and vascular cell
adhesion molecule-1 (VCAM-1) on the endothelium and
augment the permeability of the endothelial barrier82.
P-selectin is stored in Weibel–Palade bodies along with von
Willebrand factor (a procoagulant). It is released acutely
without de novo protein synthesis when the cells are exposed
to hypoxia83. P-selectin increases the recruitment of neutro-
phils from the blood, resulting in their migration into the

vascular smooth muscle. The release of von Willebrand factor
reduces the fluidity of the blood84,85. In addition, the endothe-
lial expression of pro-inflammatory cytokines such as inter-
leukin-6, interleukin-1a, interleukin-8 and MCP-1 is also
increased under hypoxia86.

3.5. Coagulation

Upon exposure to hypoxia, the release of thrombomodulin,
which normally inhibits the formation of thrombin and
subsequently of the cross-linked fibrin clot, by the endothe-
lium is reduced87, whereas plasminogen activator inhibitor-1
(PAI-1, which inhibits fibrinolysis) is up-regulated88,89. More-
over, prostacyclin released by the endothelium cannot exert
its anti-aggregatory effect on platelets because the activity
of its downstream mediator, adenylyl cyclase, is reduced by
hypoxia90,91. As a result, cross-linked fibrin clots are formed
on the surface of endothelium, and this sets off the coagula-
tion cascade.

4. Physiopathological implications

There are several conditions or diseases where hypoxia is
secondary to malfunction of the respiratory system. Hypoxic
augmentation significantly reduces the blood supply to the
cardiac muscle in the coronary circulation. In dogs, this occurs
in vivo only and in coronary arteries that have been subjected
previously to ischemia–reperfusion injury65. Considering that the
hypoxic augmentation response can be repeated consistently even
after several episodes of exposure to hypoxia58, this phenomenon
could be important in patients with chronic obstructive pulmon-
ary disease or asthma or high altitude sickness, when the oxygen
content in the blood is reduced. It may be particularly relevant
for patients suffering from sleep apnea.

Obstructive sleep apnea is the closure of the respiratory
tract during sleep which leads to suffocation of the patient.
This occurs because the control of the muscles of the upper
respiratory tract is lost. As a result the latter collapses and less
air can pass through, resulting in a state of hypoxic hypoxia.
Usually this type of hypoxia lasts only for a short period of
time (seconds to minutes) as the patient is aroused reflexly by
the low oxygen level92 and regains control of the respiratory
tract muscles, alleviating hypoxia. However, this cycle of
hypoxia and arousal occurs many times during the night and
results in severe intermittent hypoxia93. The hemodynamic
stress in patients with sleep apnea is actually correlated with
the severity of hypoxia rather than with the arousal events94,
which suggests the destructive role of hypoxia on the vascular
system. In such patients, pro-inflammatory cytokines, oxida-
tive stress, apoptosis of endothelial cells and angiotensin II
levels are increased9,95. In rats, intermittent hypoxia causes an
increase in arterial pressure and this can be attenuated with an
angiotensin II receptor (AT1) inhibitor96, implying that the
chronic effects of intermittent hypoxia involves the production
of vasoconstrictor peptides. In humans, a severity-dependent
association between sleep-disordered breathing and hyperten-
sion, which is a common risk factor for cardiovascular
events97,98, is established99. Furthermore, in a twelve year
follow up study, the fatal cardiovascular events in patients
with obstructive sleep apnea were approximately eight times
more frequent than in control subjects, and the group treated
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Figure 1.7 – A summary of the two endothelium-dependent pathways activated in hypoxic aug-
mentation, which involves cyclooxygenase (COX) and endothelium nitric oxide synthase (eNOS),
with the latter being the dominating one. On the one hand, endothelium-derived contracting
factors (EDCFs) are released and activate thromboxane-prostanoid receptors (TP), which partly
contribute to the hypoxic augmentation. On the other hand, nitric oxide (NO) activates soluble
guanylyl cyclase (sGC) through a cGMP-independent mechanism, which involves activation of Rho
kinase and calcium (Ca2þ) sensitization, but is independent of calcium influx from the extracellular
environment. Reproduced from Chan and Vanhoutte [22]

Stressed volume = 44%

Unstressed volume = 20%

Cardiopulmonary volume = 16%

Arterial volume = 13%

Capillary volume = 7%

Figure 1.8 – Schematic representation of the repartition of the total blood volume in the cardio-
circulatory system. The venous volume is divided into stressed and unstressed volumes, whether
the respective venous volumes participate to the circulating blood. Reproduced from Hall [42].
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1.1.6.2 Regulation of the circulating blood

From mitochondria to peripheral vascular resistance

Oxygen and nutrients are used by the cells to produce energy (the fuel) and proteins
(end product of the cells). Mitochondria is an organelle specialised in aerobic energy pro-
duction. It is tightly linked with the glucose metabolism. First, one molecule of glucose
is transformed into 2 molecules of pyruvate by a mechanism called the “glycolysis” which
generate 2 adenosine triphosphate (ATP, the support of energy) from 2 adenosine diphos-
phate (ADP), and one molecule of pyruvate. The pyruvate is associated with co-enzyme A
to form the acetyl co-enzyme A (acetylCoA) which can pass through the inner mitochon-
drial membrane and enter the “Krebs cycle”. The AcetylCoA is used with oxaloacetic acid
by the citrate synthase, to form the first product of the Krebs cycle, the citric acid. During
successive chemical reactions, the Krebs cycle generates 2 molecules of ATP, produces 16
molecules of hydrogen (H+), 4 molecules of carbon dioxide (CO2), degrades 2 molecules
of AcetylCoA and regenerates 2 molecules of oxaloacetic acid [42]. The H+ are carried by
the co-enzyme NAD- and FAD- which are reduced into NADH and FADH.

Another actor of the energetic production is located in the mitochondrial inner mem-
brane and is called the “mitochondrial respiratory chain”. It is composed by by five super
enzymatic complexes which can use the energy given by the degradation of the co-enzymes
NADH and FADH to successively (from complex I to complex IV) take out the 16 hydro-
gen atoms. It creates an electrochemical gradient between the inner membrane. During
the process, electrons are exchanged. Finally, the fifth complex is composed by an ATP
synthetase enzyme, which uses the electrochemical gradient, along with oxygen molecules
and the exchanged electron, to produce ATP and H2O. This is called the “mitochondrial
respiration”. This process produces tremendous quantity of ATP as on glucose entering
the glycolysis generates 2 ATP during glycoysis, 2 ATP during Krebs cycle and 30 ATP
during mitochondrial respiration.

The glucose metabolism and the ATP generation is regulated by multiple feedback
control mechanisms. For example, the availability of ADP limits the glycolysis rate and
the mitochondrial respiration. Indeed, the ATP is used by the cell as energetical source for
chemical reactions, including protein production. ADP is consequently regenerated and
can be used to create another ATP molecules. Therefore, the total amount of energetical
reactions in the cell will determine the total amount of energy to produce from glucose and
oxygen. If ADP is lacking, the glucose metabolism is deviated toward “glycogenogenesis”
which takes place in the liver.

If oxygen is lacking or in case of mitochondrial respiration uncoupling (e.g. sepsis or
intoxication to cyanate, during which the mitochondria is failing to maintain the elec-
trochemical gradient necessary for ATP production), the mitochondria cannot use the
AcetylCoA. The pyruvate accumulates and is metabolised by the lactate deshydrogenase
into lactic acid. This is called the “anaerobic gycolysis”. From one glucose molecule, it
generates 2 ATP and 2 molecules of lactic acid. The lactic acid produced can be used
as a quick source of pyruvate if oxygen is available. The lactic acid can be transport by
blood into other organs where it can be used in aerobic glycolysis (e.g. in the heart where
extraction of oxygen is maximal).

But how metabolism regulates blood flow? The Poiseuille law describes the physical
principle which drives circulation in a tube

P =
8µLQ
πR4 (1.2)

with P the pressure gradient across the pipe, µ the viscosity of the fluid, L the length
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of the pipe, R the radius of the pipe and Q the flow in the pipe. If we denote by r the
resistance to the blood flow,

r = 8µL
πR4 (1.3)

and rewrite Equation (1.2) accordingly,

Q =
P
r

(1.4)

we can immediately see what would be the effect of local regulation of the size of
the vessel on the resistance r and in turn on the local blood flow Q. Therefore, when
considering the endothelial reaction to hypoxia, which initially causes activation of eNOS
(see Section 1.1.6.1), the NO mediated vasodilation would decrease resistance and increase
blood flow. Furthermore, another consequence of hypoxia is a local production of lactic
acid. This can occur during exercise for example where large quantities of lactic acid
is released in muscle circulation. As the pKa of lactic acid is lower than the blood pH,
it causes local acidemia, which in turn activates the eNOS, inducing a NO mediated
vasodilation [53].

If we consider all the local blood flows of the body integrate it over the entire circula-
tion, the cardiac output (Qc) output will be composed by the sum of all the local blood
flows, themselves regulated by metabolic demand.

Qc =

i∑ Pi
ri

(1.5)

If we denote by PVR the peripheral vascular resistance, the sum of all the local resistance
(ri) of the body, it yields

1
PVR

=

i∑ 1
ri

(1.6)

The Poiseuille law hold true during continuous flow. However, the arterial pressure can
be described by the mean arterial pressure (MAP). This approximation allows to write Qc
as:

Qc =
MAP− RAP

PVR
(1.7)

with MAP the mean arterial pressure, PVR the peripheral vascular resistance, and RAP
the right atrial pressure.

Since the peripheral vascular resistance is a component which is regulated at the level
of the organ, the heart plays a role in regulating the circulating blood volume by adapting
the force required to eject blood on the left side (i.e. aortic pressure), and by adapting the
force required to sucks the blood into the right heart (i.e. right atrial pressure). Therefore,
in Equation (1.7), the Qc is regulated by metabolism, the pressure gradient and PVR are
dependent variables which adapt to warranty the organ perfusions.

The venous return

Equation (1.2) hold true concerning the venous circulation. If we consider the venous
system as a capacitive reservoir which pour into the right heart, we can write

RV =
MSFP− RAP

Rvs
(1.8)

with RV = Qc, the venous return, MSFP the mean systemic filling pressure, Rvs the
resistance of the venous system, and RAP the right atrial pressure. MSFP can be written
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as a function of venous volume (Vvs) and capacitance (Cvs): MSFP = Vvs
Cvs

, and corresponds
to the pressure which would be measured in the venous system if RV = 0.

We can see that from Equation (1.8), that the cardiac output depends on the blood
volume in the venous system, on the capacitance of the venous system, on the pressure
in the right atrium, and on the venous flow resistance. The blood volume can be sepa-
rated between stressed and unstressed volume. It is closely related to the venous system
capacitance as the unstressed volume is the amount of blood necessary to fill the veins.
This is the volume associated with 0 pressure in the venous system. Any extra amount
of blood in the system would make the pressure to rise, and is called the stressed vol-
ume [62]. For a fixed blood volume, the modification of venous system capacitance would
modify the repartition between the stressed and the unstressed volumes, and accordingly
the MSFP [42].

Another determinant of the venous return is hidden in Equation (1.8). Indeed, in-
trathoracic pressure is important to consider as it modifies both the repartition between
blood volume in the lung and in the venous system and right atrial pressure. The lung
acts like a sponge and can retain or release blood volume into the systemic circulation
depending on the intrathoracic pressure. For example, during spontaneous breathing, the
negative pleural pressure attracts the systemic blood into the thorax. On the contrary,
during mechanical ventilation, positive intrathoracic pressure squeezes the lung and expel
the blood into the systemic circulation. For a given venous capacitance and resistance, the
net effect on the venous return is however difficult to predict and will depend on one hand
on the ability of the spontaneous breathing to decrease more the RAP than the MSFP,
and on the other hand, concerning the mechanical ventilation, to increase more the MSFP
than the RAP [63].

Frank-Starling mechanism

The left heart also plays an important role in the regulation of cardiac output. Indeed
it has been shown that the cardiac output curve with respect to the filling of the LV is
curvilinear [34; 42]. This is called the Frank-Starling mechanism and this curve can be
plotted with the venous return curve. The two curves cross on the functioning point of the
circulatory system. Any mechanism that will alter this cardiac function curve will lead the
system to find a new equilibrium. For example, a heart failure is associated with higher
right atrial pressure (congestion) and low cardiac output. The cardiac function curve
is regulated by the chemical environment of the myocardium (calcium, oxygen, glucose
...). The mechanisms which interact with the myocardium homeostasis will affect the
contractility, such as the sympathetic nervous system, the catecholaminergic pathway, the
glucose metabolism etc...

Heart-lung interaction

Finally, the interaction between the right, the left hearts and the lung is also important
to consider. The pulmonary circulation affects differently the right and the left hearts
physiology. The intrathoracic pressure, as discussed earlier, plays also an important role
in the heart-lung interaction.

1.2 Clinical issues
In the following section, we will describe the clinical situation in which haemodynamic
is impaired, and for which haemodynamic monitoring may be useful. The main features
of the following clinical situation is generally a low cardiac output associated with low
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systemic arterial pressure. If this haemodynamic feature is observed, the situation is
usually severe. In certain cases, we may find hypotension with high cardiac output or
low cardiac output with hypertension, all these situation being life-threatening also. The
haemodynamic monitoring alone may be therefore misled.

1.2.1 Heart failure

Heart failure is a clinical syndrome, defined by functional (e.g. breathlessness, ankle
swelling and fatigue) that may be accompanied by physical (e.g. elevated jugular venous
pressure, pulmonary crackles and peripheral oedema) symptoms, that are caused by func-
tional and/or structural cardiac abnormality, resulting in a reduced cardiac output and/or
elevated intracardiac pressure at rest or during stress, as stated by the international soci-
eties of cardiology [87; 115]. It affects approximately 1 to 2% of the adult population in
developed countries. When considering patients older than 70 years old, the prevalence
increases up to 10% [87]. Heart failure represents the first reason for hospitalisation for
the elderly population (1 million admission a year in the US) [9]. Projections evaluated
the total cost of Heart failure by 2030 to 68 billions $, representing a 127% increase from
the 2013 report of the American Heart Association [51].

The 12-month all-cause mortality rates for heart failure patients after admission to
hospital is estimated to 17% [64] but can reach 36% for acutely decompensated presen-
tations [57; 90; 75; 98]. Furthermore, the natural evolution of heart failure involves suc-
cessive episodes of decompensation leading to recurrent hospital admissions, all of which
decreasing the overall survival from 2.5 years after the first episode to 0.5 years after
the fourth [28]. In 2010, Maggioni Maggioni et al. [64] analysed the clinical presenta-
tion of more than 1,700 in-hospitalised heart failure patients all around the European
union. More than three fourth of them were hospitalised with (and not necessarily for)
acute decompensation on chronic heart failure or cardiogenic shock. Pulmonary oedema
was observed in more than 13% and right ventricular failure in up to 5% of the studied
population (Figure 1.9). A report published the same year studying 4,133 patients [79]
estimated that despite hospital admission was for other reasons than heart failure in 50%
of in-hospitalised patients, the causes of death in this population were mainly cardiovas-
cular (≈ 87% of 1,080 deaths). These evaluations demonstrated the extreme fragility of
heart failure patients. An extra cardiac injury may lead to a decompensation of the heart
failure in 50%, severe enough to be responsible for death in 25% of the cases.

It is classical to differentiate heart failure whether systolic dysfunction is observed or
not. Indeed, among overall heart failure patients, systolic dysfunction is considered as one
of the most significant predictor of HF mortality (Odd-Ratio (OR) = 1.23 [CI95% - 1.13 to
1.46]) [1]. It is described by an impaired LV Ejection Fraction (LVEF < 0.4 – LVEF being
defined by the stroke volume (SV = EDV - ESV) divided by the end-diastolic volume
(EDV), ESV being the end systolic volume). However, heart failure with preserved left
ventricle ejection fraction (HFpLEF – LVEF > 0.5) is also frequently observed [117] (<15%
of chronic heart failure in patients younger than 50 years, 33% for patients between 50 and
70 years and 70% for patients 70 years and above). Recent studies reported that 16-30%
of patients with diastolic heart failure had to be readmitted within 6 months after hospital
discharge and the mortality rate is estimated to 12.1 (CI95 11.7 to 12.6)% per year after the
diagnosis of HFpLVEF [67]. The outcomes of the patients in-hospitalised for HFpLVEF
is greatly affected and similar to those with impaired systolic function. Aetiologies for
acute LV failure are numerous (see Table 1.1). For example, aortic regurgitation leads
to a chronic overfilling of the LV because. It causes the LV to dilate, and then finally
to impair the systolic and the diastolic function of the LV. Occlusion of coronary artery
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Anaemia, defined as a haemoglobin level ,12 g/dL, was detected
in 31.4% of the patients; an estimated glomerular filtration rate
(eGFR) ,50 and ,30 mL/min/1.73 m2 was reported, respectively,
in 32.9 and 9.8% of the patients. N-terminal pro-brain natriuretic
peptide and brain natriuretic peptide (BNP) were measured at
entry in 489 and 204 patients only, respectively. The median
values were 4007 pg/mL (IQR 2043–9487) and 870 pg/mL (IQR
423–1950), documenting the severity of the clinical conditions at
hospital admission. Troponin (I or T) was measured in 987 patients
with a median value of 0.04 ng/mL (IQR 0.01–0.29).

Figure 2A shows the stratification of in-hospital patients accord-
ing to the clinical profiles of the ESC guidelines.5 Decompensated
HF (75% of the cases) was most frequent, whilst pulmonary
oedema and cardiogenic shock were reported in 13.3 and 2.3%
of the patients, respectively. Figure 2B shows the overall rate of
in-hospital mortality and that stratified by clinical profiles.
Overall, 71 patients died during the hospital stay; the highest mor-
tality rate being observed in patients with cardiogenic shock and
the lowest in those with hypertensive HF. The cause of death
was cardiovascular in 90.1% of the cases. Owing to the nature of
this pilot experience, only a relatively small number of deaths
was observed. For this reason, an adjusted model to identify the
independent predictors of death was not performed. However,
when the three major well-known independent determinants of
death (systolic blood pressure, older age, and reduced renal
function) were considered, we observed that 93% of deaths
could be explained by the presence of at least one of these
factors (Figure 3).

Figure 4 reports the rate of use of pharmacological treatments
before hospital admission, during the hospital stay, and at dis-
charge. All evidence-based treatments were used more frequently
after hospital admission than at entry. The median length of stay
was 8 days (IQR 5–11), and 48% of the patients were managed
in the intensive care unit for a median period of 4 days (IQR
2–7). At discharge, pulmonary congestion, peripheral congestion,
or both were still present in 9.8, 18.1, and 24.0% of the cases,
respectively. The median body weight reduction during the hospi-
tal stay was 2 kg (IQR 24 to 0), whereas the creatinine level did
not increase (the median change from admission to discharge
being 0.0 mg dL, IQR 20.1 to 0.1).

Specific features of the ambulatory
patient population
The rates of moderate (NYHA class I– II) and severe HF (NYHA
class III or IV) were 72 and 28%, respectively. Ejection fraction
was available in 2857 patients (89% of the outpatients): its
median value was 36% (IQR 30–46) and preserved ejection frac-
tion was reported in 36.1% of the cases. A haemoglobin level
,12 g/dL was reported in 18.8% of the cases, and an eGFR ,60
and ,30 mL/min/1.73 m2 was reported in 40.7 and 5.1% of the

Figure 3 All-cause in-hospital mortality by the presence of risk
factors (low blood pressure, advanced age, and renal dysfunc-
tion). (A) Ninety-three per cent of total death events are associ-
ated with at least one of the three risk factors (age, eGFR, and
SBP). Risk factor ¼ age ≥75 years OR eGFR , 50 mL/min/
1.73 m2 OR SBP , 110 mmHg. For one dead patient, it was
not possible to evaluate the presence of risk factors. (B) All-cause
in-hospital mortality by number of risk factors (age ≥75 years,
eGFR , 50 mL/min/1.73 m2, SBP , 110 mmHg). For two dead
patients, it was not possible to evaluate the number of risk
factors. eGFR, estimated glomerular filtration rate; SBP, systolic
blood pressure.

Figure 2 (A) Stratification of in-hospital patients according to
the profiles of the ESC guidelines. (B) Total all-cause mortality
stratified by the ESC clinical profiles. CS, cardiogenic shock; PE,
pulmonary oedema; RV, right ventricular; HF, heart failure.

EURObservational Research Programme 1079

Figure 1.9 – (A) Stratification of in-hospital patients according to the profiles of the ESC (European
Society of Cardiology) guidelines. (B) Total all-cause mortality stratified by the ESC clinical
profiles. CS, cardiogenic shock; PE, pulmonary oedema; RV, right ventricular; HF, heart failure.
Reproduced from [64]

causes failure of the LV and alter the systolic and the diastolic function of the LV.
Right ventricular failure is also life-threatening. The right ventricle is a capacitive

chamber with a thin muscular wall, and it is not prepared to sudden increase in pulmonary
arterial pressures. In case of acute increase in pulmonary arterial pressures, the RV dilates,
because it can not ejects the blood in systole. It causes a decrease in cardiac output and
a decrease in venous return by congestive mechanism. The right atrial pressure increases,
and the blood stays in the venous and hepatic vascular system. It is source of hypoxic liver
failure, acute kidney injury, or oedema. Among the cause for acute right ventricular failure,
we can cite pulmonary embolism which causes a sudden increase in pulmonary arterial
pressures, and occlusion of the right coronary artery, which causes a systolic dysfunction
of the RV.

1.2.2 Shock states

Shock state is an acute and life-threatening circulatory insufficiency, resulting in an im-
balance between delivery and consumption of oxygen. It is a frequent cause to enter the
intensive care units (ICUs). Indeed, epidemiological studies evaluated the incidence of
shock state from 6 to 24% [7] for all causes shock. In specific cardiovascular intensive care
units, the incidence can rise up to 22% [10].

This extreme life-threatening situation is classically characterised by a low cardiac
output state associated with low blood pressure. During shock state, persistence of the
acute circulatory dysfunction may worsen the clinical picture and may precipitate multi-
organ dysfunction, characterised by a successive failure of the organs of the patient (e.g.
kidneys, liver).

To reverse promptly the shock state, the intensivist have to identify the limiting mech-
anism, responsible for the symptoms. Shock states are classically described as cardiogenic,
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Table 1.1 – Aetiologies of heart failure

Heart failure Aetiology
Left ventricular failure

Systolic Valvular diseases
Ischemic cardiomyopathy
Dilated cardiomyopathy

Diastolic Ischemic cardiomyopathy
Cardiac hypertrophy

Chronic arterial hypertension
Systolic heart failure

Right ventricular failure
Pulmonary embolism

Ischemic cardiomyopathy
pulmonary arterial hypertension

Left ventricular failure

distributive, hemorragic or hypovolemic. Cardiogenic shocks are caused by an acute or
decompensated heart failure whatever the origin of the heart failure. Indeed either left
or right heart failure can cause cardiogenic shoc. Also cardiogenic shoc can be observed
as a consequence of systolic or diastolic failure. Hypovolemic shock is observed in acute
dehydration syndromes such as decompensated diabetes mellitus or peritonitis (intra-
abdominal infection). The mechanism responsible for the shock is a loss of blood volume.
The patient are described hemoconcentrated with high levels of haemoglobin or protein.
The urine output is low and often associated with elevated serum creatinin, surrogate
of acute kidney injury. Hemorrhagic shock is probably the most easy-to-diagnose shock
state as the context is often informative. Hemorrhagic shocks associate low cardiac output
and low blood pressure with hemorragic syndrome characterised by bleeding event (e.g.
surgery, trauma), anaemia. Finally, the distributive shock is seen in acute inflammatory
states – typically during sepsis. The infectious disease leads to acute mitochondrial and
endothelial dysfunction, which in turn, cause a tremendous decrease in systemic vascular
resistance. In distributive shocks, the cardiac output is maintained or increased, and the
multi-organ dysfunction is mainly caused by the mitochondrial dysfunction caused by the
inflammation storm. Another typical example for distributive shock with elevated cardiac
output is the anaphylaxis, which is caused by an exaggerated allergic reaction.

The supportive therapy during shocks states are mainly triggered by the quick recog-
nition of the mechanism involved. Indeed, hemorragic shock can be compensated by red
blood cell transfusion. Hypovolemic shock will be reversed by fluid infusion. Distributive
shock are best treated by noradrenaline or adrenaline, and cardiogenic shocks would bene-
fit for intropic drugs. If diagnostic may be easy in some typical situations, the mechanism
are often intricated and interrelated with prior pathologies of the patient. Furthermore,
to consider a complete resolution of the shock, the aetiology of the haemodynamic failure
have to be identified and treated accordingly. For example, red blood cell transfusion
would be useless if the bleeding is not researched and treated. Distributive shock during
sepsis would not be reversed if infection source is not controlled.

Also, shock state which is an acute cardio-circulatory insufficiency severe enough to
lead to organ dysfunction .
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1.2.3 Haemodynamic optimisation

The peri-operative period is a known risk condition for patients. Incidence of major car-
diac complications after non cardiac surgery is evaluated from 2 to 3.5% [86] and it rises
up to 20% in cardiac surgery [66]. Also, a survey conducted in France in 1999, observed
that two third of the death occurring during surgical intervention where for cardiovascular
reasons [60]. Recently, it has been observed that optimising the haemodynamic dur-
ing surgery may increase post-operative outcomes. Therefore, international guidelines of
anaesthesiology and intensive care societies recommend the IV fluid management titrated
on cardiac output optimisation evaluated using continuous cardiac output and arterial
pressure monitoring in selected patients [88; 109; 33]. Also, recently, an association be-
tween the deepness and the duration of intra-operative hypotension and post-operative
morbi-mortality has been shown [97; 106; 12]. Consequently, efforts are made to detect
and correct promptly IOH episodes. However, the treatment of IOH, composed by IV
fluids and/or vasopressor, may be source of harm. For example, fluid overload is observed
in more than 50% [32]. Also, vasopressors may cause cardiac output to decrease [108], and
my impair regional perfusion [78]. Therefore, personalising haemodynamic monitoring
may help the clinical-decision making on the choice and the dose of the IOH treatment.

1.3 Studying the cardiovascular physiology

The role of the intensivist and the anaesthetist is to maintain cardiovascular function
while patients suffering from shock states or while patients are at risk to decompensated
a previously altered cardiovascular function. Managing such complex and life-threatening
conditions is not easy and it requires a solid knowledge of pathophysiology, a great obser-
vation sense and a bit of intuition. However, rational and logical way of thinking based on
observation (semiology) to deduced hypotheses which have to be verified – the so-called
“hypothetico-deductive” way of thinking – is probably the most efficient strategy to treat
patients suffering for cardiovascular dysfunction. However, during shock states or during
general anaesthesia, clinical examination may be poor and the practitioners have to gather
information differently. Monitoring the cardiovascular function involves to measure phys-
ical quantities in patient to obtain information about the integrity of the cardiovascular
function. It help to diagnose, to check the evolution of the pathology, or to evaluate the
effect of the treatment.

1.3.1 Arterial pressure monitoring

First described by Stephen Hales in the 18th century, in an experience where he observed
oscillation of a column of blood contained in a tube inserted in the carotid artery of a horse,
the arterial pressure monitoring is probably the most common information physicians
measure on patients.

Arterial pressure measurement allows intensivist or anaesthetist to evaluate quickly
and easily the integrity of the cardiovascular system. An alteration of the level of the
arterial blood pressure (whatever low or high) is interpreted as a warning. Indeed, arterial
hypotension is associated with poor prognosis during general anaesthesia [97; 106; 12].
Sustained arterial hypotension is also a reason to enter the intensive care unit as its pres-
ence worsen the prognosis [56; 112; 99]. On the contrary, malignant arterial hypertension
is associated with stroke, pulmonary oedema, bleeding, acute myocardial infarction etc...

Furthermore, analysis of the arterial pressure characteristics may help to identify the
mechanisms involved in the disease [58]. The level of the diastolic pressure may give a
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Figure 1.10 – Picture of Stephen Hales while observing the oscillatory motion of the column of
blood in a glass tube [41].
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qualitative information with respect to PVR [58]. For example, a low diastolic pressure
can be interpreted either as an excessive vasodilation, or as an aortic valve regurgitation.
The difference between systolic and diastolic pressure, called the pulse pressure (PP), can
also be interpreted. In case of normal diastolic pressure, a low pulse pressure could be
interpreted as a decrease in systolic function or as a low preload of the LV, resulting in a
low stroke volume. Also, the relationship between the SV and the PP has been interpreted
as a surrogate of arterial elastance, a marker of vascular integrity, and is called the total
arterial compliance [25].

Ctot =
SV
PP

(1.9)

Therefore, for a given vascular condition (which can be seen during general anaesthesia,
during steady state condition), a variation of pulse pressure could be seen as a surrogate
of a variation of stroke volume.

If these information may represent a first assessment of pathophysiological alteration,
the picture is not complete, as interpretation of arterial pressure value may only give indi-
rect information regarding the stroke volume, the cardiac output, the peripheral vascular
resistance, or the total arterial compliance. The reason why such alterations appeared are
still unknown.

Therefore to get deeper into details, the analyse of the arterial pressure waveform can
be used. Indeed, as explained in Section 1.1.6.2, the respiration affects the heart physiology
in a cyclic manner [82]. When intrathoracic pressure increases, resistance to pulmonary
circulation increases and in turn may increase the afterload of the right ventricle and
subsequently the RAP. On the left side, it pushes the stored blood out of the lung toward
the left atrium, increasing then the preload of the left ventricle. If the LV operates on
the ascending part of the Starling curve, the effect would be an increase in stroke volume.
Secondly, the decrease in cardiac output caused by the increase in RAP lowers the filling
of the LV and subsequently the SV. When intrathoracic pressure decreases, the opposite
effects are observed. We can therefore observe a cyclic variation of the SV, which can
be directly transmitted to the arterial pulse pressure, if the arterial compliance is kept
constant throughout respiratory cycles. Therefore, the cyclic variations are best observed
when the LV operates on the ascending part of the Starling curve. This principle called
the “respiratory variation of the pulse pressure” paves the way of tremendous literature
regarding the probability to increase cardiac output in response to fluid challenge [82; 68].

1.3.2 Cardiac output monitoring

Cardiac output monitoring is a cornerstone in routine haemodynamic decision-making [83].
As described in Section 1.2.2 and 1.2.3, optimising haemodynamic, based on fluid respon-
siveness status evaluated using cardiac output monitoring, reduced morbi-mortality of
in-hospitalised patients after major surgery, or during early phase of sepsis [85]. There-
fore, international intensive care societies recommend the use of cardiac output monitoring
in case of shock, in order to 1/ identify the type of shock; 2/ select the therapeutic inter-
vention and; 3/ to evaluate the patient’s response to therapy [19; 89].

One major concern regarding cardiac output monitoring is the difficulty to establish
the targeted cardiac output value to reach. The haemodynamic optimisation strategies
emphasise on the fluid responsiveness behaviour of the heart. If the patient exert evidences
for inadequate value of cardiac output, in the absence of heart failure, the physician should
assess the fluid responsiveness status by performing a passive leg raising manoeuvre, by
evaluating the respiratory variation of the pulse pressure (PP) or of the stroke volume
(SV), or by realising a mini-fluid challenge. The responsiveness to such tests should lead
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the physician to administer or not a complete fluid challenge. This strategy have to
be repeated until the cardiac output does not increase sufficiently enough, or in case of
evidence of poor tolerance of the fluid challenge (e.g. pulmonary oedema, or raise in central
venous pressure). With such algorithms, the risk for fluid overload is important [32].

Therefore, if arterial pressure and cardiac output monitoring are necessary for manag-
ing cardiovascular failure, it is important to combine the interpretation of the information
given by monitors with other helpful information.

1.3.3 Right heart catheterisation

Right heart catheterisation can give three levels of information which can be used during
management of cardiovascular failure.

First, pulmonary arterial pressures can be obtained. The catheterisation of the right
atrium gives the right atrial pressure, which is meant to be the lowest as possible to allow
an efficient venous return. Measuring the right atrial pressure is difficult because the order
of magnitude of the true value (classically 0-5 mmHg) can be the order of magnitude of
the error of measurement. Zeroing the pressure properly at the level of the heart, avoiding
air bubbles in the pressure measurement lines, and verifying that the system is dampen
correctly is a prerequisite for interpretation of right atrial pressure value [83; 37]. The right
atrial pressure can give information whether the system is congestive if the RAP is elevated.
Other pressures which can be interpreted are the pulmonary arterial pressure. In case of
elevated pulmonary arterial pressures, the pulmonary wedged capillary pressure can be
used to differentiate between cardiogenic or pulmonary reason for pulmonary hypertension.

Second level of information rely on thermodilution technique. Indeed, the Stewart-
Hamilton principle describes the relationship between the flow of a solution, the known
quantity of a dye (ndye) administered in the circulating solution, and the concentration
(Cdye) of the dye measured downstream

Q =
ndye∫ t Cdyedt

(1.10)

The same principle could apply with heat. If we consider the administration of a cold
solution in the right atrium, the heat measured on the pulmonary artery integrated over
time give the cardiac output according to the modification of Equation (1.10).

Q =
V · T∫ t T(t)dt

(1.11)

To date thermodilution is considered as the gold-standard in patients to measure the
cardiac output.

The third level of information is given by the measurement of the venous haemoglobin
saturation of the blood in the pulmonary artery (the mixed venous blood saturation SvO2).
This quantity may represent a surrogate of adequacy between delivery and consumption
of oxygen.

VO2 = DaO2 −DvO2 (1.12)

with VO2 the oxygen consumption, DaO2 and DvO2 respectively the arterial delivery and
the venous delivery of oxygen. Oxygen delivery and consumption are a flow of oxygen
quantity and are expressed in mL of O2 by mL.min−1 of blood. Oxygen delivery is
therefore a function of cardiac output and blood content of oxygen (respectively CaO2
and CvO2 for arterial and venous content)

VO2 = Qc · (CaO2 − CvO2) . (1.13)
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The content of oxygen in blood is expressed in mL of O2 by mL of blood and is a function
of haemoglobin level, saturation of haemoglobin of oxygen, the oxyphoric power (Pox)
of haemoglobin (in normal condition of acid-base equilibrium, with normal temperature
Pox = 1.34), and on the amount of dissolved oxygen in the blood (Partial pressure times
the dissolution coefficient of oxygen in the blood (KdO2))

CO2 = Hb · SO2 · Pox + PO2 ·KdO2, (1.14)

with CO2 the content of oxygen carried by blood, SO2 the oxygen saturation of haemoglobin
in the blood, PO2 the partial pressure of oxygen dissolved in blood.

Therefore, combining Equation (1.13) with Equation (1.14), and neglecting the dis-
solved fraction of oxygen in the blood, it yields:

SvO2 = SaO2 ·
(
1− VO2

DaO2

)
(1.15)

When SaO2 is close to 1, the SvO2 becomes a surrogate of the oxygen extraction ratio of
the body, which represents a marker of adequacy between delivery and consumption of
oxygen. Indeed the extraction ratio ErO2 = VO2

DaO2
represents the amount of oxygen that

has been consumed by the body. The normal value should be below 30%.
Therefore, the pulmonary artery catheter (PAC) can be helpful in particular complex

situation. Indeed, it gives a confident assessment of the cardiac output, it helps to assess
if the cardiac output is adequate to the metabolic demand, and it can help to diagnose
or evaluate treatment efficacy or worsening of cardio-circulatory state, by giving assess-
ment of left and right cardiac functions or by measuring the pulmonary arterial pressure.
However, the pulmonary arterial catheter may be source of harm. Even though the use
of PAC for management of severely ill patients seemed beneficial during beginning of the
eighties, observational studies have raised questions regarding the association between the
PAC and the mortality. The observational propensity study made by Connors et al. fur-
ther demonstrated that PAC was, independently to the illness severity, associated with
increased risk of death [27]. Therefore the use of PAC has been progressively abandoned.
Nowadays, only cardiac surgery, hepatic surgery and few intensive care units still use PAC
for management of haemodynamic management in selected patients.

However, the cardiac output monitoring by other device is still recommended. It is also
possible and recommended to obtain information of the extraction of oxygen by using the
venous saturation of oxygen measured in the right atrium by central venous catheter [31].

1.3.4 Echocardiography

Echocardiography has become a key tool for intensivist in the management of haemody-
namic alteration. Indeed, it helps to answer several questions when considering shock state
identification: Is the origin of shock cardiogenic? Is the origin of shock hypovolemic? Is
the cardiac output high or low? Indeed, the cardiac output can be estimated by measuring
the diameter of the left ventricular outflow tract (LVOT, parsternal long axis view), and
by measuring the velocity time integral of the pulsed Doppler beam recorded on the LVOT
(apical view, 5-cavity chambers)

Qc (L.min−1) = π

(
LVOT2 (cm2)

4

)
·VTI (cm) ·HR (beat.min−1) (1.16)

A low Qc associated with an impaired systolic function orients the physician to a
cardiogenic origin of the shock. The systolic function of the LV can be appreciated by
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estimating an ejection fraction of the LV (LVEF – normal value > 0.5)

LVEF =
EDV− ESV

EDV
, (1.17)

with EDV the end diastolic volume and ESV the end systolic volume, measured on the
apical view 4-cavity chambers. The contour of the epicardium of the ventricle is traced, and
the surface of the ventricle is measured. A revolution of the surface is applied in order to
estimate the end-diastolic and end-systolic volumes from the surfaces. The LVEF can also
be estimated from measurement of the diameters of the LV, recorded on the motion-time
mode, during the parasternal long axis view. Another indicator of the systolic function of
the LV can be obtained on the apical view 4-cavity chambers, tissular Doppler mode, by
measuring the systolic speed velocity (S-wave) of the lateral or septal mitral annulus (8
to 12 cm.s−1) [17].

The right ventricular (RV) systolic function can also be assessed by echocardiography.
The tissular Doppler mode can be applied on the free wall of the RV, applied on the apical
view 4-cavity chambers, and the S-wave of the tricuspid annulus can be measured. A
value below 12 cm.s−1 is associated with impaired RV systolic function. The motion-time
mode can be used to measure the course of the free wall of the RV. A value below 12
mm is associated with systolic dysfunction of the RV. Usually, a decompensated right
heart failure leads to a tremendous dilation of the RV which on the LV during diastole,
preventing the latter to fill.

In case of preserved systolic function with low cardiac output, the following question
relies on estimating both the preload of the heart. If the echocardiography can help to
obtain indicators of the filling of the LV, the information obtained are not specific of
hypovolemic and have to be interpreted with the context. First we can evaluate if the
motion of the heart looks hyperkinetic or not. The characteristics of the VTI is helpful.
Typically, the ejection time is lower than 300 ms, with VTI lower than 15 cm. The filling
pressure of the LV is not elevated (best appreciated on the apical 4-cavity chambers view,
by measuring the speed velocity of the transmitral flow, see Chapter 2, and by applying
the simplified Bernouilli equation (1.18)). The RV is not dilated, and the diameter of the
inferior vena cava is lower than 2 cm (measured on the sub-costal view). Also, typically,
no pulmonary hypertension is observed (estimated by measuring the peak velocity of the
tricuspid regurgitation on the apical 4-cavity chambers view).

P = 4v2 (1.18)

with v the maximal velocity of the continuous Doppler beam, and P the pressure gradient
across the valve.

Echocardiography is also powerful to describe the morphology of the heart and identify
morphological alterations which could impair or worsen haemodynamic state. A valvu-
lar disease can be assessed (i.e. aortic tricuspid or mitral stenosis or regurgitation), and
the severity can be graded. Regional motion alterations orients the physician to ischemic
events, whereas global hypokinetic heart might orient to myocarditis, stress cardiomyopa-
thy or acute on chronic heart failure.

Therefore, echocardiography gives a morphological and functional assessment of the
heart. It is very useful as a diagnostic tool, and it is totally non-invasive. However, the
interpretation of echocardiography assessment can be affected by the image-quality record-
ing. It requires high level expertise to get the images required for answering the before-
mentioned questions. Another limitation is the discontinuous character of the echocardiog-
raphy. It can’t be used as a monitoring tool and is considered for diagnostic or confirmation
of a prior hypothesis
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1.3.5 Pressure-Volume Loops and interpretation

The study of the heart can be completed by left-side catheterisation. Indeed, measuring
pressure in the left ventricle may be helpful, and when it is coupled with left ventricular
volume measurement, the left ventricle catheterisation can be used in a pressure-volume
loop assessment. Once the cardiac contraction begins, the transmitral pressure gradient
inverts and the mitral valve closes (see Figure 1.11). The LV pressure increases until
it equals the aortic pressure. This phase is called the isovolumetric contraction time
(IVCT). Thereafter, the aortic valve opens and the ejection phase begins. The blood is
ejected through the aortic valve to the aorta. The LV volume decreases so does the rise
in LV pressure. The ventricular pressure finally decrease as the systole ends, until the
end-systolic pressure volume relationship point. The pressure gradient between the aorta
and the ventricle inverts and the aortic valve closes. Then the LV relaxes until the mitral
valve opens. This phase is called the isovolumetric relaxation.
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Figure 1.11 – Physiological quantities measured throughout a cardiac cycle. From top to bottom:
The pressures measured within left atrium and ventricle, and aorta; The volume measured within
the left ventricle; The blood flow through the mitral valves, between the left atrium and the left
ventricle; The electrocardiographic signal. IVCT: Isovolumic contraction time; IVRT: Isovolumic
relaxation time; S: Systole; D: Diastole

This sequence can be graphically reported in the pressure-volume diagram introduced
in Section 1.1.4 as the so-called “pressure-volume loop” (PV loop). This representation
is useful as it contains information about cardiac mechanics, efficiency, energetics, along
with vascular information [49; 16; 92]. For example, it may help clinician to quantify
heart failure severity or to evaluate the cardiac remodelling caused by a valvular disease
or by chronic hypertension. The physiological quantities which can be accessed through
pressure volume diagram are numerous.
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Figure 1.12 – Pressure-volume relationships in end-diastole (EDPVR), end-systole (ESPVR) and
throughout a cardiac cycle (PV loop).

1.3.5.1 Valvular diseases assessment

The PV loop characteristics can be used to asses the severity of a valvular disease. Indeed,
valvulopathies modifiy the functional and structural properties of the LV. Echocardiog-
raphy is useful for the direct quantification of valvular stenosis or regurgitation. It can
evaluate also the morphological consequences of a valvular disease (e.g. myocardial dila-
tion or hypertrophy). It may also give information regarding the systolic function (e.g.
the LV ejection fraction, or S wave of the mitral annulus) or the diastolic function (e.g.
the E and A wave of the transmitral flow). However the functional consequences of cardiac
disease is best explored by the LV catheterisation.

The characteristics of the PV loop gives important information regarding the heart
pathophysiology. First is the PV assessement in end-diastole. It gives information regard-
ing the compliance of the LV. During aortic regurgitation, the blood flows from the left
atrium and from the aorta during mid-diastole. It leads to chronic overload of the left
ventricle. The ventricle dilates, and, in order to decrease the wall tension (Laplace law –
See Section 1.1.4), it becomes hypertrophic. This lead to a chronic increase of the filling
pressure of the LV, to an impairment of the relaxation and of the compliance of the LV.
It increases also the SV as the LV operates always on the top and flat part of the cardiac
output/preload curve.

Aortic stenosis is associated with myocardial hypertrophy. The heart suffers from dias-
tolic dysfunction with altered myocardial relaxation and compliance. The heart operates
on a steep part of the EDPVR, for a low EDV. The systolic function is enhanced, with
increased systolic pressure. The SV is low with high ESP.

Mitral regurgitation is associated with a tremendous decrease of LV afterload. Indeed
during ejection, the blood either flows through the aorta or through the regurgitant mitral
valve. The left auricle (LA) is chronically overloaded with increased LA pressure. In turn
the LV is also chronically overloaded. The systolic function is preserved for long time.
In the end the mitral regurgitation creates a high flow cardiac insufficiency, and the LV
dilates at the end-stage of mitral regurgitation evolution.

Mitral stenosis is associated with chronic overload of the LA, but the LV cannot be
filled adequately. The LV looks normal from PV viewpoint.
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1.3.5.2 Shock state diagnostic

The PV loop characteristic may help to identify the mechanism of shock state. Concern-
ing the cardiogenic shock, the abnormalities observed on PV loop is associated with the
aetiology of the cardiac failure. In case of right ventricular failure or acute pulmonary
hypertension, the limitation comes before the LV and therefore the LV looks normal, and
the heart failure is therefore best evaluated by using pulmonary artery catheter. In case
of left heart failure, the PV loop helps to identify LV dilation, overload, hypertrophy or
impaired systolic function. The association of the abnormalities may help to identify the
aetiology.

Concerning hypovolemic shock, PV loop is associated with low SV and low ESP. The
EDV is low. The aetiology is confirmed by fluid loading assessment. Modification asso-
ciated with preload correction is therefore observed on the PV loop (i.e., Enlargement of
the loop (SV and PP), shift to the right on the EDPVR). The haemorragic shock looks
globally the same.

Concerning distributive shock, the PV loop is associated with increased SV and de-
creased PP. The LV EDV may be normal, low or elevated depending on the volume status
of the patient. An impaired systolic function can be observed. But the characteristic is a
tremendous decrease of the arterial elastance.

1.3.5.3 Cardiac bioenergetics

The pressure-volume area under the PV loop has the unit of a work. The intraventricular
pressure, integrated over the volume can be expressed in Joules (Pa ∗m3 = N

m2 ·m3 =
N ·m = J). It is called the stroke work or the external work (Ew). In pre-clinical studies,
Suga and al. have linked the stroke work to oxygen consumption of the myocardiumduring
ejection [102] . However, they also stressed out the fact that isovolumetric relaxation and
contraction may not participate to the calculation of the cardiac work by using only the
area under the PV loop. Therefore, they introduced the concept of mechanical potential
energy which is represented by the area under the ESPVR before the end-systole (see
Figure 10.1 left). It is also called the internal work (Iw). The potential energy could rep-
resent the chemical energy related to cellular basal metabolism [103]. Therefore, the total
work developed by the heart during a heartbeat could be represented by the mechanical
stroke work plus the potential energy – the PV area (PVA) [100]. The PVA can be related
to myocardial oxygen consumption [77], and therefore the cardiac efficiency CE can be
approximated by the ratio between the stroke work and the PVA

(
CE = Ew

Ew+Iw

)
.

1.3.5.4 Ventricular arterial coupling

In 1969, Suga Suga [101] proposed a model in which the ESPVR is linearised. Indeed, they
observed that, under physiological ranges, the ESPVR can be locally approximated by a
linear function, characterised by its slope (Ees) and its intercept (V0) (see Figure 10.1).
This linearisation implies that small deviations of the preload and/or afterload have no
impact on the Ees. However, it is affected by modifications of the ESPVR (e.g. the
contractility or the starling effect). Indeed, in further works, it has been demonstrated that
Ees was significantly increased by inotropic drugs experimentally [104], or clinically [13].
In the latter study, it was altered during heart failure in humans [13]. Even though Ees can
represent a surrogate for systolic performance, some issues have been advanced. Indeed, it
has been observed that the calculated V0 can be negative, which is not a physical feature.
If the working systolic condition measured is close to the plateau of the Starling curve,
linearisation of the ESPVR intercepts in negative V0. It has been demonstrated than for
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Figure 1.13 – Example of PV loop and its interpretation. Left: Cardiac bioenergetics. Iw: Internal
work associated with the potential energy or the energetic expenditure necessary to reach optimal
conditions for ejection; Ew: external work associated with the energetic expenditure of the ejection;
CE: cardiac efficiency defined as the ratio CE = Ew

Ew+Iw
. Right: Ventricular-arterial coupling.

Ees: ventricular elastance (slope of the end-systolic pressure-volume relationship, ESPVR, at end-
systolic pressure-volume point); Ea: arterial elastance with Ea = Pes

SV with Pes being the end-systolic
pressure and SV = Ved −Ves the stroke volume (substraction of end-diastolic Ved and end-systolic
volumes Ves). Reproduced from Le Gall et al. [59]

great changes of loading conditions, the locally approximated Ees significantly deviates
from the ESPVR [52; 16].

However, the approximation was useful under clinical setting for the definition of a
concept called the “Ventricular arterial coupling” (Vva). It exists an optimal interaction
between the heart and the aorta which maximises LV power [100] with minimal oxygen
consumption. The LV and the aorta are considered as two independent elastic chambers
with their own systolic elastance – respectively, Ees for LV and for the aorta Ea = ESP/SV,
ESP being the end systolic pressure, and SV the stroke volume. The Vva is therefore
defined by the ratio Ea/Ees. It has been found, that the optimality condition (evaluated
with respect to CE introduced in Section 1.3.5.3) in humans was encountered when Vva is
close to 1 [100; 30] (see Figure 1.14). On the contrary, many pathological conditions were
associated with Vva decoupling (e.g Acute heart failure, sepsis or hypertension [40]).
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Figure 1.14 – Optimal ventricular-arterial coupling (Vva). Pooled data from 26 experimental runs
in 8 explanted dogs’ hearts. CE: Cardiac efficiency measured as the LV stroke work divided by
the myocardial oxygen consumption. The results are normalised by the average maximal CE. The
red line represent a normal law fitted on the data to find the Vva which maximises CE. In this
experiment V optim

va = 0.638 (CI95 0.6 to 0.68) Reproduced from De Tombe et al. [30]
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The LV catheterisation allows to obtain crucial information regarding the physiology of
the system as it contains information about the energetic contained in the system, along
with the interaction between heart and vessel. It helps to characterise LV dysfunction
associated with cardiac pathologies or shock state. However, as it requires at least intra-
ventricular catheter, which can be inserted only in the cathlab. For this reason, the PV
loop analysis is only used for very specific indications or for educational purposes and has
not spread into the ICU or the OR.

1.3.6 Time-Varying Elastance

Another significant implication of the ESPVR linearisation relies on the derived concept
of time-varying elastance [104]. If it is possible to estimate V0 by linearisation of ESPVR,
the V0 is supposed to be conserved during a cardiac cycle. Therefore, it is possible to
describe the elastance of the LV as a function of time:

E(t) = P(t)
V(t)−V0

(1.19)
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Figure 1.15 – Pressure-volume (PV) loop and time-varying elastance concept. Right: The time-
varying elastance curve is derived from the PV loop (Left). The local linearisation of the ESPVR
around the end-systolic PV point is characterised by its slope (Ees) and its intercept (V0). The time
course of the slope characterised by the red E(t) point corresponds to the time-varying elastance
curve.

The time-varying elastance curve demonstrates interesting properties. Indeed, Suga
Suga et al. [104] demonstrated the load-independence of this curve. They also described
its conservation across subjects when the curve was normalised by the time to reach the
end-systolic elastance (tmax) and by the Ees (see Figure 1.16). This property is important
since it paved the way to development of single-beat and non-invasive Ees estimation
methods [95; 26; 38].

Also, another interesting development could be the use of the time-varying curve for
modelling purpose (see Chapter 8).

1.4 Issues for the anaesthetist and the intensivist

To study the haemodynamic during acute cardiovascular insufficiency at bedside in critical
care unit or during surgery in operating theatre is a key aspect of the therapeutic manage-
ment. Indeed, it allows to identify dysfunction, to monitor evolutive cardiovascular states
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or to titrate treatment. As discussed before, haemodynamic study can be performed min-
imally by using heart rate and blood pressure, but it can be enhanced to obtain advanced
information regarding cardiovascular physiology (right or left heart catheterisation).

Ideally, monitoring should answer an a priori question the physician have to answer.
It is not suitable to apply to every patient the most advanced haemodynamic monitoring.
The choice has to take into account not only the quality or the quantity of information the
monitoring can bring, but also the harm it could create. Indeed, harm can appear because
of the monitor chosen. For example, pulmonary arterial catheter may be associated with
rhythm disturbance, and its use in critical care units has been associated with worst
outcomes for patients [27; 29]. Therefore, the practices have shifted toward less invasivity
concerning haemodynamic monitoring devices, and pulmonary arterial catheter has been
progressively abandoned as a routine tool. On the contrary, echocardiography has become
a central tool for haemodynamic assessment. However, it necessitates high-skilled operator
and it is not suitable for continuous monitoring.

The perfect monitoring device should be continuous, precise, simple, should answer
to a specific question, should be non-invasive, predictive, reactive and accurate. To date
no haemodynamic monitoring device is perfect. Continuous arterial pressure and cardiac
output monitoring devices are the most commonly used in the OR and on the ICU. There
used are recommended by international societies [33; 31]. Assessment of Qc adequacy with
respect to metabolic demand (SvO2), approximated by using right atrium catheter, even
if it is recommended [31], is less often used. Finally, despite the tremendous amount of
information it could bring, heart catheterisation are almost never used in anaesthesiology
or intensive care settings. The PV loop as a monitoring device has never been evaluated,
neither its potential for clinical decision making.

1.5 Modelling heart and vessels

Modelling approaches can help to fill the gap between advanced haemodynamic physiology
and clinical settings. Theoretical, physical or physiological concepts can be described
mathematically. The phenomenon represented is therefore described by its parameters,
variables and outputs. The output is the solution of the equation. The variable is the
dimension on which the output wants to be calculated, and the parameters are the other
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terms of the equations that are given. Depending on what we want to look for, a parameter
can become a variable. As an example, the model of consumption of oxygen is presented:{

VO2 = Qc · (CaO2 − CvO2)

C(a/v)O2 = S(a/v)O2 · Pox · [Hb] +Kd · P(a/v)O2
(1.20)

VO2 is the oxygen consumption, C(a/v)O2 is the arterial/venous content of oxygen,
Hb the haemoglobin concentration in the blood, Pox the oxyphoric power of haemoglobin
(the maximum amount of oxygen the haemoglobin can carry), Qc the cardiac output,
S(a/v)O2 the haemoglobin saturation of oxygen, Kd the dissolution coefficient of oxygen
and P(a/v)O2 the partial pressure of oxygen.

This equation is based on knowledge. The arterial content of oxygen CaO2 depends
on the oxygen carried by the haemoglobin and by the oxygen dissolved in the blood.

In normal atmospheric condition, the partial pressure of oxygen is low and conse-
quently, the dissolved fraction of oxygen in the blood can be neglected, relatively to the
amount of oxygen carried by the haemoglobin. Equation (1.20) can be rearranged into:

SvO2 ≈ SaO2

(
1− VO2

[Hb] · Pox ·Qc · SaO2

)
(1.21)

In this equation, some parameters are physical constant (e.g. kd and Pox). Also, most
of the other terms of the equations, VO2, PaO2, SaO2, SvO2, [Hb] and Qc, can easily be
measured in patients. If we want to represent the SvO2 as a function of Qc, then SvO2 is
the output (Figure 1.17), Qc is the variable and the other terms are the parameters.

But how to use efficiently such a model? A first step is to turn it into patient-specific
regime. Equation (1.21) is written as a general formulation. By measuring the parameters
value, this model become specific to the current patient. Most of the terms can be obtained
in clinical routine practice except the VO2, which has to be calculated or approximated.
This procedure by which we choose the parameters value according to measurement is
called “calibration”. For example, if the [Hb] and SaO2 are known and constant over a
given timeframe, and if during this timeframe a dataset of SvO2 and Qc can be obtained
(Figure 1.17), then the VO2 can be defined as the value which fits the best the dataset.

It is nowadays possible to predict the Qc if the SvO2 changes. Furthermore, this
prediction remains valid if there is a change in [Hb], or SaO2. Indeed as these indicators
are easily measurable, it is necessary to adapt the values in the model to find the new
SvO2 – Qc relationship. This is exemplified in Figure 1.17 right panel, where the effect
of a transfusion of red blood cells is directly converted into an increase in [Hb] which
modifies the relationship between SvO2 cardiac index. Therefore, if the cardiac output is
continuously measured, the SvO2 is instantaneously predicted.

Another advantage of using a patient-specific model is to manage the measurement
error. Indeed, we see in the left panel of Figure 1.17 that measurement error exists. The
importance in the clinical decision-making depends on the level of accuracy and precision
of the device that performs the measurement [20]. To use a patient-specific model may
help to manage this uncertainty by giving a unique solution, which can be somehow closer
to the true value of the indicator we want to get.

However, by essence a model is approximative. The confidence in the information given
has to be carefully evaluated relatively to the model used. For example, Equation (1.21)
is an approximation of the model (1.20), since the dissolved fraction of oxygen content is
neglected. In atmospheric oxygen concentration, this approximation is reasonable as the
dissolved fraction of oxygen in the blood is low relatively to the oxygen carried by the
haemoglobin (0.3 ml of O2.mL of blood−1 as compared to 16 mL of O2.mL of blood−1,
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1.5. Modelling heart and vessels

Figure 1.17 – Example of a model usage. Left: Calibration of the SvO2/Cardiac Index model.
The blue dots are simulated values for SvO2/Cardiac Index. The red line is a simulation with
the following parameters: [Hb] = 9 g.dL−1 ; Pox = 1.34; SaO2 = 99%; and VO2 = 160 ml
O2.min−1.m−2. Right: From the previously calibrated model, the [Hb] is adjusted to 12 g.dL−1,
as if the patient received red blood cell. The immediate effect on the model is a left shift of the
SvO2/Cardiac Index relationship, and therefore by knowing the Cardiac Index, the SvO2 can be
predicted
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respectively). In case of increased inspired fraction of oxygen (e.g. during mechanical
ventilation at 100% O2 inspired fraction) the dissolved fraction may influence the SvO2
value (2 mL of O2.mL of blood−1 as compared to 16 mL of O2.mL of blood−1, respectively
for dissolved fraction of oxygen and oxygen carried by haemoglobin).

This example gives an overview of the predictive potential of a patient-specific model.
When adequately calibrated, a patient-specific model can be even more powerful since
estimation methods can be applied such as data assimilation methods.

In the next section we will review example of vascular and cardiac models which can
be used.

1.5.1 Vascular models

Depending on the questions we want to address, there exists many models graded by their
level of complexity. The hierarchy between the vascular models can be defined as high
level or low dimensional models [116] (see Figure 1.18).
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hemodynamic properties of cardiovascular system and has been playing an increasingly 
important role in the diagnosis of cardiovascular diseases and the development of medi-
cal devices [5–7].

Current physics-based models can be divided into two categories, high-dimensional 
models and low-dimensional models as shown in Fig.  1. High-dimensional models 
including 2D models and 3D models can give detailed descriptions of the local flow 
field of the blood. These models describe the complex hemodynamic phenomenon of 
a specific region in the cardiovascular system. 2D models are generally used to describe 
changes of the radial blood flow velocity in an axisymmetric tube [8, 9]. 3D models are 
usually applied to simulate the fluid-structure interaction between the vascular walls and 
blood [10, 11]. To establish a 3D model of the entire arterial tree, the complex geometri-
cal and mechanical information needs to be provided, which results in the enormous 
computational complexity, so that it cannot be readily implemented in practice. Conse-
quently, high dimensional models can generally be used to simulate local hemodynamics 
of specific arterial sites, instead of the whole arterial tree.

In contrast to high-dimensional models, low-dimensional models with small computa-
tional costs can readily reproduce the pulse wave propagation phenomenon and realize 
patient-specific modeling. Thus, the low-dimensional modeling can be an effective way 
to describe the hemodynamic properties of the entire arterial tree in practical applica-
tions. At present, the available low-dimensional models mainly consist of 0D models, 
1D models and tube-load models. 0D models, also called lumped parameter models, 
can describe global properties of the arterial system. The lumped parameter models are 
characterized by their pulse waveforms as a function of time only. The most well-known 
lumped parameter model is the Windkessel model [12], which includes mono-compart-
ment models and multi-compartment models [13, 14]. 1D models and tube-load mod-
els are distributed parameter models, which can represent distributed properties of the 
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Lumped parameter models Distributed parameter models 

High-dimensional models Low-dimensional models 
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Fig. 1 The structure diagram of physics-based models in the cardiovascular system
Figure 1.18 – Hierarchy between vascular models. Reproduced from Zhou Zhou et al. [116]

The high dimensional models (i.e. the 2D and 3D models) are physical based models
which aim to represent in details complex haemodynamic phenomena occurring locally.
The 2D models can simulate the radial flow field in an axisymmetric tube [14; 39]. The
3D model can represent also fluid-structure interaction between the vascular wall and
blood [61]. The level of information obtained is very detailed (e.g. wall shear stress,
strain/stress relationship of the wall in all the space dimensions) but the computational
costs are important. For calibration purposes (i.e. to turn the model into patient-specific
regime), complex geometrical information, which are best obtained by magnetic resonance
imaging (MRI), have to be obtained. Indeed, a mesh of the vasculature and a recording
of the motion of the vascular wall and/or blood flow is necessary for 3D models. For these
reasons, these kinds of models cannot be readily implemented in routine anaesthesia or
intensive care clinical practices.

By contrast low-dimensional models may better fit to our issues. Again, the level of
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1.5. Modelling heart and vessels

complexity of the model chosen is determined by the question the clinician wants to ad-
dress. For example, a 0D model (i.e. a lumped-parameter model) – the most famous being
the Windkessel model – would be enough if the clinical observation we want to characterise
relies on global vascular indices, such as arterial compliance or vascular resistance. If the
regional distribution of the blood has to be tackled, then a 1D model (which is spatially
distributed) have to be considered. If a clinician wants to know which fraction of the car-
diac output should flow into the kidneys, probably the 1D model would fit better than a
Windkessel model. Finally, the tube-load models are temporally and spatially distributed
models. They represent the large arteries by a transmission tube and the small arteries
by a lumped-parameter model, connected in series. Their purpose is to take advantage of
both the 0D and 1D models if the question is to focus on the physiological phenomena
occurring proximally in the large artery (e.g. central arterial pressure), in a computational
costless fashion than the 1D models do.

1.5.1.1 0D models: The arterial Windkessel

The Windkessel model represents the arterial system as an analogy with an electrical
circuit. It is not designed to represent precisely the vascular phenomena occurring in
any location of the vascular system. The Windkessel model, by essence, is not spatially
distributed. However, it is time distributed and it has been used to estimate arterial pres-
sure [110; 44; 111]. It is composed of association of elements connected altogether (i.e.
Resistance R, Compliance C, Impedance Z and Inductance L). The simplest Windkessel
model is composed of an input, usually the arterial flow, a resistive and capacitive com-
ponent which describe the properties of the vascular system, and an output, the arterial
pressure. This setting realises a mono-compartment two-elements Windkessel. By adding
an impedance, then an inductance to the model, it becomes a mono-compartment three-
and four- elements Windkessel model, respectively. The mono-compartment model sum-
marises global properties of the cardiovascular system. An example of a three-elements
Windkessel [110] is written as follows:

dP (t)
dt

+
1
RC

P (t) = Zc
dQ (t)
dt

+
R+ Zc
RC

Q (t) + 1
RC

Pout (1.22)

with P(t) the arterial pressure, Q(t) the arterial flow, R the resistance of the system, C
the capacitance of the system, Zc the characteristic impedance of the system, and Pout
the pressure at the output of the system (e.g. the venous pressure).

Two mono-compartment Windkessel can be branched in series. It becomes a multi-
compartment Windkessel model, which distributes in space the properties of the vascular
system. It is possible to define properties for large and small arteries respectively, and to
simulate a pressure for proximal and peripheral arteries.

The application of Windkessel models has been extensively described [114]. For ex-
ample, Windkessel models have been used for continuous cardiac output estimation [81].
Since during diastole the aortic flow can be assumed to be equal to 0, it has been demon-
strated that aortic pressure waveform during diastole follows an exponential decay [15].
Also, during diastole, a 2-elements Windkessel model simplifies [114] and becomes:

P (tdiastole) = Pdicrotic · e−
tdiastole

τ (1.23)

τ = R · C, being the diastolic time constant and Pdicrotic the arterial pressure at the closing
of aortic valve. By fitting a Windkessel model to the diastolic period of the aortic pressure
waveform, it is possible to continuously estimate τ . The continuous estimation of the
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diastolic time-constant can be used as follows. By analogy with Ohm’s law, the relationship
between mean arterial pressure and cardiac output is written as follows:

Qc ≈
MAP
R

(1.24)

Combining Equation (1.23) and Equation (1.24), it yields

Qc ≈
MAP
C · τ

(1.25)

Non invasive cardiac output estimation devices use these principles with large databases
to estimate C by using demographic information such as age, gender, height and weight [70],
to obtain an absolute estimation of the cardiac output.

1.5.1.2 Overview of 1D models

In the 1D model, the blood is assumed to be an incompressible Newton fluid and the vessel
is an axisymmetric cylindrical tube. The 1D model is governed by two equations [93], a
continuity equation (Equation (1.26)) and a momentum equation (Equation (1.27)) both
together describe the motion of the blood flow and the vessel wall. The formulas are as
follows:

∂q
∂x

+
∂A
∂t

= 0 (1.26)

∂q
∂t

+
4
3
∂ q2

A
∂x

= −A
ρ

∂p
∂x

− 8µ
ρr2q (1.27)

where x is the distance along the vessel, t is time, q is the blood flow rate, p is the blood
pressure, A is the cross-sectional area, r is the vessel radius, ρ is the blood density and µ
is the viscosity.

These models require an inflow boundary condition, which can be 1) obtained by
measurements (i.e. MRI or echocardiography); 2) the output of a cardiac model coupled
with the 1D model, or 3) the output of a simple periodic function.

The branching arteries are also boundary conditions. Usually, the branching arteries
are considered as energy-preserving systems. The sum of flows in two branching arteries
is exactly equal to the flow of the parent artery, and according to the continuity law, the
pressure is equal in every branch of the bifurcation. However, in such models, turbulences
are neglected. In some cases, such as in the aortic arch, the speed velocity and the
branching angles contribute to dissipation of energy by creating vortices.

The outflow boundary condition can be simply defined by a prescribed resistive load.
To further represent distal to proximal interaction, models of distal networks can be used.
The 1D model can also be coupled with a tree-element Windkessel representing the distal
circulation by capacitive and resistive parameters, or with a structured-three model, which
takes into account wave propagation in the distal network [80].

The main objective of 1D models is to simulate the pressure and flow at any point
in the arterial network, as it reproduces wave propagation in the system. Authors used
the properties of 1D model to estimate central aortic pressure [8; 54], which has been
associated with cardiovascular outcome [74].

1.5.1.3 Tube-load models

Tube-load models combine the simplicity of the Windkessel models and the accuracy of the
1D models. Indeed, they represent the arterial system by a transmission tube (the large
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elastic arteries) and by a load (the peripheral resistive arteries). It can simulate complex
interaction between arterial pressure and arterial flow at any point of the arterial system.
It describes best the phenomena which occur in the large arteries. The peripheral arteries
are represented by models which can be either a purely resistive load, a Windkessel model,
or a generic pole-zero models as a terminal impedance [105].

By combining 1D and 0D model principles, tube-load models can describe wave prop-
agation and reflection phenomena in the large arteries with only few parameters. It has
been used for central pressure estimation [36] and transfer functions identification [105]
between peripheral and central arteries.

1.5.2 Heart models

We can subdivide the heart models into lumped-parameters and biomechanical models.
Biomechanical models follows physical principles and represent somehow physiology by
multiscale levels. They can describe and simulate, from the cellular level up to the sur-
rounding tissue level and motion, the cardiac physiology. Lumped-parameters or phe-
nomenological models represent the active and/or passive properties of the heart with a
function (e.g. the time-varying elastance) [94] or with analogy with electrical circuits [34].

Biomechanical models can be categorised with respect to the level of the geometrical
dimension used. We can cite the complete 3D models which are geometrically defined in
the 3 space dimensions by using a numerical mesh generated using high fidelity cardiac
imaging. The detailed motion of myocardium can be described by these types of model
and the fluid structure-interaction can also be considered. One-dimensional models can
describe the heart as a cylinder. By using cylindrical symmetry, it simplifies calculation
and calibration, while allowing to obtain detailed description of phenomenon that occur
in the myocardium wall. We can cite also the spherical heart models – 0D models – which
can only simulate general output without spatial distribution.

If all these models are different in their geometry and in their capabilities, they share
physical principles that are independent of the geometry. For example, a passive law de-
scribing the stress/strain relationship of myocardial fibre during diastole can be applied in
a model whatever the dimension. However, the geometry will impact output as parameters
for the physical laws can be locally different in a 3D model for example, and homogeneous
in a 0D model.

Again, the choice of model should be performed with respect to the clinical question the
physician wants to address. In the following section, we will discuss only the biomechanical
model that is used in the rest of the manuscript.

1.5.2.1 General architecture of heart model

A complete heart model is a complex entity which represents cardiovascular functions.
As described in Section 1.1 the heart is a combination of systems which act altogether
to produce the outputs, the blood circulation. The blood has to pour into the heart, the
cardiac cavities needs to be filled enough, an electrical activation needs to spread along the
myocardial tissue, a coupling between electrical field and mechanics has to be functional,
the cardiac contraction has to be efficient, the valvular functions orient the blood in one
unique direction and finally the vascular system absorbs the pulsatile energy to drive
the blood flow to cells. Every component of the cardiac physiology may be somehow
represented mathematically. Many approaches may be chosen to represent any specific
component of the cardiac model.

In the following section, we will present the main components of the biomechanical
model that is used in this manuscript. As stated earlier, the model used derives from
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3D biomechanical concepts. The kinematics of a solid while deforming is linked to dy-
namics (i.e. physical quantities associated with the deformation) through constitutive
laws. The fundamental laws of dynamics are based on the Newton’s laws of motion: mass
conservation, energy conservation, and momentum conservation.

Applied to the heart, while beating, the 3D geometry is subject to deformation and mo-
tion, and is constrained by the surrounding tissue. This kinematic behaviour is described
by the derivatives of the deformation in space and time dimension, called the gradient of
deformation, and further characterised by the tensors of deformation (i.e. Right Cauchy
Green deformation tensor C and Green-Lagrange strain tensor e). The constitutive laws
describe the relationship between the deformation and the mechanical stresses (or internal
forces). For example, when the heart is beating the deformation of the cavities is associ-
ated with stress applied to the myocardium, motion applied to the blood, and change in
pressure within the heart cavities.

The general modelling approach in the following chapters aims at describing the kine-
matics, constitutive laws and dynamics of a beating heart, following the laws of continuum
mechanics presented herein.

1.5.2.2 The geometry and model reduction

The beating heart is considered as a solid in large deformation and can be described ac-
cording to the continuum mechanics laws. Therefore, the deformations occur in the 3 space
dimensions, and the deformation field varies dynamically in time. The variations have to
be described locally and integrated over the whole organ. Many modelling challenges have
to be tackled to represent – in a biomechanical sense – a beating heart in 3D.

First of all, a constitutive law is consistent over the type of phenomena it aims to
describe. The description at the microscopic scale of the relationship between the strain
and the stress of a constricting intact myocardial cell holds true whatever the region
of the considered heart. Differences may occur within population of cells, and within
characteristic of the myocardial cell. A muscular cell would not behave as a pacemaker
cell or as an infarcted cell. Also, most of the differences affecting uniform tissue (i.e.
affecting cells of uniform type) are caused by the organisation of the cells into tissue, at
a macroscopic scale. A 3D heart model aims at describing the phenomena occurring over
the whole organ from the detailed description of local phenomena.

Many biomechanical heart models are available with different levels of complexity [21].
They allow detailed description of cardiac physiology, and when calibrated using patients’
data, may help clinician in decision making. For example, by using patient-specific 3D
biomechanical heart models, Sermesant Sermesant et al. [96] predicted not only patients
who will benefit from cardiac resynchronisation therapy, but also the optimal location
for probe placement, in order to maximise cardiac efficiency, in a patient with end-stage
heart failure. The process by which the 3D models are turned into patient-specific regime
is however complex as it has to consider the spatial distribution of deformation and dy-
namic, in all the heart complexity. This requires at least high fidelity cardiac imaging,
mesh definition, 3D discretisation, description of boundary conditions, all of which being
complex tasks at scientific and computing levels.

For these reasons, Caruel Caruel and Truskinovsky [18] have proposed a model, derived
from a full biomechanical 3D heart model [23], in which the geometry of the heart was
reduced using a spherical symmetry assumption. This symmetry allows to consider a
unique local biomechanical description, which is integrated over a spherical geometry.
The spatial distribution of local variations of the same phenomenon is therefore simplified
to a unique averaged description. This allows to simplify the calibration – the procedure
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by which the model is turned into patient-specific regime, and reduces the computational
costs, allowing heart modelling to be used in a time frame compatible with anaesthesia
and intensive care issues.

The spherical model is described by its radius Rref and thickness dref in the stress free
reference configuration Ωref. The kinematics is best described by the deformation, from
Ωref of a piece of myocardium in 3 space dimensions described in an orthonormal basis,
given by the radial unit vector ir, and orthoradial unit vectors iφ1 and iφ2. The displace-
ment in radial direction is denoted by y = R− Rref. It can be demonstrated, assuming
a radial displacement variation ∆y, that the deformation variation in each orthoradial
direction is described by (

dye · y
)
φφ

= (1 + y/Rref) (∆y/Rref) . (1.28)

If we denote by efib = y/Rref, then the kinematics associated with a varying radius R
and wall thickness d (including a wall thickening model) is only dependent on the reference
configuration Ωref (Rref,dref)and efib.{

R = Rref · (1 + efib)

d = dref · (1 + efib)
−2 (1.29)

1.5.2.3 The active part (Bestel-Clément-Sorine)

The active part of our biomechanical model is derived and studied in detailed by Bestel [11]
from the Huxley’57 model [48], which is based on the interaction between myosin and actin,
the contractile proteins of the functional unit of the muscular cell – the sarcomere:{

∂n(s,t)
∂t + ėc

∂n(s,t)
∂s = (1− n (s, t)) f (s, t)− n (s, t) g (s, t),

n (s, 0) = 0 ∀s,
(1.30)

with n (s, t) the proportion of created actin-myosin cross-bridges at a given extension s and
time t, and ėc the active strain of the sarcomere. The functions f and g are respectively the
representation of the attachment and detachment rates of the actin-myosin cross-bridges.{

f (s, t) = kATP1s∈[0,1]1Ca2+≥C

g (s, ėc, t) = α|ėc|+ kSR1Ca2+<C + kATP1Ca2+≥C1s/∈[0,1].
(1.31)

As described in Section 1.1.2, a myosin head may attach to the actin binding site at a
rate that depends on the distance between the myosin head and the actin binding site,
and if the actin binding site is not masked by the troponin-tropomyosin complex. The
mechanism through which the troponin-tropomyosin conformation change to unhide the
actin binding sites is a calcium dependent process.

Equation (1.31) represents the microscale components of the muscular contraction,
kATP being the rate of the myosin head ATPase activity, kSR the rate of the calcium
re-uptake by the sarcoplasmic reticulum. C is a threshold beyond or below which the
calcium concentration (Ca2+) triggers muscular contraction or relaxation, respectively. α
is a constant which is related to the the destruction of the actin-myosin cross-bridges when
the rate of contraction is high.

Let us now introduce the unique control variable u:

u (t) = |u (t) |+ − |u (t) |− with

{
|u (t) |+ = kATP1Ca2+≥C

|u (t) |− = kSR1Ca2+<C
(1.32)
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This control variable u(t) is a function of the ions concentration only, and derives directly
from the electrical activation model, after adequately identifying kATP and kSR.

The constitutive equations of the active part of the biomechanical model presented
herein are composed by two differential equations, and derived from the integration over
all possible values of s. They represent a modified version of Equations (1.31) and (1.32),
which includes Starling effect (n0 (ec)).

After appropriate scaling, it yields:{
k̇c = − (|u|+ α|ėc|) kc + n0 (ec) · k0|u|+
τ̇c = − (|u|+ α|ėc|) τc + ėckc + n0 (ec) · τ0|u|+,

(1.33)

with kc the active tissue stiffness, τc the active stress that can be developed in the tis-
sue, and ec the strain of the sarcomere, k0 and τ0 the value of kc and τc respectively,
when maximal contraction reaches the equilibrium (i.e. no displacement). The asymp-
totic active stress τc and stiffness kc, generated by the sarcomere, are directly related to
myocardial contractility, while taking into account the effect of actin-myosin overlap using
a Frank-Starling law function n0 (ec) with value between 0 and 1 (the maximum value for
the optimal extension and optimal overlap of actin and myosin chains) (see Figure 1.19),
for details see [23].
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Figure 1.19 – The prescribed Starling phenomenon. n0 (ec) represents the proportion of attached
myosin heads to their actin binding sites with respect to the sarcomere length (ec).

1.5.2.4 Electrical activation

The electrical activation is a model input, governed by the function u (t) (Equation (1.32)).
It represents the concentration of calcium available for cardiac contraction. The coupling
with the cardiac mechanics is performed through Equation (1.33). Complete electrical ac-
tivation models are available, with different levels of complexity, from full biochemical [107]
to simplified membrane models [73] accounting for transmembrane potential.

Another approach would be to prescribe u (t). Indeed, under monitoring conditions
when patients on GA, the electrocardiogram is continuously acquired, and the contrac-
tion/relaxation timings are therefore available. In the rest of the thesis, we used a complete
prescription of u (t) (Figure 1.20).

1.5.2.5 Passive part

The complete description of the passive part of the biomechanical model used in this work
is described in detailed in Part II, Chapter 2 and 3. In brief, the heart behaves as a
non-hookean, hyperelastic material. The hyperelastic potential stored in the myocardium
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Figure 1.20 – Normalised electrical activation function u(t). Left: u(t) plotted with the electro-
cardiogram (ECG) signal recorded in a patient. The u(t) patterns are prescribed using PQ, QRS,
QT timings of the ECG. The amplitude of the u(t) function is defined for all patient by [-20 ;
+35]. Right: u(t) plotted with a simulated ventricular pressure. Dash dotted line correspond to
the start of the electrical activation corresponding of the beginning of the cardiac contraction.

has been described extensively [69; 47; 46; 21]. We used a model derived from Holzapfel
and Ogden [46], modified in Chapelle et al. [23]; Caruel and Truskinovsky [18]:

We = C0 · eC1(J1−3)2
+ C2 · eC3(J4−1)2

, (1.34)

with J1 = I1 · I3−
1
3 and J4 = I4 · I3−

1
3 , being the reduced invariants of the Cauchy-

Green strain tensor, I3 = det
(
C
)
and (C0,C1,C2,C3) the parameters of the hyperelastic

potential.

1.5.2.6 The rheological model

The myocardium model can be seen as a Maxwell-Hill model, composed by an active com-
ponent described by the Bestel-Clément-Sorine model , and a passive component described
by the passive law presented in Section 1.5.2.5 and detailed in Part II (see Figure 1.21).

The active branch of the model is composed by the Bestel-Clément-Sorine actin-myosin
model presented in Section 1.5.2.3, characterised on the one hand by τc and kc (Equa-
tion (1.33)), and on the other hand by a viscous element µc, which yields σc = τc + µcėc,
the final active stress, and by a spring element Es accounting for filaments elastic be-
haviour.

According to parallel and series laws for a Maxwell-Hill type model states we write{
σc = τc + µcėc = Eses,

efib = es + ec,
(1.35)

Therefore, the stress integrated over spherical volume (Σsphere) can be written as{
Σsphere =

(
Σactive)

φ1,φ2
+
(
Σpassive)

φ1,φ2

Σsphere =
σc

1+efib
+ 4

(
1− C−3

)
∂We
∂J1

+ 2∂We
∂J4

+ ηĊ
(
1 + 2C−6

) (1.36)

(
Σactive)

φ1,φ2
and

(
Σpassive)

φ1,φ2
being the stress of the active and the passive branch,

respectively, oriented in the orthoradial directions (φ1, φ2) of the rheological model, η the
viscous component of the passive branch, and assuming that ε = dref

Rref
, the equilibrium

with the internal pressure in the sphere yields:(
1 + efib − ε

2
(1 + efib)

−2
)2 (

1 + ε (1 + efib)
−3
)
P0D = ρdrefRrefëfib + ε (1 + efib)Σsphere

(1.37)
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Figure 1.21 – Rheological model of Maxwell-Hill type in 1D conformation. We the hyperelastic
potential associated with the passive tissue stiffness, η the viscous component of the passive branch;
Es and σs the filament stiffness and stress; τc, kc the parameters of the microscopic sarcomere
model, respectively the active stress and stiffness associated with a contracted conformation of
myocardium at a strain ec; σc accounts for the global stress of the active branch by integrating µc
the viscous component of the active branch. e and σ are the strain and stress tensors associated
with this model in three-dimensions space.

ρ being the volumic mass of water.

1.5.2.7 Valve law

The valves of the heart are modelled according to the following constitutive equations (See
Figure 9.1): 

CvṖ0D = Qv +Qat −Qao

Pat − P0D = LatQ̇at +
(
Kat

for/back
)−1

Qat

P0D − Pao = LarQ̇ao +
(
Kao

for/back
)−1

Qao

(1.38)

with Qv = −V̇, the derivative in time of the ventricular volume, Cv the ventricular ca-
pacitance, Qat and Qao respectively the atrial valve inflow and the aortic valve outflow,
Pat and Pao respectively the pressure at the entrance of the valve law and the output
pressure of the model (i.e. the aortic pressure), Lat and Lar respectively the inductance of
the atrial and arterial valve, Kat and Kao respectively the conductance of the atrial and
arterial valve, and P0D the ventricular pressure.

1.5.2.8 Coupling heart with vessels

We used a bi-compartment Windkessel composed by two two-element Windkessel mod-
els branched in series as presented in Section 1.5.1.1, representing proximal (e.g. large
proximal elastic vessels such as Aorta) and distal (e.g. small capillaries) circulations:{

CpṖao + (Pao − Pd) /Rp = Qao

CdṖd + (Pd − Pao) /Rp = (Pve − Pd) /Rd,
(1.39)

with Pao,Pd,Pve representing aortic, distal arterial and venous pressures, respectively. Rp
and Rd represent the proximal and distal resistances, Cp and Cd the proximal and distal
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Figure 1.22 – Schematic representation of the valve law. Qv = −V̇, the derivative in time of the
ventricular volume V, Cv the ventricular capacitance, Qat and Qao respectively the atrial valve
inflow and the arterial valve outflow, Pat and Pao respectively the pressure at the beginning of the
valve low and the output pressure of the model, Lat and Lar respectively the inductance of the
atrial and arterial valve, Kat and Kao respectively the conductance of the atrial and arterial valve,
and P0D the ventricular pressure.

capacitances of the model. Qao is the outflow of the ventricle.

1.5.2.9 Patient-specific biomechanical model: Patients’ data and calibration
procedure

The procedure by which the biomechanical model is turned into patient-specific regime is
called “calibration”. By using data recorded in a patient, we adjusted the values of the
model parameters in order to make the model specific. In the whole thesis, we used the
data extracted from a prospective database recorded between January 2015 and December
2017 in the anaesthesiology and intensive care department of Lariboisière hospital.

Patients description

Patients scheduled for intracranial endovascular procedures were selected for inclusion.
Only the patients for whom continuous arterial pressure and Qc monitoring was indicated
for clinical purposes, were included. This study was approved by the appropriate In-
stitutional Review Board – ethical committee of the Société de Réanimation de Langue
Française (CE-SRLF 14-34) – which waived the need for written informed consent. Con-
sequently, oral informed consent was obtained from all subjects after providing a protocol
information letter. Every subject had the possibility to withdraw from the study at any
time.

During the neuroradiological procedure, general anaesthesia (GA) was induced and
maintained by using total intravenous anaesthesia (TIVA) using propofol (75-150 mg/kg/min)
and remifentanil (0.2-0.5 µg/kg/min). Oro-tracheal intubation was facilitated using 0.5
mg/kg atracurium and followed, if needed, by continuous atracurium infusion (0.5 mg/kg/h).
After intubation, ventilation was established to reach an end-tidal CO2 concentration of
35 - 38 cmH2O using a tidal volume of 6-8 ml/kg of body weight.

After GA induction, the monitoring devices were installed. Transoesophageal Doppler
probe (TOD) was inserted into the oesophagus and connected to the CombiQ monitor (Del-
tex medical, Chichester, UK). A transthoracic echocardiography (TTE) was performed in
the beginning of the interventional procedure. A radiopaque wire was advanced from the
femoral artery through the aorta up to cerebral arteries. Invasive arterial pressure was
recorded by connecting a fluid-filled mechanotransducer (TruWave, Edwards Lifescience,
Irvine, CA, USA), as previously described [50]. For research purposes, data were recorded
when the pressure catheter was in the ascending aorta.
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Chapter 1. Physiological knowledge, clinical issues, and modelling overview

Our standard procedure for management of intraoperative arterial hypotension (IOH),
defined as the fall of mean arterial blood pressure by 20% as compared to the awake value,
includes: 1) titration of saline isochloride by 250 ml step to optimise Qc; and 2) in case
of persistent IOH despite the fluid expansion, titration of diluted noradrenaline (NOR)
(5µg/ml) by 5 µg steps to restore the blood pressure. This management was not modified
for this research project. We separated a posteriori the population to hypotensive and
normotensive groups according to whether they received NOR.

A dataset of 45 patients was available, among which 16 received NOR to restore blood
pressure. A 61 patients’ dataset was finally used for modelling purposes. In the following
in silico experiments, we selected datasets among the database. We will provide the
characteristics of the selection within the dedicated chapters.

Calibration procedure

The patient-specific calibration procedure was performed following sequential and sys-
tematic model parameters adjustments:

1. Adjustment of the parameters of Windkessel circulation model after imposing the
flow in ascending aorta, with the objective that the simulated aortic pressure matched
the measurement. As the monitoring data contain only velocity in the descending
aorta, this waveform was scaled by using stroke volume (SV) obtained by transtho-
racic echocardiography (TTE) in the beginning of the procedure, in order to obtain
a surrogate of ascending aortic flow.

2. Adjustment of the left ventricular (LV) geometry (LV volume and myocardial mass)
according to the TTE measurements taken at end-diastole. The assumed LV volume
at zero pressure level (the so-called reference configuration), was set according to the
procedure described and analysed in details in Part II.

3. Adjustment of the passive tissue stiffness of myocardium aiming at obtaining the
EDV as in TTE while applying the ventricular end-diastolic pressure (EDP). Not
having an access to the ventricular or atrial pressure (Pat), we used a semi-quantitative
method to classify LV filling pressure as high or normal [72], and we arbitrarily pre-
scribed Pat value of 15 or 7 mmHg, respectively. In our simplified model, we assume
the atrial pressure as the end-diastolic pressure of the LV. From this single pressure-
volume point at end-diastole, we were able to estimate the tissue stiffness parameter
of the myocardium (See Part II for detailed procedure).

4. Adjusment of venous pressure Pvs. In our model, the link between Pvs and Pat is
simply set as Pat = Pvs + 2.5mmHg, as in Ruijsink et al. [91].

5. Adjustment of timing of the electrical activation model described in Section 1.5.2.4
by using the measured ECG (Figure 1.20).

6. Adjustment of the myocardial contractility in the model to reach the stroke volume
(SV) as in the data.

The model calibration was performed for all patients at baseline. After NOR admin-
istration, we re-adjusted only the parameters that are expected to be involved by NOR
(i.e. Windkessel model, timing of heart activation and myocardial contractility). Also, the
TTE information was not available after NOR administration as we did not have access
to the chest of the patients after the beginning of the radiological procedure.
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1.6. Aim of the thesis

Table 1.2 – List of parameters used for calibration (in bold the parameters which were re-calibrated
after noradrenaline administration according to the new physiology state).

Sphere radius at reference configuration
Sphere thickness at reference configuration
Atrial pressure
Heartbeat duration
Time of ventricular activation
Duration of electrical activation
Myocardial stiffness factor
Proximal Windkessel resistance
Distal Windkessel resistance
Distal Windkessel capacitance
Myocardial contractility

1.6 Aim of the thesis

Our purpose in this PhD thesis is to propose and evaluate a practical framework, based on
biomechanical modelling, to augment monitoring of anaesthetised patients with advanced
patient-specific cardiovascular physiological knowledge. To achieve this objective, we had
to rigorously overcome several issues related to clinical, biomechanical, and numerical
endpoints.

Our first challenge was to turn the biomechanical model into patient-specific regime
using a limited access to invasive data measurement. Indeed, the confidence in the calibra-
tion procedure is a prerequisite for the physiological and/or pathophysiological analysis of
the patient-specific simulation results. The patients’ advanced cardiovascular haemody-
namics can be approximated only if the heart and vessel model behaves as the patients’
heart. By proposing original mathematical and numerical methods, we defined a frame-
work, using a limited set of invasive data measurements, to calibrate the circulation model,
the passive and active parts, the activation, and the geometry of the biomechanical heart.
We aimed to evaluate these methods by performing comparative analysis with already
existing methods.

Our second challenge is linked to the real-time requirement imposed by the cardiovas-
cular issues anaesthetists and intensivists have to solve. To this concern, we proposed in
this thesis a time-varying model in which the active and passive part of the biomechanical
model described in Section 1.5.2 are replaced by a time-varying elastance function E(t)
obtained using a patient-specific version of the complete biomechanical model. We aimed
to evaluate this biomechanically derived time-varying elastance model in comparison with
the results obtained with the complete biomechanical (0D) model.

We finally performed a proof of concept study, in which we tested the feasibility of using
our framework to analyse the cardiovascular physiology of patients during neurosurgical
interventions.
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CHAPTER 2

Clinical motivations & overview of end-diastolic
pressure-volume relationship

An impairment of the passive properties of the heart, also called diastolic dysfunction, is
responsible for a clinical syndrome called heart failure. When heart failure decompensation
suddenly occurs, patients may suffer from pulmonary oedema, a life-threatening condition
associating major breathlessness and hypoxia. Left ventricular (LV) end-diastolic pressure
Ped is the most direct determinant of acute decompensated heart failure. Non-invasive
clinical methods quantifying LVPed are lacking. However, there is a critical need as they
could contribute to the diagnosis, quantification of severity and/or monitoring of the
treatment effects. To address this concern, modelling the passive properties of the LV
may help to fill the gap. Patient-specific biomechanical heart models may be used to
estimate the end-diastolic pressure-volume relationship (EDPVR) which, in turn, can be
useful for guiding therapy strategies. We propose a patient-specific framework for EDPVR
estimation based on a complete biomechanical model of heart and vessels. This Chapter
will discuss modelling issues, propose and evaluate a calibration procedure base on simple
single-beat measurement of LV pressure and volume assessment. We will compare the
proposed approach with existing methods.



Chapter 2. Motivations and modelling of end-diastolic pressure-volume relationship

2.1 Diastolic dysfunction assessment

Heart failure is a clinically defined syndrome as stated by the guidelines of the international
societies of cardiology [27; 29]. It includes functional symptoms (e.g. breathlessness,
ankle swelling or fatigue) that may be accompanied by physical symptoms (e.g. elevated
jugular venous pressure, pulmonary crackles and peripheral oedema), that are caused by
functional and/or structural cardiac abnormality. It results in a reduced cardiac output
and/or elevated intracardiac pressure at rest or during stress. In these guidelines, the
diastolic dysfunction is required to classify the patients into heart failure with preserved
ejection fraction (HFpLVEF) entity. Echocardiography is the cornerstone complementary
exam. It allows etiologic diagnosis, severity evaluation and classification within heart
failure syndrome by assessing the impairment or the integrity of the systolic function.
The HFpLVEF is subsequently defined as a heart failure syndrome associated with LVEF
above 50% whereas the systolic heart failure is associated with a LVEF below 40%.

HFpLVEF is the clinical manifestation of the rise of the left ventricular (LV) end-
diastolic pressure (Ped) caused by a decompensation of the pathophysiological mechanism
called diastolic dysfunction. Also, the high Ped is responsible for the congestive symptoms,
which are parts of the heart failure syndrome. However, diastolic dysfunction may be diffi-
cult to assess. Indeed, the acute rise of Ped is a transient phenomenon, that may disappear
quickly. The natural history of the diastolic dysfunction is composed by successive and
transient decompensation episodes followed by compensated states. However, if the origin
of the LV diastolic dysfunction is not identified and properly treated, the decompensation
episodes will become more frequent, and may lead to definitive structural alterations on
pulmonary circulation. Therefore, if diastolic heart failure is a clinical syndrome attesting
the rise in LVPed, the diastolic dysfunction evaluation necessitates further complementary
examinations, that aim 1) to confirm the rise in LVPed; 2) to assess structural alterations
of the myocardium that can reveal diastolic dysfunction; 3) to identify the components of
the diastolic function that are impaired (relaxation or passive filling), and ; 4) to identify
aetiology (e.g. valvular diseases, myocardial hypertrophy or coronary heart disease). Be-
cause of the transient nature of the decompensation episodes, the preceding criteria may be
missing. These analyses may be repeated in time or sensitised by exercise testing [27; 29].

The gold standard for LVPed assessment is the LV catheterisation. A LVPed above
16 mmHg is considered as an elevated LV filling pressure. It is the most sensitive indica-
tor of acute diastolic dysfunction [31]. Even though the LV catheterisation is mandatory
for direct measurement of Ped, it limits its usage under routine clinical settings due to
the invasiveness of the measurement. Therefore, LVPed as a prognostic information is
obtained when the LV catheterisation is indicated for other reasons – typically acute
coronary syndrome [2]. By contrast, indirect information regarding the LVPed may be
obtained by performing right ventricle catheterisation. Indeed, the pulmonary capillary
wedged pressure (PCWP) can be used to assess the elevated LVPed, as it reflects the left
atrium pressure. Until the recent Berlin definition [28], a PCPW threshold of 18 mmHg
was requested to identify the cardiogenic nature of the acute respiratory distress syn-
drome. The continuous nature of the right ventricular catheterisation may be interesting
for the evaluation and the management of complex acute decompensation of HFpLVEF in
intensive care. However, recent debates regarding the safety/usefulness balance of right
heart catheterisation have diminished its usage [7]. Non-invasive estimations of Ped are
nowadays available by using echocardiography [25], which tend to replace the catheter
measurement methods. Therefore, the functional key alterations assessed by transmitral
flow velocity profile are recommended at first instance [27], while cardiac catheterisation is
reserved for the most severe or complex cases. Indeed, the transmitral flow study helps to
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classify the LV filling pressure to non-elevated or elevated. For example, an alteration of
the ratio (E

e′ ) of early-diastolic transmitral flow velocity (E) over the early-diastolic mitral
valve annulus velocity (e’) has been associated with an elevated filling pressure [23]. Inter-
national societies of echocardiography recommend a E/e’ ratio > 12 to classify the filling
pressure as increased [25] (Figure 2.1). Many other functional indicators can be derived
from echocardiographic evaluation (e.g. longitudinal strain and tricuspid regurgitation
velocity (TRV)), which helps to assess the LV filling pressure [25; 24]. However, despite
being useful for a routine assessment of elevated or non elevated filling pressure, these
procedures provide only a semi-quantitative assessment of LVPed.

Some statistical methods have also been described to estimate LVPed from pulmonary
veins flows assessment [12; 26]. However, these methods require a high level of quality for
echocardiography data acquisition, which is difficult to achieve in acute cares. Further-
more, none of the aforementioned indicators are superior to the direct measurement of
LVPed for acute diastolic dysfunction diagnosis [31].

time (DT), which shortens with increased operating
chamber stiffness (36,37). The second measurement is
A-wave transit time: the time interval between the A-
wave at mitral valve tips and its recording at LV
outflow tract. It could be measured as time interval
between A-wave peaks or A-wave onsets at both lo-
cations. With increased late diastolic LV chamber
stiffness (A-wave rise in LV pressure divided by
difference in LV diastolic volume before and after LA
contraction) and with increased LV end-diastolic
pressure, A-wave transit time shortens (38,39).
NONINVASIVE ASSESSMENT LV DIASTOLIC FUNCTION

AND ESTIMATION OF LVFP (MEAN WEDGE PRESSURE OR

LV PRE A-WAVE PRESSURE). The most robust assess-
ment of LV diastolic function and LVFP is achieved by
consideration of clinical status, 2-dimensional (2D),
and Doppler findings. American Society of Echocar-
diography/European Association of Cardiovascular
Imaging 2016 guidelines are based on recognition of
myocardial disease (24). Presence of myocardial

disease can be inferred based on a constellation of
findings including clinical, 2D and Doppler observa-
tions. For example, patients with hypertensive car-
diovascular disease and LA enlargement or pathologic
LV hypertrophy have diastolic dysfunction. Likewise,
patients with systolic dysfunction have diastolic
dysfunction. This can be detected by reduced EF,
mitral annulus systolic velocity, mitral annulus plane
systolic descent, and LV global longitudinal strain
(24). Therefore, the assessment of diastolic function
in patients with normal EF should not be based only
on Doppler signals.

In the absence of myocardial disease after careful
consideration of clinical, 2D findings and specific
Doppler signals (see the following pertaining to pul-
monary vein flow, changes in mitral inflow with Val-
salva, L-wave velocity, and tricuspid inflow), the 2016
American Society of Echocardiography/European As-
sociation of Cardiovascular Imaging guidelines
recommend relying on 4 parameters. These include

FIGURE 3 Relation Among LAP, LV Pressure, and Doppler Velocities
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(IVRT), and deceleration time (DT). Mitral annulus early diastolic velocity (e0) exceeds a0. Onset of e0 precedes onset of E. (Middle) With
impaired LV relaxation but normal LAP, early diastolic transmitral pressure gradient is reduced, leading to reduced E and prolonged DT and
IVRT. Due to increased LA volume before LA contraction, LA contractility increases, leading to increased late diastolic transmitral pressure
gradient, increased mitral A velocity, and decreased E/A ratio. e0 is delayed and reduced with increased a0. (Right) With impaired LV
relaxation but increased LAP, E increases with short DT and IVRT. Due to increased late diastolic LV pressures and LA afterload, mitral A
velocity decreases, leading to an increased E/A ratio. e0 is delayed and reduced with decreased a0. Increased intravascular volume in patients
with grade I diastolic dysfunction leads to an increase in LAP and a pattern of predominant early LV filling (shift to right). Diuretics in patients
with increased LAP shift mitral inflow pattern to one of predominant late diastolic filling. Reprinted with permission from the American
Society of Echocardiography. Abbreviations as in Figure 1.
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Figure 2.1 – Interpretation of transmitral flow patterns with respect to the left atrial pressure.
Left: With normal diastolic function, left atrial pressure (LAP) and left ventricle (LV) pressure
are normal with predominant early diastolic filling, short isovolumic relaxation time (IVRT), and
deceleration time (DT). Mitral annulus early-diastolic velocity (e’) exceeds mitral annulus late-
diastolic velocity (a’). Onset of e’ precedes onset of E. Middle: With impaired LV relaxation but
normal LAP, early-diastolic transmitral pressure gradient is reduced, leading to reduced E and
prolonged DT and IVRT. Due to increased LA volume before LA contraction, LA contractility
increases, leading to increased late diastolic transmitral pressure gradient, increased mitral A
velocity, and decreased E/A ratio. e’ is delayed and reduced with increased a’. Right: With
impaired LV relaxation but increased LAP, E increases with short DT and IVRT. Due to increased
late diastolic LV pressures and LA afterload, mitral A velocity decreases, leading to an increased
E/A ratio. e’ is delayed and reduced with decreased a’. Increased intravascular volume in patients
with grade I diastolic dysfunction leads to an increase in LAP and a pattern of predominant early
LV filling (shift to right). Diuretics in patients with increased LAP shift mitral inflow pattern to
one of predominant late diastolic filling. Reproduced from [24]

.

When an elevated LVPed cannot be proven, indirect morphological indices may be
obtained by echocardiography, and may help to identify the patients at risk for decom-
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pensation. Myocardial hypertrophy (left ventricular mass indexed to body surface area –
LVMI > 115 g.m−2 for male and 95 g.m−2 for female), regional alteration of myocardium
motion, left atrium dilation (indexed left atrium volume LAVi > 34 mL.m−2), aortic or
mitral valvular diseases, systolic function alteration are usually associated with diastolic
function alteration.

Quantitative and qualitative assessment of the active and passive components of the
diastolic function may be also approximated. First, the LV relaxation is divided into two
phases: the isovolumic period and the early filling period. The alteration of the isovolumic
relaxation can be assessed by LV catheterisation, by the rate of LV pressure decay (the
minimum dP

dt ), which is altered when the relaxation is impaired. Also, the quantification of
the time constant of the ventricular pressure decay (τ) by fitting a decreasing exponential
function on the pressure waveform is the gold standard for assessment of LV relaxation [24].
An impaired LV relaxation may also be assessed using echocardiography, by quantifying
the velocity of the mitral annulus during relaxation (e′), or by assessing the isovolumic
relaxation time (the IVRT), between the end of the LV outflow and the beginning of
transmitral inflow. Finally, the longitudinal/circumferential strain rate may be used for
the assessment of relaxation [24]. Concerning the relaxation occurring during the LV filling,
the minimal pressure (Pmin), and the diastatic period (just before the atrial contraction,
the Ppre-A) may be obtained in cathlab.

The passive properties of the LV are typically explored by the end-diastolic pressure
volume relationship (EDPVR), which represents the LV Ped at a varying end-diastolic
volume (EDV) (Figure 2.2). However, not only simultaneous ventricular imaging and car-
diac catheterisation are requested, but also invasive loading conditions manoeuvres are
requested (in order to vary the preload). To characterise EDPVR, indices such as ratio
between the Ped over the EDV (Ped/EDV), changes in pressure to changes in volume or
diameter (∆P/∆V, ∆P/∆D) and instantaneous changes in pressure and volume (dP/dV)
were used to characterise the LV compliance at a given loading state [9; 13; 1]. Echocar-
diography allows to obtain some idea about LV compliance. A wave transit time and
deceleration time of the E wave are usual indicators of the LV compliance (Figure 2.1).
However, the compliance in the sense described above is given by the slope of the EDPVR
at a given measurement point. It is therefore only a local measure of compliance and is
not able to characterise the EDPVR globally.
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Figure 2.2 – Example of end-diastolic pressure volume relationship (EDPVR). Left: Decomposition
of the PV loop with respect to the active and the passive period. Right: Example of the concept
of left ventricle (LV) compliance, and dependancy with repect to the preload.

Since in vivo EDPVR measurement can not be performed in clinical settings or since
non invasive indirect estimations are lacking, mathematical models have been proposed to
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estimate the EDPVR.

2.2 Modelling presentation and issues
Since the early 1970’s, it has been hypothesised that the passive properties of the heart
behaved like a non-Hookean elastic material [10; 21; 8] (Figure 2.2). This hypothesis al-
lowed to apply the physical principles of the continuum mechanics theory. The passive
properties of the myocardium could therefore be described in terms of stress (τc)/strain
(e) relationship, characterised by its tangent modulus

(dτc
de
)
(i.e the elastic stiffness (Es)

for myocardium assessment). The exponential nature of the myocardial stress/strain re-
lationship was theoretically proven [10], and experimentally demonstrated [18; 8].

Based on these observations, two types of model have emerged. On the one hand, to
allow a more complete description of the data obtained during cardiac catheterisation,
exponential functions were fitted to Pressure-Volume datapoints (i.e. to EDPVR) [19].
These phenomenological models allowed to developed single-beat methods of EDPVR es-
timation [17], with the potential toward non-invasive applications [12]. However, such
phenomenological models do not allow explanatory introspection of physical phenomenon
hidden in the EDPVR. Furthermore, the statistical approach used to determine the co-
efficients of these models decreases the patient-specificity of the estimation.

The other class of models of passive behaviour of the LV are based on continuum me-
chanics theory and allow a description of phenomena underlying the EDPVR, by taking
into account physical, energetical, morphological, geometrical and physiological charac-
teristics of the chamber, at micro- (i.e. down to molecular level) to macro-scale levels
(i.e. up to organ level) [15; 6]. General formulations of these models can be turned into a
patient-specific regime by the process of “model calibration”, during which the parameters
of the models are adjusted by using the data processed from a given patient. However, this
calibration procedure often requests rich data information, that are difficult to obtain in
routine clinical practice. Furthermore, the approach allows to use complex geometry (i.e.
detailed three-dimensional (3D) geometry of heart). However, this increases the compu-
tational cost, preventing the implementation with standard computational resources in a
time-frame compatible with anaesthesia and intensive care issues. In 2008, Caruel et al.
[4] have proposed a simplified formulation of a complex 3D biomechanical model [6], the
geometry being reduced to a sphere. This particular formulation is suitable to perform
calibration with data routinely acquired during clinical procedures. It allows to simulate
heartbeats close to real time – typically one heartbeat being computed in less than 30
seconds. It allows fast calibration procedures, which can be implemented on computers
with standard resources.

2.2.1 Phenomenological models

During the early 70’s, since progresses in the application of the continuum mechanics the-
ory have led to describe the passive properties of the myocardium tissue as an hyperelastic
material (See Figure 2.3), it has been hypothesised that PV relationship at end-diastole
(EDPVR) and therefore the passive properties of the left ventricle can be described by an
exponential function [11]:

P = AeαV (2.1)

A and α are the parameters to be estimated to fit the estimated curve on the measured
data.

Originated in 1973, and summarised in 1990, Mirsky et al. demonstrated a link be-
tween the micro-scale level (the myocardial fibre) and the macro-scale level (left ventricle
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Figure 2.3 – Left: The stress (τc) strain (ε) relationship. Right: the elastic stiffness (dτc
dε ) as a

function of stress. If the stress – strain relationship is of exponential form, then the elastic stiffness
is a linear function of stress. Reproduced from [21].

pressure–volume relationship) by using a spherical or a cylindrical model of heart [21;
19; 20; 22]. By integrating stress-strain relationship over a cylindrical or spherical heart
model, Mirsky and coworkers explained the exponential shape of the PV relationship by
demonstrating the linear behaviour of what they called the chamber stiffness with re-
spect to end-diastolic pressure (i.e. chamber stiffness = dP

dV by analogy with the elastic or
myocardial stiffness Es =

dτc
dε ) :

dP
dV

=
(4/9) dτc

dε − P (V/Vw)

V (1+V/Vw)
(2.2)

Es =
dτc
dε is the elastic or myocardial stiffness, τc and ε being respectively the stress and

the strain applied to a myocardial fibre, V the end-diastolic ventricular volume, P the end-
diastolic ventricular pressure and Vw the myocardial wall volume. They further demon-
strated that, when normalising Equation (2.2) to volume, it yields:

dP
dV/V

= V
(
dP
dV

)
=

(4/9)Es − P (V/Vw)

(1+V/Vw)
(2.3)

which is directly related to myocardial stiffness.
They also demonstrated that when normalising equation (2.2) to myocardial volume

Vw, it yields:
dP

dV/Vw
=

(4/9)Es − P (V/Vw)

(V/Vw) (1+V/Vw)
(2.4)

which indicates that the relationship VW (dP/dV) might yields an index of chamber stiff-
ness.

By demonstrating the linearity of the chamber stiffness (described by Equation (2.2))
with respect to ventricular pressure, they justified the choice of exponential functions to
curve fit Pressure–Volume data, as proposed by Gaasch et al. [11] (Equation (2.1)).

Therefore they proposed to fit Pressure-Volume data points by functions which are
convenient to use to make links between observation and physics:

P = Aeα
V

Vw ; P = BVβ (2.5)

Indeed, when deriving Equation (2.5), it yields{
dP

d(V/Vw) = α ·Aeα
V

Vw = αP
dP
dV ·V = β · BVβ = βP

(2.6)
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α and β being index of myocardial and chamber stiffness respectively.
From this formulation, we can interpret that P can be fitted by one or the other

formulation depending on the type of data available. We can also deduced that β and α
are interdependant. Two major issues of such approach have been discussed in the review
written by Burkhoff and Mirsky [3]. First the shape of the exponential or polynomial
functions is governed by two terms: A or B on one hand, α and β on the other hand.
Such formulation makes comparison between patient difficult as each parameter in front
of the exponent or polynomial can only be interpreted with the respective exponent or
power term. Second, the choice of exponential function might be non ideal because as
formulated on Equation (2.5), the function tends towards 0 pressure when V

Vw
tends toward

−∞. Indeed, it has been observed that the curve fit by such exponential or polynomial
formulation is misleading for the lowest PV data measured.

Recently, Klotz et al. [17] used data obtained from 80 explanted hearts from vari-
ous species: human, dogs and rats. He observed that after double normalisation (Equa-
tion (2.7)), the EDPVR demonstrates a common underlying shape across subjects and
across species.

Vn =
V−Vref
V30 −Vref

(2.7)

Vn being the ventricle volume normalised, Vref and V30 respectively the volume at stress
free configuration and the volume measured when the ventricular pressure reached 30
mmHg (Figure 2.4).

Figure 2.4 – Normalised end-diastolic pressure volume data point obtained for 80 explanted human
hearts. An and Bn are the fitted coefficients. Reproduced from Klotz et al. [17]

The Klotz model is therefore written as follows:

Pklotz = An ·Vn
Bn (2.8)

With An, Bn being the coefficients which were fit on normalised population data.
As was originally described, the procedure proposed by Klotz, allowed to calibrate the

EDPVR from one single-beat measurement of pressure (Pm) and volume (Vm) by following
these steps:

1) The estimation of Vref from (Vm,Pm) [17] based on linear regression between vol-
umes measured at different levels of pressure and Vref:

Vref = k ·Vm (2.9)

With k = 0.53 for Pm < 10 mmHg, k = 0.48 for 10 ≤ Pm < 15 mmHg, k = 0.46 for
15 ≤ Pm < 20 mmHg and kk = 0.43 for Pm > 25 mmHg, in order to estimate Vref from
(Vm,Pm).

2) The estimation of V30, derived from the combination of Equation (2.7) and Equa-
tion (2.8)

V30 = Vref + (Vm −Vref)/(Pm/An)
1/Bn (2.10)

81



Chapter 2. Motivations and modelling of end-diastolic pressure-volume relationship

and 3) The Estimation of EDPVR by combining Equation (2.7) and Equation (2.8):

Pklotz =
An(

V30
Vref

− 1
)Bn

·
(

V
Vref

− 1

)Bn

(2.11)

By using this procedure and the An and Bn parameters obtained by optimising the
parameters of Equation (2.8) on the data provided in Figure 2.4, the work of Klotz et al.
[17] was the first to propose a single-beat method for EDPVR estimation. This work has
been widely adopted by the modelling community (e.g. used in [14]).

However, there are several limitations of such phenomenological models. Indeed, de-
spite convenient applicability on patient data, they typically neglect important geometri-
cal properties of the myocardium. Relying on the use of population-based coefficient to
parametrise the model – namely An, Bn, Vref and V30 is another limitation. It decreases
the patient specificity of this approach.

2.2.2 Biomechanical models

The biomechanical models defined herein are based on physical description of mechanical
response of myocardial tissue. The first biomechanical models described the passive law
by transversely isotropic and hyperelastic constitutive equations [30] of the form:

W = CeAxE2
x+AyE2

y (2.12)

The hyperelastic potential (W) stands for the energy response to the strain (Ex and Ey),
C and Ax and Ay being the coefficient to fit on the stress/strain data in x and y direction,
respectively.

In the work of Humphrey and Yin [16], the equation (2.12) was composed of the sum
of two exponential functions oriented in transversal direction:

W = c
[
eb(I1−3) − 1

]
+A

[
ea(

√
I4−1)2 − 1

]
(2.13)

where c, b, A and a are pseudoelastic material parameters, and I1 = tr
(
C
)

and I4 =

τ1 ·C · τ1 the first and fourth invariants of the left Cauchy-Green tensor (C = FTF, where
F is the deformation gradient). Each term of Equation (2.13) denotes respectively the
isotropic, and transversely isotropic energy in fibre direction (τ1), respectively.

In 2009, Holzapfel and Ogden published an advanced version of these models, based
on structural approach [15]. The three-dimensional orthotropic model depends on a hy-
perelastic potential described by a limited number of parameters. This has the advantage
to describe the passive property of a piece of myocardium, taking into account the or-
thotropic fibre direction and the shear inside the myocardium, independently of the global
geometry of the heart model. This hyperelastic potential is written as follows:

W =
a
2b

eb(I1−3) +
∑
i=f,s

ai
2bi

ebi(I4i−1)2 − 1+ afs
2bfs

(
ebfsI2

fs − 1
)

(2.14)

where a, b coefficients related to I1, I4, Ifs.
The hyperelastic potential described by Equation (2.14) inspired the passive law used

in the model described by Chapelle et al. [6], and modified by Caruel et al. [4]. The
hyperelastic potential is written as:

We = C0 · eC1(J1−3)2
+ C2 · eC3(J4−1)2

, (2.15)
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where J1 = I1 · I3−
1
3 and J4 = I4 · I3−

1
3 , being the reduced invariants of the Cauchy-

Green strain tensor, I3 = det
(
C
)
and (C0,C1,C2,C3) the parameters of the hyperelastic

potential. We remark that in [14], the authors demonstrated that the form of hyperelastic
potential (2.15) has in addition advantage of a good identifiability of parameters.

Assuming spherical geometry, the stress expression can be written as (see [4]):

Σsphere (efib) = 4
(
1− C−3

) ∂We
∂J1

+ 2
∂We
∂J4

(2.16)

with C = (1+ efib)
2 the circumferential component of the Cauchy-Green strain tensor and

efib the fibre extension.
We further modified the spherical model described in [4] by implementing a wall thick-

ening model: {
R = Rref · (1 + efib)

d = dref · (1 + efib)
−2 (2.17)

R and Rref, and d and dref being respectively the radius until mid-wall thickness of the
sphere and the diameter of the myocardium at any position and at stress free reference
configuration. The volume of the sphere is therefore calculated using the following formula:

V =
4π

3

(
R− d

2

)3

(2.18)

Substituting R and d from Equation (2.17) into Equation (2.18), it yields V = 4π
3 Rref

3 ·
(
1 + efib − ε

2
(1 + efib)

−2
)3

Vref =
4π
3 Rref

3 ·
(
1− ε

2

)3 (2.19)

With ε = dref
Rref

.
At equilibrium, the ventricular pressure can be written as a function of the fibre exten-

sion efib, of the constitutive tissue stiffness parameters Ci (i ∈ 0, . . . , 3 ) and of the thickness
of the sphere at stress-free reference configuration attested by ε (adapted from [5]):

P0D = ε·Σsphere (efib)·
(
1+efib

)(
1 + efib − ε

2
(1 + efib)

−2
)−2 (

1 + ε (1 + efib)
−3
)−1

(2.20)

The main advantage of the models based on continuum mechanics approach is due
to their underlying physical and physiological bases since they incorporate physical and
physiological assumptions. However, turning the model into patient-specific regime (e.g.
by calibrating the model, or automatically assimilating data into the model) is a challeng-
ing task of the biomechanical modelling community. Despite their interesting potential
applications, their use have not yet spread to clinical communities for routine patient’s
care.

By using the model described by Equation (2.20), we propose a calibration method
that allow patient-specific modelling of EDPVR with data acquired routinely in operating
theatre.

2.3 Working hypothesis and objectives
Our hypothesis is to propose a framework reuniting the pragmatic approach of the phe-
nomenological models with the rigorous approach of the biomechanical models. We pro-
pose a fast single-point EDPVR estimation method, which is underlied by the passive law
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derived from the 0D model described in [4] (Equation (2.20)). In the subsequent chapters,
we will first describe and study the EDPVR behaviour generated by our framework, and
we will compare its performance with the single-beat estimation method described in the
paper of Klotz et al. [17], to fit EDPVR data.
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CHAPTER 3

Description of the behaviour of the biomechanical
passive law

In this Chapter, we define a framework to calibrate our biomechanical passive law from a
limited availability of pressure-volume datapoints. Our method is original as the identifi-
cation of the parameters necessary for patient-specific calibration in other biomechanical
heart models is difficult in a clinical setting. We propose an original method based on
a complete analysis of the physiological behaviour of the passive law calibrated on a
reference patient. We describe a procedure to reduce the number of parameters to be ad-
justed, comparatively to this reference patient. We proved that the passive law described
in Chapter 2, deviates as a homothetical transformation from the reference configuration,
when modifying intrinsic stiffness Ci or stiffness associated with geometrical organisation
of myocardial fibre – i.e. associated with the wall thickness in the reference configura-
tion. Therefore we describe a framework to estimate the parameters associated with the
deviation from the reference configuration. One of the advantages of our approach lies in
the fact that these parameters can be seen directly as either a stiffness or either a volume
information, and can be physiologically interpreted. In particular, the proposed method
allows to compare between various patients, while quantifying the passive tissue stiffness
of their myocardium. Another advantage lies in the setup of a single-beat estimation
method, which would allow to use our framework in clinical scenarios.



Chapter 3. Passive constitutive law behaviour

In this Chapter, we will describe the behaviour of the passive law introduced in Chap-
ter 2, Section 2.2. From a reference configuration calibrated on a patient’s dataset obtained
in vivo during general anaesthesia, we will first optimise the Ci parameters using the nor-
malised data from the paper of Klotz et al. [3]. Then we will analyse the sensitivity of the
passive law when deviating the ε, and the Vref parameters. Finally we will propose and
study a numerical method to estimate model parameters from measured PV datapoints.

3.1 Numerical study of the passive law behaviour

3.1.1 Patient’s data

Data were obtained in a reference patient who was anaesthetised for neuroradiological
procedure. The data collection procedure is described in details elsewhere (see Chapter 1,
Section 1.5.2.9). In brief, after general anaesthesia induction, a transoesophageal Doppler
probe was inserted into the oesophagus of the patient. A continuous measurement of
arterial pressure was obtained using a radial artery cannula. A transthoracic echocardio-
graphy (TTE) was also performed in order to obtain geometrical and functional infor-
mation (see Table 3.1). During the neuroradiological procedure, the radiologist inserted
arterial guidewire through femoral puncture up to cerebral arteries. The aortic pressure
was recorded when the guidewire was located inside the ascending aorta. The patient was
orally informed that we used the acquired data for research purpose and agreed with using
his/her data for research purposes. The ethical committee (CE SRLF 14-34) waived the
need for written consent. Indeed, the research protocol described above was non interven-
tional, all the invasive procedures were performed for medical reasons. The patients could
withdraw their consent at any time.

We estimated the LV end-diastolic volume (Ved or Vm) from the apical 4-cavity cham-
bers view of transthoracic echocardiography (TTE) (Figure 3.1), by using the revolution
of the LV end-diastolic surface and long axis. We isolated the LV wall thickness and esti-
mated the LV wall volume in order to estimate the LV mass. We also used the transmitral
pulsed Doppler velocity waveform to classify the filling pressure of the LV between low or
high, according to the European guidelines [6]. In the patient studied, the filling pressure
was found low. We therefore prescribed the level of 7 mmHg pressure for LVPed (Pm).

3.1.2 Passive law calibration

In order to calibrate the spherical heart model to the patient’s data, we used the following
procedure:

3.1.2.1 Estimation of Vref, Rm, dm and ε parameters

First, from (Vm, Pm), we estimated Vref according to the method used in Klotz et al. [3]
(See Chapter 2, Section 2.2.1).

Secondly, we estimated the radius (Rm) and the thickness (dm) of the sphere:

Rm =

(
3

4π
Vm

) 1
3

+
dm
2

(3.1)

dm being estimated by the combination of Equation (2.18), and Equation (3.2):

LVmass = Vtotal −Vinner (3.2)
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Figure 3.1 – Example of echocardiographic Data measurement. Upper Left: Semiquantitative left
ventricular (LV) end-diastolic pressure (Ped) measurement. Apical 4-cavity view; Pulsed Doppler;
Transmitral flow velocity signal; Upper Right: Semiquantitative LVPed measurement. Apical
4-cavity view; Tissular Pulsed Doppler; Mitral annulus velocity signal; Lower Left: LV end-
diastolic volume (Ved) measurement. Apical 4-cavity view; 2D echography; Lower Right: Atrial
end-diastolic surface measurement. Apical 4-cavity view; 2D echography;

Table 3.1 – Data obtained in the reference Patient 11, and corresponding geometrical parameters.

Patient 11
Patient’s Data
LVVed (mL) 133
LWPW (cm) 9.8
E wave (cm.s−1) 86
A wave (cm.s−1) 110
DT (ms) 249
E’ wave (cm.s−1) 10
LA surface (cm2) 18
LV mass (g) 103
Model parameters
Vref (mL) 70.49
Rref (cm) 3.01
dref (cm) 0.9
ε 0.2980
LVPed (mmHg) 7

LVVed: Left ventricular end-diastolic volume; LWPW: Left ventricular posterior wall; DT: Deceleration
time; LA: Left atrium; Vref: End-diastolic LV volume at reference configuration; Rref: End-diastolic LV
diameter at reference configuration; dref: End-diastolic LV wall thickness at reference configuration;
ε = dref

Rref
; LVPed: LV end-diastolic pressure.
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Chapter 3. Passive constitutive law behaviour

Vtotal and Vinner (= Vm) being respectively the maximal volume of the sphere and the
volume inside the cavity. These volumes and LVmass were estimated using the method
described in Section 3.1.1.

It yields:

dm =

(
3

4π
(Vm + LVmass)

) 1
3

−
(

3

4π
Vm

) 1
3

(3.3)

Third, in Equation (3.1) and (3.3), we replaced Vm by Vref to obtain dref and Rref, and
we estimated ε by using the following equation:

ε =
dref
Rref

(3.4)

3.1.2.2 Optimisation of the Ci coefficients parameters by using normalised
data

We hypothesised that the Ci coefficients parameters could be optimised in order to fit the
normalised Data available in the paper of Klotz et al. [3] and described in Section 2.2.1.

First, we estimated Vref from the patient’s single measured point (Vm, Pm), by us-
ing the Klotz algorithm, described in section 2.2.1. We further calculated V30 by using
Equation (2.10) with the previously calculated Vref, the given coefficient (An = 27.78 and
Bn = 2.76), and Vm.

Second, for parameters estimation, we defined a variable efib = [0 : 0.01 : 0.2], which
is the variable of the passive law defined by Equation (2.20). In order to compare our
passive law, written as a function of efib, with Klotz model described by Equation (2.11),
we had to perform a variable transformation:(

V
Vref

) 1
3
=

1+ efib − ε
2 (1+ efib)

−2(
1− ε

2
) . (3.5)

Therefore, V can be approximated by a function of efib, Vref, and ε, by using Newton’s
algorithm for a nonlinear equation.

Third, we minimised the following criterion by using a gradient descent method, to get
an initial guess on Ci (Cinit

i )

J
(
Cinit

i
)
=

N∑
n=1

(
Pn

klotz

(
Vn

Vref
,V30,An,Bn

)
− Pn

0D

(
Vn

Vref
, ε,Cinit

i

))2
(3.6)

N being the length of the vector efib, Pn
0D

the solution of Equation (2.20), and Pn
klotz the

solution of Equation (2.11).
Fourth, we extracted the volume-normalised PV data (Pdata,V(data,n)) provided in

Figure 3 of the publication [3] (see section 2.2.1 and Figure 2.4 for details). We used
Equation (2.7) to calculate Vdata

Vref
, which was translated into efibdata using Equation (3.5).

Therefore, we were able to estimate the Ci coefficients that minimise the following equation:

Jdata (Ci) =

Ndata∑
n=1

(
Pn

data − Pn
0D

(
Vn

data
Vref

, ε,Ci

))2
(3.7)

Ndata being the number of PV datapoints.
Finally, we estimated the passive law associated with the optimised Ci parameters, by

using the variable efib
N and the ε parameter derived from the reference patient’s data. We

compared the passive law (P0D) and the Klotz function (Pklotz) with the Pdata.
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3.1. Numerical study of the passive law behaviour

Figure 3.2, shows the result of the optimisation process. The root mean squared
error (RMSE) was lower when using the proposed passive law (P0D) compared with Klotz
procedure (Pklotz) (1.52 mmHg vs 1.61 mmHg). Qualitative comparison suggests that the
biggest difference between the two models is in the the initial part of the EDPVR.
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Figure 3.2 – Result of the optimisation procedure. Comparison between passive law and Klotz
function in normalised space

The optimised parameters in our subject were found as follows: [C0 = 665,C1 =
2.4,C2 = 103 and C3 = 5.5].

3.1.3 Description of the behaviour of the passive law with respect to
parameters changes

3.1.3.1 Parametric deviation with respect to Vref parameter

We see from Equation (2.20), for a given ε and Ci, that the pressure only depends on efib.
Therefore, through the variable transformation written in Equation (3.5) a modification of
efib is translated into a change in Vref. Furthermore, the relationship between efib and the
normalised volume Vn can be obtained by combining Equation (2.7) and Equation (3.5).
It yields:

Vn =

(1 + efib − ε
2 (1 + efib)

−2

1− ε
2

)3

− 1

 ·
(
V30
Vref

− 1

)−1

(3.8)

The ratio V30
Vref

is constant and does not depend on Vref. Indeed, the extension fibre
efib

30 is univocally defined from Equation (2.20) taking the pressure P30 = 30 mmHg. In
particular, according to Equation (3.5), efib

30 does not depend on Vref but rather on the
ratio V30

Vref
. To satisfy Equation (3.5) for efib = efib

30, a relative change in Vref is necessarily
associated with the same relative change in V30. Figure 3.3 shows example of the effect
of isolated change in Vref on the passive law.

3.1.3.2 Parametric deviation with respect to Ci parameters

In Equation (2.11), the stiffness of the tissue is governed by the ratio of parameters V30
Vref

.
A modification of V30

Vref
by a factor kklotz leads to a simple rescaling of the Pklotz function:

Pklotz

(
kklotz ·

V30
Vref

,
V
Vref

)
= αklotz · Pklotz

(
V30
Vref

,
V
Vref

)
(3.9)
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Figure 3.3 – Example of the effect of the variable transformation on the passive law. left: Volume
space. We see two passive laws for whom only the Vref parameter is different (coloured circles).
The coloured dots and diamonds are the respective pressure associated with 5 different volumes;
Right: Normalised-volume space. The two passive laws are also displayed but are over-imposed.
The only difference stands in the location of the pressure points on the variable (Vn) axis.

It is then possible to calculate the proportional factor αklotz that is associated with the
modification of V

Vref
parameter.

αklotz =

[(
V30
Vref

− 1

)
/

(
kklotz ·

V30
Vref

− 1

)]Bn

(3.10)

In the 0D model, it is possible to apply the proportional factor α0D = αklotz to the passive
law. We can see from Equations (2.15) and (2.20) that a simple rescaling of the passive law
by a factor α0D , i.e. a homothety of P0D

(
Ci, ε,

V
Vref

)
, is directly applied on the parameters

(C0, C2):

α0D · P0D

(
Ci, ε,

V
Vref

)
= P0D

(
α0D · (C0,C2) , ε,

V
Vref

)
(3.11)
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Figure 3.4 – Effect of stiffness modification. Comparison of EDPVR between Klotz function and
passive law, when varying stiffness (α0D , kklotz).

Figure 3.4 demonstrates the differences in passive law and Klotz relation when mod-
ifying the respective stiffness of each model (V30

Vref
or Ci) by the same magnitude. When

we normalised the volume according to the Klotz algorithm (described in section 2.2.1),
we observed in Figure 3.5 that: 1) Klotz relation stays fitted on the average population
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3.1. Numerical study of the passive law behaviour

data points, and 2) the passive law demonstrated deviations from the original passive law
associated with the original Ci parameters (described in Section 3.1.2.2).

The Klotz function described by Equation (2.11) is based on the regression of the PV
data points (Pdata) in normalised space, that is parameterised by the population-based
coefficient An and Bn. Therefore, to use the Klotz procedure (described in Section 2.2.1)
to estimate the EDPVR from a single PV point will lead to over-impose the original
Klotz relation in normalised space, whatever is the stiffness modification. However, we see
from the Pdata dataset, that there exists a patient-specific dispersion around this relation
(Figure 3.5, right panel). On the contrary, our model allows patient-specific stiffness
particularities in the normalised space as demonstrated by Figure 3.5, left panel. We can
also see that for a significant variation of the tissue stiffness, the modified passive laws
were all within the ranges of the Pdata dataset.
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Figure 3.5 – Effect of stiffness parameters modification on passive law (Left) or Klotz (right)
function in normalised space.

Using the optimisation procedure described in Section 3.1.2.2, we were able to calibrate
the Ci parameters for a given subject. However, Equation (2.15) includes two terms,
the first term represents the hyperelastic potential related to stretch applied in radial
direction, the second term related to fibre oriented in orthogonal direction. This poses
a question about the sensitivity of the first term with respect to the second term, under
this calibration conditions, where only one direction is present (i.e increase/decrease in
volume). Figure 3.6 shows the results of the sensitivity analysis of C2, when sequential
modification of C0 was applied.

Comparable RMSEs demonstrate that the problem is not well conditioned with respect
to C0 and C2. To decide about the optimal combination of (C0, C2), we would need some
additional experimental data, typically of bi-axial stretch. In sequel, we will use the values
Ci presented in section 3.1.2.2.

3.1.3.3 Parametric deviation wrt ε

In the Klotz model (Equation (2.11)), the information about the wall thickness is hidden
in the V30 parameter. There is no direct correspondence between Klotz relation and 0D
model, with respect to ε. We propose to study the behaviour of the passive law with
respect to variations in ε.

First, the passive law (Equation (2.20)) can be re-written as:

P0D (Ci, ε, efib) = (1 + efib) · g (ε, efib) · ε · Σsphere (3.12)

Where the dependency in ε is driven by two terms : 1) a linear term (i.e. ε itself), and
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Figure 3.6 – Sensitivity analysis. The C0 parameter is fixed and sequentially modified [120, 40,
360, 480, 600, 720, 840, 960, 1080, 1200] and the C2 parameter is optimised to fit the normalised
data [219, 193, 168, 142, 117, 91, 66, 41, 15, -10]. The passive law corresponding to each couple
(C0,C2) is represented.

2) a nonlinear term (i.e. g (ε, efib)), and where g (ε, efib) is written as follows:

g (ε, efib) =
(
(1 + efib)−

ε

2
· (1 + efib)

−2
)−2

·
(
1 + ε · (1 + efib)

−3
)−1

(3.13)

Therefore, if we assume that the nonlinear relation (3.13) is close to 1, Equation (2.20),
modified in Equation (3.12), shows a linear dependency on epsilon. To verify this hypoth-
esis, we posed the following Equation (3.14):

P0D

ε
= (1+ efib) · g(ε, efib) · sphere (3.14)

We tested the effect of changes in ε (i.e. between 0.15 and 0.45) on that nonlinear term.
We demonstrated in Figure 3.7 that the nonlinear ε dependency has a little impact on the
solution of Equation (3.14), for acceptable ranges of ε. We can then write:

P0D(Ci, ε · kε, efib)

ε · kε
' P0D(Ci, ε, efib)

ε
(3.15)

And so:
P0D(Ci, ε · kε, efib) ' kε · P0D(Ci, ε, efib) (3.16)

with kε = ε+δε
ε .

Equation (3.16) shows that a modification of ε leads to a simple rescaling of P0D , by a
factor kε, where efib is the variable. When renormalising on V30 and Vref, we observed a
similar behaviour as for Ci variations (Figure 3.8).

Finally, we propose to study the combined effects of modification of stiffness and ε. If
we start from a reference parametrisation noted{

P0D

(
Ci, ε, efib

)
= α0D · ε · f(Ci, ε, efib)

f(Ci, ε, efib) = (1 + efib) · Σsphere · g(Ci, ε, efib)
(3.17)

with α0D = 1, ε = 0.298 and Ci = [665, 2.4, 103, 5.5], then P0D for another configuration
can be written:

P0D (Ci, ε, efib) = α0D · ε
ε
· P0D(Ci, ε, efib) (3.18)
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Figure 3.7 – Effect of geometry modification. Effect of the ε value on the non-linear ε dependency
of the passive law.
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Figure 3.8 – Modification of ε and subsequent effect on the normalised space
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Chapter 3. Passive constitutive law behaviour

We therefore defined
β = α0D · ε

ε
(3.19)

β being the proportional factor that contains the global stiffness deviation from the ref-
erence configuration (i.e. the optimised configuration presented in section 3.1.2.2), and
is composed from the intrinsic fibre stiffness associated with Ci (α0D), and the stiffness
associated with wall thickness

(
ε
ε

)
.

3.2 Description of a simplified calibration procedure for ED-
PVR estimation based on a biomechanical model

3.2.1 Polynomial function

First, for code optimisation purposes, we fit, for ε = ε and Ci = Ci, a 7th order polynomial
on the passive law function, and propose to study for reasonable range this polynomial
function, and verify that it behaves as the optimised passive law (2.20).

Ppol (efib) =

7∑
i=0

ai
[
φ(efib)

]i (3.20)

with a = [−21.3394, 0.1672 ∗ 1 · 106, 0.0811 ∗ 1 · 106, 0.3312 ∗ 1 · 106, 0.9557 ∗ 1 · 106, 1.2413 ∗
1 · 106,−0.6922 ∗ 1 · 106, 0.1870 ∗ 1 · 106].
Figure 3.9 shows the results of the polynomial fit between reasonable ranges of pressure
(P=[0 - 40] mmHg). The RMSE demonstrated that the fit was excellent. However,
before we use this polynomial for operational calibration procedure, we verified that the
proportional constraints imposed by the passive law behaviour was respected. We therefore
started from reference configuration and modified the α0D parameter sequentially. It
was subsequently applied on the passive law (Equation (3.18)) and on the polynomial
(Equation (3.20)).
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Figure 3.9 – Comparison between the passive law function and the polynomial fit (Ppol (efib))

Figure 3.10 demonstrates that for reasonable ranges of stiffness modification, the poly-
nomial did not deviate significantly from the passive law. A deviation is however observed
for a very compliant configuration, and only in high pressures. We performed a similar
analysis regarding the stiffness related to the sphere thickness. We can see in Figure 3.11,
that the deviation observed is even less significant than for the deviation observed for
intrinsic stiffness.
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biomechanical model
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Figure 3.10 – Behaviour of the polynomial compared to the passive law when modifying the Ci.
The RMSE is calculated for positive values of efib and for pressure below 40 mmHg
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3.2.2 Minimisation problem

The objective of this algorithm is to estimate from a known set of PV data points (Vm,
Pm), the global stiffness deviation factor β from the optimised configuration, along with
estimation of Vref. We posed the following minimisation problem:

J =
N∑
i=1

(
Pdata

i − β · Ppol (efib
(
Vi

data,Vref, ε
)))2

(3.21)

with ε = 0.298
Figure 3.12 shows the root mean of the solution of Equation (3.21) (RMSE), obtained

for different values of β and Vref. In this example, Pi
data are simulated by choosing a

passive law (Equation (2.20)) parametrised by: Ci = Ci, ε = ε and Vref = 56 mL. We
determined Pi

data by calculating the ith pressure points (50 points) associated with efib
i and

we add a random error to each calculated pressure data point (maximum 3 mmHg). We
observed that this problem is ill-posed, especially in β direction. We therefore introduced
regularising terms that use the information from the pathophysiological knowledge we can
obtain from the geometry information of the heart [4]. The minimisation problem is then
written as follows:

J =

N∑
i=1

((
Pdata

i − β · Ppol (efib(Vi
data,Vref, ε

))
sderror

)2

+

(
Vref −Vref

µ

Vref
σ

)2

+

(
β − βµ

βσ

)2

(3.22)
The minimisation criterion (J) is now a-dimensioned, as written in the Equation (3.22), by
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Figure 3.12 – Example of a results of the optimisation procedure, and effect of the reg-
ularising terms. The diagram displays the root mean square error (RMSE) between syn-
thetic data (Pdata) and the pressure associated with the passive law parameterised by
(efib, Ci, ε, Vref = [−5.6 : 0.8736 : 168] mL and β = [−0.8 : 0.0125 : 2.4]). The Pdata data were
generated as follows: we randomly chose a set of 50 efib and calculated the pressure given by
the passive law parameterised by (efib, Ci, ε, Vref = 56 mL and β = 1). We finally add a random
error on these pressure-efib points (maximum 3 mmHg) in order to obtain Pdata. The dark square
corresponds to the RMSE calculated with the passive law associated with the population-defined
(β = 0.8, Vref = 45 mL). The dark dot corresponds to the RMSE calculated with the passive law
associated with the parameters estimated using the final optimisation procedure.

dividing the Equation (3.21) by the standard deviation of error in pressure measurement,
by setting Vref

µ and βµ as the mean reference volume and stiffness we would expect for
a predefined population, and by setting Vref

σ and βσ as the standard deviation of β and
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Vref we would expect in this population. In the end, the solution of the Equation (3.22) is
obtained by using the fminsearch solver of the Matlab software (MathWorks, Natick, Mas-
sachussetts, USA). In our example, the population values are represented by the square,
and the result of the optimisation procedure is represented by the dot.

In order to define the values for Vref
µ and Vref

σ, we used the classes defined in the
recommendations for cardiac chamber quantification by echocardiography in adults [4],
giving thresholds values for left ventricle dimensions (see table 3.2). According to the
class in which the patient belongs, we defined the population regulatory term Vref

µ as half
the mean end-diastolic volume given for the appropriate class population and Vref

σ as half
the interquartile range of the end-diastolic volume for the same class population.
The α parameter coding the relative fibre stiffness with respect to the optimised patient
described in section 3.1.2.2 was supposed not to be altered by magnitude of dilation nor
hypertrophy, it was assumed to be constant through all classes. After preliminary tests, we
set the αfactor parameter to 0.8 times the value of the optimised patient. The β parameter
being composed by the fibre stiffness and the stiffness associated with the wall thickness,
we defined a hypertrophy factor based on the class definitions found in Table 3.2. This
factor was applied to αfactor to define βµ.

Finally, we performed an analysis to identify the value of βσ that was associated
with good optimisation performance. Figure 3.13 shows the results of this analysis with
the regularising terms defined by the “normal” class (Table 3.22). We generated data
according to the procedure described briefly in the beginning of this section and in details
in Section 4.1.1. The parameters (βσ,Vref

σ) were also chosen in the “normal” class. We
randomly chose Vref within a normal law parametrised by (µ = 45 and σ = 17.5 mL),
and β within a normal law parameterised by (µ = 0.8 and σ = 0.4). In the end we
performed 50 simulations, and Figure 3.13 shows the mean root mean of the solution of
Equation (2.20) (RMSE) for the 50 simulations. The choice for βσ was determined by
identifying a compromise between the algorithm performance and the regularising value
of Vref

σ, given by population knowledge (Table 3.2). We further performed similar analysis
for mild to severe classes using increasing value of Vref and verified that the performance
of the algorithm when using βσ = 0.4 was good in the four classes.

3.3 Discussion

In this chapter, we aimed at describing a patient-specific calibration method of the passive
law introduced in Chapter 2. We first described a procedure to calibrate the parameters
of the passive law to the data measured using transthoracic echocardiography information
performed on a reference patient. From these geometrical and functional information,
and using the normalised data provided in the work of Klotz et al. [3], we obtained a
reference estimation of the coefficient parameters Ci that contained the tissue stiffness
information. From that reference configuration, we described a particular behaviour of
the passive law. When deviating the reference passive law by a proportional homothetic
factor α, it preserved the normalised data constrained characteristic of the EDPVR. We
described further how the parameters Vref, ε and Ci affected this homothetic factor α.
This finding paved the way of the description of the simplified calibration method. From
couples of PV data points (Vi

m, Pi
m), and estimation of ε, we developed a method that

allows to estimate the Vref and α parameters of the passive law associated to the PV data
points.

This approach is original because it allows from a very limited data availability, to
calibrate a passive law fully derived from the continuum mechanics theory. Indeed, to
turn this model into patient-specific regime we succeeded to reduce the parametric space
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Table 3.2 – Class definition according to the magnitude of dilation and hypertrophy, and corre-
sponding values for regulatory terms parameters. Reproduced from Lang et al. [4]

normal mild moderate severe
| ~ – | ~ – | ~ – | ~ –

Thresholds
EDV 6150 6106 6113 6174 6120 6148 6200 6130 6181 >200 >130 >181
EDVI 674 661 667.5 689 670 681 6100 681 690 >100 >81 >90
WT 61 60.9 60.95 61.3 61.2 61.25 61.6 61.5 61.55 >1.6 >1.5 >1.55
Parameters
Vref

µ 53 38 45 81 57 69 94 63 78.5 120 80 100
Vref

σ 22 14 17.5 39 21 39 33 24 33 49 30 49
WTfactor 1 1.1 1.2 1.3
αfactor 0.8 0.8 0.8 0.8
βµ 0.8 0.88 0.96 1.04
βσ 0.4 0.4 0.4 0.4

EDV: End-diastolic volume in mL; EDVI: End-diastolic volume indexed to body surface area in mL.m−2;
WT: Wall thickness in cm; Vref

µ: Mean reference volume in the population class in mL; Vref
σ:

Interquartile range for the reference volume in the population class in mL; βµ: Mean β in the population
class; βµ: Interquartile range for β in the population class; |: Men; ~: Women; –: Unknown gender.
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Figure 3.13 – Effect of regularisation on the result of the optimisation procedure. We generated
synthetic Pdata by using the passive law (Equation (2.20)) with the following parameters (Ci, ε).
We randomly chose Vref within a normal law parametrised by (µ = 45 and σ = 17.5 mL), and
β within a normal law parameterised by (µ = 0.8 and σ = 0.4). Fifty efib were randomly chosen
and pressure was generated for the 50 data points. We add a random error to the pressure points
generated (maximum 3 mmHg) to obtain Pdata. Then we applied the optimisation procedure for
given values of βσ = [0 : 0.05 : 1] and Vref

σ = [0 : 0.1606 : 40] mL. We performed this procedure
50 times and display on the diagram the mean RMSE between Pdata and the pressure points
associated with the passive law estimated, with respect to each (βσ,Vref

σ).

100



3.3. Discussion

to 3 parameters α, Vref and ε. If the original passive law is driven by 6 parameters
(i.e. (C0, C1, C2, C3), Vref and ε), the relative passive law can be described as a devia-
tion of a previously optimised configuration. The normalised data provided in the work
of Klotz et al. [3] were therefore used in this context, and allowed us to fix this refer-
ence configuration. We may observe that our method warrants patient-specificity also in
this normalised space, which is not the case for the Klotz method. Indeed, when devi-
ating passive law parameters from the reference, we can see that the normalised passive
law is different from the original, but stands in the limits given by the normalised data
points. Our procedure allows therefore between subjects comparison. This characteristic
is a finding that may improve cardiac physiology understanding. Indeed, EDPVR data
point are difficult to obtain because its measurements are associated with invasive ma-
noeuvre (see Chapter 2). Therefore, models have emerged in order to estimate EDPVR
[5; 2]. However, the lack of identifiability of the parameters given the available data in
routine practice prevent these models to allow between subject or between conditions
comparison [1]. Furthermore, our framework allows to give sense to our parameters. The
parameter β represents a global stiffness, because it is composed by the parameters that
contains the tissue stiffness information (α, itself proportionally related to (C0,C2) pa-
rameters), and by the stiffness associated with the geometrical conformation of the sphere
(i.e. associated with ε).

Our framework is based on several approximations. The reference configuration was
calibrated by using existing methods, on a normalised dataset. It is not obvious that the
true passive law for this reference patient would be really the passive law that minimises
the criteria J (Ci) of Equation (3.22). Indeed, if we had chosen different patient for ref-
erence configuration, the result of the optimisation procedure would lead to an estimated
EDPVR that would also minimise the criteria J (Ci), with respect to the normalised data,
and that would be close to the EDPVR that is presented in Figure 3.3. However, our
method does not claim to provide an absolute value for the passive law (which would be
challenged against experimental dataset), but rather to provide a way to compare ED-
PVR within and between subjects. Also, we used a 7th order polynomial approximation
to build our optimisation framework. That may introduce errors in parameters estimation.
However, we studied the behaviour of the polynomial compared with the passive law, and
we saw that the error caused by this approximation is not significant for the ranges of
PV data we may observe in clinical practices. More important is the ill-posedness of the
problem in β direction (Figure 3.12). It was the reason to introduce regulatory terms
into Equation (3.22). We used population-based information that were published in eu-
ropean guidelines of echocardiography [4], to fit the Vref

µ parameter. The Vref
σ and βσ

parameters were found by performing well in numerical tests. We allow different values for
these parameters with respect to various class of heart size provided in Table 3.2. The βµ

parameter was set by applying a stiffness factor depending on hypertrophy characteristic
of the studied heart. Indeed, if structural intrinsic tissue stiffness would not be modified
by the size of the LV, the remodelling of the heart would lead to concentric or excentric
hypertrophy. Parameter β aggregates both the aforementioned constituents and is im-
pacted by the size of the LV. Even though these choices could have introduced bias, their
effects on the solution of our least-square problem is however interesting. In Figure 3.12
we can see that the point corresponding to the regulatory parameters Vref

µ and βµ is not
located in the valley of the criteria, but the solution is. We can deduce that the effect on
the solution is small, but tend to locate the solution of the algorithm in the valley, not
far from an average population-based value. Also, if the data is noisy, or with few data
points, the sderror term releases weight on PV data measurement, and gives more weight
on the population-based a priori. Therefore, if the data is aberrant, our algorithm may

101



Bibliography

detect it and may give more confidence in population-based value.
The following chapter will focus on the performance of the simplified calibration

method.
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CHAPTER 4

Estimation of end-diastolic pressure-volume rela-
tionship using biomechanical model

This Chapter presents and discusses the evaluation of the end-diastolic pressure-volume
relationship (EDPVR) single-beat estimation method from biomechanical model compared
with existing estimation methods. By generating synthetic data of left ventricular (LV)
end-diastolic pressure and volume, we analyse the effect of the quality of the data available
on our single-beat estimation of EDPVR. Furthermore, we are able to demonstrate that
the biomechanical method allows for a better fit with the data, along with a more stable
estimation of Vref the end-diastolic volume at stress-free reference configuration. We con-
firme this results by comparing the single-beat biomechanical and the existing procedures
using 23 invasive end-diastolic pressure and volume sets of measurements that were ex-
tracted from previously published papers. Our approach provides a simple and easy to use
method for EDPVR estimation which allows for better fit, identification of parameters,
and link with physiology, than the previously available phenomenological methods.



Chapter 4. Estimation of passive constitutive law

In this chapter, we will study the performance of the estimation method of EDPVR
based on the biomechanical model described in Chapter 3. By generating synthetic data
we will study the effect of the noise in the data and of the number of data points on the
parameters estimation. Then, we will compare the ability of the estimation of the passive
law parameters method as compared with the Klotz et al. [4] method calibrated using in
vivo data obtained in experimental papers.

4.1 Data

4.1.1 Synthetic Data generation

In order to explore the performance of the optimisation method, we generated synthetic
data as follows:

1. Passive law selection. The synthetic data were generated by setting up a prede-
fined passive law. We selected the Vref, ε and β parameters by using the charac-
teristics of the class population described in section 3.2.2. First, ε was prescribed
between 0.2 and 0.4. Then, we defined a normal distribution with the mean Vref

µ and
the standard deviation Vref

σ (See Table 3.2), and picked a Vref within this normal
distribution. We applied a similar procedure to choose the β parameter.

2. Selection of the efib points. The efib points were selected randomly by using
normal distribution with mean µ = 0.15 and σ = 0.075.

3. Introduction of error in measurement. The passive law was then generated
using Equation (2.20), applying the Vref and β parameters and the efib variable
selected by the aforementioned procedure. We then applied an error defined by a
normal law centred by the pressure value, and dispersed by the prescribed error in
pressure unit as the standard deviation (see example in Figure 4.1).

4.1.2 In vivo Data

We used in vivo human dataset of EDPVR from Klotz et al. [4]; ten Brinke et al. [6]; Gaasch
et al. [2]; Fester and Samet [1] and Kawaguchi [3]. We extracted the data points by
using the GraphClick software (Arizona, Switzerland), which allowed to digitise semi-
automatically the data.

In the paper of Klotz et al. [4], additionally to the normalised data, we reproduced
the data from Figure 7, representing the EDPVR obtained in vivo in human, in which
a transient inferior vena caval occlusion was performed while performing pressure and
volume measurements.

In the paper of ten Brinke et al. [6], we reproduced the data from Figure 1 and 2
representing examples of EDPVR obtained in vivo in patients with pre/post coronary
artery bypass graft, pre/post restrictive mitral annuloplasty or pre/post surgical ventric-
ular restoration procedures, by using a transient vena caval occlusion method.

In the paper of Gaasch et al. [2], we reproduced the data from Figures 2, 3, 4 and 5 rep-
resenting the EDPVR in body surface area (BSA) indexed volume space, for patients with
congestive cardiomyopathy, LV hypertrophy, coronary artery disease and mitral stenosis,
in which we deindexed the volume by using the BSA information available in Table 1.

In the paper of Fester and Samet [1], we reproduced the EDPVR example data reported
in Figure 2. Patients in this study underwent cardiac catheterisation procedure for valvular
or a possible coronary artery disease.
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4.2. Passive law testing

In the paper of Kawaguchi [3], we reproduced the EDPVR example from Figure 3,
obtained during inferior vena caval occlusion. The patients in this study underwent cardiac
catheterisation for assessment of HFpLVEF.

4.2 Passive law testing

4.2.1 Effect of the data noise

We chose the passive law according to the procedure described in section 4.1.1 and modified
the synthetic data generated by this passive law (n = 1,000 assays) by randomly modifying
the efib and error values. We set the number of points to 50. We compared the RMSE
representing the difference between the prescribed and the estimated passive law. Then
we estimated a Klotz model and calculated the RMSE representing the difference between
the optimised Klotz algorithm and the prescribed passive law.

4.2.2 Effect of the number of data point

We chose a passive law according to the procedure described in section 4.1.1, and we mod-
ified the data generated from this prescribed passive law (n = 1,000 assays) by randomly
changing the efib. We set the data noise to 3 mmHg. We then reduced the number of
points used for the parameters estimation. Again, we compared the RMSE represent-
ing the difference between the prescribed and the estimated passive law and between the
RMSE calculated from optimised Klotz algorithm and the prescribed passive law.

4.2.3 Estimation of Vref and β

We aimed at evaluating the robustness of Vref and β estimation when varying the pa-
rameters of the passive law, corresponding to various left ventricle size or thickness. We
generated synthetic data by applying the parameters corresponding to the 4 classes of LV
dilation and/or hypertrophy, provided in Table 3.2 [5]. We set the error to 3 mmHg and
the number of points to 50. The regulatory parameters (Vref

µ, Vref
σ, βµ and βσ) were set

according to the procedure described in Section 3.2.2, for each class respectively.
We compared the value of the estimated Vref and β with the prescribed parameters by

using our estimation method. We compared the estimation of Vref by using our and the
Klotz estimation method.

4.2.4 Single-beat EDPVR estimation of EDPVR

As the next task, we tested the single-beat estimation method performance by using the in
vivo human data described in Section 4.1.2. From the provided data (ventricular pressure
and volume), we selected one PV pair and used it for a single-beat estimation of the ED-
PVR. We compared the single-beat estimated passive law with the available data points.
Then, we compared it with the passive law that has been generated from the multiple-beat
estimation (by using all the points available). We calculated the RMSE between passive
law single beat and data points and passive law multiple beat and compared these results
with the RMSEs obtained with the Klotz algorithm.

Wilcoxon rank sum test was used to compare the RMSEs obtained with the aforemen-
tionned methods. We used the R statistical software (The R Foundation for Statistical
Computing, Vienna, Austria) for statistical analysis.
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Chapter 4. Estimation of passive constitutive law

4.3 Algorithms for EDPVR estimations
For passive law estimation method we used the algorithm described in details in Sec-
tion 3.2.2, which minimises the following equation (3.22):

J(β,Vref) =
n∑

i=1

(
Pi

data − β · Ppol (efib
(
Vi

data,Vref, ε
))

sderror

)2

+

(
Vref −Vref

µ

Vref
σ

)2
+

(
β − βµ

βσ

)2

For the Klotz method, we estimated the parameter V30 and Vref by minimising least-
squared problem written in Equation (4.1).

J (V30,Vref) =
n∑

i=2

(
Pi

data − Pklotz

(
V30
Vref

,
Vi

data
Vref

))2

(4.1)

Note that i ranges from 2 to n, because this algorithm was used only for estimation
procedures that do not involve single PV data point. Indeed, a dedicated procedure is
available. Therefore, when we compared the single beat estimation methods, we used the
complete procedure described in details in Section 2.2.1 and in Klotz et al. [4].

For both the algorithms, the PV data (Pi
data, Vi

data) were either the synthetic data
generated (Psynth

data ) or the human data obtained from the publications [4; 6; 2; 1; 3].

4.4 Performance of the simplified calibration method

4.4.1 Effect of the data noise

Figure 4.1 shows an example of the effect of the introduction of data noise in the estimation
of the parameters of the passive law. The RMSE calculated from the estimated procedure
was lower than than from the Klotz procedure (p<0.001, for 1, 000 assays).
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Figure 4.1 – Effect of the data noise on the passive law estimation and comparison with the Klotz
procedure. The RMSE displayed in this figure is related to the prescribed passive law used to
generate the data and not with the synthetic data itself. The comparison of the RMSE obtained
with the passive law and the Klotz procedure was statistically significant (p<0.001).

4.4.2 Effect of the number of data point

Figure 4.2 shows examples of the effect of the number of points in the estimation of
the parameters of the passive law. As for the noise analysis (Section 4.4.1), the RMSE
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4.4. Performance of the simplified calibration method

between the estimated procedure and the prescribed passive law was lower than for the
RMSE evaluating the difference with the Klotz procedure (p<0.001, for 1, 000 assays).
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Figure 4.2 – Effect of the number of points on the passive law estimation and comparison with the
Klotz procedure. The prescribed passive law parametrised to generate the synthetic data is used
as the reference for comparison (root mean squared error RMSE) and not the synthetic data itself.
The comparison of the RMSEs obtained with the passive law and with the Klotz procedure is
statistically significant p<0.001. The bottom right panel is an illustration of the single-point effect
and of the regulatory action of our regulatory terms included in our framework. The blue datapoint
is flawed as compered to the passive law from which it has been generated. The algorithms which
use no a priori knowledge on that datapoint would be importantly influenced by the measurement
error. On the contrary, algorithms which use an a priori knowledge will detect that the datapoint
is flawed with respect to the passive law from which it has been generated. Increasing the number
of point will reinforce the confidence in the data and will release the population-based knowledge
regularisation.

4.4.3 Effect of error in ε determination

In our analyses, we set ε = ε. Since β = α0D · ε
ε , if the true ε associated with a heart is

different from the ε, we might misestimate the α0D factor and therefore the relative consti-
tutive stiffness of this new heart. Furthermore, to modify the value of ε in Equation (3.22)
could alter the result of the optimisation process and therefore the performance of the β
and Vref estimation. This issue is discussed in Chapter 5.
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Chapter 4. Estimation of passive constitutive law

4.4.4 Estimation of Vref and β

In this Section, we generated 1,000 synthetic EDPVR from passive laws parameterised by
Vref and β chosen using normal laws centred by Vref

µ or βµ with Vref
σ or βσ as dispersion

parameters. The Vref and β parameters values were stratified by the class defined in
Section 3.2.2, Table 3.2 (normal, mild, moderate, severe).

We minimised the single-beat criterion (3.22) using the synthetic data generated and
the Vref

µ and the βµ parameters as initial guesses. We applied the Klotz procedure for
simgle-beat estimation method (see Section 2.2.1).

The RMSE for overall Vref estimation with the passive law was lower than for Klotz es-
timation (1.6±2.3 mmHg versus 21.7±25.9 mmHg; p< 0.001, respectively) (see Table 4.1).
Furthermore, for each class of LV volumes the passive law estimation of Vref was closer to
the prescribed Vref, as compared to the Vref estimated from Klotz algorithm. Table 4.1
also provides the results of β estimation.

Figure 4.3 shows the relationship between prescribed and estimated Vref, for passive
law and Klotz method, for various classes of LV volumes. Figure 4.4 shows the results for
β estimation by our algorithm.
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Figure 4.3 – Relationship between prescribed and estimated Vref. Left: With the passive law;
Right: With the Klotz relation. We performed subgroup analysis in 4 classes of left ventricles
(LV) [5] (See Chapter 3 Table 3.2). Synthetic data were generated for this analysis
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Figure 4.4 – Relationship between prescribed and estimated β. We performed subgroup analysis
in 4 classes of Left Ventricles (LV) [5] (See Chapter 3 Table 3.2). Synthetic data were generated
for this analysis
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4.4. Performance of the simplified calibration method

Table 4.1 – Difference between prescribed and estimated parameters performed on 1, 000 synthetic
EDPVR generated. t-test was used for data comparison

Parameters Passive Klotz P–Value
Vref (mL) (n = 1, 000) 1.6± 2.3 21.7± 25.9 < 0.001

normal (n = 236) 1± 1.3 13.7± 15 < 0.001

mild (n = 281) 1.3± 1.9 19.5± 20.5 < 0.001

moderate (n = 246) 1.7± 2.4 22.4± 24.5 < 0.001

severe (n = 237) 2± 2.7 28.9± 32.1 < 0.001

β (n = 1, 000) 0.1± 0.12 – –
normal (n = 236) 0.11± 0.12 – –
mild (n = 281) 0.1± 0.11 – –
moderate (n = 246) 0.1± 0.12 – –
severe (n = 237) 0.1± 0.11 – –

4.4.5 Single beat EDPVR estimation of EDPVR

Figure 4.5 shows an example comparing the single- and multiple-beat estimation methods.
The example also provides the results of the multiple-beat estimation. For the 23 cases, the
RMSE demonstrating the differences between EDPVR estimation and data, was higher
when using the Klotz algorithm than when using the 0D multiple beat method. However,
no statistical difference have been observed when comparing RMSE from both the single-
beat estimation methods. The bottom right panel of Figure 4.5, demonstrating the RMSE
calculated when the comparator was the multiple-beat method, shows that a statistical
trend exists toward difference between the two single-beat estimation methods.
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Figure 4.5 – Single-beat estimation of EDPVR. Left: Example of a single beat estimation of Vref, β
and EDPVR. The blue dots are the points used for RMSE calculation, and were also considered for
multiple-beat estimation procedure. The white dot is the point use for the single-beat estimation
methods (Klotz and biomechanical). Upper Right: Boxplot summarising the RMSE between
the multiple PV datapoints and the estimation methods for the 23 cases. 0D

SB: RMSE with the
single-beat estimation method from biomechanical model; 0D

MB: RMSE with the multiple-beat
estimation method from biomechanical model; KlotzSB: RMSE with the single-beat estimation
method from Klotz method. Lower Right: Boxplot summarising the RMSE between the multiple-
beat estimation method from biomechanical model and the single-beat estimation methods.
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Chapter 4. Estimation of passive constitutive law

4.5 Discussion

In this chapter, we aimed at evaluating the performance of the estimation method derived
from the passive biomechanical law into a framework described in Chapter 3. By using
synthetic data generated from a prescribed passive law, we described the robustness of
our framework to estimate the parameter of prescribed the passive law with respect to the
data quality and/or richness. We quantified the error made in EDPVR estimation and
demonstrated that this error was lower with our framework as compared to the method
derived from Klotz et al. [4] procedure. We also evaluated the performance of our frame-
work in a single beat estimation setting. We used in vivo human data originated from 23
cases published in Klotz et al. [4]; ten Brinke et al. [6]; Gaasch et al. [2]; Fester and Samet
[1]; Kawaguchi [3]. We applied the single beat estimation algorithm of our framework and
compared its performance with the single beat estimation method Klotz et al. [4].

Indeed, our results suggest that our framework allows better identification of Vref
parameter than the Klotz procedure, even for a low number of PV data points available or
even if the error in data measurement is important, or even for a large ranges of heart size.
This can be explained by the characteristic of the solution of the minimisation problem
(Equation (3.22) exemplified in Figure 3.12), which demonstrated a steep valley close
to Vref solution. This confers to our method a better performance for Vref estimation
than the Klotz procedure (Figure 4.3). This may explain the better results observed
for EDPVR estimation as demonstrated by the lower RMSE as compared to the Klotz
method. However, we did not measure the Vref as a gold standard. Our ground truth was
a prescribed passive law. For this reason, our algorithm is supposed to have better chances
to find the exact solution. Measurement of volume at stress-free reference configuration
would have been stronger comparator for validation purposes. However, the experiment
would suffer from accuracy problems. Indeed, it involves measurement of the volume of a
balloon inflated within the LV at 0 mmHg pressure. It is not obvious that the structure
and/or the stiffness of the ballon has no impact of this measurement. Furthermore, we
were unable to perform this experiment that involves explanted hearts. However, even if
we see better estimation by using our framework, we see that the results obtained with
Klotz algorithm are also excellent. We may suppose that the error we made in choosing
our ground truth is small, and our results may still be be valid. Another comment we
can make with respect to the estimation of the passive law parameters is related to the
better performance in Vref as compare with the β estimation. This is caused by the lower
identifiability of the β parameter, as discussed in Section 3.3. Indeed, if we quantify
the deviation from the original prescribed parameter, an approximately 10% deviation is
observed for the estimation of β, that is lower than the 2% for Vref estimation (Table 4.1).
This can be seen in Figure 3.12 and may be explained. A small error in Vref estimation
would lead to a significant compensatory deviation of β parameter estimation, to warrantee
a good fit of the data.

As discussed in Section 3.3, the choice we made for tuning the parameters of the reg-
ulatory terms of Equation (3.22) may have introduced error in person-specific EDPVR
estimation. In this chapter, we confirmed that the effect is small. Indeed, when testing
our algorithm in various classes of LV size, the performance of our algorithm to estimate
the parameters was good, especially for Vref, and better than the Klotz estimate. More
important, we suggested that the introduction of these regulatory terms could have ben-
eficial effects when the accuracy of PV data point measurement was questioned. We can
observe this effect on the example provided in Figure 4.2 bottom right panel. The yellow
curve (representing the EDPVR estimation of Klotz algorithm) is more impacted by the
data point than the red curve, representing the passive law estimation. If we look at
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the RMSEs quantifying the deviation from the passive law prescription, we can observe
that the accuracy of the result is really impacted by the error in data point. This ”single
point effect” may have been attenuated by the implementation of these regulatory terms.
This observation also demonstrated a significant limitation of the single beat estimation
methods of EDPVR estimation, and if in the example our method allows to correct this
effect, the width of the boxplot provided in the subfigure of the bottom left panel of
Figure 4.2 demonstrates that our framework suffers also from this effect. However, our
final results, testing our single beat estimation method on in vivo data against the Klotz
method suggest that our framework may be better in EDPVR estimation.
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CHAPTER 5

Main issues & future perspectives on biomechani-
cal modelling of EDPVR

In the previous chapters, End-diastolic pressure-volume relationship (EDPVR) estimation
methods based on biomechanical modelling were described and evaluated against existing
phenomenological procedures. Even if our approach allows to interpret our EDPVR esti-
mation method from a physiological standpoint, some issues have been raised. Especially,
we defined a β parameter, which is related to the global stiffness of the ventricle and which
aggregates the intrinsic stiffness of the myocardium (Ci parameters) and the stiffness as-
sociated with the wall thickness of the myocardium (ε parameter). The identifiability of
those two parameters is difficult to assess unless another information is known. By using
echocardiographic data measurement, we provide a method to improve the ε estimation.
Finally, our work is exploratory and necessitates further clinical studies to evaluate the
usefulness of a therapeutical strategy based on EDPVR estimations.



Chapter 5. Discussion & perspectives

Despite interesting for the monitoring and the understanding of pathophysiological pro-
cesses occurring during heart failure caused by diastolic dysfunction, the EDPVR analysis
is not used in routine clinical practices. Indeed, since EDPVR measurement requests
cardiac catheterisation performed under various loading conditions, it has been used al-
most exclusively for research purposes. For this reason modelling the passive properties
of the left ventricle may represent an interesting alternative. Two approaches are avail-
able. If the models based on continuum mechanics theory are attractive because of their
underlying physical properties, they have to face several limitations. Among them, data
measurements availability for model calibration purposes is probably the most limiting.
On the contrary, the phenomenological approach uses the data already available into more
simplistic models. This allows to perform patient-specific calibration [6; 4], but it prevents
comparisons to be performed between subjects [1]. For these reasons, the potential for
application of EDPVR modelling in clinical practice is limited.

By setting a method based on a biomechanical model of left venticle to estimate patient-
specifically the EDPVR from data available in routine clinical practice, we reunited the
pragmatic phenomenological with the rigorous biomechanical approaches. Indeed, we used
a complete multi-scale biomechanical model [3] simplified by its spherical conformation,
described in details in Caruel et al. [2]. The description of the passive properties of this
model is derived from the original publication of Holzapfel and Holzapfel and Ogden [5],
in which they described a transversely isotropic model characterised by an hyperelastic
potential and geometrical properties. However, even if the models derived from that ap-
proach reduces the parametric space to at least 6 parameters, the calibration necessitates a
fine testing of the tissue and can note be used in vivo in patient-specific regime. We solved
this issue by using the observation made by Klotz et al. [6]. Under a double-normalisation
condition (i.e. with respect to Vref and V30), they observed that the EDPVR for vari-
ous subjects can be approximated by a unique averaged master EDPVR curve. We used
this properties to calibrate the parameters of the hyperelastic potential of a reference
passive law, all the other geometrical information being obtained non invasively using
transthoracic echocardiography imaging in an anaesthetised patient. The originality of
this approach stands in the fact that we successfully described the physiological behaviour
of this passive law when deviating its geometrical or stiffness parameters from the refer-
ence configuration. Indeed, the reference passive law have to be modified in an homothetic
manner in order to stay within the ranges of the EDPVR given by the double-normalised
measured PV data. Consequently, we reduced the parametric space to 3 parameters (i.e.
Vref, β and ε). Therefore, we described a framework that allows to estimate all the 3
parameters from patient-specific data obtained non-invasively by TTE. We first studied
the robustness of this framework on synthetic data by reducing the number of PV points
available for EDPVR estimation, or by increasing the noise in the PV points. We also
evaluated the performance of our framework in a single-beat setting against the Klotz
single-beat method, for parameters and EDPVR estimation from 23 cases obtained in
vivo in patients originated from previous publication. We demonstrated that the results
of the two methods were close, even if the results in EDPVR estimation obtained by our
framework tended to be better than the results obtained by Klotz estimation method.
Furthermore, the biomechanical nature of our model confers advantages over phenomeno-
logical model, even though the performance may be equivalent. First, the parameters
of our model can be interpreted directly as intrinsic tissue stiffness, tissue stiffness as-
sociated with wall thickness, and the reference configuration (the volume at stress free
configuration) of the LV. Second, our framework allows not only comparison within sub-
ject (e.g. from a previously calibrated configuration, if concentric hypertrophy is evolving,
an adaptation of the ε parameter would predict the effect on the EDPVR, without the
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need for measuring new PV datapoint), but also between subjects, in a magnitude that
is proportional to the reference EDPVR optimised from the reference patient. Third, by
adding population-based regulatory term, we allows the framework to deviate from PV
data if the solution of Equation (3.22) is too far from the result we would expect in this
population. This can have an effect only if the number of data available is small – typi-
cally for single-beat estimation – in order to prevent the “single-beat effect” described in
Section 4.5.

Our framework suffers from several limitations. Indeed, even though the calibration
is fully patient-specific, the interpretation of the parameters and EDPVR estimation can
only be performed relatively to the reference patient. Even if it is easy to find back the raw
parameters as we provided the value for optimised Ci in the reference patients, the value
for β and α parameters, and more importantly their between subject comparative potential
for tissue stiffness information is conditioned by their link to this reference patient. If one
would use another reference calibration parameters, then the value for α and β would be
difficult to compare with the results obtained in our study. Also, the data measured in
reference patient may be subject to controversies. We used a fully non invasive method to
estimate both the volume (Vm) end pressure (Pm) at end diastole. The error in volume
measurement by echocardiography can be significant as it is operator-dependant. We also
used approximation in pressure measurement because we use semi-quantitative analysis
of trans-mitral flux as a surrogate of filling pressure, as recommended by european society
of echocardiography [7]. We arbitrarily advocated a 7 mmHg pressure in our patients
because our analysis concluded that this patient did not have elevated filling pressure. The
measurement of (Vm, Pm) in this patient was necessary to estimate the Vref from Klotz
method. We observed that a small error in Vref estimation has an important impact on the
values of the Ci parameters. However it has no effect on the fit with respect to normalised
data. Therefore, our framework allows only a stiffness evaluation relatively to the reference
patient, the interpretation of the Ci parameters as absolute stiffness information being
difficult. The same limitation and advantage may be advanced for Klotz parameter V30

Vref
which quantifies the dilation of the heart, relatively to the reference configuration, to reach
30 mmHg pressure. The signification for this parameter may be close to the signification
of the β parameter. Additionally to this information, our method allows to differentiate
between intrinsic stiffness of the myocardium (α) and the stiffness associated with the wall
thickness (ε). This differentiation is however subject to approximation in ε. Indeed, when
measuring or estimating the PV data point, we did not have an a priori knowledge on
the fibre extension with respect to the reference configuration (Rref, dref). Consequently,
we set a fixed value for this parameter (efibm = 0.15, Equation (5.2)), which necessarily
introduced error. This error may have no direct impact on β estimation, because it is
estimated from the PV data points, but rather on α parameter, or on Vref estimation.
Since we did not have access to the true Vref measurement we were unable to quantify the
error it introduced. However, as the results obtained were close to Klotz approximation,
we believe that the error related to this approximation is small.

Future research on our framework may improve the technique. Indeed, in our vali-
dation study, we used only PV data obtained from literature. We did not have access
to wall thickness information. We estimated β and Vref but we had to define a value
for ε. We chose a 0.2980 value, which corresponds to the optimised reference patient,
for all patients. It seems reasonable to advance that since the β parameter is estimated
from the data, and since β is a function of α and ε, an error in ε relatively to the true
value would lead to a misestimation of α, without any effect on β and therefore on the
final passive law. This approximation was tested on a sensitivity analysis, in which we
applied the optimisation procedure for Psynth

data generated using the following parameters
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(β = 0.8,Vref = 58 mL, εtrue = 0.298). In the optimisation procedure, we modified se-
quentially ε (εprescribed = [0.1192 : 0.0596 : 0.5960]) and calculated the RMSE between the
Psynth

data and the passive law estimated (Figure 5.1).
We observed differences in estimated passive laws and Psynth

data which is at the order of
magnitude of the error prescription in our optimisation algorithm (less than 3 mmHg), .
However, if we look at the estimated parameters (β, Vref), the error may be important
relatively to the delta between εtrue and εprescribed (Figure 5.1).

To estimate ε properly may be difficult. If we analyse Figure 3.12 in Section 3.2.2 we
see that the optimisation problem is ill-posed in β direction. To identify α and ε from
β would necessitate another information. However, our monitoring configuration involves
to obtain morphological information. Indeed, for a complete calibration, the end-diastolic
volume is requested. The inner radius (Rin) of the sphere may be estimated from this
information. If the myocardial volume can be measured, it is possible to obtain the wall
thickness (dm) of the sphere. Therefore, the Rm can be obtain

Rm = Rin +
dm
2

(5.1)

However, ε can be written as a function of Rm and dm

ε =
dm
Rm

(1+ efib
m)3 (5.2)

Furthermore, by combining Equation (3.4) with Equation (5.2), we can write the re-
lationship between efib and V

Vref
as a function of dm and Rm:(

Vm
Vref

) 1
3
=

1+ efib
m − ω

2 (1+ efib
m)

1− ω
2 (1+ efibm)3 (5.3)

with ω = dm
Rm

. Therefore, if ω is known by data measurement, and Vref estimated by
replacing Equation (3.5) by Equation (5.3), we will be able to estimate ε using Equa-
tion (3.4). Consequently, we would be able to calculate the α coefficient. Further work
are requested to verify this hypothesis.

Another approach may help to estimate ε through iterative process. Starting from an
estimated set of parameters (Vref and β), obtained by a procedure in which ε was prescribed
arbitrarily, it is possible to calculate a new ε by using Equation (5.2). First, from a first
round of optimisation process, it is requested to estimate efib

m, by using Equation (3.5) and
the knowledge relatively to dm and Rm. Then efib

m is used in Equation (5.2), with dm and
Rm. The new ε can be used as initial guess for iterative optimisation procedure. Figure 5.1
demonstrates the effect of this iterative process on parameters estimation. Figure 5.2
displays the effect of the correction with dm

Rm
information on ε estimation. We observed

that it allows for a good ε estimation, along with an improvement in Vref estimation. The
effect of the iterative ε estimation process also allow for more stability in β estimation,
even if the dispersion around the mean estimation is wide. We also observed that the fit
in the data is worsened, which suggests a potential data overfitting when not using the
dm
Rm

correction.
Also, PV Data is difficult to obtain. A non-invasive technique, based on elastography

principle may be interesting for gathering stress-strain relationship that may be fitted by
our framework [8; 9]. Rather than using conventional echocardiography for the (Vm, Pm)
assessment, this technique is based on the propagation of shear waves originated from
dedicated echocardiographic probes. The speed velocity of the shear waves in response to
mechanic stimulus caused by high frequency Doppler beam was related to tissue stiffness.
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Figure 5.1 – Difference between synthetic data and estimated passive law. The data are generated
using the following parameters (β = 0.8,Vref = 58 mL, εtrue = 0.298), with 30 efib points. The
optimisation procedure is performed with normal dilation and hypertrophied class parameters
and with sequential increase in ε prescription (εprescribed = [0.1192 : 0.0596 : 0.5960]). The RMSE
between data and the pressure generated by the passive law estimated is displayed against the
difference between the εprescribed and the εtrue without (upper left) and with correction using
dm
Rm

(upper right). Difference between estimated and prescribed Vref (middle) and β (bottom)
parameters without (left) and without (right) dm

Rm
correction, with respect to error made in ε in

optimisation procedure is also displayed. The solid line represents the mean of 100 simulations.
The dash dotted lines represent the 95% confidence interval of the 100 simulations.
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Figure 5.2 – Performance of the ε estimation using the iterative process with geometrical knowledge
about the wall thickness and the radius of the sphere. The data are generated using the following
parameters (β = 0.8,Vref = 58 mL, εtrue = 0.298), with 30 efib points. The optimisation procedure
is performed with normal dilation and hypertrophied class parameters and with sequential increase
in ε prescription (εprescribed = [0.1192 : 0.0596 : 0.5960]). The initial condition is the ε prescribed.
Using the optimisation procedure described in Section 3.2.2, we estimated Vref and β. We further
estimated efib

m from Vref, dm and Rm, using equation (5.3). We used efib
m in Equation (5.2) to

estimate a new ε which is subsequently used in the estimation procedure of Vref and β.

Therefore, it may be used to test our method in various population. It may also be used
for testing the optimisation of the Ci parameters on another population than the one
provided in the publication of Klotz et al. [6].

Experimental bi-axial stretch test would be interesting to perform, as in the study
of Yin et al. [10], to explore in detail the signification of the optimised Ci parameters.

Finally, experimental Data may be interesting for the validation of the Vref estima-
tion. However as discussed in Section 4.5, the accuracy of the measurement of Vref is
questionable. Proper experimental design should be set up prior to perform such a study.

Clinical studies may be designed for further validation of our framework. Non invasive
LVPed estimation by our framework could be interesting to evaluate in intensive care unit,
especially in monitoring condition. At the moment Ped can be monitored by using Pul-
monary Capillary Wedge Pressure, from a pulmonary arterial catheter, but this techique
is invasive. Semi-quantitative transmitral Doppler flux analysis may help to classify be-
tween low or high filling pressure of the LV but does not provide absolute EDP estimation.
Pulmonary Veins flow decelerating time has also been linked to EDP by phenomenologi-
cal approach [4], but is technically difficult to obtain in mechanically ventilated patients.
Comparison of the above-mentioned indicator would be interesting to perform especially
when using therapeutical drugs, such as vasodilators or inotropic drugs, in order to es-
timate the shift in EDP. Also, straightforward EDPVR determination may be used in a
more exhaustive cardiovascular modelling framework, in which the active properties of the
heart could be implemented (See Chapter 7 and 10).

By describing a single-beat EDPVR estimation method based on biomechanical mod-
elling, we connected continuum mechanic theories applied to cardiac physiology with ap-
proaches based on data availability allowing already approximated patient-specific estima-
tion. The novelty of our framework stands in the fact that by describing the behaviour
of the passive law based on biomechanics, relatively to a properly calibrated reference
patient, we succeeded to reduce the parametric space requested for subsequent calibration
to 3 parameters, which can be estimated by routinely acquired data. We validated our
single-beat estimation method on in vivo PV measurements, against the original single-
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beat estimation method described by Klotz et al. [6]. The potential for application of
this method exists and may be useful for clinical cares in anaesthesia, intensive care or
cardiology, when considering left ventricle compliance pathologies. This framework allows
also to use a patient-specific EDPVR on a more complete left ventricle model, which may
be helpful in fluid-responsiveness status determination under critical care situations for
example.
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CHAPTER 6

Time-varying elastance concept: from physiology
to time-varying elastance model

In this chapter, we will give an overview of the concept of time-varying elastance (E(t)).
Since its first description in the 70’s, the E(t) concept was extensively studied. It consists
in a simple local linearisation of the end-systolic pressure-volume relationship (ESPVR).
It offered the opportunity to simplify cardiac physiology and allowed to obtain, with
minimal invasiveness, useful information regarding cardiac properties in vivo. Indeed, al-
though pressure-volume relationship analysis requires invasive intraventricular placement
of pressure catheter, improvement of E(t) concept based methods has led to propose fully
non invasive methods for end-systolic elastance (Ees) estimation, which was linked to the
contractile state of the myocardium, and helped to analyse in vivo the effect of thera-
peutic drugs. Furthermore, the E(t) concept is also useful for modelling community as
its simple design allows both easy identification of its parameter and its use as a surro-
gate for cardiac mechanics. Cardiac models based on E(t) functions allowed to perform
complete pressure-volume (PV) loop analyses non-invasively. Therefore, even though the
E(t) concept is a local approximation of physiological ESPVR, 50 years later, it is still
a useful description of the cardiac complexity which helps to access clinical information
with minimal invasiveness.



Chapter 6. From physiology to time-varying elastance model

6.1 Introduction

Since the original works performed by Suga et al. [31] and Sagawa et al. [21], there has
been a growing interest regarding the time-varying elastance concept. Indeed, by using
linearisation of end-systolic pressure-volume relationship (ESPVR), of arterial elastance,
and introducing the concept of ventricular arterial coupling, they paved the way to access
interesting information about patients cardiac physiology.

First of all, they studied the concept of linearisation of the ESPVR. This linearisation
gives a local approximation of the Starling relation linking the LV end-systolic volume and
pressure at a given end-diastolic state [28]. As described in chapter 1, this linearisation is
characterised by its slope (Ees) and its volume intercept (V0) (Figure 6.1). Ees has been
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Figure 6.1 – Linearisation of the end-systolic pressure volume relationship (ESPVR) and description
of ventricular-arterial coupling (Vva) concept. The linearised ESPVR is described by its slope Ees
(first derivative of the ESPVR at the end-systolic pressure-volume point (Pes)) and its volume
intercept V0. The arterial elastance (Ea) corresponds to the ratio between ESP and the stroke
volume (SV), itself being the difference between the end-diastolic (Ved) and the end-systolic volume
(Ves). The Vva is the ratio between Ea and Ees. For an efficient system, Vva is supposed to be
found between 0.6 and 1.2.

found to be associated with inotropic state and could represent a surrogate of contractile
property of the whole LV [31; 8; 15; 10]. Indeed, experimental studies observed that Ees
does not vary with loading conditions (load-independent) but does vary when administer-
ing positive or negative inotropic drugs [31; 8; 15; 10]. Also, heart rate has been found
to be associated with myocardial contractility (the “Bowditch effect”) [19]. This question
is however complex and seems to be related to intracellular calcium distribution. It have
raised many debates in cardiac physiology community [13]. In 1985, Maughan et al. [16]
also found a linear association between heart rate and Ees over a heart rate range from 60
to 120 beats per minutes, in an isolated canine heart preparation.

Furthermore, they introduced the concept of ventricular-arterial coupling (Vva). The
LV, seen as an elastic chamber, is characterised by its elastance Ees, producing output
driven by contractile forces into the arterial system, which is also characterised by its
elastic stiffness – the so-called arterial elastance. As for the ESPVR, the arterial elastance
can be approximated by linearisation at the end-systolic state. It is characterised then
by its slope (Ea), and its volume intercept – the end-diastolic volume (EDV). The two
linearisations cross at the end-systolic pressure volume point, and their ratio Ea

Ees
is called

the ventricular-arterial coupling (Vva). Experimental studies have linked the value of Vva
to the optimal myocardial oxygen consumption or cardiac efficiency of the heart [6; 26]
(Figure 6.2).
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Figure 6.2 – Optimal ventricular-arterial coupling (Vva). Pooled data from 26 experimental runs
in 8 explanted dogs’ hearts. CE: Cardiac efficiency measured as the LV stroke work divided by
the myocardial oxygen consumption. The results are normalised by the average maximal CE. The
red line represents a normal law fitted on the data to find the Vva which maximises CE. In this
experiment Vva

optim = 0.638 (CI95 0.6 to 0.68) Reproduced from [6]

They further developed the concept by introducing the time-varying elastance of the
LV. The linearisation of the ESPVR allows to estimate V0. This “volume-at-zero-pressure”
intercept has been found to be consistent across wide preload or afterload ranges and across
inotropic states [16; 30]. Therefore, the following equation can be used to derive the time-
varying elastance curve representing the ventricular elastance throughout the contraction
period of the cardiac cycle:

E(t) = P (t)
V (t)−V0

(6.1)

An example of a time varying elastance curve is provided in Figure 6.3. Another inter-
esting feature of this concept relies on the normalisation of E(t). Indeed, when normalised
to Ees and to tmax – which represents the time to reach Ees – Equation (6.2), the time-
varying elastance curve has been found to be consistent within and across subjects [31; 23].

EN (tN) = E
(

t
tmax

)
Ees

(6.2)

This finding paved the way for non invasive Ees estimation methods [23; 4; 24; 7], in
which all of the components required for estimation can be approximated from clinical
measurement. Indeed, in 1992, Kelly et al. observed that a phenomenological estimation
of ventricular end-systolic pressure (Pes) demonstrated very good performance [12], with
Pes = 0.9×Ps, Ps being the brachial systolic pressure. Therefore, both the components of
Vva, Ea and Ees can be approximated by routine clinical measurements. These methods
allow an easy and non-invasive access to Vva, and indirect access to contractile properties
of the LV, to myocardial energetic expenditure or to cardiac efficiency throughout a cardiac
cycle.

However, this approach is based on approximations which limit the concept valid-
ity. First it has been shown in animal experimental models that the ESPVR is not
linear [2; 17; 32]. In canine ventricle, Burkhoff et al. [2] showed that the ESPVR ex-
pressed various curvatures, depending on the inotropic state (Figure 6.4). Mirsky et al.
[17] also observed that a good data fit can be obtained by using non-linear models (Fig-
ure 6.5) in canine experimental models. Consequently, Ees, which is a local linearisation
of ESPVR, should vary with respect to the operating condition on the ESPVR curve, and
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Figure 6.3 – Pressure-volume (PV) loop and time-varying elastance concept. Right: The time-
varying elastance curve is derived from the PV loop (Left). The local linearisation of the ESPVR
around the end-systolic PV point is characterised by its slope (Ees) and its intercept (V0). The time
course of the slope characterised by the red E(t) point correspond to the time-varying elastance
curve.

ESPVRs WITH LARGE CHANGES IN CONTRACTILITY H1221 

FIG. 1. Original experimental recordings from a 
typical experiment. LVP, left ventricular pressure; 3 3 LVV, left ventricular volume; CPP, coronary per% 
sion pressure. These records were obtained with extra- 

I and postextrasystolic pacing. 

0 

1 $ec 

volume. Note that the CPP tracing (measured in the 
aortic root) was not influenced by the high intraventric- 
ular pressures, indicating that the metal ring sutured to 
the mitral annulus did not permit herniation of the 
balloon into the aorta. From these data we determined 
the end-systolic (i.e., peak) pressures of the steady-state, 
ES, and PES beats at each of the volumes studied. These 
were then plotted as a function of ventricular volume, 
resulting in ESPVRs. The ESPVRs corresponding to the 
tracings in Fig. 1, including the rest of the data collected 
in this run, are presented in Fig. 2, with solid circles 
corresponding to steady-state data, triangles correspond- 
ing to ES data, and squares corresponding to PES data. 
The solid lines are the parabolic fit to the data (i.e., Eq. 
1) by nonlinear regression analysis (see METHODS). The 

0 

FIG. 2. End-systolic pressure-volume relations for data presented 
in Fig. 1. Solid circles, control data; triangles, extrasystolic data; squares, 
postextrasystolic data. Solid fines are best-fit quadratic relations (P, 
= aVL + b, + c) to data as determined by nonlinear regression analysis. 
Dotted line is linear regression to data on extrasystolic beat obtained 
below 20 ml. See text for further details. 

dotted line represents the linear extrapolation of the 
ESPVR measured on the ES beat and was obtained by 
linear regression analysis applied to the data below the 
cutoff point of 20 ml as outlined in METHODS and AP- 
PENDIX. The three regression lines intersect the volume 
axis within 3 ml of each other, indicating very little 
variation in Vo (Eq. 4) with contractile state. In this 
example, the steady-state ESPVR had an EL, of 5.3 
mmHg/ml and a small a value of -0.017 mmHg/m12, 
resulting in an essentially linear relation. On ES con- 
tractions, EL,, was 2.02 mmHg/ml with an a value of 
0.0506 mmHg/m12. The PES EL, was 12.4 mmHg/ml 
with an a value of -0.152 mmHg/m12. The nonlinearities 
in the regressions to the ES and PES ESPVRa were 
statistically significant (P < 0.001). Thus these data 
demonstrate ESPVRs that deviated from linearity when 
contractile state was markedly depressed and enhanced. 

Typical ESPVRs obtained while altering the contrac- 
tile state with the various interventions described in 
METHODS are presented in Fig. 3; data in a given panel 
are from a single heart, and the interventions are speci- 
fied in the graph inserts. Those interventions, which 
enhanced contractile state (dobutamine, BAY K 8644, 
and PES pacing), provided ESPVRs that were concave 
to the volume axis and had parabolic regressions with 
negative values of a. Note that with the positive inotropic 
interventions, peak isovolumic pressures at large vol- 
umes reached values in excess of 200 mmHg. 

In contrast, those interventions that depressed con- 
tractile state (nifedipine, decreased CPP, and ES pacing) 
provided ESPVRs that were convex to the volume axis 
and had parabolic regressions with positive values of a. 
With depressed contractility at large volumes, peak iso- 
volumic pressures were typically below 75 mmHg even 
at large volumes. 

Figure 6.4 – End systolic pressure volume relations. Solid circles, control data; triangles, extrasys-
tolic data; squares, postextrasystolic data. Solid lines are best-fit quadratic relations (P, = aVL
+b, + c) to data as determined by nonlinear regression analysis. Dotted line is linear regression
to data on extrasystolic beat obtained below 20 ml. Reproduced from Burkhoff et al. [2]
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6.2. Time-Varying Elastance models

becomes load-independent only for small changes in after- or pre- loads. The position of
V0 could therefore be under-estimated if determined by using the linearisation method
(See Figure 6.5). However, the V0 placement is crucial for E(t) determination as writ-
ten in Equation (6.1). A significant error in V0 estimation may lead to an error in E(t)
estimation.

MIRSKY et al.

A
HR

120 140
C 0 @
AT ° *
NP 0 U
IVC L A

/

Jh,vom
10 2(

END SYSTOLIC V
Ves (mis)

WccU)
' C)

-_

I
E

_ E
_)O- W

U) a
cn

0
zLW

)
(OLUME

30

C o
AT 0
NP 0

,vom

20 40 60
END SYSTOLIC VOLUME

Ves (mis)
FIGURE 7. End-systolic pressure-volume relations based on the maximum myocardial stiffness and maximum ventricular
elastance concepts. The solid curve represents the relation obtained from the maximum myocardial stiffness concept and is
clearly nonlinear. The dotted straight line is the end-systolic pressure-volume relation obtained from the maximum ventricular
elastance concept. The isolated points represent the measured pressures and volumes at the time of maximum ventricular
elastance. Vom = zero stress-volume obtained from the present theoretical model; V.P = zero stress-volume obtained by linear
extrapolation of the maximum elastance points. Linear extrapolation may lead to spurious results for V0P, as occurred in
experiment 7. Abbreviations as in previous figures.

strain relation outside the ran
based on the observations in
tion takes place over a shorte
with that for the end-systo]
Second, physiologic consi4
cannot attain negative values
when linear extrapolation of

36[r
z
0
uto
U) E

CDW

_i

0
cr

> CD
U W(n ljLW X
W-Z

C) <
W
N

28F

20 F

12

4

0/

00

0 4 12
ZERO STRESS

MULTIPLE
FIGURE 8. Zero stress-volume bas
stress-volume based on multiple be'
extrapolation of curve-fits to data fro
volume point. Note the closeness of t
line of identity.

350

ige of the measured data is formed."-" Furthermore, linearity of the end-systolic
most cases that extrapola- stress-strain relations has been suggested in the earlier
3r relative range compared studies by Ison-Franklin et al.'9 and Marsh et al. ,20 and
lic pressure-volume data. more recent studies by Sagawa et al.2' and Suga et al.22
derations dictate that V0 have demonstrated nonlinearity of the ESPVR at high
s, which are obtained only end-systolic volumes.
the ESPVR has been per- As observed in table 3, values of V0, (obtained by

linear extrapolation) are markedly lower than values of
V0 obtained by the present methods. Underestimation

7/ of V0 could lead to artifactual nonlinearity of the stress-
strain relation. In fact, a nonlinear end-systolic stress-

/ 0 strain relation would imply a load dependence of myo-
o cardial stiffness max Eav, and since this is directly

related to ventricular EmaX it would contradict the re-
0 ma/sult that ventricular Emax is independent of load. The

0 close relationship between max Eav and Emax is evalu-
ated below.
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Figure 6.5 – End-systolic pressure-volume relations based on the maximum myocardial stiffness
and maximum ventricular elastance concepts. The solid curve represents the relation obtained
from the maximum myocardial stiffness concept and is clearly non linear. The dotted straight line
is the end-systolic pressure-volume relation obtained from the maximum ventricular elastance con-
cept. The isolated points represent the measured pressures and volumes at the time of maximum
ventricular elastance. V0m = zero stress - volume obtained from the present theoretical model
; V0P = zero stress - volume obtained by linear extrapolation of the maximum elastance points.
Linear extrapolation may lead to spurious results for V0P. Afterload was altered from control(C)
with nitroprusside (NP), angiotensin I(AT), and IVC occlusion (IVC) at constant heart rates of
120, 140 beats/min. In all cases there was no significant difference in the slopes (max Eav) of these
relationships at heart rates from 120 to 140 beats/min. Reproduced from [17]

Second, the non-invasive Ees estimation methods described in Senzaki et al. [23]; Chen
et al. [4], are based on the principle of unicity/consistency across subjects of normalised
time-varying elastance curve. However, we will discuss in Chapter 7 the sensitivity of these
estimation methods to measurement errors. These limitations decreased the usefulness of
this approach at a patient-specific level.

6.2 Time-Varying Elastance models

The time-varying elastance curve has been used for modelling purposes. Indeed, through
Equation (6.1), if E(t) is known, a link with ventricular pressure and volume is estab-
lished. There has been a growing interest in substituting the mechanical behaviour of the
heart with the time-varying elastance curve, which contains information about cardiac
mechanics. Therefore, attempts have been made to reproduce the E(t) curve by using
many methods.
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Chapter 6. From physiology to time-varying elastance model

6.2.1 Existing methods for E(t) estimation

In 2002, Heldt et al. [9] proposed an electrical analogous model

E(t) =


Es−Ed

2 ·
[
1− cos

(
π · t

Ts

)]
+ Ed if 0 ≤ t ≤ Ts

Es−Ed
2 ·

[
1+ cos

(
2π · t−Ts

Ts

)]
+ Ed if Ts ≤ t ≤ 3

2Ts

Ed if 3
2Ts ≤ t ≤ T

(6.3)

in which Es and Ed correspond to the end-systolic and diastolic elastances, respectively;
t denotes the time measured with respect to the onset of ventricular contraction; Ts, the
systolic time interval, is defined by the Bazett formula Ts (n) ≈ 0.3 ·

√
T (n− 1) [1], with

T(i) denotes the cardiac cycle length of the ith beats. The authors compared the time-
varying elastance curve originated by this model to the data provided in Senzaki et al.
[23] (see Figure 6.6).

Both ventricles are characterized by time-dependent com-
pliances that vary between a minimum (end-systolic) and a
maximum (diastolic) value according to a predefined func-
tional form (see Architecture, above). Previous estimates of
maximum diastolic capacitance of 10 ml/mmHg for the left
ventricle (20) seem compatible with experimental observa-
tions (43). The right ventricular maximum diastolic capaci-
tance (Cdiast

r ) is approximately twice the left ventricular
value (24). Left ventricular end-systolic capacitance (Csys

l )
was set to 0.5 mmHg/ml, consistent with recent estimates in
humans (62). We choose a value of 1.2 ml/mmHg for right
ventricular end-systolic capacitance (Csys

r ) within the range
of experimental values, 0.35 to 1.6 ml/mmHg (24).

Volume. Total blood volume is reported to be in the range
of 75–80 ml/kg body wt for normal male subjects (28, 66). We
set total blood volume to 5,700 ml, corresponding to a 71- to
75-kg normal male subject with a body surface area of 1.7–
2.1 m2.

Blood volume is reported to be distributed within the
circulation approximately as 15% in the aorta, systemic ar-
teries, and arterioles; 69% in the capillaries, venules, and
systemic veins; 9% in the pulmonary circulation; and 7% in
the heart (31). With an unstressed arterial volume assumed
to be 715 ml, the systemic arterial tree contains roughly 900
ml when stressed to a mean arterial pressure of 92 mmHg
(715 ml ! 2 ml/mmHg " 92 mmHg), which is # 15% of total
blood volume. With the assumption of right and left ventric-
ular filling pressures of 5 and 10 mmHg, respectively, and
50-ml unstressed volumes for each ventricle, the total cardiac
volume at end diastole is 300 ml. This is only # 5% of total
blood volume, which is partly due to the lack of atria in our

hemodynamic model. Furthermore, there is considerable
variation in cardiopulmonary blood volume, ranging from
301 to 546 ml/m2 of body surface area, as reported by Levin-
son et al. (45). We adopted Davis’ pulmonary unstressed vol-
umes of 90 and 490 ml for the pulmonary arteries and veins,
respectively (20). This distribution of arterial and cardiopulmo-
nary blood volumes allocates # 3,600 ml, or 63% of total blood
volume, to the capillaries and systemic venous circulation.

Previously published estimates were used for unstressed
volumes of the upper body and lower limbs (3), and estimates
for the splanchnic venous and central venous compartments
were guided by previously published models (75).

The volume and capacitance assignments are summarized
in Table 3.

THE REFLEX MODEL

Architecture

We have adopted and extended a previously reported reg-
ulatory set-point model of the arterial baroreflex that aims at
maintaining mean arterial blood pressure constant by dy-
namically adjusting heart rate, peripheral resistance, venous
zero-pressure filling volume, and right and left end-systolic
cardiac capacitances (20, 22). In addition to this representa-
tion of the arterial baroreflex, we have implemented a similar
reflex loop to represent the cardiopulmonary reflex, which, at
the moment, only affects venous zero-pressure filling volume
and systemic arteriolar resistance (see Fig. 5). Briefly, pre-
defined set-point pressures are subtracted from locally
sensed blood pressures to generate error functions that are
relayed to the autonomic nervous system, where the error
signals are rescaled. These error signals subsequently dictate
the efferent activity of the reflex model such that the error
signals approach zero over the next computational steps.

Fig. 3. Time-varying elastance, E(t), of the left ventricle during 1
cardiac cycle (solid line) compared with experimental data (F,
means $ SD; adapted from Ref. 62). TS, systolic time interval, TD,
diastolic time interval.

Fig. 4. Pressure-volume relations for changes in stressed volume of
the abdominal (%Vab), leg (%Vll), and splanchnic (%Vsp) venous com-
partments.

Table 2. Resistance values

Resistor Rlo Rup1 Rkid1 Rsp1 Rll1 Rup2 Rkid2 Rsp2 Rll2 Rsup Rab Rinf Rro Rp Rpv

PRU 0.006 3.9 4.1 3.0 3.6 0.23 0.3 0.18 0.3 0.06 0.01 0.015 0.003 0.08 0.01
Ref. 23 Est. Est. Est. Est. 3 Est. 3 3 3 Est. 3 23 52 23

Est., estimated; PRU, peripheral resistance units. See Figs. 1 and 2 for details.
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Downloaded from www.physiology.org/journal/jappl (195.083.213.132) on November 15, 2019.

Figure 6.6 – Time-varying elastance, E(t), of the left ventricle during 1 cardiac cycle (solid line)
compared with experimental data (data reproduced from Senzaki et al. [23]). Ts, systolic time
interval, Td, diastolic time interval.

A simplified version of this model was proposed by Chen et al. [5] (Figure 6.7):

E(t) =


Es−Ed

Ts
t+ Ed if 0 ≤ t ≤ Ts

2 · Ed−Ed
Ts

t+ 3Es − 2Ed if Ts ≤ t ≤ 3
2Ts

Ed if 3
2Ts ≤ t ≤ T

(6.4)

Es and Ed correspond to the end-systolic and diastolic elastances, respectively. Ts, the
systolic time interval, is defined to be one-third of the cycle period T, i.e. Ts =

1
3T. The

authors used parameters provided in litterature in [9] for model calibration.
In 2003 Oommen et al. [20] attempted to represent the time-varying elastance function

using a simple harmonic oscillator (SHO) (Figure 6.8) in the form:{
m · y (t) + c · y (t) + k · (y (t)− yL) = F (t)
F (t) = F0 + F1cos (ωt)

(6.5)
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6.2. Time-Varying Elastance models

averaged experimental data [3] (shown in Figure 2), we
define the time-varying elastance to be a piecewise linear
function:

(1)
and correspond to the end-systolic and diastolic

elastances, respectively. , the systolic time interval, is
defined to be one-third of the cycle period , i.e .
The parameter values for the pulsatile model and elastance
function are based on literature values [2] as indicated in
Table 1.
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Figure 2. Piecewise linear function vs. experimental
elastance. Data adapted from [3].

Table 1. Parameter assignments.

2.5 0.1 1.0 2.0 100.0 0.03 0.01 1.0

3. Deriving the analytical solution

In deriving the analytical solution to the pulsatile model,
we solve the governing differential equations to obtain
closed-form expressions for the voltage functions, making
reasonable assumptions where possible/necessary. The on-
off switching of the diodes and , coupled with the
piecewise linear properties of the elastance function ,
segment each cycle into seven distinct regions as shown
in Figure 3. To facilitate the derivation of the analytical
solution, the following notation is adopted for the th
region:

start time ; venous voltage
end time ; arterial voltage
duration ; ventricular voltage
elastance ; charge on
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Figure 3. Voltage waveforms (top) and piecewise linear
elastance function (bottom) divided into seven regions over
one cycle.

Table 2. Definition of the regions of the cardiac cycle.
Region

I on off linearly increasing
II off off linearly increasing
III off on linearly increasing
IV off on linearly decreasing
V off off linearly decreasing
VI on off linearly decreasing
VII on off constant

To derive the analytical solution for the th region, first
the initial conditions are obtained directly from the end
of the preceding region. The equivalent circuit model
and elastance function are defined for the region and the
first-order governing differential equations is simplified
through making reasonable approximations, in order to
derive closed-form expressions for , ,
and . The time duration is also computed to
determine the end conditions of the region, which are
used to initialize the succeeding region. Following is a
demonstration of the approach outlined above using Region
III as a concrete example. In this region, we assume to be
constant over the cycle period, so for

. is assumed to be zero, as the potential difference
between and is very small in the region. Note that
the latter assumption does not allow for simulation of aortic
stenosis. The equivalent circuit model is shown in Figure 4,
where the capacitor is replaced by a DC voltage source.
The initial conditions , , and
are determined directly from the end conditions of Region
II. is a linearly increasing function defined as,

46

Figure 6.7 – Piecewise linear function vs. experimental elastance (data reproduced from Senzaki
et al. [23]).

with y(t), and F(t) being respectively the displacement and the force applied to the oscil-
lator. m represents the inertia of the lumped system, c the damping constant to account
for all sources of viscosity, k the spring constant accounting for lumped chamber stiffness,
yL the slack length of the oscillator, F0 the mean value of applied force, F1 the amplitude
of the applied force, and ω the frequency of the applied force.

The in vivo left ventricle operating under steady state physiological conditions is viewed
as a forced, damped SHO, having a frequency equal to the heart rate. In this model, the
analogues of the instantaneous ventricular pressure and volume are the force and length
(displacement) of the SHO, respectively. Although ventricular pressure is generated by
chemical and elastic forces, such as the contractile force generated by the heart muscle dur-
ing systole, and mechanical ventricular suction generated by the extracellular matrix and
titin during diastole, all these forces are lumped into the forcing term F(t) for simplicity.

Considering

ω0 =

√
k
m

and γ =
c

2
√
km

(6.6)

the model (6.5) can be written in the form:
E(t) = F(t)

y(t)−yc

E(t) = k 1+cos(ωt)
1+ cos(ωt+ϕ)

cos
√(

1−
(
ω/ω0

)2)2
+4γ2(ω/ω0

)2

(6.7)

with yc = yL + y0 describing the time-independent component of y(t), y0 = F0
k and ϕ the

phase angle of the cosine function.
Another approach was to use a double-Hill equation, originally described for time-

varying elastance application in Stergiopulos et al. [27]:

E(t) = α · Emax ·


(

t
τ1

)n1

1+
(

t
τ1

)n1

 ·

 1

1+
(

t
τ2

)n2

+ Emin (6.8)

This curve is parameterised by Emax, Emin, which represent the amplitude of the curve,
τ1, τ2 which denote the relative fraction of the heartbeat duration with respect to the time
from end-diastole to reach Emax and α, n1 and n2 which are dimensionless parameters that
control the curvature of the time-varying elastance curve.
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Figure 3. (Left) Force–length (F–y) loops with different values of forc-
ing function: F0 = F1 = 50 dyn (small loop); F0 = F1 = 75 dyn (mid-
size loop); F0 = F1 = 100 dyn (large loop). (Right) Instantaneous Ẽ(t)
curves corresponding to loops shown on the left. The frequency of the
forcing function for both loops is the same (ω = 2π ). The point of maxi-
mal elastance is marked with an asterix (*). The other model parameters
are yL = 10 cm, c = 583 dyn s/cm, k = 1600 dyn/cm, m = 1 g.

amplitude of the forcing function, the instantaneous elas-
tance remained identical in time course and in amplitude.
This finding supports the load-independent nature of the
SHO model. Furthermore, Eqs. (9) and (12) predict that a
line having the maximal elastance slope should intersect
the length axis at yL, the slack length of the oscillator.
Figure 3 verifies this prediction and conforms with the
analogous concept that V0 is the “slack volume” of the
ventricle (Sagawa et al., 1988).

Representative data ofmodel-predicted force, length,
force–length loop and time varying elastance superim-
posed on in vivo data are shown in Fig. 4. Despite using
only the first harmonics of the in vivo pressure and vol-
ume data as input to the model, both the force–length loop
and the calculated Ẽ(t) curve agree well with the general
behavior of the composite pressure–volume data.

Figure 5 shows the frequency-dependent behavior of
maximal elastance in thismodel.Calculatedmaximal elas-
tance is fairly constant at higher frequencies and decreases
when the frequency is below ω0. Interestingly, there was a
dip in maximal elastance when ω approced ω0. This was
most obvious when c < 2

√
km. This predictable behavior

of themaximal elastance is explained by Eqs. (4) and (11).
The effect of load-dependent model parameters is

shown in Fig. 6. The decrease in stiffness with increased
amplitude of the forcing function resulted in a curvilinear
F–L relationship. The equation of the F–L relationship for
this instance was calculated to be F = 2√y. This finding

suggests a possible mechanism for some observed “load-
dependent” ESPV relationships.

DISCUSSION

The search for a load-independent index of ventricu-
lar contractility was pioneered by Sagawa et al. (Sagawa
et al., 1988), who formalized the concept of time-varying
elastance (Eq. (1)) as the variable stiffness of the ventricle.
The maximal elastance, Emax, i.e, the slope of the ESPV
relationship, was observed to be load independent in the
physiologic range of ventricular pressures and volumes in
isolated canine (Sagawa et al., 1988) and human hearts
(Kass and Maughan, 1988).

One fundamental feature of steady state LV pump
function is the oscillatory feature of pressure and volume
with each cardiac cycle. Themechanism of this oscillatory
behavior is well characterized and involves the contractile
apparatus, andCa2+ transientswithinmyocytes.Also rele-
vant are intracellular mechanical/elastic attributes such as
titin, extracellular structures such as the connective tissue
matrix, and the large-scale 3-dimensional (woven) archi-
tecture of the chamber wall and properties of the arterial
system to which the LV is coupled in systole. All these
factors play a role in the observed oscillatory behavior.
Nevertheless, the empirically observed load independence
of maximal elastance suggests that the cyclic force–length
relationship at end systole is weakly (if at all) related to
intrinsic properties of the left ventricle, such as its mass,
intrinsic stiffness, and chamber viscosity. In this study,
we used this observed load-independent relationship as
the foundation and investigated whether the load indepen-
dence of Emax can be explained by considering left ventric-
ular kinematics as a one-dimensional, lumped-parameter,
forced, damped simple harmonic oscillator in steady state
(Eq. (2)). The resulting force–length loops were observed
to lie along a straight line (Fig. 3), in analogy to P–V
loops which lie along the ESPV relationship. Elastance is
defined as the instantaneous slope of the line that connects
points on a loop to the V0 point (Eq. (1)). A closed form
expression of time-varying elastance was derived that is
independent of the mean and amplitude of the applied
force but is dependent on the frequency of the applied
force (Eq. (11)). The points of maximal elastance on each
loop form a straight line, as shown in Fig. 3. Therefore,
the slope of the ESPV relationship depends only on the in-
trinsic model parameters and not on the initial conditions
of the oscillator’s motion. The slope of ESPV relation-
ship can be made load-dependent if one or more intrinsic
oscillator parameters are themselves made dependent on

Figure 6.8 – Left: Force–length (F–y) loops with different values of forcing function: F0
= F1 = 50 dyn (small loop); F0 = F1 = 75 dyn (mid-size loop); F0 = F1 = 100
dyn (large loop). Right: Instantaneous E(t) curves corresponding to loops shown on the
left. The frequency of the forcing function for both loops is the same (ω = 2π). The
point of maximal elastance is marked with an asterix (*). The other model parameters are
yL = 10cm, c = 583dyns/cm, k = 1600dyn/cm, m = 1g. Reproduced from Oommen et al.
[20]

6.2.2 Application of E(t) as a substitute for cardiac mechanics

Mathematical modelling of the E(t) function was used to replace cardiac mechanics in
heart models. In the study of Oommen et al. [20], authors used the E(t) function de-
scribed by Equation (6.7). Using invasive LV pressure and volume measurements, y(t)
was determined by using the first (dominant) term of the Fourier series approximation
of the volume waveforms. F(t) was defined by fitting the cosine to the first (dominant)
term of the Fourier series approximation of the pressure waveforms. The other model
parameters (c, k, m and yL) were optimised by using a Levenberg-Marquardt algorithm.
The outputs of this model is displayed in Figure 6.9. Even though it does not consider
isovolumic contraction/relaxation phases, and even though the associated PV loops are
ellipsoidal and therefore mimic more or less the cardiac physiology, it catches one com-
ponent that was neglected by original works on time-varying elastance concept: The non
linear behaviour of ESPVR.

Another E(t) curve determination method was used for cardiac modelling purposes (see
Equation (6.8)) under clinical settings. For example, the authors in Stergiopulos et al.
[27], used this double-Hill equation in an electrical analogous model of cardiovascular
system, in which the estimated E(t), representing the cardiac mechanics, is coupled with
an arterial linear 3-element Windkessel model and with both a mitral and aortic valve
models, parametrised by their respective resistances (Rv and Rc) which represent mitral
and aortic valves (Figure 6.10). They posed the following problem:

Ps = F1 (Rc,Rp,C,T,Emax,Emin,Pv,V0,Tp)

Pd = F2 (Rc,Rp,C,T,Emax,Emin,Pv,V0,Tp)

SV = F3 (Rc,Rp,C,T,Emax,Emin,Pv,V0,Tp)

(6.9)

with Ps, Pd the aortic systolic and diastolic pressure respectively, SV the stroke volume,
C the total arterial compliance, Tp the time to reach peak contraction, Emax, Emin the
maximum and minimum time-varying elastance respectively and Pv the venous pressure.
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Figure 6. Force–length loops obtainedwith several values of F0 ranging
from 0.5 to 4 dyn. The spring constant k is load-dependent, defined as
k = 1/F0. The ‘*’ marks the points of maximal elastance (Eq. (11)) for
each loop.

(i.e., a function of) the applied load. An example of this is
shown in Fig. 5.

Application of this model to pressure–volume data
shows that the modeled elastance resembles the P–V ratio
(Fig. 4) and can account for its general features. Maxi-
mal elastance increases with the frequency of the forcing
function, i.e., the heart rate, but increases significantly at
frequencies above ω0 (Fig. 5). This finding not only has
clinical implications but also might help explain the con-
flicting reports that end-systolic elastance increases with
heart rate (Freeman et al., 1987), decreases with heart rate
(Matsuura et al., 1997), or remains unchangedwith respect
to heart rate (Spratt et al., 1987).

The SHOmodel was also able to reproduce observed
load-dependent behavior of the ESPV relationship when
measured under extremes of the physiological range.
By relating the passive stiffness in the model to the
amplitude of applied force, the model predicted ESVP
relationships that were curvilinear, similar to those
observed experimentally. Although alternative explana-
tions have been proposed to account for the observed
nature of curvilinearity of the ESVP relationship, these
explanations generally attributed the curvilinearity to
intrinsic (active) properties of the contractile apparatus
(Kass et al., 1989). This study demonstrates that, in the
conceptual sense at the least, alternative explanations
implicate passive properties (stiffness, viscosity) which
merit further consideration as a mechanism for the
existence of a curvilinear ESPV relationship.

Limitations

Modeling ventricular pressure and volume as a one-
dimensional SHO has obvious limitations due to its sim-
plicity and lumped parameter formulation. The model
does not include isovolumic contraction and relaxation.
Because it is in steady state it does not distinguish
between preload and afterload components, although
preload changes are considered through the parameter y0.
Despite these limitations the model retains the dominant
physiologic feature of the heart in which pressure (force)
and volume (displacement) are out of phase and are re-
lated by a time-varying elastance. In this study we have
used only the dominant (first) harmonic of P(t) and V (t)
to explore load independence of maximal elastance. This
is justified because ventricular power is limited to the low-
est harmonics (Fig. 1). Furthermore, we assumed that the
elastic and viscous parameters are frequency independent.
However, we have shown that if model parameters are
forcing function dependent, the resulting ESPV relation-
ship becomes nonlinear in a manner that agrees with ob-
served nonlinearities. Further studies are needed to fully
clarify the effect of frequency dependent model parame-
ters on the ESPV relationship.

These limitations are mitigated in part by the
modeling approach which provides analytical force–
displacement expressions to the equation of motion, and
provides a closed-form expression for the elastance. This
expression was used to algebraically characterize the de-
pendence of elastance on external load in order to gain
insight into the curvilinear form of the ESPV relationship.

CONCLUSION

To quantitatively characterize time-varying elastance
and the hypothesized load-independent nature of Emax, the
action of the LV was modeled as a forced, damped simple
harmonic oscillator in steady state. The forcing term was
the analog of ventricular pressure, and oscillator displace-
ment in response to the force was the one-dimensional
analog of volume. A closed-form expression for elastance
was derived and found to be load-independent, i.e., it de-
pended only on the intrinsic properties of the oscillator
(mass m, viscosity coefficient c, spring constant k) and
not on initial conditions or the forcing term (load) pa-
rameters. This kinematic model provides the first concep-
tual justification for the observed load-independence of
ventricular elastance. Allowing the oscillator properties to
become load dependent generates a load dependent (curvi-
linear) elastance relationship similar to ones observed

Figure 6.9 – Force–length loops obtained with several values of F0 ranging from 0.5 to 4 dyn. The
spring constant k is load-dependent, defined as k = 1/F0. The ‘*’ marks the points of maximal
elastance (Eq. (11)) for each loop. Reproduced from Oommen et al. [20]

Finally, F1−3 are functions which are further determined by using dimensional method [14],
and non-linear fit with data obtained invasively in cats. It yields:

Ps
Pv

= b1 · Emax
Emin

(
1+ b2

Rc
Rp

)
(b3CEmax)

−b4+b5Rc/Rp ·
(
b6

RpC
T

)b7−b8/(CEmax)

Pd
Pv

= c1 · Emax
Emin

[
1− c2e−c3(RpC)/T] (c4CEmax)

−c5+c6(RpC)/T

SV
V0

= d1 · Pv
Emin

· e−[d2(RpC)/T+d3/(CEmax)+d4Rp/(TEmax)]

(6.10)

with T the heart period. The values of the coefficients bi (i = 1,...,8), ci (i = 1,...,6),
and di (i = 1,...,4) were empirically determined in humans. Finally, the authors used
Equation (6.10) to estimate SV, Ps, and Pd.
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Fig. 1. A: electrical representation of model of heart and arterial 
system. Pv is venous pressure and Rv a (small) resistor over which 
filling takes place. E(t) is time-varying elastance. Three parameters 
of windkessel (Rc, characteristic resistance; Rp, peripheral resistance; 
and C, total arterial compliance) are indicated. B: waveform of 
time-varying elastance with its minimum (Emin), maximum (J&&, 
and peak time (TJ values pertaining to cat heart. 

The first term in the brackets (Hill function) describes the 
ascending part of the E(t) curve and the second (inverted Hill 
function) the descending part. The curve is shown in Fig. l& 
where only a single heartbeat is presented. Dimensionless 
shape parameters, al and CX~, define the relative appearance 
time of each curve within the heart period, T, and exponents, 
nl and n2, determine the steepness of the ascending and 
descending parts, respectively. 

The arterial system is represented with a linear three- 
element windkessel (16). Thus the whole arterial system is 
conceived as a point load with the characteristic impedance, 
&, which models the inertial and compliant effects of the 
ascending aorta, connected in series with a parallel combina- 
tion of the peripheral resistance, Rp, and the mean total 
arterial compliance, C. With proper choice of parameters, the 
three-element windkessel can model the arterial input imped- 
ance well and can thus provide an accurate description of the 
heart load. Nonlinearities arising from the pressure depen- 
dence of C have minor effects on aortic pressure and flow 
waveforms and will thus be neglected in this analysis (11). 

For the purposes of this study, we will use as a typical 
example the human circulation. For the validation of the 
model, we will use data from earlier experiments on isolated 
cat hearts (3). The control parameters for the human and cat 
heart-arterial system model are given in Table 1. 

Circulation of the four phases of the heart cycle (isovolumic 
contraction, ejection, isovolumic relaxation, and filling) is 
done in a straightforward manner, as explained in previous 
studies (1). Equation 1 is coupled to the equation of the 
three-element windkessel only in the ejection phase. In this 
phase, a solution was obtained numerically by use of a 
fourth-order Runge-Kutta integration scheme. During ejec- 
tion, ventricular and aortic pressures were assumed equal. 
During isovolumic contraction and relaxation, aortic flow was 
zero (no incisura), and Eq. 1 applies for ventricular pressure 
while aortic pressure decayed exponentially, as dictated by 
the three-element windkessel. In the filling phase, ventricu- 
lar volume relates to pressure through the formula dV/dt = 
P - P)/..“, which is solved with Eq. 1 by use of a Runge- 
Kutta integration scheme. 

Dimensional analysis. For a given shape of the elastance- 
time curve, the above heart-arterial system contains eight 
basic independent parameters, three of which (Rc, Rp, and C) 
pertain to the arterial system. Four parameters (z Em=, Emin, 
and Vd) pertain to the heart. The eighth parameter is venous 
(filling) pressure, Pv. For a complete description of the heart, 
however, one should include the four parameters that define 
the shape of the E(t) curve, namely, CQ, cxz, nl and n2. For 
simplicity, we will assume that the shape of the E(t) curve is 
approximately triangular and sufficiently determined by 
specifying its peak time, Tp (see Fig. 1B). The limitations of 
this assumption will be considered in DISCUSSION. The system 
is now assumed to be well defined, and any other important 
determinants of cardiac or arterial function (such as humoral 
or neural factors) are assumed to be external to the system; 
i.e., their influence is simply to modify one or more of the nine 
basic independent parameters. From this assumption, any 
variable resulting from the heart-arterial system interaction 
will be a single function of the nine basic parameters. In this 
study we will focus on Ps, Pd, and SV, which can be expressed 
in general terms as 

where fl, f& and fs are the unknown functions still to be 
defined. 

Ideally, one can do parametric studies in which one of the 
independent parameters in the right-hand side of Eqs. 3-5 is 
varied while the others are kept constant. This procedure 
would then be repeated eight times for the remaining param- 
eters. The result of this tedious task would be to fill a 
nine-dimensional parameter space, out of which it would 
have been very difficult to extract a global relationship. 

The logical way of approaching this problem is to use the 
theory of dimensional analysis (7). By virtue of the Bucking- 
ham II theorem (7), we can rewrite Eqs. 3-5 in dimensionless 
form, in which the independent dimensionless parameters, 
often called II terms, are formed by groups of the original 
independent parameters. The major advantage of this ap- 
proach is that the number of Il terms is equal to the number of 
original independent parameters (9) minus the number of 
basic dimensions (units) of the system (Ref. 3; namely, time, 
volume, and pressure). Thus the number of II terms in our 
equations reduces to six. Therefore, without any loss of 

Table 1. Basic model parameters 

Independent Cardiac and Arterial System Parameters Human Cat 

Characteristic impedance (Rc), mmHg l s l ml1 0.51 1.50 
Peripheral resistance (R&, mmHg l s l ml-l 1.05 21.5 
Total arterial compliance (C), ml/mmHg 1.60 0.057 
Heart period (79, s 1.00 0.39 
Maximum elastance (&-&, mmHg/ml 2.31 41.3 
Minimum elastance (Emin), mmHg/ml 0.06 2.00 
Unloaded volume (Vd), ml 20.0 0.75 
Venous pressure (PJ, mmHg 7.50 7.50 
Time to peak elastance (Q, s 0.43 0.25 
Shape factor q 0.303 0.25 
Shape factor q 0.508 0.63 
Exponent Q 1.32 2.00 
Exponent Q 21.9 15.0 

Figure 6.10 – Model presentation as described in Stergiopulos et al. [27]. A: electrical representation
of model of heart and arterial system. Pv is venous pressure and Rv a (small) resistor over
which filling takes place. E(t) is time-varying elastance. Three parameters of Windkessel (Rc,
characteristic resistance; Rp, peripheral resistance; and C, total arterial compliance) are indicated.
B: waveform of time-varying elastance with its minimum(Emin), maximum (Emax), and peak time
(Tp) values pertaining to cat heart

Seemann et al. [22] also used the double-Hill function (Equation (6.8)) as a substi-
tute for cardiac mechanics in a heart model. By using 875 time-varying elastance curves
obtained in pigs, they optimised the α, τ1, τ2, n1 and n2 parameters. Therefore, Equa-
tion (6.8) becomes dependant only to Emax and Emin. They further defined a patient-
specific estimation of Emax and Emin:{

Emax =
LVPsystole

V
(
TLVP,max

)
−V0

Emin = LVPdiastole
V(TED)−V0

(6.11)

with LVPsystole =
2
3SBP+ 1

3DBP, SBP and DBP being respectively systolic and diastolic
blood pressure measured by cuff a sphygmomanometer. They fixed LVPdiastole to 5 mmHg
and V0 to the origin. The volume curve V(t) was obtained by cardiovascular magnetic
resonance imaging, which allows to solve for Equation (6.11). P(t) was finally reconstruct
using the following:

P (t) = E(t)(V (t)−V0) (6.12)

They used this framework on 41 human subjects and were able to build and interpret the
patient-specific PV loops simulated using the time-varying elastance model approximated
by the double-Hill function (Figure (6.11)).

Another similar approach using double-Hill equation (Equation (6.11)) was used to
represent the cardiac chamber of a more complex cardiovascular system model, by Casas
et al. [3]. They performed their experiments in 8 healthy volunteers, in which Emax and
Emin were also estimated using Equation (6.11), with LVPsystole = 0.9 · SBP, as described
in Kelly et al. [12]. V0 was estimated using the method described by Chen et al. [4], based
on the linearity of the ESPVR, and the uniqueness of population averaged normalised time-
varying elastance (see Chapter 7). The other parameters of this modelling framework were
optimised with a Levenberg-Marquardt algorithm, using data obtained in the volunteers,
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Seemann et al; Noninvasive Pressure-Volume Loops From CMR

RESULTS
Three model-calculated PV loops are shown in Fig-
ure 5. One loop is derived from the experimental part 
of the study and shown together with its correspond-
ing in vivo-measured data, whereas the other 2 show 
the mean PV loops derived from healthy controls and 
patients with heart failure, respectively.

Experimental Validation
Approximation of LVPsystole from tail pressure com-
pared with invasively measured LVPsystole is shown in 
Figure 6 and yielded a strong agreement and low bias 
and variability of −4.3±4.0 mm Hg. The agreement 
between model-calculated hemodynamic parameters 
compared with in vivo measurements was excellent 
for SW, moderate for PE, and strong for ventricular 
efficiency, as shown in Figure 7. There was a small Eu-
clidean norm between the in vivo-measured and mod-
el-calculated elastance curves, 1.3±0.6 (mean±SD). 
An example of an in vivo-measured and model-calcu-
lated elastance curve is shown in Figure III in the Data 
Supplement.

Sensitivity Analysis
Value ranges and error of SW, PE, and efficiency when 
varying LVPdiastole and LVPsystole are presented in Tables 1 
and 2, respectively. All hemodynamic parameters show 
a narrow range and low error. The most sensitive pa-
rameter was SW, which is shown in Figure IV in the 
Data Supplement.

Application in Healthy Controls and 
Patients
Subject characteristics are summarized in Tables  3 
and 4. Results from model application on both 
cohorts are presented in Table 5. Further, the mean 
of each hemodynamic parameter for each subject 
over the LVPdiastole range is shown in Figure  8. Ven-
tricular efficiency and contractility was lower in 
patients compared with controls, whereas PE and 
EEV were higher in patients. SW and MEP did not 
differ between the cohorts. The AUC values of the 
parameters that differed between the cohorts were 
as follows: PE, AUC=0.98 (95% CI, 0.94–1.02); effi-
ciency, AUC=0.99 (95% CI, 0.97–1.0); contractility, 
AUC=0.93 (95% CI, 0.86–1.0); and EEV, AUC=0.99 
(95% CI, 0.96–1.0).

Figure V in the Data Supplement illustrates that 
efficiency was strongly correlated with EF (ρ=0.99; 
P<0.0001). A more moderate correlation with more 
outliers was found between PE and end-systolic vol-
ume (ρ=0.95; P<0.0001), between contractility and 
EF (ρ=0.81; P<0.0001), as well as between EEV and 
EF (ρ=−0.92; P<0.0001). There was no correlation be-
tween SW and EF (ρ=0.23; P=0.15) or between MEP 
and EF (ρ=−0.02; P=0.88).

Figure 4. Schematic illustration of a pressure-volume (PV) loop.  
The PV loop in black, with corresponding end-systolic and end-diastolic PV 
relation (ESPVR and EDPVR) in blue. The gray area within the PV loop is the 
stroke work (SW), and the area within the red triangle represents the approxi-
mation of mechanical potential energy (PE) used in this study. Figure 5. Example of model output results.  

Top row shows an example of a left ventricular (LV) pressure-volume loop 
measured in vivo in orange and by the proposed model as a dashed black 
line. Bottom row shows 2 mean model-generated pressure-volume loops; 
healthy controls in blue and patients with heart failure in red. Note that the 
blue and red loops are represented with the same end-diastolic pressure of 
7.5 mm Hg, to minimize assumptions of this user-estimated parameter in the 
model. If invasively measured end-diastolic pressures were used, the end-
diastolic pressure of the heart failure loops would be expected to be higher 
compared with healthy controls.
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Figure 6.11 – An example of a left ventricular (LV) pressure-volume loop measured in vivo in pigs
in orange and simulated by the proposed model as a dashed black line. This example was provided
to illustrate the experimental validation procedure. Reproduced from Seemann et al. [22].

by using the sum squared error between the flow waveforms obtained from the 4D flow
MRI data and those generated by the model.

All the above-mentioned cardiovascular models used an E(t) substitute for cardiac
mechanics, demonstrating the feasibility of using simple time-varying elastance curve for
cardiac modelling purposes. This approach allows to simulate patient-specific cardiac
physiology with models using limited number of parameters. However, a major limita-
tion lies in the approximations made in E(t). Furthermore, the need for invasive and/or
advanced imaging pressure and/or data measurement are also required for model calibra-
tion, which limits its applicability under clinical monitoring settings in anaesthesia and/or
critical cares.

6.2.3 Biomechanically-derived time-varying elastance model

We propose an original framework of heart and vessel modelling in which the E(t) curve,
further used as a surrogate for cardiac mechanics, is first derived from a full and patient-
specific biomechanical heart and vessel model. For a detailed description of the biome-
chanical model used in this part, see Chapter 1.

6.2.3.1 Biomechanical model calibration

In brief we used the geometrical information obtained from transthoracic echocardiog-
raphy (TTE) performed in patients undergoing general anaesthesia (see Chapter 1, Sec-
tion 1.5.2.9). The LV volume and thickness were estimated using the 4 chamber view. We
estimated the LV end diastolic pressure by using the semi-quantitative method provided
in Nagueh et al. [18]. According to the method described in Chapter 1, Section 1.5.2.5,
and based on Equation (2.20), we calibrated the passive law.

We also measured on patients the aortic pressure and aortic flow velocity which allowed
us to calibrate a 2 elements Windkessel model, by imposing the aortic flow and tuning
sequentially the distal and proximal resistance and capacitance to fit the aortic pressure.

The timing properties of the 0D model were adjusted by using an activation law cali-
brated by using the characteristic ECG timing (PQ, QRS and ST segments). The cardiac
cycle duration was also adjusted by using the heart rate.

Finally we set the contractility of the calibrated heart model step by step in order to
fit the measured aortic flow.
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6.2.3.2 Determination of V0

The first issue was to determine V0. In chapter 7, we propose a method in which the
original experimental condition [28; 29; 25; 11] was reproduced in silico, allowing to identify
both V0 and Ees. In further experiments, we observed that this method may not be ideal.
Chapter 8 presents the rationale, method and results concerning this specific topic, which
is a prerequisite for E(t) function determination.

6.2.3.3 Determination of the time varying-elastance function

The time-varying elastance function was defined by Equation (6.1):

E(t) = P (t)
V (t)−V0

V0 is defined by the above-mentioned method, and P(t) and V(t) are the outputs of the
original patient-specific calibrated version of our modelling framework. Therefore, E(t)
is patient-specific and fully derived by using a complete biomechanical heart and vessel
model.

6.2.3.4 Biomechanically derived time varying-elastance function as a surro-
gate for cardiac mechanics

This derived time-varying elastance curve was used subsequently as the active part of our
time-varying elastance model. This curve contains information regarding the systole. It
also contains information about the relaxation of the LV (the decrease of the time-varying
elastance curve) until the PV reaches the passive law. During the systole, the mechanics
of our model is given by the time-varying elastance curve. During the passive filling of the
LV, the mechanics of the model is given by the passive law (2.20). The model is therefore
written as: {

P (t) = E(t) + ηs
VV̇(t) during systole

P (t) = EDPVR (t) + ηd
VV̇(t) during diastole

(6.13)

with ηs
VV̇(t) and ηd

VV̇(t) denote a penalty terms for numerical stability respectively for
systole and diastole.

6.3 Working hypothesis
We hypothesise that the model derived from time-varying elastance estimation, obtained
by calibrating a full biomechanical heart and vessel model, could be used under reasonable
ranges of varying conditions instead of the complete 0D model. This procedure aims to
target a real-time, biomechanical model augmented, cardiovascular monitoring, during
surgical intervention or during ICU stay.
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CHAPTER 7

Minimally-invasive estimation of patient-specific end-
systolic elastance using a biomechanical heart model

The end-systolic elastance (Ees) – the slope of the end-systolic pressure-volume relation-
ship (ESPVR) at the end of ejection phase – has become a reliable indicator of myocardial
functional state. The estimation of Ees by the original multiple-beat method is invasive,
which limits its routine usage. By contrast, non-invasive single-beat estimation methods,
based on the assumption of the linearity of ESPVR and the uniqueness of the normalised
time-varying elastance curve EN (tN) across subjects and physiology states, have been ap-
plied in a number of clinical studies. It is however known that these two assumptions have
a limited validity, as ESPVR can be approximated by a linear function only locally, and
EN (tN) obtained from a multi-subject experiment includes a confidence interval around
the mean function. Using datasets of 3 patients undergoing general anaesthesia (each
containing aortic flow and pressure measurements at baseline and after introducing a va-
sopressor noradrenaline), we first study the sensitivity of two single-beat methods –- by
Sensaki et al. and by Chen et al. –- to the uncertainty of EN (tN). Then, we propose a
minimally-invasive method based on a patient-specific biophysical modelling to estimate
the whole time-varying elastance curve Emodel(t). We compare Emodel

es with the two single-
beat estimation methods, and the normalised varying elastance curve EN,model(t) with
EN (tN) from published physiological experiments.
This chapter was published as a paper in the proceedings of the Functionnal Imaging and
Modelling of the Heart conference (FIMH 2019)
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Abstract

The end-systolic elastance (Ees) – the slope of the end-systolic pressure-volume relation-
ship (ESPVR) at the end of ejection phase – has become a reliable indicator of myocardial
functional state. The estimation of Ees by the original multiple-beat method is invasive,
which limits its routine usage. By contrast, non-invasive single-beat estimation methods,
based on the assumption of the linearity of ESPVR and the uniqueness of the normalised
time-varying elastance curve EN (tN) across subjects and physiology states, have been ap-
plied in a number of clinical studies. It is however known that these two assumptions have
a limited validity, as ESPVR can be approximated by a linear function only locally, and
EN (tN) obtained from a multi-subject experiment includes a confidence interval around
the mean function. Using datasets of 3 patients undergoing general anaesthesia (each
containing aortic flow and pressure measurements at baseline and after introducing a va-
sopressor noradrenaline), we first study the sensitivity of two single-beat methods –- by
Sensaki et al. and by Chen et al. –- to the uncertainty of EN (tN). Then, we propose a
minimally-invasive method based on a patient-specific biophysical modelling to estimate
the whole time-varying elastance curve Emodel(t). We compare Emodel

es with the two single-
beat estimation methods, and the normalised varying elastance curve EN,model(t) with
EN (tN) from published physiological experiments.

Keywords— Time-varying elastance, End-systolic elastance estimation, Patient-specific
biophysical modelling

7.1 Introduction

The relation between ventricular pressure (P) and volume (V) at the end of ejection is
described by the preload and afterload independent end-systolic pressure-volume relation-
ship (ESPVR). The slope of ESPVR – the so-called end-systolic elastance, Ees – and its
volume intercept (V0) allow to derive the time-varying elastance E(t) = P(t)/(V(t)−V0),
see Fig. 7.1. Under physiological loading ranges, the Ees is known to be closely related to
the active properties of the myocardium [1; 13], and is assumed to be itself preload and
afterload independent, and so the ESPVR to be linear. Even though the load dependency
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of Ees has been experimentally shown [1], the linear approximation of ESPVR and the
subsequent analysis of its derived indicators have been proven to be clinically useful for
performance assessment and monitoring of failing hearts, and for studying the interac-
tion between the heart and vasculature (e.g. by assessing the so-called ventricular-arterial
coupling, Vva = Ees/Ea, with Ea being the arterial elastance [13]).
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Figure 7.1 – Example of the model-based determination of Ees, V0 and E(t)

Originally, Ees and ESPVR were obtained using a multiple-beat measurement tech-
nique. A linear regression was fitted on the end-systolic P-V points measured at different
loading conditions (e.g. by inferior vena cava occlusion, or administration of vasopressors),
during cardiac catheterisation. The associated technical issues led to a development of
single-beat methods [14; 15], which allow to estimate Ees and ESPVR non-invasively [5; 7].
We hypothesised that the estimation of Ees using such methods is, however, too sensitive
to their parameters to obtain a reliable patient-specific result.

By calibrating a biomechanical model of heart and vasculature [2; 4] using aortic
pressure and flow data, we can simulate the entire P-V loop and reproduce minimally-
invasively the original multiple-beat measurement method. We aimed at comparing the Ees
obtained by the single-beat methods or obtained by a method based on patient-specific
biophysical modelling. Furthermore, we evaluated the properties of the derived time-
varying elastance after spatial-temporal normalisation [16].

7.2 Methods

7.2.1 Data and models

7.2.1.1 Patients and procedures

Three patients undergoing general anaesthesia (GA) for neuroradiological intervention,
for whom a continuous arterial pressure and cardiac output monitoring were indicated,
were included in the presented observational study, approved by the ethical committee of
the Société de Réanimation de Langue Française (CE-SRLF 14-356). The data collection
is described in detail in [10]. Briefly, after GA induction, a transthoracic echocardiogra-
phy (TTE) was performed to obtain cardiac geometry information. A transoesophageal
Doppler probe (Deltex Medical, Chichester, UK) was inserted into the oesophagus in or-
der to continuously measure the aortic flow. During the procedure, the anaesthetist could
need to raise blood pressure using intravenous administration of 5µg of noradrenaline
(NOR). The neuroradiologist cannulated aorta through femoral puncture, and inserted a
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guidewire. A fluid-filled mechanotransducer was connected to obtain the aortic pressure
waveform.

7.2.1.2 Biomechanical model of heart and vasculature

The model used in this study was a combination of a biomechanical heart and Windkessel
circulation models connected together to represent the cardiovascular system. The heart
model was derived from a previously validated complete three-dimensional (3D) model [4]
by model reduction [2]. While the entire geometry was reduced to a sphere, all the passive
and active properties were kept as in the 3D model. The passive part of myocardium
was modelled according to Holzapfel and Ogden [8], and adjusted using experimental
data [11]. The active contraction was based on Huxley’s sliding filament theory [9]. The
circulation was represented by a 2-stage Windkessel model connected in series (proximal
and distal capacitances and resistances). In turning the model into patient-specific regime,
see also [3; 12], first the Windkessel model parameters were calibrated by imposing the
measured aortic flow and tuning the resistance and capacitance parameters, in order to
fit the simulated and measured aortic pressure. Then, geometry and passive myocardial
properties were calibrated using TTE data. The timing of the electrical activation was
adjusted using ECG timings (in particular, the action potential duration in line with the
ST interval). Finally, the myocardial contractility was tuned to minimise the difference
between the simulated and measured aortic flow and pressure. The model calibration as
described above was performed in two different conditions – at baseline and at maximal
effect of NOR – to explore comparatively the cardiovascular effect of NOR. Data processing
and signal analysis were performed in Matlab, (Natick, Massachussets, USA) in which the
model [2] was implemented into a library named CardiacLab.

7.2.2 Single-beat estimation of Ees

7.2.2.1 Method by Senzaki et al. [14]

The method is based on the characteristics of the time-varying elastance E(t) described
in detail by Suga et al. [16]. In brief, the normalised E(t) – with respect to the time
at end-systole (tmax) and maximal elastance value (Ees), i.e. EN(t) = E(t/tmax)

Ees
– was

found to be consistent across subjects and across varying loading conditions [16]. This
principle therefore allows to identify a particular time-point on the subject and physiology
independent “universal” EN(t), if the ratio t

tmax
is known.

To estimate Ees, the following values need to be obtained: 1) the end of isovolumic
contraction (ted) assessed by TTE; 2) ventricular pressure at the opening of aortic valve
(measured by aortic catheter) (Paod); 3) ejection time (from end-diastole to end-systole)
by TTE; and 4) ventricular volumes (end-diastole and end-systole), accessed by TTE. We
can then apply the formula by Senzaki et al. [14]:

Ees
senzaki =

(
Paod
EN

ed
− Pes

)
/SV, (7.1)

where EN
ed = EN (ted), Pes being the aortic end-systolic pressure, SV the stroke volume.
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Table 7.1 – Patients characteristics at baseline. LVEDV: left ventricular end-diastolic volume;
SV: stroke volume; Paod: end-diastolic aortic pressure; Pes: end-systolic aortic pressure; ted: pre-
ejection time; tmax: ejection time.

Age Weight Height LVEDV SV Paod Pes ted tmax

Patient yo kg cm ml ml mmHg mmHg ms ms
Patient 16 40 58 160 109 71 61 77 107 329
Patient 21 15 58 158 140 91 56 79 84 283
Patient 69 58 88 178 81 45 55 72 77 321

7.2.2.2 Method by Chen et al. [5]

This method is derived from the original method of Senzaki by optimising the following
linear regression to estimate EN

ed:

EN,modified
ed = 0.0275− 0.165 · EF+ 0.3656 · Paod

Pes
+ 0.515 · EN

ed, (7.2)

EF being the ejection fraction measured by TTE as the ratio between SV and the end-
diastolic volume. Finally, EN,modified

ed is used in Eq. (7.1) to estimate Ees
chen. We used the

methods of Senzaki and Chen to predict Ees.

7.2.3 Estimation of Ees using biomechanical heart model

7.2.3.1 Model-based Ees and time-varying elastance curve estimation

The original multiple-beat technique involves first a construction of ESPVR, which is
given by linear regression performed on the consecutive End-Systolic Pressure-Volume
points obtained in PV loops measured in different loading conditions. Then the slope and
the intercept of the ESPVR with the volume axis represent Ees and V0, respectively. To
reproduce this procedure in silico using the calibrated patient-specific model described
in Section 7.2.1.2, we modified sequentially the afterload by varying Windkessel model
parameters. We obtained 5 P-V loops with varying loading conditions and identified the
end-systolic pressure-volume point of every P-V loop (corresponding to the aortic valve
closing). We performed a linear regression to obtain Emodel

es and V0, and computed the
simulated varying elastance Emodel(t) = P(t)/(V(t)−V0) (see Fig. 7.1).

7.2.3.2 Study of the simulated time-varying elastance

The simulated and normalised time-varying elastances EN,model(t) were compared with the
EN (tN) obtained experimentally by Suga et al. [16].

7.3 Results

Table 7.1 shows the main characteristics of patients and data indicators at baseline ob-
tained from the three patients included in the study.
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Table 7.2 – Results of the end-systolic elastance Ees (in mmHg.ml-1) estimation using the method
of Senzaki et al. [14], Chen et al. [5], and the biophysical model [2].

Method Challenge Patient 16 Patient 21 Patient 69
Ees

senzaki Baseline 2.88 [1.65− 4.83] 3.45 [1.85− 6.76] 6.17 [3.5− 12.5]

Noradrenaline 4.68 [2.66− 8.3] 3.39 [1.86− 6.17] 7.95 [4.28− 15.02]

Ees
chen Baseline 1.59 [1.23− 1.94] 1.58 [1.22− 1.93] 2.51 [2− 3.08]

Noradrenaline 2.12 [1.68− 2.55] 1.83 [1.39− 2.27] 3.71 [2.83− 4.57]

Emodel
es Baseline 2.42 3.35 3.64

Noradrenaline 5.82 3.05 5.51

7.3.1 Sensitivity analysis of the existing methods

To assess the sensitivity of the Senzaki method, we used the EN (tN) curve from the study
of Suga et al. [16]. We generated an interpolation of all the outliers of the curve, to be
able to evaluate the effect of the error in measuring EN

ed on the Ees
senzaki estimation (see

Fig. 7.2, left). We can see in the right panel of Fig. 7.2 that the standard deviation in
estimating EN

ed had a significant impact on the predicted Ees
senzaki. When considering the

standard deviation in the EN (tN) data, the value of Ees is ranging between half and twice
times the predicted value, for all 3 patients.
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Figure 7.2 – Normalised elastance curve and effect of the standard deviation (SD) of EN
ed on

Ees
senzaki estimation [14]. Left: Normalised elastance curve (reproduced from Suga et al. [16])

and EN
ed prediction (colored dots) using ted

tmax
as obtained by TTE. Right: Ees

senzaki estimation as
function of EN

ed, for the data obtained in the 3 patients. The plain lines represent the Ees
senzaki

for EN
ed inside the ranges given by Suga et al. The dashed line represent the extrapolation of the

Ees
senzaki for EN

ed outside these ranges.

In order to appreciate the consistency between the method of Senzaki and the method
of Chen, we compared the values of Ees given by the two methods at baseline and at
maximum effect of NOR. The results are presented in Table 7.2.

7.3.2 Method from biomechanical model

For the 3 subjects, we were able to calibrate the biomechanical model and obtain the
P-V loop at baseline and after the administration of NOR (see example of calibration in
Fig. 7.3).
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Figure 7.3 – Example of a calibrated model. Left and Middle panels display respectively the aortic
blood flow and pressure at baseline (blue) and at maximal effect of noradrenaline(orange). The
simulations (bold) are calibrated using patient’s measured data (dashed). Right panel displays
pressure-volume loops generated using the results of the aforementioned calibrated simulations at
baseline (blue) and at maximal effect of noradrenaline (orange).

Table 7.2 shows the patient-specific Ees prediction from the Ees
senzaki, Ees

chen and
Emodel

es . We can see that Emodel
es is close to Ees

senzaki for Patients 16 and 21, and located
within the ranges given in Suga et al. [16] for all 3 subjects. We can also see that the usage
of NOR was associated with an increase of Ees

senzaki and in Emodel
es except for Patient 21,

in whom all methods suggested no change in Ees.
Out of uncertainties in the estimated Emodel

es , we performed a sensitivity analysis with
respect to the error in measuring the input parameters for the model, specifically the error
in the wall thickness. The wall thickness was varied by ±50% from the measured value,
and the passive and active properties of the model were calibrated accordingly. Table 7.3
displays the results in Emodel

es estimation for each wall thickness.
Fig. 7.4 demonstrates that the biomechanical model was able not only to estimate Ees,

but did provide the overall time-varying elastance curve. This example shows that the
Emodel(t) was higher when using noradrenaline (Fig.7.4 left panel), according to the ex-
pected effect of noradrenaline (enhancement of contractility). Furthermore, when Emodel(t)
curves were normalised as described in Sec. 7.2.2 (see Fig. 7.4 right panel), both the
time-varying elastance curves (baseline and NOR) were within the physiological ranges
described by Suga et al. [16].

7.4 Discussion
In this paper, we described a mini-invasive multi-beat method to estimate patient-specific
time-varying and end-systolic elastance by using biomechanical modelling. As originally
described, the Ees estimation involves a multiple-beat measurement of P-V loop. For

Table 7.3 – Sensitivity analysis for Ees estimation to relative change in wall thickness, for the
Patient 16. The measured wall thickness is in bold.

Wall thickness (% of measured value) 60 80 100 120 150 avg (SD)

Emodel
es (ml.mmHg-1) 2.56 2.38 2.42 2.73 3.09 2.64± 0.29
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Figure 7.4 – Example of a patient-specific model-derived time-varying elastance curve. Left:
Time-varying elastance at baseline and after NOR administration. Right: Normalised time-
varying elastance curve at baseline and after NOR administration, plotted against experimental
data (reproduced from [16]).

technical concerns, single-beat estimation methods were developed. These methods assume
the ESPVR being linear with constant slope of Ees, which is extrapolated from the end-
diastolic measurement point. However, the slope of the real ESPVR is decreasing when
approaching the end-diastolic point [1], deviating the estimated Ees. Our method allows
to modify loading conditions in order to estimate Ees around the measured end-systolic
P-V point, where the linearity of ESPVR can be assumed. Furthermore, we demonstrated
a very high sensitivity of the single-beat estimation method by Senzaki et al. [14] to
EN

ed parameter. Then, we demonstrated a limited accuracy of the method by Chen et
al. [5], which introduced some phenomenological terms to the equation (7.1). Indeed,
no concordance with the method of Senzaki et al. [14] could have been observed, the
mean values and confidence intervals for Ees

chen estimation falling outside the ranges of
Ees

senzaki. The reproducibility of the results obtained in the validation studies [14; 5]
is therefore questioned. To address these issues, we would have to compare our results
against invasive P-V loop measurements, which were not available in our study. Despite
the aforementioned limitations, we used the Ees

senzaki estimation as a comparator for an
indirect validation of our method. We verified that our simulated Emodel

es at least fell
within the ranges of the outliers of the Ees

senzaki, and that the normalised time-varying
elastance EN,model(t) was consistent with the EN (tN) from Suga et al. [16], in all three
subjects even when varying physiology (baseline vs. administration of NOR). We remark
in addition that neglecting the standard deviation of the experimentally obtained EN (tN)
in the single-beat estimations of Ees effectively means decreasing the individuality of the
considered subject. We showed, however, that the specificity of patients had a great
impact on the Ees estimation by these methods. Our framework – based on patient-
specific biomechanical modelling – allows a more detailed personalisation. The output of
the model is the actual P-V loop and the entire time-varying elastance curve – both being
important when considering management of individual patients. Additionally to study
the sensitivity of the EN (tN) given by the the range of values in the experiments [16],
we could have also explored the sensitivity of the single-beat estimation methods to the
accuracy of time measurement. Clearly, during the steepest part of the EN (tN) curve, a
small error on the ted measurement will have a significant impact on the EN

ed, and therefore
on the estimation of Ees. Finally, the model-derived elastance would be as well a subject
of analysis of sensitivity to the parameters of the model. In this paper, we considered only
an example of the uncertainty in ventricular wall thickness, see Table 7.3. A thorough
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sensitivity analysis including other input parameters remains to be done in the future.
Our study suffers from several limitations. Indeed, while the Chen’s method, allows

a non-invasive estimation of Ees, our presented framework involves aortic pressure mea-
surement. This preliminary setup will be improved by the methods of transferring the
peripheral arterial pressure – practically always available during GA – into the central
aortic pressure [6]. Also, the EN (tN) curve was reproduced manually from the study of
Suga et al. [16], involving experimental setup from dogs. In the study of Senzaki et al. [14],
the authors presented an EN (tN) curve from human data. They showed an absence of
variability during the pre-ejection period supporting their final results regarding the re-
producibility of their method. This lack of variability is however questioned by Shishido
et al. [15]. In a preliminary in silico study (data not shown), we also observed a great
variability in EN (tN) during the pre-ejection period. For this reason, we did not use the
human data made available by Senzaki et al. [14]. We could have compared our method
with the method by Shishido et al. [15] aiming at considering the patient’s variability of
EN

ed estimation, by using a bilinear interpolation of the EN (tN) curve. The comparison
with our modelling framework will be explored in the future.

7.5 Conclusion

By using a patient-specific modelling framework, we proposed a method to estimate
Ees and the entire time-varying elastance curve, considering individual normalised time-
varying elastance variability, at the expense of minimally invasive data measurements.
This method provides patient-specific time-varying curve and estimates the value of max-
imum elastance. Our proposed method could be used both clinically – to assess the
patients’ heart function – and in cardiac modelling community to provide patient-specific
input for simplified models of the heart contraction.
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CHAPTER 8

Estimation of V0, Ees and time-varying elastance
function using a biomechanical heart and vessel
models

The time-Varying elastance concept (E(t)) was extensively studied since the original
work performed by Suga, Sagawa, Sunagawa and colleagues in the 70’s. Indeed, it allows
for clinical evaluation of cardiac physiology, and may be used as a surrogate of cardiac
mechanics for cardiac modelling purposes. However, E(t) function description necessitates
an accurate estimation of the derivative of the end-systolic pressure-volume relationship
(ESPVR), the so-called Ees, and of its 0-pressure intercept, V0. In this Chapter, we propose
and evaluate a biomechanical framework to estimate E(t) and V0, comparatively with
other available methods. The proposed static-isopressure method – a method derived from
biomechanical approach – was found to allow for the most stable estimations of V0 and
Ees across various ranges of varying physiological conditions, as compared with the other
methods tested. Our framework allows for clinical translation of E(t) concept to bedside
as it necessitates only data that are routinely measured in anaesthesia and/or intensive
care settings. Furthermore, it paves the way for E(t) modelling based on biomechanical
principles.



Chapter 8. Evaluation of V0 estimation methods

8.1 Introduction

8.1.1 Motivations for V0, Ees and E(t) estimations

Since the pioneering works performed by Suga, Sagawa, Sunagawa et al. [27; 37], the
study of instantaneous pressure and volume (PV) relationship within the left ventricle
has shifted from cardiac cath-labs towards numerical modelling, decreasing in the same
time the invasiveness of PV analyses. Indeed, recent studies have been published, in
which various patient-specific models were used to analyse the PV properties of patients’
heart [26; 33; 5; 28; 12; 8]. Most of the heart models presented in these studies are based
on the concept, also introduced by Suga, Sagawa, Sunagawa and colleagues, called “Time-
varying elastance” (see chapter 6). In brief, the time-varying elastance function E(t) (see
Equation (8.1)) can be used as a surrogate for cardiac mechanics.

E(t) = P(t)
V(t)−V0

(8.1)

Indeed, the usage of this function is very convenient for cardiac modelling purposes.
Substituting E(t) as cardiac mechanics, in a more global heart and circulation model,
allows to access the PV relationships and the cardiac bioenergetic associated with a specific
patient within specific conditions, in a minimally-invasive fashion, without the need for a
full, complex, three-dimensional biomechanical model.

Therefore, efforts have been made to model E(t) [26; 33; 12; 8] (see Chapter 6 Sec-
tion 6.2.1). However, most of these methods require at least the prescription of the max-
imum elastance Emax (or end-systolic elastance Ees which should be equivalent), and the
time to reach Ees, tmax, to calibrate the function E(t) to a specific patient. In our approach,
we propose to use the reduced formulation [4] of a full three-dimensional biomechanical
model [6], calibrated on patients’ data, to simulate patient-specific PV relationship. This
methods allows us to access the P (t) and V (t) terms of Equation (8.1). A straightfor-
ward estimation of V0 is further required to derive E(t) function from our biomechanical
modelling approach. In other words, estimation of Ees and/or V0 is important to solve for
issues associated with E(t) modelling.

8.1.2 Issues with existing estimation methods

8.1.2.1 Ees and V0 measurements

End-systolic elastance Ees corresponds to the slope of a local linearisation of the end-
systolic pressure-volume relationship. It has been originally described by Suga [34], and
was extensively studied. On canine experimental models, Ees has been associated with
left ventricular (LV) inotropy [37; 24], and is seen as a surrogate of maximal contractile
properties of the LV. These results have been reproduced in humans [10; 32]. Secondly,
Ees has been experimentally shown to be independent of external loading conditions [37].
However, the linear characteristic of Ees may be true only for small variation of preload
or afterload, as suggested by the experimental work performed by Burkhoff et al. [2] (See
Chapter 6 Figure 6.4).

V0 is the intercept at zero pressure of the locally linearised ESPVR. Although it should
be theoretically independent either on loading conditions and inotropic state, experimen-
tal studies demonstrated that V0 might not be consistent across preload, afterload and/or
inotropy [2] (See Chapter 6 Figure 6.4). Indeed, although local linearisation of the ESPVR
could be a reasonable approximation for clinical purposes, the ESPVR is not linear as em-
phasized by the work performed by Burkhof et al. Burkhoff et al. [2]. Also, one important
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issue with V0 lies in its measurement inability. We should imagine an experimental setting
in which despite the fact that the heart is maximally contracted, the intraventricular pres-
sure would be zero. V0 is only a theoretical quantity, derived from a model which is wrong
theoretically and experimentally [2]. Therefore, no ground truth exist for V0 assessment.

Traditional methods for time-varying elastance analyses involve on the one hand an
intraventricular placement of a high fidelity microtip manometer pressure transducer, on
the other hand a ventriculography, MRI aquisition or the use of a conductance catheter
to record intraventricular volume, and finally require to record PV loops at various load-
ing conditions. The pioneering works were performed on explanted canine hearts [35].
Improvements in experimental settings allowed to performed time-varying elastance as-
sessment in conscious dogs [25; 31; 15] and later in humans [21; 14] by using a transient
inferior vena cava occlusion manoeuvre. The invasive requirement of these methods lim-
ited the translation of the time-varying elastance concept to clinical settings.

8.1.2.2 Ees estimation methods

Mathematical modelling helped to improve the experimental setting in order to withdraw
the requirement for multiple-beats measurement method. For example, authors simulated
the theoretical ventricular pressure that would be developed if no ejection would occur,
by fitting a cosine [38] or a fifth-order polynomial [17; 39] function on the isovolumic
contraction and relaxation pressure, which allowed to estimate Ees from a single-beat
PV measurement. These methods still required invasive measurement of pressure and
volume in the left ventricle. However, Senzaki et al. [29] proposed a single-beat Ees and
V0 estimation method, which paved the way for fully non-invasive single-beat estimation
frameworks of Ees and V0 [30; 7; 9].

The most recent methods are based on a particular characteristic of the E(t) function.
In 1973, Suga Suga et al. [37] observed that the normalisation of E(t) with respect to
Ees and tmax was consistent across subjects (explanted canine hearts). [29] confirmed this
observation in humans. As Takeuchi et al. [38] and Kjørstad et al. [17], Senzaki et al. [29]
aimed at extrapolating the maximal pressure the left ventricle is able to reach if no ejection
would occur (Pmax) (see Figure 8.1). They use the “unicity” property of normalised E(t)
(EN (tN)) to derive Pmax:

Pmax =
Paod

EN
(
tN
aod

) , (8.2)

the ratio between EN obtained at end-diastolic time tN
aod

() and Ees (= 1 in normalised
space) being equal to the ratio between Pmax and the aortic end-diastolic pressure (Paod).

Ees being:
Ees = (Pmax − Pes) /SV (8.3)

and combining Equation (8.2) and (8.3), it yields:

Ees =

(
Paod
EN

aod

− Pes

)
/SV. (8.4)

Considering that EN (tN) is unique, therefore is only related to tN
aod

. Investigators
would only need to measure taod , tmax, Paod, Pes and SV to have access to Ees, all of which
being quantities that are easily available under routine clinical situations. However, as
discussed in Chapter 7, and emphasised by the authors in their original publication [29], the
sensitivity to either inter-individual variability of EN and/or either timings determination
is important. Indeed, as illustrated in Figure 8.2, the relationship between and Ees is not
linear, a small measurement error in taod , tmax, or the systematic uncertainty caused by

151



Chapter 8. Evaluation of V0 estimation methods

0 50 100 150
0

100

200

300

Ees

Pes SV

Pmax

V0

Paod

E
(
taod

)

Volume (mL)

P
re

ss
ur

e
(m

m
H

g)

0 1 2 3

0

0.5

1

EN
aod

Time normalised

E
la

st
an

ce
no

rm
al

is
ed

EN
(
tN

)
=

E
(

t
tmax

)
Ees

Figure 8.1 – Determination of end-systolic elastance (Ees) using the method by Senzaki et al. [29].
Left: Graphical method to estimate Pmax from pressure-volume diagram. Right: Transforma-
tion of E(t) into the normalised space EN (tN). Pes: End-systolic elastance; Paod: Diastolic aortic
pressure; Pmax: Maximal pressure that would reach the left ventricle in case of complete isovolumic con-
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the inter individual variability that is not considered when using the “master” EN curve,
would lead to a clinically significant error in Ees estimation.
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Shishido et al. [30] proposed an adapted version, by approximating the ascending part
of the E(t) with two linear functions. It yields:

Ees =

[
Paod +

(Paod − Ped)

ICT
· ET · α− Pes

]
/SV (8.5)

where Paod is the pressure value at the end of the isovolumic contraction time (ICT) i.e.
the opening of the aortic valves, and Ped the pressure value at the end of the diastole. ET
is the ejection time between the opening and the closing of the aortic valves. α is the ratio
between the slope of the two linear functions and was estimated using the following:

α = −0.210 + 1.348 · EF+ 0.682 · ICT
ICT+ ET

(8.6)
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with EF being the ejection fraction.
In 2001, Chen et al. [7] improved also the method described by Senzaki in order to

reduce the Ees sensitivity to measurement errors, by introducing phenomenological terms
linked somehow to cardiac function:

EN,modified
aod

= 0.0275− 0.165 · EF+ 0.3656 · Paod
Pes

+ 0.515 · EN
aod

, (8.7)

EF being the ejection fraction measured by transthoracic echocardiography (TTE) as
the ratio between SV and the end-diastolic volume. Finally, EN,modified

aod is used in Equa-
tion (8.4) to estimate Ees.

8.1.2.3 V0 estimation methods

The methods presented in the previous Section 8.1.2.2 assume a linearisation of ESPVR,
and therefore, V0 can be easily extrapolated from Equation (8.8)

V0 = Ves −
Pes
Ees

(8.8)

Ees, Pes and Ves being the elastance, pressure and volume at end-systole, respectively.
However, as discussed earlier, the linearisation of ESPVR is a wrong theoretical model

by essence, that has been confirmed by experiments [2]. To take into account the non-linear
characteristic of the ESPVR, Mirsky et al. described a non-linear method to fit end-systolic
pressure-volume data [23; 22]. They introduce the concept of maximum systolic stiffness,
focusing the model at the myocardium level. From myocardial stress-strain relationships
in three-dimensional space integrated over an ellipsoidal model of heart, Mirsky et al.
[23], demonstrated that pressure at end-systole was a non-linear function of end-systolic
volume:

Pes = km
γ

G
·max (Eavg) · log

Ves
V0

(8.9)

with km being a constant which depends on the midwall short and long axis of the LV, γ a
curve-fit parameter, G the slope of the relation between myocardial stress and end-systolic
pressure (Pes), G being approximated by a linear function of the end-systolic volume Ves,
and Eavg the average systolic myocardial stiffness.

In their work, they observed differences in V0 estimation when calculated solving for
equation (8.9) or Equation (8.1) (see Figure 8.3).

8.1.3 Non-invasive estimation of Ees and V0 from phenomenological mod-
els

Even though the concept of time-varying elastance suffers from theoretical limitations re-
lated to its linear end-systolic pressure-volume relationship description which is non-linear
by essence [2; 23; 22], it helped clinicians, physiologists and modellers to access global sys-
tolic properties of the left ventricle, withdrawing the requirement for invasive pressure and
volume measurement acquired during extreme variations of loading conditions. Indeed, in
original publications by Chen et al. [7] and Gayat et al. [9], the authors used non invasive
estimation of the term we called Paod in Equations (8.4) and (8.7), that was replaced by
Pd which simply accounted for brachial diastolic pressure. They also used the method
provided by Kelly et al. [16] to estimate Pes from systolic brachial pressure Ps by using
Pes = 0.9× Ps.

Therefore non-invasive estimation of not only Ees and V0, but Ea and Vva were rendered
available for anaesthetists and intensivists, from simple clinical measurements [11], the
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latter being associated with ventricular-arterial coupling and so forth myocardial energetic
expenditure.

8.1.4 Theoretical biomechanical model of ESPVR

As presented in Chapter 2 The hyperelastic potential used in the model was described
by Chapelle et al. [6], and modified by Caruel et al. [3]. The hyperelastic potential is
written as:

We = C0 · eC1(J1−3)2
+ C2 · eC3(J4−1)2

, (8.10)

where J1 = I1 · I3−
1
3 and J4 = I4 · I3−

1
3 , being the reduced invariants of the Cauchy-

Green strain tensor, I3 = det
(
C
)
and (C0,C1,C2,C3) the parameters of the hyperelastic

potential.
Assuming spherical geometry and a maximum tension the heart can develop, the stress

expression can be written as (see [3]):

Σsphere (efib) =
n0 (efib) · τ0
1 + efib

+ 4
(
1− C−3) ∂We

∂J1
+ 2

∂We
∂J4

(8.11)

with n0 and τ0 being respectively the Starling effect associated with the fibre extension
efib and the contractility when the heart is maximally contracted, and C = (1+ efib)

2 the
circumferential component of the Cauchy-Green strain tensor.

At equilibrium, the ventricular pressure can be written as a function of the fibre exten-
sion efib, the constitutive tissue stiffness parameters Ci (i ∈ 0, . . . , 3 ) and of the thickness
of the sphere at stress-free reference configuration attested by ε (adapted from [4]):
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P0D = ε ·Σsphere (efib) ·(1 + efib)
(
1 + efib − ε

2
(1 + efib)

−2
)−2 (

1 + ε (1 + efib)
−3
)−1

(8.12)

Also, our geometrical model allows to write efib as a function of ventricular volume (V)
(See Chapter 2 Equation (2.19)).

8.1.5 Aim of the chapter

We propose a method in which E(t), Ees, and V0 are fully derived by our biomechanical
model (See Chapter 1). Our objectives are 1/ to evaluate the sensitivity of our method with
respect to changes in preload, afterload and contractility; 2/ to compare the variability
of our method as compared to the methods proposed by Senzaki et al. [29],. Chen et al.
[7] and Shishido et al. [30] and; 3/ to verify that the E(t) generated using our framework
fulfills the normalisation criteria observed in Suga et al. [37].

8.2 Method

8.2.1 Proposed procedures to estimate Ees and V0

We used the datasets of 5 patients extracted from the database described in details in
Chapter I. From the patient-specific models, we first identified Ees and subsequently V0,
by using the phenomenological and the biomechanical methods.

We sequentially modified in silico the loading conditions in order to modify the stroke
volume (SV) and/ or the end-systolic pressure (Pes) by ± 10%. We decreased/increased
either the preload or either the distal resistances of the biomechanical model in order to
reach the 10% changes of SV or Pes. From these new conditions, we applied our biome-
chanical and phenomenological estimation methods. We finally compared the variability
of the Ees and V0 obtained between the estimation methods available.

We also modified the contractility of the biomechanical model in order to operate a ±
10% change in SV, and we compared the Ees values obtained with the different methods,
and the V0 variability.

We finally verified that the E(t) obtained with the biomechanical method were within
the normalised time-varying elastance ranges provided by Suga et al. [37].

8.2.1.1 From phenomenological models

The data used for calibration of the biomechanical model were also used for the estimation
of Ees and V0 from the phenomenological models and are described in detailed in chapter 1:

– From trans-thoracic echocardiography we evaluated the isovolumic contraction time
(ICT), as the time between the end of the auricular contraction, assessed by the
end of the A wave on the mitral Doppler flux, and the beginning of the ejection, as
assessed by the beginning of the aortic Doppler flux evaluated on the left ventricular
outflow tract.

– the ejection time (ET) was evaluated as the duration of ejection, as evaluated on the
aortic Doppler flux;

– the end-systolic pressure (Pes) was obtained on the simulated ventricular pressure
as the maximal distance between the ventricular pressure signal and a straight line
traced between maximum and minimum ventricular pressure (method derived from [19])
(See figure 8.4);
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– the aortic end-diastolic pressure (Paod) was obtained as the local minimum of the
simulated aortic pressure;

– the SV was computed as the difference between the maximal and the minimum
ventricular volume (simulated);

– the ejection fraction (EF) as the ratio between SV and the end-diastolic volume (Ved);
– EN

aod
was estimated using the normalised time-varying elastance curve obtained in [36],

and the ICT.
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Figure 8.4 – Example of the method used to identify end-systolic pressure (Pes). Left: Pres-
sure signal from which is identified the end-systolic pressurePes point. The local minimum and
maximum of the pressure signal is identified. The maximal distance from the pressure signal to
the straight line drawn from the local minimum and maximum corresponds to the Pes. Right:
Equivalence in pressure-volume loop space.

Using these informations, we were able to solve for Equations (8.4), (8.5) and (8.7). As
the sensitivity to EN

aod
has already been studied in Chapter 7, we estimated EN

aod
only once

(when ETT measurements were available), all the other parameter values being obtained
using the results of the simulation performed with the biomechanical model at different
loading and contractile state.

8.2.1.2 From biomechanical model

As discussed in Section 8.1.4, the theoretical ESPVR can be calculated statically at max-
imal contraction (Equation (8.12)). However, in dynamic simulations, the static maximal
contraction may not be reached (see Figure 8.5). In other words, the relaxation begins
before the maximal contraction occurs.

For a given afterload, the rate at which the contraction occurs is governed by deter-
minants of the Force - Velocity relationship of the model – namely the amplitude and the
rate of activation of the myocardium, the rate of attachment and destruction of the actin-
myosin cross bridges, and the viscous active component (See Chapter , Section 1.5.2.6 and
Figure 1.21). Finally, the destruction rate of the actin-myosin cross-bridges is governed in
our model by a parameter α0D (See Equation (1.31)). The calibration of α0D was discussed
in Figure (8.6).

The latter parameter may help to get dynamically closer to the theoretical static
ESPVR. However, experiments suggests that this behaviour may be non-physiological
(See Figure 8.6).

No physiological experiment was performed in intact human samples at 37◦C. We
therefore chose an α0D = 12 as the results provided in Figure 8.6, suggest better fit with
mammalian data.
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Figure 8.5 – End-systolic elastance (Ees) Estimation methods. Left: Dynamic method. The
PV loop are obtained under various loading conditions (preload and afterload variations). We
can observe that the end-systolic pressure-volume point (Pes) does not reach the theoretical end-
systolic pressure-volume relationship (ESPVR). The end-systolic elastance is estimated using the
Dynamic estimation method (Edyn

es ). Right: Zoom around the Pes point where the static isovolume
(EiV

es ) and isopressure (EiP
es ) methods are displayed. The V0 is subsequently calculated after Ees

estimation. ESPVR: end-systolic pressure-volume relationship; EDPVR: End-diastolic pressure-volume
relationship
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Figure 8.6 – Force-Velocity relationship. (a) Data from human cardiac cells sample at 37◦ C. The
calibration of the active part of the model was performed using different destruction rate (α0D =
0, 5 or 12). (b) Data from rat cardiac tissue at 25◦ C. (c) Simulation performed with different
sarcomere length. lhs: length of half-sarcomere; T/T0: Stress variation, relative to stress at reference
configuration. Data reproduced from Land et al. [18].
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We designed three methods to estimate Ees, all of which being evaluated (Figure 8.5).

- Dynamic estimation of Ees – (Edyn
es ). The method relies on an in silico reproduc-

tion of the original experimental method described by Suga [34]. From the calibrated
model, we varied the preload and afterload and simulated the PV loop, in order
to obtain 5 different conditions. We identified the Pes point by using the method
described in Section 8.2.1.1, and performed a linear regression. The slope and the
intercept of the linear regression correspond to our estimated Ees and V0.

- Static estimation of Ees – Isopressure (EiP
es ). The method is based on the

statical description of the ESPVR. We first identify the Pes point by using the method
described in Section 8.2.1.1. We further identified the isopressure point on the ESPVR
and solve for first derivative of Equation (8.12). The slope of the tangent corresponds
to the Ees.

- Static estimation of Ees – Isovolume (EiV
es ). The procedure is similar as presented

for isopressure but rather than fixing an isopressure, we identified the isovolume point
on the ESPVR, the tangent on this point corresponding to the Ees

We calculated the intercept (i.e. V0), of the linear function characterised by the slope
Ees passing through Pes point. We further applied Equation (8.1) to estimate E(t) function,
with the simulated P (t) and V (t), and the estimated V0.

8.2.2 Outcomes

We evaluated the variability of the estimated V0 with respect to the loading conditions and
with respect to the contractility. From the original calibrated condition, we estimated the
original V0 for all the six methods – namely dynamic, static isopressure, static isovolume,
Senzaki, Chen and Shishido. We varied the preload, afterload and contractility of the
biomechanical model until we reached a Pes (for afterload variation) or SV (for preload
and contractility variations) variation between 10 to 15 % the original Pes or SV value.

For each new condition, we estimated Ees and V0 for all 6 estimation methods. In
theory, the Ees and V0 is not affected by changes in preload and afterload. Therefore, we
expected the Ees and the V0 to be close to the original calibrated estimations. The same
hypothesis is made concerning changes in contractility and stability of V0 estimation.

We calculated the root mean squared error (RMSE) between the original estimations of
Ees and V0 obtained for the 5 patients at baseline and after Noradrenaline administration,
and estimations obtained, from the aforementioned original conditions, after variation
in ±10 − 15% the original SV and/or Pes obtained by manipulating preload, afterload
or contractility, for each method (dynamic, static isopressure, static isovolume, Senzaki,
Chen and Shishido) as follows:

RMSEV0method =
1
N

√√√√ N∑
i=1

(
V0

i
original −V0

i
method

)2
(8.13)

with i = 1,...N; N being at maximum 6 combinations of changing conditions (n varying
conditions = 2 – ±10− 15% the original SV and/or Pes) × (n parameters = 3 – Preload,
Afterload, Contractility) for 10 calibrated datasets (n patients = 5) × (n challenges = 2
– Baseline and Noradrenaline), and

RMSEEesmethod =
1
N

√√√√ N∑
i=1

(
Ees

i
original − Ees

i
method

)2
(8.14)
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with i = 1,...N; N being at maximum 4 combinations of changing conditions – (n varying
conditions = 2 – ±10− 15% the original SV and/or Pes) × (n parameters = 2 – Preload,
Afterload) for 10 calibrated datasets (n patients = 5) × (n challenges = 2 – Baseline and
Noradrenaline). We considered each dataset independently.

8.2.3 Statistical analysis

The results are provided as median [IQR – interquartile ranges] or number (%). A p was
considered statistically significant beyond 0.05.

8.3 Results
Physiological analysis of Noradrenaline effects

The parameters calibrated for the 5 patients at baseline and at peak effect of Nora-
drenaline are provided in Table 8.1. The haemodynamic indicators used for phenomeno-
logical estimations and biomechanical calibration are provided in Table 8.2.

Table 8.1 – Patient-specific main parameters before and after Noradrenaline administration.

Rref dref cycle length Ci Ped τ0 Rd Cd Rp

Patient12
Baseline 3 0.83 1.34 [637,2.4,99,5.5] 7 85 1.18 1.82 1.76
Noradrenaline – – 1.39 – – 95 2.83 0.86 2.31

Patient16
Baseline 2.8 0.84 0.93 [635,2.4,98,5.5] 7 75 1.65 0.73 1.32
Noradrenaline – – 0.99 – – 95 2.93 0.58 2.86

Patient18
Baseline 3.1 0.86 1.19 [1272,2.4,198,5.5] 14 85.5 1.28 1.09 3.52
Noradrenaline – – 1.29 – – 105 1.74 0.74 4.4

Patient21
Baseline 3.1 0.9 0.77 [635,2.4,99,5.5] 7 110 0.7 1.49 1.98
Noradrenaline – – 0.91 – – 110 1.49 0.99 1.43

Patient69
Baseline 2.6 0.85 0.87 [636,2.4,99,5.5] 7 75 1.4 1.16 1.64
Noradrenaline – – 0.99 – – 100 2.62 0.63 3.08

Rref: Radius at stress-free configuration (cm); dref: Wall thickness at stress-free configuration (cm); cy-
cle length: (s); Ci: Stiffness parameters; Ped: End-diastolic pressure (Preload) (mmHg); τ0: Contractil-
ity (kPa); Rd: Distal resistance (1e08Pa.s.m−3); Cd: Distal capacitance (1e−08m−3.Pa−1); Rp: Proximal
resistance (1e07Pa.s.m−3)
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Table 8.2 – Patients haemodynamic data at Baseline and after Noradrenaline administration used
for phenomenological estimations and biomechanical model calibration.

Paod Paos SV EF EN
aod ICT ET tmax

Patient12 Baseline 47 73 83 59 0.12 160 415 579
Noradrenaline 77 115 57 41 0.12 158 428 586

Patient16 Baseline 54 88 51 47 0.08 144 595 737
Noradrenaline 82 123 40 37 0.08 146 720 872

Patient18 Baseline 43 97 65 44 0.06 91 570 661
Noradrenaline 53 122 62 42 0.05 86 578 664

Patient21 Baseline 50 101 81 58 0.05 69 435 504
Noradrenaline 85 121 68 49 0.08 92 450 544

Patient69 Baseline 53 72 50 61 0.07 78 453 533
Noradrenaline 82 117 42 52 0.08 83 445 529

Paod: Diastolic aortic pressure (mmHg); Paos: Systolic aortic pressure (mmHg); SV: Stroke volume
(mL); EF: Ejection fraction (%); EN

aod : Normalised elastance at end-diastole; ICT: Isovolumic contrac-
tion time (ms); ET: Ejection time (ms); tmax: time to maximum elastance (ms)

Figure 8.7 shows the results of Ees and V0 estimations using the 6 different meth-
ods described in Section 8.2. We can observe that the interindividual variability of both
Ees and V0 is minimal with the static iP method, as compared with the other meth-
ods. Also, the difference in Ees estimated by the different methods is globally significant
(p - value = 0.01). The difference in V0 estimated by the different methods is globally
significant (p - value < 0.001).

Furthermore, time-varying elastance theory states that V0 should be loading and con-
tractility independent. Noradrenaline has the potency to act both on loading conditions
and on contractility. Table 8.1 and Table 8.2 demonstrated that the Noradrenaline ad-
ministration was followed by important changes in loading conditions and in contractility,
and the resulting effect on the end-systolic conditions was also significant. However, we
observed that, even if the changes in physiological conditions are important, the V0 re-
mained stable from baseline to peak effect of Noradrenaline, only for static iP method
(Figure 8.7).

If we consider EesiP variation after Noradrenaline administration, intuitively, since
Noradrenaline increases contractility, we would have expected Ees to increase. This is
not the results we observed as EesiP stays stable within our 5 patients. Noradrenaline is
an α1 and β1 adrenoreceptor agonist, and even if an increase in contractility is expected
with Noradrenaline administration, the effect on the “true” Ees caused by the increase
in contractility might be counteracted by the tremendous increase in Ea which is closely
dependent to the vascular conditions. However, if we look into details the results observed
in our 5 patients, we observed that Ees decreased after Noradrenaline only in Patient
12, for whom V0 estimation was also decreased, and in Patient 21, in which no increase
in contractility has been observed. For the remaining three patients (16, 18, 69) the
Noradrenaline was associated with an increase in Ees along with a relative stability of V0
estimation (Table 8.3).
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Figure 8.7 – V0 and Ees estimations by methods before and after Noradrenaline administration.
The boxplots represent the distribution of the estimated indicators for the 5 patients at calibration
condition. Left: V0 estimation; Right: Ees estimation. b: Baseline; n: Noradrenaline; Dyn:
dynamical, iP : static-isopressure, iV static-isovolume, Se: Senzaki, Sh: Shishido, Ch: chen

Table 8.3 – Ees and V0 estimated from original condition before and after Noradrenaline adminis-
tration, using the static isopressure method

Ees V0 τ0

mmHg.mL−1 mL kPa
Patient12

Baseline 2.29 26 85

Noradrenaline 1.59 11 95
Patient16

Baseline 1.95 13 75
Noradrenaline 2.23 13 95

Patient18
Baseline 1.5 17 85.5
Noradrenaline 1.79 17 110

Patient21
Baseline 2.97 25 110
Noradrenaline 2.61 25 110

Patient69
Baseline 4.41 15 75
Noradrenaline 4.73 14 100
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Stability related to parametric deviations

Figure 8.8 demonstrates the results of the stability of V0 and Ees estimations with respect
to the variations of the physiological conditions (i.e. preload, afterload and contractility for
V0, preload and afterload for Ees). The method that offers the better V0 and Ees stability
is again the static isopressure method. This was evaluated on the 5 patients with and
without Noradrenaline administration, for variations of ± 10-15% the original Pes and/or
SV obtained after modification of the preload, afterload and/or contractility parameters.
The RMSE is evaluated as the difference between the variation and the original condition
(n = 60 and 40 respectively for V0 and Ees). The between group differences is statistically
significant (p - value < 0.001).
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Figure 8.8 – Stability of V0 and Ees with respect to the variations of haemodynamic condition
after change of preload, afterload and/or contractility parameters, from original calibration. Left:
The box plot represents the distribution of the root mean square error between the V0 calculated
from varying preload, afterload and contractility and the V0 estimated from original configuration
calibrated on 5 patients’ data with and without Noradrenaline administration. Each parameter
(preload, afterload contractility) was varied twice, increased or decreased in order to vary the Pes
or the SV by 10 to 15%. Right: Same for Ees. Here the variation of contractility is not displayed
as Ees is supposed to be very sensitive to this parameter. Dyn: dynamical, iP : static-isopressure,
iV static-isovolume, Se: Senzaki, Sh: Shishido, Ch: chen.

According to these results, in the rest of the document, we use the static isopressure
method to estimate V0 and Ees from biomechanical model.

Sensitivity of E(t) to V0

In the previous Section, we evaluated the stability of V0 to preload, afterload and
contractility, when determined using various methods. The method which offers the more
stable estimation of V0 is the method called static isopressure. In this section, we aimed
to evaluate the sensitivity of E(t) tracing to V0 variations, and to verify that the E(t)
normalisation according to Ees and tmax behaves in a similar manner than the EN (tN)
provided by Suga et al. [37].

We used the results of the calibrated simulation performed using the data from 5
patients (Patient 12, 16, 18, 21 and 69) at baseline (Table 8.1). We first used the static
isopressure method to estimate V0 for the calibrated condition. Second, we modified the
preload and the afterload in order to deviates the Pes and/or the SV by 10 to 15% the
original calibrated outputs, and we estimated the V0 associated with the modified loading
condition. It yields slightly different V0 as compared with the original V0 (the difference is
in accordance with the values observed in Figure 8.7). As our objective is to evaluate the
effect of an error in V0 estimation, we used the modified V0, associated with the original
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Figure 8.9 – Left: Effect of V0 variations on E(t) and Right: on EN (tN) . The V0 ranges
were obtained by using the static isopressure method at different preload and afterload conditions,
deviating from the calibrated original condition.
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calibrated P (t) and V (t) values to estimate E(t). Figure 8.9 shows the effect of these
errors in V0 estimation on E(t) and on EN (tN) tracings.
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Figure 8.10 – Normalised elastance from data from Suga et al. [37] (blue) and from biomechanical
model (red). Left: The red curve is the mean of the normalised E(t) obtained from original patient
specific calibration performed on 5 patients at baseline and after Noradrenaline administration.
Right: We simulated deviation from these original conditions by applying a change in preload,
afterload, and contractility in the biomechanical model. The changes were prescribed in order both
to increase and decrease the end-systolic pressure (Pes) (for afterload), and the stroke volume (SV)
(for contractility or preload) by 10 to 15% the original Pes or SV. The dotted lines correspond to
the standard deviation of the EN curves used.

We can note that most of the difference is observed on the maximal elastance Ees,
and to a lower extent on the second portion of the ascending curve of the E(t) function,
for all 5 patients. A second observation relies on the fact that even if large differences
as compared with the original calibrated condition can be observed in E(t) tracing (See
Patient 18, Figure 8.10), it does not translate into important changes in normalised space.
This reinforces our findings discussed in Chapter 7, in which we warn about the use of the
master EN (tN) curve to estimate accurately Ees. If the master EN (tN) curve is used, as
exemplified with the Patient 18, a small variation in EN (tN) could lead to a great error
in Ees.

Finally, we aimed to verify that our E(t) tracings using our static isopressure method
reproduce the observations made by Suga et al. [37] concerning the within and between
patient uniqueness of the EN (tN)master curve. Figure 8.10 plots the normalisation of E(t)
curves obtained by using the calibrated datasets (n = 10) and the results obtained after
preload, afterload and contractility variations (n= 60), provided in Figure 8.9, against the
results reproduced from Suga et al. [37].

8.4 Discussion

In this Chapter, we proposed a framework to estimate the V0 parameter of the time-varying
elastance concept, from a calibrated patient-specific biomechanical heart and vessel model.
By systematically analysing the candidate methods, comparatively with the existing phe-
nomenological methods, we demonstrated by using 5 patient cases that the method called
static isopressure offers the V0 estimation that is the most stable with respect to preload,
afterload, and contractility variations. We also verified that the E(t) normalisation with
respect to Ees and tmax behaved similarly to the normalised E(t) measured in experimental
conditions by Suga et al. [37].

V0 estimation is not a trivial task as no clinical or experimental setting allows for
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measuring the “true” V0. The time-varying elastance concept is based on the local lineari-
sation of the non-linear end-systolic pressure-volume relationship. This linearised ESPVR
is parametrised by its slope, Ees and its pressure intercept, V0. As the time-varying elas-
tance concept is a linear approximation of a non-linear physical phenomena, V0 may be
flawed and cannot be measured. It is however an important parameter to consider when
manipulating time-varying elastance concept especially for modelling purposes. However,
even if the time-varying elastance concept may be wrong, its use as a surrogate of cardiac
mechanics may be convenient for modelling purposes. It may approximate adequately
cardiac physiology, under clinical settings, without the need to design and parametrise a
complex biomechanical model [26; 33; 5; 28; 12; 8]. Thereafter, the question of a proper
estimation of V0 is important, as it may influence the results of the E(t) modelling.

To assess the performance of the V0 estimation method, we evaluated the stability of
the V0 estimation across various ranges of preload, afterload and contractility variations.
Indeed, in theory, V0 is supposed to be independent of all those 3 conditions [27]. We
tested 6 candidate-methods for proper V0 estimation, and evaluated all those 6 methods
comparatively in order to choose the method which allowed for the most stable V0 es-
timation. We evaluated 3 methods derived from our biomechanical approach, and three
phenomenological methods already available [29; 30; 7]. The method which yields the
most convincing results was the static isopressure method, as it warrants for V0 estima-
tion stability, expected physiological magnitude, and relative concordance with the inter-
and intra-individual unicity of the normalised E(t) curve.

We also provided results regarding Ees stability analysis. Indeed, the linearisation of
ESPVR allows for V0 and Ees estimations. Although V0 is supposed to be loading and
contractile independent, Ees was used as a surrogate of contractile state experimentally [37;
10; 20; 13], and clinically [9; 11]. Therefore, the stability analysis of Ees was focused only
on preload and afterload dependency. We observed even more stable results with Ees than
for V0 stability analysis, when choosing the static isopressure method. We may interpret
this result as a surrogate for strong load-independence of both Ees and V0 estimations,
and a relative contractile-dependence of V0 estimation. This result is consistent with
experimental findings in which V0 was found to be affected by change in contractile state
induced by inotropic drugs. [2].

The interpretation of the results obtained when varying physiology with Noradrenaline
is also interesting. We observed an intra-individual stability of V0 estimation before and
after Noradrenaline administration (Figure 8.7 and 8.3). This is consistent with the the-
oretical principle that V0 may not be affected by changes in preload, afterload and con-
tractility. In our results, even though the ESPVR is non-linear, the physiological changes
consecutive to Noradrenaline administration were not followed by a modification in V0
estimation. This is convenient for modelling purposes, but has to be discussed from a
physiological perspective, as V0 should be relatively dependent on the contractile state.
One interpretation could be that the ESPVR portion in which operated our patients with-
out and with Noradrenaline was located on stable region of the ESPVR with respect to
its derivative. Also, another interpretation could be that the relative changes of inotropic
state was not sufficient to translate into change in V0 estimation. It should be interesting
to evaluate our framework using drugs with more inotropic potency.

Concerning the effect of Noradrenaline on Ees estimation, no change have been ob-
served. This result is surprising as we would have expected an increase in Ees following
Noradrenaline administration. Noradrenaline demonstrates strong α1 adrenoreceptor ago-
nist effect and to a smaller extent, a β1 adrenoreceptor agonist effect. The resulting effect
would be in vivo a strong vasoconstriction with a small increase in contractility. However,
it has been demonstrated that Ees could be associated with inotropic state [37; 10; 20; 13],
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although it remains preload and afterload independent. Our first comment is physiolog-
ical. We may imagine a situation in which, while contractility is slightly increasing and
therefore, the ESPVR is slightly upscaled, a relatively bigger shift in operating physio-
logical condition toward the gentler portion of the ESPVR occurs (supposing therefore
a load-dependency). However, we stated earlier that Ees was found to be contractile-
dependent and load-independent. These two statements may be discussed. Indeed, the
contractile-dependency of Ees was observed experimentally by using inotropic drugs with
more β1 effect than Noradrenaline [37; 10; 20; 13]. In these studies, the specificity of Ees
to inotropic state was assessed by demonstrating the absence of association with afterload
or preload state. However, even if load-independence of Ees is strongly suggested by these
studies, it has not be definitively demonstrated, and some experimental studies argued in
the other direction [40; 20; 1]. For example, in the study of Lee et al. [20], Ees has been
associated with contractile indicators that are also preload and/or afterload dependant.
A reasonable compromise would be to say that the load-dependency of Ees is relatively
small as compared to its strong association with inotropic state. Therefore, in light with
this hypothesis, and since the α1 effect of Noradrenaline is larger than the β1 effect, then
we may observe a shift of the end-systolic pressure-volume point toward a gentler portion
of the upscaled ESPVR. The net effect could be either a decrease or no change in Ees,
associated with a decrease in V0. This may explain the results obtained in Patient 12 (See
Figure 8.11). The last comment concerning this question comes from the results observed
in clinical studies. Gayat et al. showed an association between Ees and Dobutamine infu-
sion [9]. In 2017, Wong et al. [41] evaluated the haemodynamic response of a step increase
of Dobutamine infusion from introduction to 10 to 20 mcg/kg/min, evaluated on invasive
measurement of PV loop. Ees was found to be increased by the first Dobutamine infusion
step, but remained stable from 10 to 20 mcg/kg/min. Recently, Guinot et al. [11] pub-
lished a clinical study, evaluating the effect of Noradrenaline infusion in patients admitted
in intensive care units using Ees estimation and ventricular-arterial coupling. They found
that Ees was increased and the Vva improved, especially in patients for whom administra-
tion of Noradrenaline was followed by an increase in stroke-volume (the “SV-responders”).
The authors conclude that their results demonstrate in vivo the gentle inotropic effect of
Noradrenaline. In their study, both Gayat et al. [9] and Guinot et al. [11] used the Chen’s
algorithm. Our results are consistent with their observations, as we also observed a global
increase in Ees if we used the Chen’s algorithm (see Figure 8.7).

We also evaluated our V0 estimation method from the perspective of the time-varying
elastance transformation of the PV relationship. Especially, we verified that the normalised
E(t) (EN (tN)) function calculated using our estimated V0 was consistent with the obser-
vation made by Suga et al. [37] in which EN (tN) was found very stable within and across
subjects. We observed discrepancies between the EN (tN) curve provided by Suga et al.
[37] and our results. This can be explained by the different heart characteristics, as Suga
et al. [37] involved explanted canine heart. We may expect differences related to different
size of the canine as compared with human hearts. We may also hypothesised that our
method tends to increase V0 (as the isopressure method is the one which selected the
steepest Ees for a given Pes), and in turn, increases globally E(t) (see Equation (8.1)). It
may affect the ascending part of the EN (tN) curve, which can in turn have impact on
time-varying elastance modelling. This question has to be specifically addressed.

Also, the EN (tN) curves analysis, reinforces the findings obtained in Chapter 7 as
we observed that small errors in EN

aod
may be translated into important errors in Ees

estimation. In line with this results, we argued against the EN (tN) curve-based Ees
estimation methods.

Our results are limited by several factors. First, we did not use the reference method

166



8.5. Conclusion

−50 0 50 100 150

0

100

200

300

V0
base

V0
nor

Volume (mL)

P
re

ss
ur

e
(m

m
H

g)

Patient 12

Baseline
Noradrenaline

40 60 80 100

60

80

100

120

140

V0
base

V0
nor

Ees
base

Ees
nor

Volume (mL)

P
re

ss
ur

e
(m

m
H

g)

Patient 12

Baseline
Noradrenaline

Figure 8.11 – Pathophysiological exploration of the effect of Noradrenaline on the V0 and Ees
estimations for Patient 12, using the static-isopressure method. Left: Pressure-volume (PV) loops
(bold) plotted using calibrated simulations from the biomechanical model, the corresponding end-
systolic pressure-volume relationship (ESPVR) (dashed), and their respective linearisation at the
end-systolic pressure, before (base) and after the administration of Noradrenaline (nor). Right:
A focus on the end-systolic PV point. In this patient Noradrenaline administration was followed
by a 12% increased in contractility (τ0), and a by a 140% increase in distal resistances (Rd). This
translates into a slight upscaled of the ESPVR, and into a relatively more bigger shift of the
operating end-systolic PV point to the right of the ESPVR. The net effect is a decrease both in
V0 (from 26 to 11 mL) and in Ees (from 2.29 to 1.59 mmHg.mL−1). This is a demonstration of
how Ees and V0 may be dependent of the loading conditions. Even though an increase in inotropic
state is observed, we observed a decrease in Ees because of its loading dependency. The balance
between contractility variations and loading variations would probably be a better determinant of
Ees rather than contractility variations alone.

for Ees and V0 estimation method. This method involves invasive measurements performed
in cardiac cathlab, as they require the measurement of the ESPVR. On top of the invasive
intraventricular pressure and volume measurement, the ESPVR measurement necessitates
invasive manoeuvres that modify preload (e.g. inflation of a balloon inside the inferior
vena cava) [15], or afterload (e.g. tightening of aorta). This method is not suitable under
clinical conditions. Second, our analysis was performed on a small subset of patients. It
could have introduced selection bias, and our results should be confirmed in a larger study
involving more patients. Third, our V0 estimation method is not ideal since the slope
of the linearised ESPVR (Ees) is derived directly from the theoretical ESPVR which is
not reached during a cardiac cycle. The V0 is found by shifting this slope to the Pes PV
point. This may introduce inaccuracies with respect to the “true” Ees and the “true” V0.
However, Ees and V0 are not physiological quantities, as they are constructed using the
time-vaying elastance concept which is a geometrical description of the ESPVR rather
than a physiological description. Therefore, no “true” Ees or V0 can be measured, and
their estimations are necessarily dependent on the approximations chosen for estimation.

8.5 Conclusion

This Chapter describes and evaluate the performance of a V0 and Ees estimation method
based on a calibrated biomechanical heart and vessels model. By using the derivative of
the analytical description of the end-systolic pressure-volume relationship, we were able to
defined Ees and the subsequent V0. Our static-isopressure method was found to provide
the most stable V0 and Ees estimations as compared with the other five methods based on
various biomechanical or phenomenological principles. By using our proposed method, we
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were able to interpret the physiological effect of Noradrenaline, to estimate the complete
E(t) function, and to verify the relative adequacy with the normalised E(t) observations
made by Suga et al. [37]. Our method paved the way for a complete biomechanical
description of a time-varying elastance model.
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CHAPTER 9

Time-varying Elastance model derived from biome-
chanical heart and vessel model

The time-varying elastance concept is useful for cardiovascular modelling as it allows
to represent a surrogate of cardiac mechanics during systole, and to estimate the left
ventricular (LV) pressure-volume (PV) relationship throughout a cardiac cycle. In this
Chapter, we use a cardiovascular model based on E(t) function that was derived from a
calibrated version of a full biomechanical model (0D model). This framework, coupled with
valve laws and Windkessel model allows to simulate cardiovascular physiology. We aimed
to evaluate the properties of the E(t) model when varying conditions that could affect the
cardio-vascular physiology. In in silico experiments performed from a patient dataset, we
observed that the results of the E(t)model were consistent with those obtained with the 0D
model, even when we varied the preload, the afterload, the contractility and the heart rate.
These results were confirmed by another in silico experiment in which we varied the stroke
volume (SV) and the end-systolic pressure (Pes) by up to 50% the original quantities. We
also performed in silico testing on 61 datasets obtained in 45 patients in which afterload
and preload were varied by up to 20%. During each experiment, we observed that the
differences observed between the E(t) and the 0D models were small and clinically not
relevant. We finally tested in real life conditions the performance of the E(t) model to
reproduce the outputs of the 0D model. On 5 patients in which two sets of calibration were
available (at baseline and at peak effect of noradrenaline), we adjusted the parameters of
the two models from baseline calibration to the new noradrenaline peak effect condition
and observed again that the differences observed between the outputs of the two models
were clinically not relevant. In other words, the clinical decision-making would be similar
when interpreting the results of both models. Our study offers perspective to transfer
biomechanical modelling into clinical settings, by improving the computational time close
to real-time, a condition that is suitable for cardiovascular monitoring purposes during
general anaesthesia or when treating life-threatened patients in critical care units.



Chapter 9. Time-varying elastance model

9.1 Introduction
The purpose of this chapter is to present and analyse a framework composed by a time-
varying elastance model fully derived by a complete and patient-specific biomechanical
model of heart and vessels. In the previous Chapter 8, we proposed a method to estimate
the E(t) function, from a calibrated version of our reduced order biomechanical model. In
the present chapter, we will evaluate a modelling framework in which we replace the active
part of the biomechanical model by the biomechanically-derived E(t) function. This time-
varying elastance model will be compared against the complete biomechanical model. We
will perform several experiments using up to 61 patients’ datasets recorded during general
anaesthesia in which the parameters of the models were deviated from original calibrated
conditions. We will compare the outputs of the time-varying elastance model with the
outputs of the biomechanical model for each tested condition.

9.2 Method

9.2.1 Calibration of the biomechanical model

We used patient-specific versions of the reduced order biomechanical heart model, de-
scribed in Chapter 1, following the methodology described in details in Chapter 10. In
brief, the complete biomechanical 3D model described in Chapelle et al. [3] was reduced
assuming a spherical geometry for the heart cavities [2], keeping all the physical and biome-
chanical properties as in the 3D model. The parameters used in the simulations which
will be modified in the sensitivity analysis are exemplified in table 8.1

We used many sets of calibration to perform our tests. From our database, we selected
1 patient (Patient 12) to perform the in silico qualitative testing (see below). The main
patient specific parameters used for this patient are as follows:
• Geometry

- Sphere radius = 3 cm
- Sphere thickness = 0.83 cm

• Activation (see Chapter 1, Section 1.5.2.4 and Figure 1.20)
- Activation time = [0.095 ; 0.38 ; 0.465 ; 0.475] seconds.
- Amplitude = [-20 ; +35] µVolts.

• Passive properties
- Passive law parameters = [637 ; 2.4 ; 99 ; 5.5].

• Active properties
– Myosin head detachment rate = 12 kPa.s−1

– Contractility (τ0) = 85 kPa
• Windkessel parameters

– distal capacitance = 1.82e-08 cm3.Pa−1

– proximal resistance = 1.76e07 Pa.s.cm−3

– proximal capacitance = 1.92e-10 cm3.Pa−1

To confirm the results in a larger population, we used the calibrated dataset originated
from the complete 45 patients database among which 16 having 2 sets of calibration, at
baseline and at maximum effect of Noradrenaline.

Finally, we used two sets of calibrated data at baseline and at peak effect of Nora-
drenaline originated from 5 patients (Patient 11, 16, 18, 21, 69) to perform a real life
experiment.
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9.2. Method

9.2.2 Static-isopressure estimation of Ees, V0, and E(t)

The method is described in details in Chapter 8. In brief, we used a method based on the
local derivative of ESPVR to estimate Ees, which is subsequently used to estimate V0. We
identified the ESPVR point by looking for the end-systolic pressure-volume (PV) point on
the PV loop. Thereafter, we looked for the isopressure point on the ESPVR. We finally
calculated the first derivative of Equation (9.1) to estimate the end-systolic elastance EesP0D = ε · Σsphere (efib) · (1 + efib)

(
1 + efib − ε

2
(1 + efib)

−2
)−2 (

1 + ε (1 + efib)
−3
)−1

Σsphere (efib) =
n0(efib)·τ0
1+efib

+ 4
(
1− C−3) ∂We

∂J1
+ 2∂We

∂J4
(9.1)

with P0D the theoretical pressure the heart model can reach for a given fibre extension
efib, ε a geometrical term accounting for the myocardium thickness related to the radius
of the sphere at reference configuration, Σsphere the maximal stress at efib, n0 (efib) the
Starling effect at efib, τ0 the contractility, We the hyperelastic potential, J1 = I1 · I3−

1
3 and

J4 = I4 · I3−
1
3 , the reduced invariants of the Cauchy-Green strain tensor, I3 = det

(
C
)
,

and C = (1+ efib)
2 the circumferential component of the Cauchy-Green strain tensor.

Finally, we applied the estimated Ees at the end-systolic PV point Pes to estimate
the intercept of the linear function – i.e. V0. We calculated the complete time-varying
elastance function from the original calibrated setting, using Equation (9.2):

E(t) = P(t)
V(t)−V0

(9.2)

9.2.3 Modelling heart and vessels using biomechanically derived E(t)

In the time-varying elastance model, the active and passive components of the biomechan-
ical model are substituted by the following laws:{

P(t) = E (t) · [V (t)−V0]− ηs
VV̇ (Systole)

P(t) = EDPVR (V, t) + ηd
VV̇ (Diastole)

(9.3)

with EDPVR representing the static pressure-volume relationship of a filled heart (de-
scribed in details in Part II), E(t) the Time-varying elastance function, P(t), the ventricu-
lar pressure throughout a cardiac cycle, V(t) the ventricular volume throughout a cardiac
cycle, V0 the intercept of the linearised ESPVR, and ηs

VV̇ and ηd
VV̇ a regularising terms

accounting for cardiac viscosity.
The problem is solved by using the valve Law described by the following state equations

(Figure 9.1): 
CvṖ0D = Qv +Qat −Qao

Pat − P0D = LatQ̇at +
(
Kat

for/back
)−1

Qat

P0D − Pao = LarQ̇ao +
(
Kao

for/back
)−1

Qao

(9.4)

with Qv = −V̇, the derivative in time of the ventricular volume, Cv the ventricular ca-
pacitance, Qat and Qao respectively the atrial valve inflow and the aortic valve outflow,
Pat and Pao respectively the pressure at the entrance of the valve system and the output
pressure of the model, Lat and Lar respectively the inductance of the atrial and arterial
valve, Kat and Kao respectively the conductance of the atrial and arterial valve, and P0D

the ventricular pressure.
Using this framework, we were able to vary the parameters to evaluate the correspon-

dence with the biomechanical model when varying conditions.
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Pat
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Kat
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Qat

P0D

Qv = −V̇
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Qao
Kar

back

Kar
for

Pao

Figure 9.1 – Schematic representation of the valve law. Qv = −V̇ (t), the derivative in time of the
ventricular volume V , Cv the ventricular capacitance, Qat and Qar respectively the atrial valve
inflow and the arterial valve outflow, Pat and Par respectively the pressure at the beginning of the
valve low and the output pressure of the model, Lat and Lar respectively the inductance of the atrial
and arterial valve, Kat and Kar respectively the conductance of the atrial and arterial valve, and
P (t) the ventricular pressure.

9.2.4 Experiments to evaluate models adequacy

We used the calibrated datasets described in Section 9.2.1. From these conditions, we
estimated Ees, V0 and E(t) according to the procedure described in Section 9.2.2.

First in silico experiments were performed using one patient calibrated dataset (Pa-
tient 12). We first verified the adequacy between the biomechanical and the time-varying
elastance models at this reference condition. We subsequently evaluated the transition
phase – the behaviour of both models to reach the equilibrium when a perturbation of
initial condition (e.g. here the initial pressure) is applied. Third we modified the afterload,
the preload, the contractility and the heart rate of both the biomechanical and the time-
varying elastance models. The magnitude of change of initial parameters ranged between
-40 to +40% the original parameters. At each step we compared the outputs of the two
models.

Second in silico experiment was performed using the calibrated dataset originated from
the complete database (n= 61 datasets). We used the calibrated datasets as the original
condition and we deviated the preload and the afterload by ± 20%, in order to confirm
the results obtained at the preceding stage.

Third, we realised a real life experiment in which we used the calibrated dataset orig-
inated from 5 patients at baseline. We estimated E(t) function for these 5 patients and
applied the calibrated parameters obtained for peak effect of Noradrenaline condition. We
upscaled the E(t) curve by the proportional factor that linked the contractility parameter
of the biomechanical model at baseline and at peak effect of Noradrenaline. We com-
pared the output of the calibrated biomechanical model with the outputs of the modified
time-varying elastance model at peak effect of Noradrenaline.

9.2.5 Outcomes

In order to evaluate the adequacy between the models, we considered the following in-
dicators: 1/ mean (Paom), systolic (Paos) and diastolic aortic (Paod) aortic pressures; 2/
minimum (Ves) and maximum (Ved) ventricular volumes; 3/ stroke volume (SV) and ejec-
tion fraction (EF); 4/ end-systolic pressure (Pes); 5/ end systolic elastance (Ees), arterial
elastance (Ea), ventricular arterial coupling (Vva) and; 6/ internal work (Iw), external
work (Ew), cardiac efficiency (CE).
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9.2.6 Statistical analysis

The results are presented as median and interquartile ranges (IQR), or as number and
percentage. The comparison between the outputs of the biomechanical and the time-
varying elastance models was performed using a student t-test, with a p value below 0.05
considered as significant.

9.3 Results

9.3.1 Comparison between complete biomechanical biomechanical model
and time-varying elastance derived model: Detailed analysis on 1
patient

9.3.1.1 Correspondence with biomechanical model at initial condition

We used the parameters obtained from the original calibrated condition described in Sec-
tion 9.2.1.

We verified that for the original calibrated condition, the time-varying elastance model
and the biomechanical model corresponded. This is shown in Figure 9.2. We observed
small differences in the filling of the heart (upper right and bottom left panels of Fig-
ure 9.2). However, the end-systolic pressure, the systolic aortic and ventricular pressure,
the aortic diastolic pressure, the stroke volume, and the mean aortic pressure are not
distinguishable.
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Figure 9.2 – Comparison between time-varying elastance and biomechanical models at equilibrium.
Each panel represents outputs of both the time-varying elastance and the biomechanical model.
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9.3.1.2 Initial pressure modification

In this section, we aimed to modify the initial condition of the previously calibrated
configuration described in Section 9.2.1, in order to analyse the convergence rate of the
two models.
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Figure 9.3 – Comparison between time-varying elastance and biomechanical models. The four
panels represents the respective outputs of the two models at calibrated conditions, when decreasing
the initial pressure by half the original configuration.

We chose to modify the initial pressure parameter, by increasing or decreasing it by half
times the original value. The expected behaviour is a slow return to the results observed
in Figure 9.2. Figure 9.3 demonstrated the effects of decreasing the initial pressure by half
the original configuration. The results are similar when increasing the initial pressure from
the original condition. As in Section 9.3.1.1, we observed in the end of the simulations,
that the outputs are superimposed except when considering the filling rate of the ventricle.
However, all the clinically pertinent information are not perturbated when using the time-
varying elastance model as compared with the biomechanical model. Figure 9.3 showed
also the transition time, during which the models equilibrate themselves. We observed
that the convergence rates are similar for both models.

9.3.1.3 Afterload modification – Detailed analysis

In this section, we investigated the effect of afterload variation on the respective outputs
of the two models. By definition, the time-varying elastance model should not be affected
by afterload modification. However, its cardiac mechanics during systole is defined by the
E(t) function, itself estimated by linearising end-systolic conditions. We demonstrated in
Chapter 8 that our method to estimate E(t) was sensitive to loading condition (but to
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a smaller extent than other available methods). To address this issue using time-varying
elastance model, we aimed to evaluate the sensitivity of the outputs of the time-varying
elastance model to afterload variations.

From the original calibrated condition, we sequentially modified the distal resistance
parameter (Rd) from -40% to +40% the original Rd (1.184407e08 Pa.s.cm−3). In order to
maintain the diastolic time constant (τ = Rd × Cd), we also divided the distal capacitance
(Cd) by the corresponding Rd modification factor.
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Figure 9.4 – Results of the in silico afterload variation experiment. The 4 panels show the final
heartbeats of a 5-cycles simulation performed using the time-varying elastance (solid) and the
biomechanical (dashed) models.

Figure 9.4 and Table 9.1 show the final five beats results of the in silico experiment.
Only small discrepancies are observed, predominantly during maximal systole (Paos). The
filling rate of the LV also displays differences between the time-varying and the biome-
chanical models. However, when looking at the indicators that are clinically pertinent
(Paom, SV, Paod) we could consider the two models consistent.

We investigated into details the reasons of these discrepancies. Figure 9.5 provides
PV loop assessment, with the linearised ESPVR. Again, we observed that each PV loops,
characterised by its end-systolic PV point, is located close to the linearised ESPVR. Most
of the differences observed between the two models are held by differences in the dynamic of
the cardiac contraction, and not by end-systolic characteristics. Indeed, the end-systolic
conditions are not affected by afterload variations, for both models, when considering
reasonable ranges of variation.
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Table 9.1 – Comparison between biomechanical (0D) and time-varying elastance (E(t)) models for
various afterload. Original: the calibrated version of the models. The afterload was modified by
changing distal resistance and capacitance in the Windkessel model by -40% to + 40%.

Original +20% +40% -20% -40%
0D E(t) 0D E(t) 0D E(t) 0D E(t) 0D E(t)

Aortic Pressures
Paom (mmHg) 67 67 73 74 78 80 60 59 51 50
Paos (mmHg) 100 100 103 104 105 109 97 96 94 93
Paod (mmHg) 47 47 52 52 56 58 41 40 34 33
Systolic outputs
SV (mL) 83 83 78 79 73 76 89 88 95 93
EF (%) 0.59 0.59 0.55 0.56 0.52 0.54 0.63 0.62 0.67 0.66
Ventricular outputs
Pes (mmHg) 73 73 81 82 87 90 63 63 50 51
Ves (mL) 58 58 63 62 68 65 52 53 46 48
Ved (mL) 141 141 141 141 141 141 141 141 141 141
Bioenergetics
Iw (Joules) 0.28 0.28 0.37 0.36 0.45 0.43 0.2 0.2 0.12 0.13
Ew (Joules) 0.99 0.99 0.96 1 0.93 1.01 1 0.97 0.99 0.95
CE (%) 0.78 0.78 0.72 0.74 0.67 0.7 0.83 0.83 0.89 0.88
Ventricular arterial coupling
Ees (mmHg.mL−1) 2.28 2.28 2.19 2.28 2.07 2.31 2.42 2.33 2.5 2.32
Ea (mmHg.mL−1) 1.26 1.26 1.29 1.32 1.28 1.38 1.21 1.19 1.09 1.06
Vva 0.55 0.55 0.59 0.58 0.62 0.6 0.5 0.51 0.44 0.46

Paom: mean aortic pressure; Paos: systolic aortic pressure; Paod: diastolic aortic pressure; SV: stroke vol-
ume; EF: ejection fraction; Pes: end-systolic pressure; Ves: end-systolic-volume; Ved: end-diastolic vol-
ume; Ped: end-diastolic pressure; Iw: internal work; Ew: external work; CE: cardiac efficiency; Ees: end-
systolic elastance; Ea: arterial elastance; Vva: ventricular-arterial coupling.
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Figure 9.5 – Effect of afterload (Left) and of preload (Right) variations on the difference between
the time-varying elastance and the biomechanical models. Pressure-volume loop representation.
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9.3.1.4 Preload modification – Detailed analysis

In this section, we investigated the effect of changes in preload on the output observed
with the time-varying elastance model, compared with the biomechanical model.
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Figure 9.6 – Results of the in silico preload variation experiment. The 4 panels plot show the
final heartbeat of a 5-cycles simulation performed using the time-varying elastance (solid) and the
biomechanical (dashed) models.

Figure 9.6 and Table 9.2 demonstrates the results of the comparative simulations be-
tween the time-varying elastance and the biomechanical model for variations of prescribed
preload ranging from -40 to +40% the original preload (7 mmHg). As expected, we
observed small discrepancies between the time-varying elastance and the biomechanical
models, concerning mostly the maximal pressures (ventricular or aortic). The filling rate
of the ventricle is also affected, but with little effects on the pertinent clinical indicators
(Paod, Paom, and SV).

We also investigated the differences observed in pressure-volume loop space. Fig-
ure 9.5 demonstrated the pressure-volume loops associated with the results presented in
Figure 9.6. Again, we observed that most of the differences between the time-varying elas-
tance and the biomechanical models are related to systolic pressures. Also, we can observe
that for both the models the 5 PV loops are located on the same linearised ESPVR (with
V0 = 26 mL and Ees = 2.3 mmHg.mL−1). This is an important result because, since
that, the end-systolic conditions, and therefore the stroke volume, the mean pressures,
the diastolic pressures, are consistent with respect to the time-varying elastance concept
and across the two models used. Hence, the differences observed in maximal systole are
mostly related to the characteristics of the cardiac contraction and therefore, caused by
the biomechanical model as the cardiac mechanics of the time-varying elastance model is
driven only by a unique E(t) function. These differences are probably caused by an ef-
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Table 9.2 – Comparison between biomechanical (0D) and time-varying elastance (E(t)) models for
various preload. Original: the calibrated version of the models. The afterload was modified by
changing distal resistance and capacitance in the Windkessel model by -40% to + 40%

Original +20% +40% -20% -40%
0D E(t) 0D E(t) 0D E(t) 0D E(t) 0D E(t)

Aortic Pressures
Paom (mmHg) 67 67 69 70 70 72 64 63 61 59
Paos (mmHg) 100 100 101 105 102 109 98 95 96 88
Paod (mmHg) 47 47 48 49 49 50 45 44 42 42
Systolic outputs
SV 83 83 (mL) 86 87 88 91 80 79 75 73
EF 0.59 0.59 (%) 0.59 0.6 0.58 0.6 0.59 0.59 0.59 0.57
Ventricular outputs
Pes (mmHg) 73 73 76 76 78 80 69 70 64 68
Ves (mL) 58 58 60 59 63 60 55 56 52 54
Ved (mL) 141 141 146 146 151 151 135 135 127 127
Ped (mmHg) 7 7 8.4 8.4 9.8 9.8 5.6 5.6 4.2 4.2
Bioenergetics
Iw (Joules) 0.28 0.28 0.31 0.3 0.34 0.32 0.25 0.26 0.21 0.24
Ew (Joules) 0.99 0.99 1.03 1.07 1.06 1.14 0.93 0.9 0.85 0.78
CE (%) 0.78 0.78 0.77 0.78 0.76 0.78 0.79 0.78 0.8 0.76
Ventricular arterial coupling
Ees (mmHg.mL−1) 2.28 2.28 2.24 2.3 2.11 2.35 2.38 2.33 2.46 2.43
Ea (mmHg.mL−1) 1.26 1.26 1.27 1.29 1.24 1.33 1.25 1.25 1.23 1.26
Vva 0.55 0.55 0.57 0.56 0.59 0.57 0.53 0.54 0.5 0.52

Paom: mean aortic pressure; Paos: systolic aortic pressure; Paod: diastolic aortic pressure; SV: stroke vol-
ume; EF: ejection fraction; Pes: end-systolic pressure; Ves: end-systolic-volume; Ved: end-diastolic vol-
ume; Ped: end-diastolic pressure; Iw: internal work; Ew: external work; CE: cardiac efficiency; Ees: end-
systolic elastance; Ea: arterial elastance; Vva: ventricular-arterial coupling

fect of the loading condition on the velocity/length relationship of the cardiac contraction
which depends on external loading conditions (see Chapter 8 Figure 8.6). This hypothesis
should be studied in an extensive analysis of both models.

9.3.1.5 Contractility estimation

In this Section, we compared the outputs of the biomechanical with the outputs of the
time-varying elastance models when we changed contractility (τoriginal

0 = 85kPa). We mod-
ified in the biomechanical model the contractility by -40% to +40%. In the time-varying
elastance model, we multiplied the whole E(t) function by -40% to +40%. Figure 9.7
shows the results of this in silico experiment. Figure 9.8 presented the results in a PV
loop form.

In this experiment, we can observe that for small variation of contractility (-20% to
+20%), which is a modification which is clinically pertinent for anaesthesia and/or inten-
sive care purposes, the main behaviour of the time-varying elastance model looks similar
to the biomechanical model. However, when deviating more from original condition, sig-
nificant differences appeared. If we look qualitatively, most of the difference is held by
maximum systolic condition. Systolic volume and pressure are lower with the biome-
chanical model as compared with the time-varying elastance model, when decreasing the
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Figure 9.7 – Results of the in silico contractility variation experiment. The 4 panels show the
final heartbeats of a 5-cycles simulation performed using the E(t) (solid) and the biomechanical
(dashed) models.
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Table 9.3 – Comparison between biomechanical (0D) and time-varying elastance (E(t)) models for
various contractility. Original: the calibrated version of the models. The afterload was modified
by changing distal resistance and capacitance in the Windkessel model by -40% to + 40%.

Original +20% +40% -20% -40%
0D E(t) 0D E(t) 0D E(t) 0D E(t) 0D E(t)

Aortic Pressures
Paom (mmHg) 67 67 71 70 74 73 60 62 50 55
Paos (mmHg) 100 100 113 112 124 123 85 90 69 79
Paod (mmHg) 47 47 49 49 51 50 42 44 36 40
Systolic outputs
SV (mL) 83 83 90 88 94 91 74 77 61 68
EF (%) 0.59 0.59 0.64 0.62 0.67 0.65 0.52 0.55 0.43 0.48
Ventricular outputs
Pes (mmHg) 73 73 75 74 76 81 68 71 59 64
Ves (mL) 58 58 51 53 47 50 67 64 80 73
Bioenergetics
Iw (Joules) 0.28 0.28 0.23 0.24 0.19 0.24 0.34 0.33 0.38 0.38
Ew (Joules) 0.99 0.99 1.18 1.13 1.35 1.25 0.76 0.83 0.5 0.63
CE (%) 0.78 0.78 0.84 0.82 0.88 0.84 0.69 0.72 0.57 0.62
Ventricular arterial coupling
Ees (mmHg.mL−1) 2.28 2.28 3 2.74 3.62 3.38 1.66 1.87 1.09 1.43
Ea (mmHg.mL−1) 1.26 1.26 1.47 1.4 1.62 1.62 1.01 1.11 0.74 0.92
Vva 0.55 0.55 0.49 0.51 0.45 0.48 0.61 0.59 0.68 0.64

Paom: mean aortic pressure; Paos: systolic aortic pressure; Paod: diastolic aortic pressure; SV: stroke vol-
ume; EF: ejection fraction; Pes: end-systolic pressure; Ves: end-systolic-volume; Ved: end-diastolic vol-
ume; Ped: end-diastolic pressure; Iw: internal work; Ew: external work; CE: cardiac efficiency; Ees: end-
systolic elastance; Ea: arterial elastance; Vva: ventricular-arterial coupling

contractility or the E(t) function by 40%. The value for minored contractility is 51 kPa.
End-systolic conditions are also affected differently when looking at the PV represen-

tation. One explanation could be that to consider the increase in contractility, we had
to modify the mechanics of the time-varying elastance model. We use a simple propor-
tional change from the original E(t) function. Therefore, not only the maximal elastance
was modified but the overall E(t) function. Concerning the biomechanical model, the in-
crease in contractility may not be followed by a proportional increase in the E(t) function
that would be determined from the outputs of the simulation. To further analyse this we
should probably recompute the elastance with modified contractility and compare. Also,
the change in contractility in the biomechanical models may affect the length-velocity re-
lationship (Chapter 8 Figure 8.6). Therefore, discrepancies may arise in end-systole due
to this phenomenon.

9.3.1.6 Heart rate

We explored the effect of the modification of the heart rate on the outputs of both the
models. We sequentially decreased the heart beat duration parameter by [0, 10, 20, 30,
40] percent the original heart beat (44 beats.min−1).

Figure 9.9 shows the results of the simulations. It represents the final heartbeat of a 5
heartbeats sequence simulated with 5 different heart rates. We can observe that for small
heart rate variations, the two models correspond. However, when increasing the heart
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Figure 9.9 – Comparison between the time-varying elastance and the biomechanical models. The
4 panels represent the respective outputs of the two models when increasing the heart rate up to
40%.
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rate more than 20%, we observed differences, mostly related to systolic ventricular and
aortic pressure. For extreme variations (HR = 75 beat.min−1), we also observed that the
atrial contraction did not occur for both the time-varying elastance and biomechanical
models (see bottom left panel of Figure 9.9). The discrepancy between the outputs of
the two models might be explained by this loss of cardiac function. To overcome this
issue we should consider a time adaptation of systolic period, in order to restore the atrial
contraction.

However, even though the differences exist, the overall behaviour of the two models
are similar. Importantly, the stroke volumes and the mean aortic pressures are similar,
and the results may be interpreted in the same manner.

9.3.2 Comparison between the biomechanical biomechanical model and
the time-varying elastance E(t) model: Quantitative analysis on 61
patients’ dataset

In this Section we aimed to confirm the results obtained in the Patient’s example (See Sec-
tion 9.3.1.3 and 9.3.1.4), by reproducing the in silico experiment presented in the preceding
section. We used the data obtained on 45 patients undergoing general anaesthesia on which
we calibrated the biomechanical model. Sixteen patients necessitated administration of
Noradrenaline to restore arterial blood pressure. We sequentially modified the calibration
from the baseline condition of each of the 16 patients to adapt the biomechanical model
to the arterial pressure and cardiac output following Noradrenaline administration. We
obtained 61 sets of calibration on which we performed a sequential 20% increase and 20%
decrease in preload and distal resistances parameters. Table 9.4 presents the results of
the calibrated simulations for the 61 datasets and the effects of preload and afterload
variations on the outputs of the biomechanical model.

Table 9.5 shows the outputs deviation from the biomechanical models when obtained
by the time-varying elastance model, when varying preload and afterload.
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Table 9.4 – Effect of preload and afterload modification on biomechanical model (0D) outputs.
The results are performed on 45 patients on whom 16 received Norarenaline (n = 61 calibration).
The afterload and the preload were modified by changing distal resistance and capacitance in the
Windkessel model or the preload by -20% to + 20%.

Original Preload Afterload
0D decreased increased decreased increased

Aortic Pressures
Paom (mmHg) 87 ± 14 -4 ± 3∗ 2 ± +3∗ -9 ± 4∗ 6 ± 3∗

Paos (mmHg) 122 ± 20 -4 ± 3∗ 2 ± +2∗ -5 ± 3∗ 4 ± 3∗

Paod (mmHg) 61 ± 11 -3 ± 4∗ 1 ± +4∗ -8 ± 4∗ 5 ± 3∗

Systolic outputs
SV (mL) 71 ± 16 -3 ± 2∗ 2 ± 3∗ 6 ± 2∗ -5 ± 3 ∗

EF (%) 55 ± 8 1 ± 2∗ 0 ± 2∗ 5 ± 2∗ -4 ± 2 ∗

Ventricular outputs
Pes (mmHg) 96 ± 18 -6 ± 4∗ 3 ± 5∗ -10 ± 8∗ 8 ± 4 ∗

Ves (mL) 59 ± 18 -4 ± 2∗ 3 ± 3∗ -6 ± 2∗ 5 ± 3 ∗

Ved (mL) 130 ± 25 -7 ± 1∗ 5 ± 1∗ 0 ± 0 0 ± 0 ∗

Bioenergetics
Iw (Joules) 0.46 ± 28 -0.06 ± 0.04∗ 0.04 ± 0.05∗ -0.11 ± 0.06∗ 0.1 ± 0.06 ∗

Ew (Joules) 1.04 ± 0.31 -0.07 ± 0.04∗ -.04 ± 0.03∗ 0.02 ± 0.04∗ -0.03 ± 0.03 ∗

CE (%) 70 ± 13 2 ± 2∗ 1 ± -2∗ -6 ±- 0.02∗ 5 ± -2 ∗

Ventricular arterial coupling
Ees (mmHg.mL−1) 3.04 ± 1.23 0.22 ± 0.18∗ -0.12 ± 0.12∗ 0.3 ± 0.42∗ -0.17 ± 0.12 ∗

Ea (mmHg.mL−1) 1.75 ± 0.47 0.01 ± 0.08 -0.03 ± 0.07∗ -0.02 ± 0.16 0.01 ± -0.05
Vva 0.62 ± 0.14 -0.03 ± 0.02∗ 0.01 ±- 0.02∗ 0.05 ± 0.02∗ 0.03 ± 0.02 ∗

Paom: mean aortic pressure; Paos: systolic aortic pressure; Paod: diastolic aortic pressure; SV: stroke vol-
ume; EF: ejection fraction; Pes: end-systolic pressure; Ves: end-systolic-volume; Ved: end-diastolic vol-
ume; Ped: end-diastolic pressure; Iw: internal work; Ew: external work; CE: cardiac efficiency; Ees: end-
systolic elastance; Ea: arterial elastance; Vva: ventricular-arterial coupling. ∗ p<0.05 as compared with
original calibrated biomechanical model output.
∗ pvalue < 0.05 as compared with calibrated biomechanical model outputs.
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Table 9.5 – Mean difference between outputs of time-varying elastance (E(t)) and of biomechanical
(0D) models for various preload and afterload. Results performed on 45 patients on whom 16
received Noradrenaline (n = 61 calibrations). The afterload and the preload were modified by
changing distal resistance and capacitance in the Windkessel model or the preload by -20% to +
20%.

Original Preload Afterload
E(t) decreased increased decreased increased

Aortic Pressures
Paom (mmHg) +0 ± 1 -2 ± 1∗ +3 ± 2∗ -1 ± 1∗ +2 ± 2∗

Paos (mmHg) +0 ± 1 -4 ± 2∗ +5 ± 3∗ -1 ± 1∗ +3 ± 3∗

Paod (mmHg) +0 ± 1 -1 ± 1∗ +2 ± 2∗ +0 ± 1∗ +2 ± 2∗

Systolic outputs
SV (mL) +1 ±1∗ -1 ± 1∗ +2 ± 2∗ -1 ± 1∗ +2 ± 2∗

EF (%) +0 ± 0 -1 ± 1∗ +1 ± 1∗ -1 ± 1∗ +1 ± 1∗

Ventricular outputs
Pes (mmHg) +0 ± 2 +1 ± 4 +3 ± 6∗ +0 ± 7 +2 ± 5∗

Ves (mL) +0 ± 0 +2 ± -1∗ +1 ± 1∗ +1 ± 1∗ -1 ± 1∗

Ved (mL) +1 ± 1∗ +1 ± 1∗ +1 ± 2∗ +1 ± 1∗ +1 ± 1∗

Bioenergetics
Iw (1e−2Joules) +0 ± 2 +2 ± 2∗ +1 ± 5 +2 ± 4∗ +0 ± 6
Ew (1e−2Joules) +1 ± 1∗ -4 ± 3∗ +8 ± 5∗ -1 ± 4∗ +13 ± 11∗

CE (%) +0 ± 0∗ -2 ± 1∗ 1 ± 1∗ -1 ± 2∗ +1 ± 2∗

Ventricular arterial coupling
Ees (1e−2mmHg.mL−1) -1 ± 8 -17 ± 26∗ +12 ± 16∗ -24 ± 33∗ +13 ± 12∗

Ea (1e−2mmHg.mL−1) +0 ± 3 -4 ± 9∗ +6 ± 9∗ -6 ± 13∗ +6 ± 6∗

Vva (1e−2) +0 ± 0 +1 ± 1 +1 ± 0∗ -1 ± 1∗ -1 ± 1∗

Paom: mean aortic pressure; Paos: systolic aortic pressure; Paod: diastolic aortic pressure; SV: stroke vol-
ume; EF: ejection fraction; Pes: end-systolic pressure; Ves: end-systolic-volume; Ved: end-diastolic vol-
ume; Ped: end-diastolic pressure; Iw: internal work; Ew: external work; CE: cardiac efficiency; Ees: end-
systolic elastance; Ea: arterial elastance; Vva: ventricular-arterial coupling.
∗ pvalue < 0.05 as compared with biomechanical model outputs.
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9.3.3 Real life experiment: models comparison at peak effect of Nora-
drenaline

In this experiment, we analysed the biomechanical and time-varying elastance models
adequacy in real life condition, when the haemodynamic state was modified by the ad-
ministration of Noradrenaline. We selected 5 patients (Patients 12, 16, 18, 21 and 69) for
whom both a calibration at baseline and at peak effect of Noradrenaline were available.
We used the biomechanical model outputs as the ground truth. From the baseline cali-
brated biomechanical model, we estimated the E(t) function, as described in section 9.2.2.
To consider the change in contractility (τ0) induced by the Noradrenaline administration,
we defined a kτ0 =

τpeak
0

τbase
0

factor that is subsequently applied to the E(t) function.

At maximum peak effect of Noradrenaline, we deviated from the parameters value
calibrated at baseline by -34 [-46 to -32]% for the distal capacitance, and by +86 [+77
to +114]% and by +23 [+12 to +27]% for the distal resistance and the contractility,
respectively. The comparative results between the models are provided in Figure 9.10.
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Figure 9.10 – Comparison of haemodynamic indicators obtained using the biomechanical and the
time-varying elastance models after Noradrenaline administration. The results of the biomechan-
ical model represent the ground truth as they are calibrated on the 5 patients’ data. Box plots:
The box plots represent the baseline value of the indicator obtained with the biomechanical model.
Large plots: The blue dots represent the correlation between the results obtained with the biome-
chanical and the time-varying elastance models. The Pearson correlation coefficient is provided.
The RMSE is the root mean squared error between the output of the time-varying elastance and
the biomechanical model, the latter being considered as the ground truth.
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9.4 Discussion

In this Chapter, we aimed to evaluate the ability of a biomechanically derived time-varying
elastance model to represent the outputs of the biomechanical model from which it origi-
nates, when the external conditions applied to the models were modified. We conducted a
step by step analysis, in which we compared the outputs of the time-varying elastance and
the biomechanical models qualitatively for one patient. We also performed a quantitative
analysis, by analysing the differential outputs of the models when varying preload and
afterload by ± 20% from the original calibrated condition for 61 patients’ dataset (n = 45
patients – 16 with baseline and Noradrenaline dataset). We finally compared the models
outputs during a real life experiment in which the models were calibrated at baseline and
at peak effect of Noradrenaline, for 5 patients.

In the qualitative analysis performed on the Patient 12, we observed that the time-
varying elastance model reproduced the biomechanical model outputs almost exactly when
the conditions which were used for E(t) function estimation were met. We verified also that
equilibrium was reached as fast as with the biomechanical model. When we varied external
conditions (i.e. preload, afterload and contractility), the time-varying elastance model
behaves globally as the biomechanical model, for significant biomechanical model’s output
variations. Most of the differences observed in qualitative sensitivity analysis was observed
on maximal systolic pressure (either ventricular and aortic). This deviation was observed
for extreme variations of preload and contractility (± 40% the calibrated parameters), with
an order of magnitude which may not be clinically relevant for anaesthesia and intensive
care issues. The difference was less pronounced for change in afterload. The in silico
experiments performed using the 61 patients’ dataset confirm this observation.

Concerning preload and afterload variations, a reason why differences could exist,
and why differences increased when increasing the magnitude of change in parameters
value, lies in the approximation made by linearising the ESPVR, which is necessary for
time-varying elastance concept. Indeed, the time-varying elastance model is based on
a local linear approximation of ESPVR, which is not linear [1; 5]. This linearisation
was performed at a calibrated condition, based on patients’ data. When deviating from
calibrated condition by actions on preload and afterload, the change of loading conditions
could be responsible for changes in end-systolic pressure volume relationship condition for
the biomechanical model. The time-varying elastance model by essence does not allow
a deviation of its end-systolic pressure volume relationship. The effect of preload and
afterload variations on the E(t) function was already studied in Chapter 8. Therefore, in
our experiment, we could imagine extreme conditions in which the biomechanical model
outputs are located on other regions of the ESPVR, the effect being a discrepancy between
the outputs of the time-varying elastance and the biomechanical models. However, when
looking at Figure 9.5, we observed that the end-systolic pressure volume PV points were
close to the linearisation used to estimate E(t) function, even if differences in pressure
outputs were observed. Another explanation may come from the dynamics of the models.
Indeed, while the E(t) function is unchanging, the dynamics of the biomechanical model
varies with external conditions.

Most importantly when interpreting the variations in preload and afterload, the mean
arterial pressure did not change significantly between biomechanical and time-varying
elastance models’ output, even for significant changes in mean arterial pressure after pa-
rameter variations. Indeed, if we consider the differential model results from a clinical
perspective, we would think about the differences that may lead to different therapeutical
decisions. In our case, a 3-5 mmHg difference in arterial pressure would probably not trig-
ger a differential clinical intervention according to the differential model results. Also, the

190



9.4. Discussion

combination of indicators informs the clinician about the integrity of the cardiovascular
system. An isolated difference in arterial pressure with maintained cardiac output would
probably not lead to a change in medical decision. Therefore, if we consider from this
clinical perspective the results of the time-varying elastance as compared with the biome-
chanical models, we may conclude that for reasonable change in preload and afterload,
the two models behave the same and would probably lead the clinician to act similarly.

We also investigated the effect of the contractility changes on the outputs of the two
models. The contractility τ0 is a parameter which represent the theoretical maximal
contraction a myofilament could exert under a given level of inotropy. In a pressure-
volume relationship space, the effect of a contractility change would lead to a proportional
transformation of the non-linear ESPVR by a factor ∆τ0. The local derivative of the
ESPVR at Pes pressure-volume point (i.e. Ees) should also be modified by the same factor
∆τ0. However, this assumption holds not true if V0 is fixed, as the the derivative of ESPVR
at any point would lead to different zero pressure intercept. In Chapter 8, we observed
that for various contractilities, the V0 might be relatively different if we recalculated the
derivative of the ESPVR. Our time-varying elastance model assumes a fixed V0. This could
explain the differences observed between time-varying elastance and biomechanical models
observed when we varied contractility. Another explanation could be related to the force-
velocity relationship of the myocyte contraction, as discussed in Chapter 8, Section 8.2.1.1.
Some viscous effects, captured in the biomechanical model prevent the dynamic end-
systolic pressure-volume condition to reach the maximal contraction condition, namely the
theoretical ESPVR. The difference of the results obtained with the time-varying elastance
model as compared with those obtained with the biomechanical models can be explained by
this effect, as demonstrated by Figure 9.8, in which end-systolic pressure volume condition
are different between the two models.

Another difference could be discussed when looking at the differential results between
the two models. The filling of the heart models demonstrates differences both when varying
preload and afterload, and when we varied contractility. This is probably related to the
different dynamic of the models. In the biomechanical model, a change in parameter
affects the dynamics of the model. In the time-varying elastance model, the dynamic
is fixed by the original condition. For preload and afterload changes, only the external
conditions are modified. The E(t) function is identical. If in the biomechanical model,
the change in preload and afterload leads to a change in dynamics, therefore we could
expect to observe a difference in the results of the two models. For contractility, in the
time-varying elastance model, the scaling of the E(t) function is different as compared
with the original E(t) function. It is a proportional change that affects the whole E(t)
function, and therefore, which affects the dynamic of the model in early diastole (filling of
the model). This aspect should be discussed further by complementary analysis, to refine
the behaviour of the time-varying elastance model.

We also tested the heart rate effects on the differences between the two models. We
reduced the heart beat duration of both the models and observed a difference in systolic
pressure only for a large increase in heart rate. At the magnitude of change we applied, we
only modified timings that reduced the diastolic timing. The difference we observed for
the highest heart rate might be caused by the fact that the biomechanical model did not
achieve its complete filling. An adaptation in the biomechanical model would be to reduce
the systolic period duration. However, the manner to adjust the systolic and diastolic
time is not trivial [6; 4]. The relative contribution of systolic time period to heart beat
duration varies with loading conditions and contractility. Further research is needed to
explore how to adapt models cardiac rhythm when modifying heart rate.

Finally, we compared in real life setting the outputs of the two models when haemody-
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namic changes from a baseline condition were induced by Noradrenaline administration.
We observed that for significant changes in contractility and afterload, the time-varying
elastance model outputs were closely correlated to the outputs of the biomechanical model.
The differences in Paom, SV, CE, and Vva were small, allowing for the interpretation of
the time-varying elastance model outputs as a surrogate of biomechanical model outputs.

Some perspectives may be considered from our findings. First, our fully biomechani-
cally derived approach allows to consider a patient-specific time-varying elastance model
with only few clinical data available. It necessitates only routine echocardiographic and
monitoring measurements to calibrate the full biomechanical biomechanical model, from
which we can define the time-varying elastance model. The time-varying elastance model
can further be used as a monitoring tool to evaluate the cardiovascular function across rea-
sonable ranges of deviation of preload, afterload, contractility and heart rate. As compared
with the biomechanical model, the time-varying elastance model has the advantages to re-
duce computational time allowing to obtain simulation results in a time frame close to real
time. This aspect needs to be evaluated with some performance computing tests. A prac-
tical approach to use this framework would be to imagine a setup in which the complete
biomechanical calibration is performed only discontinuously when important deviations in
physiological (monitored arterial pressure or cardiac outputs) signals are observed.

Some limitations can be discussed. We studied the ability of the time-varying elastance
model to reproduce the results of the biomechanical model when varying conditions. We
observed that the differences observed between the two models were small and clinically
not relevant, even for significant parameter variations, for the Patient 12 testing. When
looking at the results obtained on the 61 datasets, even if the parametric variation was
close to ± 20%, the change in outputs of the biomechanical model were small and probably
not clinically relevant, except for changes in afterload. One may argue that the absence
of clinically pertinent differences observed between our models could be related to the
absence of effective change in cardiovascular condition. However, the results obtained in
the 5 real life cases, in which the Windkessel parameters were calibrated and in which the
systolic dynamic parameters was adjusted using a simple proportional factor, suggested
that the time-varying elastance model could be used as a surrogate of the biomechanical
model. Further real life experiments should be tested before to conclude on this point.

9.5 Conclusion

This Chapter aimed to demonstrate the ability of the time-varying elastance model, de-
rived from an original calibrated version of the complete biomechanical biomechanical
model, to reproduce the outputs of the biomechanical model when varying physiology –
namely, heart rate, preload, afterload and contractility. By using qualitative testing on
one patient, we observed that the discrepancy between the two models were small, even
for significant changes in model parameters. We confirmed this result by using a dataset
obtained on 5 patients in which the SV and/or the Pes were modified by up to 50% the
original quantities. We finally observed small differences between models in a 61 patients
dataset in which the preload and afterload were modified by up to 20%. These results
taken altogether, suggest a good performance of the time-varying elastance model to fol-
low haemodynamic state, as the biomechanical model, for reasonable deviations from the
calibrated condition in which the E(t) function was determined. In case of a profound
change in cardiovascular physiology, we would recommend to perform a novel complete
calibration of the biomechanical model to restore the adequacy between the two models.
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CHAPTER 10

Cardiovascular modelling for haemodynamic mon-
itoring

During general anaesthesia (GA), direct analysis of the arterial pressure or aortic flow
waveforms may be inconclusive in complex haemodynamic situations. Patient-specific
biomechanical modelling allows to simulate Pressure-Volume (PV) loops and obtain func-
tional indicators of the cardiovascular (CV) system, such as ventricular-arterial coupling
(Vva), cardiac efficiency (CE) or myocardial contractility. In this prospective observational
study, a biomechanical model of heart and vasculature specific to each patient (n=45) un-
dergoing GA was built, while using transthoracic echocardiography and aortic pressure
and flow signals. If intraoperative hypotension (IOH) appeared, diluted noradrenaline
(NOR) was administered and the model readjusted. The accuracy of simulated mean
aortic pressure (MAP) and stroke volume (SV) were in accordance with the guidelines
for the validation of new devices or reference measurement methods in all patients at
baseline. After NOR administration, the percentage of concordance with 10% exclusion
zone between measurement and simulation was > 95% for both MAP and SV. The mod-
elling results showed a decreased Vva (0.64±0.37 vs 0.88±0.43; p=0.039), and an increased
CE (0.8±0.1 vs 0.73±0.11; p=0.042) in hypotensive as compared with normotensive pa-
tients. After NOR administration, Vva increased by 92±101%, CE decreased by 13±11%
(p<0.001 for both) and contractility increased by 14±11% (p=0.002). The work demon-
strates the application of numerical models built for individual patients to estimate PV
loops and functional indicators of CV system using clinical data readily available dur-
ing GA and paves the way for model-augmented haemodynamic monitoring at operating
theatres or intensive care units to enhance the information of patient-specific physiology.
This chapter was published as an original article in PLOS ONE journal in May 2020.
doi: https://doi.org/10.1371/journal.pone.0232830
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Abstract

During general anaesthesia (GA), direct analysis of the arterial pressure or aortic flow
waveforms may be inconclusive in complex haemodynamic situations. Patient-specific
biomechanical modelling allows to simulate Pressure-Volume (PV) loops and obtain func-
tional indicators of the cardiovascular (CV) system, such as ventricular-arterial coupling
(Vva), cardiac efficiency (CE) or myocardial contractility. In this prospective observational
study, a biomechanical model of heart and vasculature specific to each patient (n=45) un-
dergoing GA was built, while using transthoracic echocardiography and aortic pressure
and flow signals. If intraoperative hypotension (IOH) appeared, diluted noradrenaline
(NOR) was administered and the model readjusted. The accuracy of simulated mean
aortic pressure (MAP) and stroke volume (SV) were in accordance with the guidelines
for the validation of new devices or reference measurement methods in all patients at
baseline. After NOR administration, the percentage of concordance with 10% exclusion
zone between measurement and simulation was > 95% for both MAP and SV. The mod-
elling results showed a decreased Vva (0.64±0.37 vs 0.88±0.43; p=0.039), and an increased
CE (0.8±0.1 vs 0.73±0.11; p=0.042) in hypotensive as compared with normotensive pa-
tients. After NOR administration, Vva increased by 92±101%, CE decreased by 13±11%
(p<0.001 for both) and contractility increased by 14±11% (p=0.002). The work demon-
strates the application of numerical models built for individual patients to estimate PV
loops and functional indicators of CV system using clinical data readily available dur-
ing GA and paves the way for model-augmented haemodynamic monitoring at operating
theatres or intensive care units to enhance the information of patient-specific physiology.
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Keywords— Translational research, cardiovascular modelling, model-augmented physi-
ological monitoring, myocardial contractility, cardiac work, pressure-volume loop

Key points

• Biomechanical models of cardiovascular system specific to individual patients have
the potential to augment non-invasively the information obtained by physiological
monitoring, particularly in complex haemodynamic situations in which direct analysis
of arterial pressure or aortic flow waveforms may be inconclusive.

• In a group of patients (n=45) undergoing a neuroradiological intervention under gen-
eral anaesthesia, we showed that patient-specific models allowed to obtain functional
indicators of the cardiovascular (CV) system, such as vascular resistance, ventricular-
arterial coupling, cardiac efficiency or myocardial contractility. These quantities were
compared between normotensive and hypotensive patients, and in the latter ones prior
to and after administering vasoactive drugs.

• Identification of these factors is a valuable addition for physiological monitoring dur-
ing general anaesthesia and potentially at intensive care units throughout medical
specialisations. The work demonstrates the use of numerical models in such an appli-
cation and paves the way for model-augmented haemodynamic monitoring to enhance
the information of patient-specific physiology.

10.1 Introduction

Cardiac physiology is a delicate balance between extrinsic (e.g. preload or afterload) and
intrinsic (e.g. contractility or electrical activation) properties of the heart. Cardiovascular
(CV) failure is the third reason for entering the intensive care unit (ICU) and the second
cause of the in-ICU death [25]. Furthermore, around 230,000,000 general anaesthesia
(GA) are performed each year worldwide [47] and perioperative CV events remain the
main cause of postoperative death [24]. CV management during GA or at critical care
includes CV monitoring based on (and not limited to) arterial pressure and cardiac output
(CO) measurement [12; 34]).

The simultaneous evaluation of the ventricular pressure and volume (PV loop) allows
a functional interpretation of pathophysiological conditions, such as quantifying myocar-
dial energetic expenditure or ventricular-arterial coupling [18], see Figure 10.1). In some
complex cases, the PV loop analysis can bring an additional insight in understanding the
situation [14]. However, as it requires invasive intraventricular pressure measurement, its
usage is not convenient during monitoring.

Patient-specific CV modelling provides a numerical representation of the CV system
in individual patients – a “numerical avatar” – which is becoming a powerful diagnostic
or therapeutic tool. For example, it allows to access the PV loop [21; 37; 6], predict the
success of cardiac resynchronisation therapy [38; 29], or estimate myocardial stiffness and
contractility or vascular resistance under various conditions [15; 7; 46; 35], see also reviews
[8; 45] and references therein. However, a request of fast analysis alongside with restricted
data availability make its implementation within CV monitoring rather challenging.

In the present study, we aimed to evaluate the feasibility of using a monitoring frame-
work augmented by a biophysical model to obtain and interpret the simulated PV loops
and some CV functional quantities, while using only data readily-available during neuro-
radiological procedure.
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Figure 10.1 – Example of PV loop and its interpretation. Cardiac bioenergetics (left): internal
work (Iw) associated with the potential energy or the energetic expenditure necessary to reach
optimal conditions for ejection; external work (Ew) associated with the energetic expenditure of
the ejection; cardiac efficiency (CE) defined as the ratio CE = Ew

Ew+Iw
. Ventricular-arterial coupling

(right): ventricular elastance Ees (slope of the end-systolic pressure-volume relationship, ESPVR,
at end-systolic pressure-volume point); arterial elastance Ea = ESP

SV with ESP being end-systolic
pressure and SV = EDV − ESV the stroke volume (subtraction of end-diastolic and end-systolic
volumes).

10.2 Methods
This prospective and non-interventional cohort study was held in a university hospital in
Paris, and followed the STROBE guidelines for conducting observational studies.

10.2.1 Patients monitoring and data collection

Patients scheduled for intracranial endovascular procedures were selected for inclusion in
this study. Only the patients, for whom continuous arterial pressure and CO monitoring
was indicated for clinical purposes, were included. This study was approved by the ap-
propriate Institutional Review Board – ethical committee of the Société de Réanimation
de Langue Française (CE-SRLF 14-34) – which waived the need for written informed con-
sent. Consequently, oral informed consent was obtained from all subjects after providing a
protocol information letter. Every subject had the possibility to withdraw from the study
at any time.

During neuroradiological procedure, GA was induced and maintained by using to-
tal intravenous anaesthesia (TIVA) using propofol (75-150 mg/kg/min) and remifentanil
(0.2-0.5 µg/kg/min). Oro-tracheal intubation was facilitated using 0.5 mg/kg atracurium
and followed, if needed, by continuous infusion of 0.5 mg/kg/h atracurium. After intu-
bation, ventilation was established to reach an end-tidal CO2 concentration of 35 - 38
cmH2O using a tidal volume of 6-8 ml/kg of body weight.

After GA induction, the monitoring devices were installed. Transoesophageal Doppler
probe (TOD) was inserted into the oesophagus and connected to the CombiQ monitor (Del-
tex medical, Chichester, UK). A transthoracic echocardiography (TTE) was performed in
the beginning of the interventional procedure. A radiopaque wire was advanced from the
femoral artery through the aorta up to cerebral arteries. Invasive arterial pressure was
recorded by connecting a fluid-filled mechanotransducer (TruWave, Edwards Lifescience,
Irvine, CA, USA), as previously described [19]. For research purposes, data were recorded
when the pressure catheter was in the ascending aorta.

Our standard procedure for management of intraoperative arterial hypotension (IOH),
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defined as the fall of mean arterial blood pressure by 20% as compared to the awake value,
includes: 1) titration of saline isochloride by 250 ml step to optimise CO; and 2) in case
of persistent IOH despite the fluid expansion, titration of diluted noradrenaline (NOR)
(5µg/ml) by 5 µg steps to restore the blood pressure. This management was not modified
for this research project. We separated a posteriori the population to hypotensive and
normotensive groups according to whether they received NOR.

10.2.1.1 Validation group

In order to compare the PV loops obtained by the model to invasively acquired PV loops,
we analysed four additional patients with intraventricular pressure and volume measured
by pressure catheter and magnetic resonance imaging (MRI), respectively. Validation sub-
jects #1-2 had a single-ventricular physiology (Fontan circulation) and underwent com-
bined cardiovascular MRI and heart catheterisation procedure for progressive symptoms
of exercise intolerance. Validation subjects #3-4 were patients with repaired tetralogy
of Fallot who underwent cardiovascular MRI and catheterisation before pulmonary valve
replacement.

All XMR exams were performed under GA. During catheterisation, pressure signals
(aortic, ventricular, venae cavae, and pulmonary capillary wedge pressures) were obtained.
Simultaneously, cardiac volumes and 2D flows (ascending and descending aorta) were
acquired using cardiovascular MRI (CMR). The obtained CMR data were post-processed
into 0D signals of time-vs-flow or time-vs-ventricular volumes.

The data collections in the patients with Fontan circulation were performed at Evelina
London Children’s Hospital, King’s College London, under the ethical approval of institu-
tional ethics committee, London UK (Ethics Number 09H0804062). The data collection in
tetralogy of Fallot patients were performed at Children’s hospital, UT Southwestern Med-
ical Center Dallas, under the ethical approval UT Southwestern IRB (STU 032016-009).

10.2.2 Biomechanical model of cardiovascular system for monitoring
purposes

The biomechanical model of heart and vasculature used in this study [5] is a combination
of a biomechanical heart [9] and a Windkessel circulation model [48].

The passive component of the myocardium is inspired by [16] with a hyperelastic
potential in the form:

We = C0eC1(J1−3)2
+ C2eC3(J4−1)2

, (10.1)

with J1 and J4 being reduced invariants of the left Cauchy-Green tensor C, given by
J1 = trace (C) (det (C))−

1
3 and J4 = fib · C · fib

(with fib representing the myocardial fibre direction). We used the parameters C0 = 665 Pa,
C1 = 2.4 Pa, C2 = 103 Pa and C3 = 5.5 Pa , which allows to fit the experimentally mea-
sured end-diastolic pressure volume relationship (EDPVR) [22] in a reference healthy
human. The passive potential (Eq. 10.1)) is then multiplied by a “stiffness multiplica-
tion factor” – the only parameter used in adjusting the passive part of the model to a
given patient (passive tissue stiffness). The active component of the model – representing
actin-myosin interaction and formation of cross-bridges – is based on Huxley’s sliding fil-
ament theory [17; 20], albeit with an extension allowing to represent the Frank-Starling
mechanism [9]. The active stress τc and active stiffness kc in sarcomeres with the exten-
sion efib = L

L0
(where L and L0 represents the actual and reference sarcomere lengths,

respectively) generated in the sarcomere are given by
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{
k̇c = − (|u|+ α | ˙efib|) kc + n0 (efib) k0|u|+
τ̇c = − (|u|+ α | ˙efib|) kc + n0 (efib)σ0|u|+ + kc ˙efib.

(10.2)

The asymptotic active stress σ0 and stiffness k0, generated by the sarcomere, are
directly related to myocardial contractility, while taking into account the effect of actin-
myosin overlap using a Frank-Starling law function n0(efib) with value between 0 and 1
(the maximum value for the optimal fibre extension and optimal overlap of actin and
myosin chains), for details see [9]. The activation of the sarcomeres is modelled using an
activation function u (positive when the tissue is electrically activated with the maximum
value of 35s−1, which is given by the rate of active stress generation [4], |u|+ is defined as
max(u, 0). The parameter α governs the cross-bridge destruction rate due to rapid length
changes.

The LV geometry was reduced to a thin-walled sphere as described in [5]. While the
geometry and kinematics are simplified, all physical and physiological components are
preserved. The model is then solved for an unknown displacement in the radial direc-
tion y(t) = R(t)− Rref, where R(t) and Rref stands for the actual (at time t) and ref-
erence (stress-free) radii of the sphere (from the centre to the mid-wall), and unknown
intra-ventricular pressure P (and active stiffness and stress as internal variables). Us-
ing the extension of the fibre (efib = y

Rref
), the kinematics of the model can be rewritten

to: R = Rref(1+ efib). Likewise, due to tissue incompressibility the thickness of the my-
ocardium d = dref(1+ efib)

−2, with dref being the wall thickness at reference configuration.
Ventricular volume is then given by V = 4

3π(R− d/2)3.
The circulation is represented by a Windkessel model containing proximal and distal

capacitances (Cp and Cd) and resistances (Rp and Rd) connected in series, with the distal
part representing the majority of the vascular resistance – typically ten times higher than
in the proximal part. The Windkessel model equations read:{

Cp ˙Pao + (Pao − Pd) /Rp = Qao

CdṖd + (Pd − Par) /Rp = (Pve − Pd) /Rd,
(10.3)

with Pao,Pd,Pve representing aortic, distal arterial and venous pressures, respectively.
We remark that even though the geometry of the model used in this work is reduced

to a sphere, the adjustment of the cavity size, myocardial mass and biophysical properties
of the tissue allow to tailor the model to individual patients. Thanks to such a reduction
of geometric complexity, the proposed formulation allows to use patient-specific cardiovas-
cular modelling in close to real-time setting – a single heart beat being simulated within
a few seconds – with standard computational resources.

10.2.3 Calibration of the model to data of individual patients

The generic model was turned into patient- and physiology-specific regime by a calibration
procedure, during which the model parameters were manually adjusted according to the
measured clinical data (see Table 10.1). The sequential calibration procedure consists of:
1. Adjustment of the parameters of Windkessel circulation model after imposing the

flow in ascending aorta, with the objective the simulated aortic pressure matched the
measurement. As the monitoring data contain only velocity in the descending aorta,
this waveform was scaled by using stroke volume (SV) obtained by transthoracic
echocardiography (TTE) in the beginning of the procedure, in order to obtain a
surrogate of ascending aortic flow.
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Table 10.1 – Imaging data procedure: Transthoracic echocardiography mesurements

Parasternal long axis Left Ventricle Posterior Diameter (LPWD)
Aortic Root Diameter (ARD)
Septum Diameter (SD)
Left Ventricular End-Diastolic Diameter (LVEDD)

Apical 4-chamber E wave
A wave
E’ wave (Tissue Doppler Imaging)
Left Ventricular End-Diastolic Surface (LVEDS)
Left Ventricular End-Systolic Surface (LVESS)
Left Atrial Surface (LAS)

Apical 5-chamber Velocity Time integral of Left Ventricular Outflow Tract (VTI)

Table 10.2 – List of parameters used for calibration (in bold the parameters which were re-calibrated
after noradrenaline administration according to the new physiology state).

Sphere radius at reference configuration
Sphere thickness at reference configuration
Atrial pressure
Heartbeat duration
Time of ventricular activation
Duration of electrical activation
Myocardial stiffness factor
Proximal Windkessel resistance
Distal Windkessel resistance
Distal Windkessel capacitance
Myocardial contractility

2. Adjustment of the left ventricular (LV) geometry (LV volume and myocardial mass)
according to the TTE measurements taken at end-diastole. The assumed LV volume
at zero pressure level (the so-called reference configuration), was set to 50% of the
measured end-diastolic volume (EDV) [22].

3. Adjustment of the passive tissue stiffness of myocardium aiming at obtaining the EDV
as in TTE while applying the ventricular end-diastolic pressure (EDP). Not having
an access to the ventricular or atrial pressure, we used a semi-quantitative method to
classify LV filling pressure as high or normal [27], and we arbitrarily advocated EDP
value of 15 or 7 mmHg, respectively.

4. Adjustment of timing of the electrical activation by using the measured ECG.

5. Adjusting the myocardial contractility in the model to reach the stroke volume (SV)
as in the data.

The model calibration was performed for all patients at baseline. If NOR was re-
quested during GA, we re-adjusted only the parameters that are expected to be involved
by NOR (i.e. Windkessel model, timing of heart activation and myocardial contractility,
see Table 10.2).
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Table 10.3 – Calculations of heart function indicators

Stroke Volume SV = πAOD2

4
· VTI

Left Ventricular End-Diastolic Volume LVEDV =
∑n

i=1 pixel spacing · π LVEDS2

4

Left Ventricular End-Systolic Volume LVESV =
∑n

i=1 pixel spacing · π LVESS2

4

Left Ventricular Ejection Fraction LVEF = LVEDV−LVESV
LVEDV

Pulse Pressure PP = SAP − DAP
Cardiac Output CO = SV · HR
Total Arterial Compliance Ctot =

SV
PP

Systemic Vascular Resistance SVR = MAP
CO

Arterial Elastance Ea = LVESP
SV

Ventricular Elastance Ees =
LVESPhighPreload−LVESPlowPreload

LVESVhighPreload−LVESVlowPreload

Ventricular-Arterial Coupling Vva = Ea
Ees

Internal Work Iw = LVESP(LVEDV−Vref)
2

External work Ew = area under PV loop
Cardiac efficiency CE = Ew

Ew+Iw

MAP, mean aortic pressure; SAP, systolic aortic pressure; DAP, diastolic aortic pres-
sure; LVEDS, left ventricular end-diastolic surface; LVESS, left ventricular end-systolic
surface; LVESP, left ventricular end-systolic pressure; AOD, Left ventricular outflow
tract diameter; HR, heart rate; Vref, intersection of end-systolic pressure volume rela-
tionship with volume axis

10.2.4 Objectives

The first objective was to demonstrate that the calibrated models accurately represent the
patients’ data by conducting an equivalence study. The second objective was to employ
the augmented haemodynamic monitoring to quantify the alterations of cardiovascular
state during IOH and after administering NOR to restore blood pressure.

10.2.5 Judgement criteria

The primary endpoint was to test the equivalence between the simulated and measured
aortic pressures and flow for the population. The mean (MAP), systolic (SAP), and
diastolic (DAP) aortic pressures, and SV were used. The secondary endpoints were to
compare the hypotensive and normotensive patients, and the hypotensive patients during
restoration of blood pressure by NOR in the following sense: 1) Distal resistance (Rd) and
capacitance (Cd) of the Windkessel model with the calculated systemic vascular resistance
(SVR) and total arterial compliance (Ctot), respectively; 2) myocardial contractility; 3)
simulated indicators of ventricular-arterial coupling (Vva); and 4) simulated indicators of
heart bioenergetics (Table 10.3).

10.3 Statistics

We designed an equivalence study to validate the ability of our framework to reproduce
the aortic pressure and CO. We followed the extended CONSORT guidelines for reporting
equivalence and non-inferiority studies [32]:
1. Rationale and choice of equivalence margins: according to the guidelines for the val-

idation of a new arterial pressure device [49], we set the equivalence margins for the
simulated aortic pressure to 13 mmHg. By contrast, we set the percentage error
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(PE = 100 · 1.96 · SDsim−meas
Meanmeas,sim

) for CO estimation to lower than 30% with respect to
the reference method [10]. The coefficient error (CErr = SD

Mean · 1√
nob , nob being the

number of heart beats considered for calculation) was also calculated;
2. Sample size calculation: With a first-order error α = 0.025 and a power (1−β) = 0.99,

the number of patients requested to include in the equivalence study was 45;
3. Confidence interval analysis: We provided a Bland & Altman plot for repeated mea-

surements to represent the bias with the reference method. We tested the equivalence
between the simulation and the measurement using the Two One-Sided Test (TOST,
[44]. This test postulates that accepting the H0 hypothesis implies that there exists a
difference between the two tested means, and accepting the H1 hypothesis (p < 0.05)
implies that the two tested means are equivalent.

We compared the characteristics of the normotensive group with the characteristics of
the hypotensive group at baseline using the χ2-test for categorical variables and Wilcoxon
test for continuous variables. In the hypotensive group, we further analysed the variation
of the parameters of the models and the results of the simulations from baseline to the
maximum effect of NOR using the Wilcoxon test. Continuous variables were presented as
mean ± standard deviation and categorical variables as count (%).

The simulations were performed using the CardiacLab library – an in-house imple-
mentation of the model in MATLAB (The MathWorks Inc, Natick, Massachusetts). The
statistical analysis was performed using R (The R Foundation for Statistical Computing,
Vienna, Austria).

10.4 Results

Between November 1st 2016 and October 30th 2017, 45 patients were included (Table
10.4). Among them, 16 patients (36%) received at least one NOR administration to treat
IOH and were included in the hypotensive group. The remaining 29 (64%) patients stayed
haemodynamically stable during the data recording and were included in the normoten-
sive group. Main parameters of the models after calibrations to patients’ data and the
interpretation of PV loops are presented in Table 10.5. Figure 10.2 shows examples of the
models confronted to the data. Figure 10.3 displays an example of simulated PV loop.

10.4.1 Equivalency of clinical data and the calibrated models

The Bland & Altman plots for repeated measurements in Figures 10.4 A) and 10.4 C)
demonstrate that the simulated and the measured aortic pressure and flow were con-
cordant. The simulated MAP, SAP, DAP, and SV were statistically equivalent to the
measurements: -0.9 (95%-confidence interval CI95 = −1.7 to -0.1) mmHg for MAP, -1.2
(CI95=-2.2 to -0.2) mmHg for SAP, 2.4 (CI95 = 1.6 to 3.2) mmHg for DAP and 0.1
(CI95 = −0.9 to 1.2) % of measured SV for SV (p < 0.001 for equivalence for all). Fur-
thermore, the upper and the lower bounds of the confidence interval for the differences
between measurements and simulations were within the predefined margins of equivalence
(Figure 10.5). The percentage error for the MAP, SAP, DAP, and SV were 6, 5, 8, and
18 %, respectively. The coefficient error for simulation was 0.61, 0.29, 1.27, and 0.5 %,
for MAP, SAP, DAP and SV, respectively. Finally, Figure 10.6 shows a statistically sig-
nificant correlation between the measured and simulated indicators of arterial resistances
and compliances.
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Figure 10.2 – Example of model calibration. Solid lines represent the result of the patient-specific
simulation. Dashed lines represent measured data. Blue: Hypotensive. Orange: Maximum effect
of noradrenaline.
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Figure 10.3 – Example of output of a patient-specific simulation for a hypotensive patient and at
the maximum effect of noradrenaline: Solid lines represent the dynamic pressure-volume relation-
ship, during a cardiac cycle – namely the Pressure-Volume Loop. Dashed lines represent the static
pressure-volume relationships – namely the End-Diastolic Pressure-Volume Relationship (EDPVR)
and the End-Systolic Pressure-Volume Relationship (ESPVR). The EDPVR characterises the ven-
tricular volume for a given pressure at end-diastole. The ESPVR represents the ventricular pressure
and volume at end-systole, prior to isovolumic relaxation. Note that the dynamic P-V loop does
not necessarily reach the theoretical static ESPVR curve, typically when cardiac cycle is too short.
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Figure 10.4 – Results of calibration. Left: Bland & Altman plots for repeated measurements
representing dispersion of the difference between measurement and simulation (n = 45) over the
averaged mean of these couples. Blue points represent couples averaged over 10 heart beats and blue
bars represent standard deviations across the ten beats, for individual patients. Dotted horizontal
lines represent the limit of agreement (±1.96 times Standard Deviation), and the horizontal grey
line represents the bias or the mean difference between measurements and simulation. Values
for bias and limits of agreements were −1 [−7−5]mmHg and −1 [−19−20]mL, respectively for
mean arterial pressure and stroke volume. Right: 4-quadrant plots representing the variation of
mean pressure and stroke volume from hypotension to maximum effect after administration of
noradrenaline. Orange points represent mean of ten beats for the 16 patients that have received
noradrenaline.
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Figure 10.5 – Dark grey boxes represent the equivalence area for the mean difference estimation
(in percentage of the measured indicator), light grey boxes represent the equivalence area for
confidence intervals. Limits of equivalence were defined as ±8mm Hg for pressure and ±30% for
stroke volume, as recommended by international guidelines. Blue lines represent the mean and the
confidence interval for the difference between measurement and simulation.
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Figure 10.6 – Correlations between simulated and measured indicators. A: Correlation plot rep-
resenting simulated capacitance (Cd) against measured total arterial compliance (Ctot=SV/PP).
B: 4-quadrant plot representing ∆Cd against ∆ Ctot for all 45 patients. C: Correlation plot repre-
senting simulated resistance (Rd) and systemic vascular resistance (SVR = MAP

CO ); D: 4-quadrant
plot representing the ∆Rd against the ∆SVR; from hypotension to maximum effect after adminis-
tration of noradrenaline. Orange points represent mean of ten heartbeats for the 16 patients that
have received noradrenaline. SV, stroke volume; PP, pulse pressure; MAP, mean aortic pressure.
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Table 10.4 – Population characteristics and comparison between the normotensive and hypotensive
group. Results are expressed as mean ± standard deviation or count (percentage).

Patient’s data All Normotensive Hypotensive P-val

Demographic
Age (years) 51±13 53±14 49±12 0.315
Sex F n (%) 21(46) 11(39) 10(63) 0.997
Weight (kg) 73±15 76±17 69±11 0.292
Height (cm) 168±9 169±10 166±8 0.329
Hypertension n (%) 14(31) 10(39) 4(25) 0.957
Diabetes n (%) 2(4) 1(4) 1(6) 0.516
Dyslipidemia n (%) 5(11) 4(14) 1(6) 0.662
Myocardial infarction n (%) 1(2) 1(4) 0(0) 0.468

Transthoracic echocardiography
Ejection Fraction (%) 59±9 57±9 61±8 0.127
Wall Thickness (cm) 0.78±0.13 0.83±0.13 0.76±0.14 0.69
Aortic root diameter (cm) 1.91±0.19 1.94±0.21 1.88±0.17 0.242
End-Diastolic Volume (ml) 129±25 132±25 126±25 0.681
Left Atrial Volume (ml) 54±5.4 56±3.8 52.4±7 0.682
E-wave (cm.s−1) 76±24 70±21 82±26 0.105
A-wave (cm.s−1) 61±18 64±18 59±15 0.432
E’-wave (TDI) (cm.s−1) 12±5 11±3 13±5 0.352
Velocity-Time Integral (cm) 23±5 23±5 23±5 0.86
Stroke Volume (ml) 76±17 75±15 77±19 0.681

Hemodynamic
Mean Pressure (mmHg) 81±13 85±14 75±10 <0.001
Systolic Pressure (mmHg) 114±19 118±20 109±16 <0.001
Diatolic Pressure (mmHg) 60±10 62±11 56±7 <0.001
Stroke Volume (TOD) (ml) 73±18 70±15 76±22 <0.001
Potassium mmol.l−1 4.1±0.4 4.1±0.5 4.1±0.3 0.962
Serum Creatinine µmol.l−1 70±16 73±18 65±12 0.242
Total Fluid Infusion ml 1027±464 1079±417 950±612 0.475

10.4.2 PV loop interpretation in normotensive vs hypotensive groups

Characteristics of normotensive patients were not different from hypotensive, except for
the haemodynamic conditions before the administration of NOR (Table 10.4). Specifically,
the hypotensive patients had a lower blood pressure and a higher SV. The analysis of the
values of the model parameters were consistent with these observations (see Table 10.5 and
Figure 10.7), as the distal resistances were lower in hypotensive group (110±25 vs 133±35
MPa·s·m−3; p = 0.014). At baseline, the PV loop analysis showed that the ventricular-
arterial coupling (Vva) was lower for hypotensive than for normotensive group (0.64±0.37
vs 0.88 ± 0.43; p = 0.039). The internal work (Iw) was lower and the cardiac efficiency
(CE) was higher in the hypotensive group (0.23±0.12 vs 0.38±0.21 Joules; p = 0.009 and
0.8 ± 0.1 vs 0.73 ± 0.11; p = 0.042, for Iw and CE, respectively) (Table 10.5 and Figure
10.7).
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Table 10.5 – Results of calibration procedure for the entire population, and comparison between
the normotensive and hypotensive group. Results are expressed as mean ± standard deviation.

All Normotensive Hypotensive P-val

Model parameters (at reference configuration)
Ventricular volume (ml) 69±14 70±14 66±13 0.581
Wall thickness (cm) 0.96±0.17 0.93±0.15 1±0.19 0.404
Ventricular Radius (cm) 3±0.2 3.01±0.19 3±0.21 0.842
Heartbeat duration (ms) 9501±181 9621±182 9291±182 0.433
Distal Resistance (108 Pa·s·m−3) 1.25±0.33 1.33±0.35 1.1±0.25 0.014
Distal Capacitance (10−8 m3· Pa−1) 1.25±0.38 1.2±0.4 1.35±0.31 0.09.
Contractility (kPa) 91±23 94±27 84±14 0.302

Ventricular-arterial coupling
Ea (108 Pa· m−3) 1.76±0.45 1.86±0.42 1.59±0.45 0.095
Ees (108 Pa· m−3) 2.76±1.52 2.52±1.15 3.2±1.99 0.182
Vva (unitless) 0.8±0.4 0.88±0.43 0.64±0.37 0.039

Cardiac bioenergetics
Ew (Joules) 0.96±0.3 0.99±0.3 0.91±0.31 0.365
Iw (Joules) 0.32±0.19 0.38±0.21 0.23±0.12 0.009
CE (unitless) 0.75±0.11 0.73±0.11 0.8±0.1 0.042

Ea, arterial elastance; Ees, ventricular elastance; Vva, ventricular-arterial coupling; Ew,
external work; Iw, internal work; CE, cardiac efficiency.

10.4.3 Interpretation of the noradrenaline effects in the hypotensive
group

The effect of NOR was confirmed by the changes in measured pressures and flow (MAP,
SAP and DAP increased by 30 ± 15, 23 ± 12 and 27 ± 13%, respectively, whereas SV
decreased by 14 ± 9%; p < 0.001 for all). Figure 10.2 shows an example of the adjusted
calibration after NOR administration in a hypotensive patient. The adequacy between the
simulations and measurements was confirmed by the 4-quadrant plots (Figures 10.4 B) and
10.4 D) (> 95% concordance with 10% exclusion zone for MAP and SV, respectively). The
4-quadrant plots in Figure 10.6 shows the adequacy of the NOR-adjusted capacitance and
resistance parameters with SVR and Ctot, respectively (> 95% concordance with 10%
exclusion zone, for both). To adjust the calibration, we had to significantly increase Rd
by 60 ± 39%(p < 0.001), contractility by 14 ± 11%(p = 0.002) and to decrease Cd by
27± 16%(p < 0.001).

When analysing the effect of blood pressure restoration by using the simulated PV
loops (example in Figure 10.3), we observed an increase of Ew by 13±12%(p = 0.001) and
Iw by 141±161%(p < 0.001), associated with a decrease of CE by 13±11%(p < 0.001). We
also observed an increase of Vva by 92± 101% caused by the increase of arterial elastance
(Ea) by 59 ± 37%(p < 0.001, for both). Figure 10.7 shows the absolute variation of PV
loop functional indicators between the baseline and the maximal effect of NOR.
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10.4.4 Validation group

The analysis of validation group confronts the simulated vs measured PV loops and demon-
strates the sensitivity to using the flow in ascending vs descending aorta to calibrate the
Windkessel model. While Figure 10.8 shows a visual comparison, Table 10.6 demonstrates
that the errors between the simulated and measured ventricular pressures and the quan-
tities obtained from PV loop analyses (Ew, CE and Vva coupling) are all ≤ 10% in both
types of recorded aortic flows.
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Figure 10.8 – Comparison of simulated PV loops and of the measurements in selected validation
subjects once descending aortic flow was used (as in our clinical study) or when directly measured
ascending aortic flow was used.

Table 10.6 – Relative error in simulation vs measurement (in %) in the validation group, first and
second line in each subject when using flow in ascending, descending aorta, respectively.

Patient measurement type MP SV Ew Vva CE
Patient 1 ascending aorta 10 6 2 6 4

descending aorta 5 3 5 6 4
Patient 2 ascending aorta 2 3 3 2 10

descending aorta 2 2 3 5 10
Patient 3 ascending aorta 1 <1 4 2 1

descending aorta 2 4 3 6 3
Patient 4 ascending aorta 1 3 10 2 8

descending aorta 1 1 10 <1 8

MP, mean ventricular pressure; SV, stroke volume; Ew, external work; Vva, arterio-
ventricular coupling; CE, cardiac efficiency.

10.5 Discussion

This study demonstrates the feasibility of employing biomechanical modelling to augment
CV physiological monitoring. The proposed framework allowed to set up models for 45
patients while using standard data recorded during neuroradiological procedures (without
cardiac catheterisation). The patient-specific models were subsequently used to quantify
in vivo the CV consequences of IOH on cardiovascular system (including PV loop analysis)
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as compared to normotensive population and the effects of restoration of blood pressure
by NOR administration.

First, we verified that the models were adequately calibrated in the cohort of 45 pa-
tients. We performed an equivalence study between the measurements and simulations by
analysing MAP, SAP, DAP and SV differences. The confidence interval of the differences
did not exceed the equivalence margins. Moreover, we observed that the numerical values
prescribed for the parameters were in accordance with the expected theoretical levels. The
validation group confirmed that using the proposed calibration procedure, the simulated
and measured PV loops were in accordance.

We therefore assumed that the calibrated models behaved as the CV systems of the
patients, which allows to access an advanced cardiovascular picture of the individual pa-
tients. Specifically, we were able to observe from a cardiac energetics viewpoint, that the
hypotensive group expressed more efficient hearts with better ventricular-arterial coupling.
Despite the higher efficiency, the model revealed an anaesthetic drug-induced vasodilation.
The restoration of blood pressure was required, as hypotension may worsen organ perfu-
sion and lead to renal or myocardial ischemia [40; 43]. Optimising the cardiac energetic
expenditure could be the main target, however, in other situations (e.g. failing hearts or
malignant hypertension management [14].

Thirdly, we aimed to test the ability of our patient-specific model to quantify the
changes in the CV system induced by a pharmacological challenge. NOR should enhance
the myocardial contractility, increase systemic vascular resistance and decrease total arte-
rial compliance [42; 41]. We can appreciate that, after NOR administration, both measured
Ctot and distal capacitance Cd (model) varied in the expected direction, even though the
correlation at baseline was mild. Measured SVR and distal resistance Rd (model) were
significantly correlated at baseline and at the maximal effect of NOR. We observed that
the contractility increased and that cardiac energetic expenditure and the V-A coupling
worsened. This observation is compatible with the pharmacological effect of NOR.

It has been shown that the model-estimated contractility correlates with the maximum
upslope of the ventricular pressure (dp/dt)max [38]. Moreover, close relationship has
been found between the contractility changes and the changes of maximum ventricular
elastance Ees, in response to inotropic drugs [3]. While both (dp/dt)max and Ees are only
surrogate measures of contractility, which in addition require ventricular catheterisation,
the estimated true myocardial contractility is likely to have a direct link to the energy
needs of the cell.

Cardiovascular models combined with measured data have the potential to assist in
diagnostic or therapeutic management by providing additional information not directly
visible in the data. Patient-specific cardiovascular models are already available (e.g. [36;
1; 30; 28; 31; 2], however, they have not yet been tested for monitoring of physiological
functions. In [6], the authors used lumped-parameter modelling framework calibrated
using 4D flow MRI to compute PV loops in 8 healthy volunteers. MRI is however not
suitable for monitoring. Popovic et al. [33] explored the effect of sodium nitroprusside
on PV loops using a lumped-parameter model in 5 patients with decompensated heart
failure. Their calibration involves a pulmonary artery catheter, which however narrows
the applicability of the method.

Further steps will need to be performed prior to employing the model-augmented
monitoring in routine practice. First, combining our biophysical modelling framework
with models based on time-varying elastance [39] is currently being investigated [23] to
achieve the real-time monitoring, as oppose to around 10-second-simulation-run for one
cardiac cycle on a laptop (in the presented work). Secondly, not having access to the
ventricular or atrial pressure, we used a validated semi-quantitative method to classify LV
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filling pressure as a high or normal preload [27]. Moreover, the filling pressure was kept
at the same level during NOR administration, even though NOR is known to increase the
LV filling pressure [11]. This approximation is likely to have led to an overestimation of
contractility in response to NOR. In the future work we will investigate a possibility of
including a venous return model, while keeping the protocol still clinically acceptable.

Finally, the setting of our proof-of-concept study involves aortic pressure measurement.
Although it can be easily obtained during radiological interventions, it is not routinely
available during GA as only a peripheral artery cannula is typically requested for medical
concerns. A transfer between peripheral arterial pressures and aortic pressures will be
included in our future work [13; 26].

10.6 Conclusions

This study aimed at evaluating the feasibility of haemodynamic monitoring augmented
by employing a patient-specific biomechanical model of heart and circulation set up using
routine haemodynamic measurements during neuroradiological procedure. Our frame-
work allowed to create biomechanical models specific for individual patients. Such mod-
els then allowed the interpretation of patient data comparatively between normotensive
and hypotensive state by plotting simulated PV loops and by quantitative estimation of
pharmacologically-induced alterations of the cardiovascular system. Even though further
methodological improvements are needed to transfer the technology to the bedside, the
presented work represents a significant step towards augmenting cardiovascular monitoring
by using biophysical modelling. The availability of such ready-to-use numerical patient-
specific models has the potential to cause a paradigm shift in physiological monitoring
throughout the medical specialisations.
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at Evelina London Children’s Hospital, King’s College London, under the ethical approval
of institutional ethics committee, London UK (Ethics Number 09H0804062). The parents
of the included patients gave written consent for participation in the study. The data
collection in tetralogy of Fallot patients were performed at Children’s hospital, UT South-
western Medical Center Dallas, under the ethical approval UT Southwestern IRB (STU
032016-009).
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Conclusions and perspectives



The aim of this conclusion Chapter is to provide final comments regarding the work
that has been performed within the PhD thesis, regarding the novelties associated with
our results and regarding the perspectives of our approach. We also discuss the future
works that can be imagined based on the work performed in this thesis. The discussion
related to specific aspects of the thesis are discussed in the dedicated chapters and will
not be treated herein.

10.7 Work performed and novelties
This PhD thesis was performed in a multidisciplinary environment, at the intersection
between cardiovascular physiology, cardiovascular modelling and clinical specialties such
as anaesthesia and intensive care. Many issues have been raised, in line with the afore-
mentioned disciplines, for which we had to develop methods to overcome the associated
problems.
Modelling and physiological issues

The biomechanical model used in this PhD thesis was described in details by Chapelle
et al. [2] and simplified in Caruel et al. [1]. This cardiovascular model, especially the
reduced version, allows to perform simulations with standard computing resources in a
time frame compatible with clinical situations occurring in anaesthesia and intensive care
(i.e one heart beat being simulated in 3 to 6 seconds).

However, for modelling optimisation purposes, and for a larger perspective of proposing
a clinical tool that may help physicians in their clinical decision-making, the reduction of
the computational time close to the real time (i.e. one heart beat being simulated in less
than one second) is an emergent issue. Indeed, to take advantage of all the potentialities
of such well-defined models (e.g. real-time continuous parameter or state estimation, a
priori prediction of the effects of candidate cardiovascular drugs), mathematical methods
would be applied (e.g data assimilation using Kalman filtering tools), which would slow
down the augmented monitoring framework if the modelling environment is not optimised.

To this end, the simplification of the cardiac mechanics that is part of our biomechanical
framework, presented in Part III, in the form of the time-varying elastance model have been
proposed. Time-varying elastance modelling is common in cardiac modelling communities
but the novelty of our approach stands in the biomechanically-defined patient-specific
time-varying elastance function (E(t)) which can be used afterward as a surrogate for
cardiac mechanics. Physiological issues related to the very essence of the time-varying
elastance concept and related to the estimation of the parameters of the E(t) function
ensued. Indeed, the E(t) estimation necessitates the measurement of a virtual volume
which is the intersection at zero pressure of a linear approximation of the non-linear end-
systolic pressure-volume relationship – V0. This volume can not be measured neither in
vivo nor in vitro. It is only a virtual quantity that characterises a linear approximation
of a non-linear phenomenon. However, its estimation is crucial for E(t) definition and
the question of proper evaluation of this quantity have raised. We overcame this issue by
choosing the method that offers us the most stable estimation, as compared with all the
other estimation methods available.

Also, estimation of the end-diastolic pressure-volume relationship constitutive law pa-
rameters was associated with similar issues. For example, we had to identify the reference
volume Vref without having access to ground truth measurements. Direct validation of our
method for this specific issue cannot be achieved and we had to choose indirect validation
methods, based on consistency of the results.

Key characteristics of the ESPVR and the EDPVR estimation methods based on phe-
nomenological models [7; 5] used a unique “master” curve constructed using normalisation
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processes. These normalised curves are supposed to be reproducible or constant within
and across subjects. However, using our biomechanical model we observed that small
deviations from this master curve may be observed, and may have an impact on the
outputs on the EDPVR or parameters of ESPVR estimations. The inter-individual vari-
ability of this master curve, although small in the normalised space, become wide when
de-normalised. Our biomechanical approach allows to withdraw the use of such master
curves by proposing a complete definition of the parameters of the constitutive laws.

Finally prediction of the response to a therapeutic drug is an interesting modelling
perspective. Indeed, coupling pharmacological models with our framework may allow to
simulate inotropic, vasoactive or sedative drugs effects on the cardiovascular system. Phar-
macokinetics and pharmacodynamics models should be designed. A three-ccompartment
pharmacological model is currently studied in our anaesthesiology department to estimate
the blood concentration of noradrenaline after unique injection or dosage modification in
case of continuous infusion. Moreover the interaction between the blood concentration
and the therapeutic effect is studied by setting a dose-response pharmacological model
in which the output would be the parameters of the biomechanical framework presented
in this PhD thesis, especially those modified by the administration of noradrenaline in
Chapter 10.
Operational calibration issues
This PhD thesis was also associated with issues related to the calibration of the models
performed with data recorded in routine clinical condition. One of our objectives was
to propose a framework in which a heart and vessel model could be turned into patient-
specific regime without adding any specific device for data measurements. Therefore,
all the measured data required for the model calibration were obtained using routine
procedures in neuroradiological interventions settings. To this end, we needed to design a
measurement method. Trans-thoracic echocardiography was performed at the beginning of
the neuroradiological procedure in order to obtain key geometrical information. The tuning
of the Windkessel model parameters was performed sequentially using the continuous flow
measurement obtained by trans-oesophageal Doppler recording as an input, and the aortic
pressure recorded by the neuroradiologist during the endovascular procedure as output.
Even if the non-invasiveness of the framework is a key aspect for translational purposes,
in this proof-of concept work we recorded the pressure in the aorta. Future research using
peripheral arterial pressure measurements is necessary for validation and translation of
our framework into a totally minimally invasive setting.

The passive law parameters estimation was probably the most challenging part of the
operational calibration issue. Indeed, invasive measurements of intraventricular pressure
and volume during changes in loading conditions are very invasive in patients, and we did
not have access to such measurements in patients. In Part II, we developed a method to es-
timate the passive law parameters from a single measurement of end-diastolic volume (Ved)
and pressure (Ped). The Ved can be obtained non-invasively using trans-thoracic echocar-
diography (TTE) measurements. The Ped is more difficult to assess and necessitates either
semi-quantitative assessment using TTE or invasive estimation using pulmonary arterial
catheter. We compared our single-beat estimation method against the single-beat estima-
tion developed by Klotz et al. [5] and observed good performances of our biomechanical
method with the potential to perform comparisons between and within patients, and to
use the patient-specific biomechanical model for inverse problems. A clinical validation
study could be performed by comparing the estimation with the measured Ped, either by
direct measurement using left heart catheter or by indirect measurement of of pulmonary
capillary wedged pressure (Pcwp) using pulmonary artery catheter.

One significant issue with our approach lies in our inability to estimate the preload of
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the LV (assumed as the atrial pressure Pat in our simplified model). In our operational
calibration procedure proposed in Chapter 1, we prescribed Pat using a trans-thoracic
echocardiographic method which allowed to obtained a semi-quantitative assessment of
Pat (high or low). Future research is necessary to overcome this issue. Continuous right
atrial pressure measurement using central venous catheter could be used as a surrogate of
LV filling pressure, in case of absence of pulmonary arterial hypertension or right heart
failure. Another approach would be to use a venous return model such as described in Hall
[3]. In brief the venous return can be defined as the relationship between the mean pressure
of the venous system, the atrial pressure, and the resistive phenomena opposing the venous
flow. We may propose the following model [6], coupled with the Windkessel model

Qao =
Veff
RdCd

−
(
1+ Cvs

Cd

)
Pvs
Rd

, (10.4)

which may allow to estimate the venous pressure (Pvs) entering the heart from continuous
measurement of cardiac output (Qao), from calibrated parameters of the Windkessel model
(Rd and Cd the distal resistance and capacitance, respectively), and from the calibration of
the parameters of the venous system, namely the effective volume (Veff) which is the blood
volume able to flow from the arterial to the venous system, and the venous capacitance
(Cvs). It yields

Pvs =
Veff

Cvs + Cd
−Qao

RdCd
Cvs + Cd

. (10.5)

In our model, the link between Pvs and Pat is simply set as Pat = Pvs + 2.5mmHg, as
in Ruijsink et al. [6]. However, the identification of the parameters Veff and Cvs which
characterise the venous return model is not easy in routine clinical situation. An approach
would be to calibrate the venous return model using an initial calibration procedure in
which Pvs would be available. Then, the estimation of the mean systemic filling pressure
(MSFP) may help to estimate Cvs. Assuming the MSFP as the venous pressure at which
no blood flows:

MSFP =
Veff

Cvs + Cd
, (10.6)

and substracting Equation (10.5) and Equation (10.6), and rearranging, it yields:

Cvs =
Qc

MSFP− Pvs
Cd (Rd − 1) . (10.7)

Pvs, Qc, Rd and Cd can be obtained by the operational calibration procedure described in
Chapter 1

Therefore, it would be necessary to estimate MSFP that is not trivial as it corresponds
to the pressure in the vascular system measured when the patients has just deceased.
An approach would be to set the MSFP to a reasonable average value as was performed
in Ruijsink et al. [6]. Another approach would be to use the available clinical methods that
estimate MSFP [9], which can be used in a study to calibrate the venous return model. All
these methods requires additional measurements such as central venous catheter in order
to obtain the right atrial pressure, or specific device (tourniquet). Furthermore, Venous
return model parameters Cvs and Veff are susceptible to be affected by haemodynamic
changes induced by therapeutic drugs, bleeding, or sympathetic tone. Consequently, the
calibrated parameters are susceptible to be modified during any haemodynamic modifi-
cation. The use of respiratory variations in ventilated patients might represent a lead to
venous return model parameters estimation. Indeed, cyclic ventilator insufflation mod-
ifies the vascular capacitance of the pulmonary circulation. The blood pours into the
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systemic circulation and in turn increases Veff. The cyclic intra-thoracic pressure changes
are measured by the ventilator. Estimation of atrial pressure variation from intra-thoracic
pressure variation can be performed using an adequate model.

By defining a patient-specific biomechanical framework, a key perspective of this PhD
thesis is to prepare the basis for implementation of state or parameter estimation meth-
ods. Indeed, the operational calibration process, by which we turned the heart and vessels
model into patient-specific regime, also allows to identify the parameters that are suscepti-
ble to be modified according to the natural evolution of the disease, to the ongoing surgical
procedure, or to the medical treatments that can be administered to a specific patient. Us-
ing data assimilation methods, if the modelling environment, and if the parametric space
are sufficiently well-defined, then solving inverse problems becomes doable. Thereafter,
automatisation of the calibration procedure proposed in this PhD thesis document can be
considered. We can also imagine the perspective to interpret the pathophysiological in-
formation revealed by the automatic adaptation of the parameters of the model according
to the evolving clinical situation. We would be able to consider providing recommenda-
tions based on this information. To address this issue, we are currently working on the
parametrisation of a Kalman filter, using the results of the calibration procedure presented
in this PhD thesis.
Clinical issues
This PhD thesis is a proof-of-concept of using a biomechanical model of heart and vessels
with routinely acquired patients data to augment haemodynamic monitoring of patient in
general anaesthesia. Our framework allows to access advanced physiological information
that is hidden in the data and revealed by the patient-specific model. In Part IV, we
demonstrated an example of the use of such a framework to analyse the haemodynamic
profile of anaesthetised patients, in terms of cardiac bioenergetics, of heart-vessel cou-
pling and of cardiovascular performances. By analysing the calibrated parameters and
the simulated pressure-volume loops, we were able to compare the hypotensive with the
normotensive patients. Moreover, we were able to analyse the effect of the administration
of noradrenaline given to restore blood pressure. The observed results were expected from
the knowledge of the pathophysiological conditions occurring while on general anaesthesia
(drop of peripheral resistances by the loss of sympathetic tone induced by the anaesthetic
drugs). The effect of noradrenaline observed by modelling results analyses were also ex-
pected given the pharmacological effects of noradrenaline. However, even though these are
positive results from a modelling point of view, from a clinical standpoint, these results
were predictable, and could be viewed as of a limited use for a direct patient care. It
should be noted that our patients did not express complex cardiovascular diseases. Also
the neuroradiological interventions performed is not associated with complex haemody-
namic perturbations. However, this proof-of-concept work has paved way to populations
with more complex cardiovascular issues, for whom the proposed model-augmented mon-
itoring would be of a significant help. We are currently recording invasive left ventricular
pressure and volume data in cardiac cathlab, in patients with specific cardiovascular dis-
eases. Characterisation of their haemodynamic profile using our biomechanical framework
will allow us to validate our approach in patients for whom the clinical challenges are more
significant.

The augmentation of the current haemodynamic monitoring is not the only advan-
tage of using a patient-specific modelling framework. Indeed, prediction of the effect of
the treatment may become an interesting endpoint of future research. From a calibrated
configuration of our framework, we could imagine to simulate the effect of the administra-
tion of therapeutic drugs prior to its administration to patients. It could help clinicians
to adjust the nature and the dosage of the candidates therapeutic drugs. We may also
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imagine, as an example, a pragmatic clinical study in which we would compare the re-
sults of the calibrated simulations obtained after noradrenaline administration, with the
results of the simulations performed using model parameters that would be modified by
a relative increase or decrease of baseline value, with a magnitude of change that would
have been defined in other set of calibrated patients. Another approach would be to cou-
ple a pharmacological model (pharmacokinetic and pharmacodynamic models), with our
biomechanical model to simulate the effect of therapeutical drugs.

Also another clinical perspective may come from numerical methods to estimate model
state or parameters. Indeed, by using, for example, data assimilation techniques, we would
imagine that recommendations may be proposed to the treating physician facing complex
haemodynamic situation.

If our framework has the potential to be translated into clinical bedside, it is currently
limited by the need to obtain invasive measurements of pressure in the ascending aorta.
We focused our population on neuroradiological procedure as it allowed us to record such
invasive data. However, generalisability of our approach will need reproducibility of our
results when using a peripheral arterial pressure (i.e. femoral or radial arterial cannulas
or cuffed pressure). We are considering three approaches to overcome this issue. First,
we can imagine that the measurement site of arterial pressure has little impact on the
observed results provided in Chapter 10. In the 45 patients included in our clinical studies,
all of them were monitored using a radial or femoral arterial catheter. A comparative
analysis of the results obtained with aortic or with peripheral arterial pressure would be
interesting to perform. Second, we can imagine to apply a pressure transfer function from
peripheral pressure to estimate the central pressure waveform, such as in Joachim et al. [4].
Again comparative analysis of the results obtained with measured versus estimated central
pressure would be interesting. Third, our team is currently working on a one-dimensional
model of arterial circulation, such as presented in Chapter 1 Section 1.5.1.2. Also some
existing approaches can be considered [8]. Comparative analysis of the results obtained
with measured versus simulated central pressure will be interesting.

To our knowledge, such a biomechanical framework, coupled with routinely acquired
data on patients under general anaesthesia offers an advantageous compromise between
the level of complexity of the modelling framework and the invasiveness of the data neces-
sary for calibration purposes, with great perspectives to use the full biomechanical model
potentialities at patients’ bedside. Currently efforts are performed to solve the aforemen-
tionned issues in order to propose in a close future a prototype of a device that would be
used in patients.

10.8 Final conclusion

Haemodynamic monitoring of patients during general anaesthesia in operating theatres or
in intensive care wards can be augmented by a patient-specific modelling heart and vessel
framework. This PhD thesis describes methods to couple a biomechanical heart and vessels
model with routinely acquired data on patients during neuroradiological procedures. These
methods and procedures could be implemented within a time and computing resources
constraints compatible with clinical issues. Furthermore, the possibilities of using such
a patient-specific biomechanical model of heart and vessels at patient bedside are great
and may represent a shift toward preemptive therapeutic strategies rather than reactive
behaviour. This PhD thesis is the proof-of-concept of the haemodynamic monitoring
augmented with a biomechanical model of heart and vessels. After further evaluations of
our approach at patients’ bedside, the methods could become a part of haemodynamic
monitoring systems advancing healthcare
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Résumé : L’évaluation hémodynamique des patients sous
anesthésie générale est une tache complexe pour les
médecins anesthésistes et/ou réanimateurs. Puisque les
techniques de monitorage sont imprécises et/ou invasives,
il est nécessaire de prendre en compte la balance entre
leur utilité, et leur invasivité et/ou leur imprécision. Les
méthodes numériques peuvent représenter une alternative
en améliorant ce rapport bénéfice/risque pour le patient.
En particulier, la modélisation biomécanique de coeur et
vaisseaux présentée dans cette thèse, une fois calibrée
sur les données mesurées au bloc opératoire, peuvent per-
mettre de simuler, entre-autres, un cathétérisme cardiaque
gauche. Nous avons pu analyser le profil hémodynamique
de 45 patients sous anesthésie générale, et interpréter
les effets de la Noradrénaline administrée pour corriger
une hypotension artérielle chez 16 patients, en termes
de bioénergétique cardiaque, et de couplage ventriculo-
aortique, à partir de boucles pression-volume ventriculaires
simulées.
Notre approche est originale car elle s’intègre dans une
démarche rigoureuse basée sur la physiologie cardiovascu-
laire et la mécanique des milieux continus permettant ainsi
de conserver une signification physique et physiologique
aux résultats de la modélisation.

Cette thèse présente également des méthodes originales,
permettant de calibrer le modèle à partir d’une quantité li-
mitée de donnée patient. Nous avons mis au point des
méthodes d’estimation des paramètres de la loi passive de
comportement du coeur en diastole, réunissant l’approche
biomécanique, difficile à mettre en oeuvre en clinique, et
l’approche phénoménologique, plus efficace mais moins ri-
goureuse.
Nous avons également exploré les potentialités d’un modèle
d’élastance variable, dérivé du modèle biomécanique. Nous
avons pu montrer que dans une gamme de variation raison-
nable, le modèle d’élastance variable pouvait être utilisé en
lieu et place du modèle biomécanique, permettant d’envi-
sager l’utilisation de notre approche dans des conditions de
monitorage pour lesquelles l’estimation en temps réel est
un enjeu important.
Cette thèse représente une preuve de concept de l’exploi-
tation conjointe des données mesurées couramment au
bloc opératoire et d’un modèle biomécanique de coeur et
vaisseaux pour augmenter le monitorage hémodynamique
des patients sous anesthésie générale. Elle représente
également la première étape du transfert de la méthode
vers la pratique clinique.

Title : Coupling data measured in operating theatre with patient-specific biomechanical model of heart and vessels to
augment haemodynamic monitoring of patients undergoing general anaesthesia.
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Abstract : Haemodynamic evaluation of anaesthetised pa-
tients in operating theatre or in intensive care units can be
challenging. Monitoring devices can be inaccurate and/or
invasive. Physicians have to evaluate the usefulness of the
information given by the monitor, and its potential harms lin-
ked to its invasiveness before implementing the technique.
Modelling methods may be an interesting alternative to im-
prove the risk/benefit balance for the patients.
Biomechanical modelling of heart and vessels, when tur-
ned into patient-specific regime using patients’ data measu-
red in operating theatre, can allow simulation of cardiovas-
cular physiology, including pressure-volume relationships
through the cardiac cycle. In 45 patients undergoing gene-
ral anaesthesia, we analysed the haemodynamic profile in
terms of cardiac bioenergetics or ventricular arterial cou-
pling, and we were able to evaluate the effects of Noradre-
naline administered for 16 hypotensive patients, on cardiac
efficiency, using pressure-volume loops estimated from a
patient-specific biomechanical model.
Our approach is original as it is based on a rigorous car-
diovascular physiological description and on continuum me-

chanics theory allowing physical and physiological interpre-
tation of the modelling results.
This PhD thesis presents also original methods for model
calibration, from limited data availability. We developed a
passive constitutive law estimation method which reunites
the biomechanical approach, usually difficult to implement in
clinical settings, and the phenomenological approach, more
efficient but less rigorous.
We also explored the potentials of a time-varying elastance
model, derived from the full biomechanical model. We de-
monstrated that for reasonable variation ranges, the time-
varying elastance model could be used as a surrogate
for the biomechanical model. This approach improves the
computational time and resources, allowing to consider the
transfer of our approach in real-time monitoring conditions.
This PhD thesis is a proof of concept of the coupling bet-
ween biomechanical modelling of heart and vessels and
data measured in operating theatre to augment cardiovas-
cular monitoring in anaesthetised patients. This is also the
first step toward transfer of the method from bench to bed-
side.
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