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A rule of thumb

If it disagrees with experiment, it is wrong. And that simple statement is the key to
science. It does not make a difference how beautiful your guess is, it does not matter

how smart you are, who made the guess, or what his name is. If it disagrees with
experiment, it is wrong. That is all there is to it

- Richard Feynman

3



Abstract

Ischemic heart disease is initiated by the constriction of the coronary arteries, caus-
ing myocardial infarction. This leads to the formation of myocardial scar tissue or
infarct. The underlying mechanism of how the whole myocardium remodels and the
mechanical interactions between the infarct and the healthy tissue are still not well
understood. In order to better understand the mechanics of the heart under normal
and pathological conditions, computational models are being increasingly used, since
they are able to provide physicians with information that cannot be measured with
the current clinical tools. This information can then be used to improve the diagnosis
and subsequently, the treatment course of each specific patient.

The main goal of this PhD project is to develop and evaluate a model-based
approach to extract novel biomechanical indices that characterize myocardial stiffness
and contractility. These indices would serve to improve the assessment of the regional
myocardial functional status and viability, as well as the prognosis of the functional
recovery of ischemic myocardium. In this PhD report, we first introduce an approach
to retrieve the biomechanical indices from normal healthy volunteer data obtained
from routine cardiac cine magnetic resonance acquisitions. In turn, we investigate the
prognostic value of the retrieved indices on a magnetic resonance-based longitudinal
study of clinical patients with ischemic heart disease. Lastly, we test the feasibility
of our proposed pipeline to estimate biomechanical indices of pathological cases by
combining learning-based infarct localization algorithm and inverse dynamics finite
element modelling.
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8.1.2 Modèle de l’architecture fibreuse myocardique . . . . . . . . . 177
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le sens des fibres . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 192

9.7 Gauche : les courbes pression-volume du modèle de cœur battant TU/e
superposées à la courbe pression-volume de notre modèle personnalisé.
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du modèle. Le paramètre de mise à l’échelle de la loi active Tmax n’a
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9.11 Valeurs de déformation radiale (%) aux niveaux basal, moyen et apical,
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gauche à droite) . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 201

10.2 Illustration des métriques du VG. Voir le texte pour les expressions
(WT : épaisseur de paroi, L : longueur) . . . . . . . . . . . . . . . . . 203

20



10.3 Résultats personnalisés du modèle de VG à partir des données d’un
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personnalisés aux niveaux médian (en haut), apical (à gauche) et basal
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(violet) incorporée dans la géométrie du VG . . . . . . . . . . . . . . 229

21



12.2 Ecart-type de l’interpolation des coordonnées locales sur la géométrie
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déformation principale après application du seuil consensuel commun
(à gauche). L’erreur ’d’ de chaque paramètre de déformation est cal-
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les géométries de VG #1, #19 et #24 montrent systématiquement
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Chapter 1

Introduction

1.1 Context

Many of cardiovascular-related deaths can be prevented with early detection and bet-
ter prognosis. Specifically, medical devices and imaging techniques have progressed
significantly, providing non-invasive methods to better understand the cardiac func-
tion and to improve the prevention and treatment of all forms of cardiovascular dis-
eases (Mor-Avi et al., 2011; Schwitter and Arai, 2011; Wang et al., 2015; Young and
Prince, 2013). The impact of these improvements is very high, given that cardiovas-
cular disease is the biggest cause of deaths worldwide for the past decades. According
to the World Health Organization1, around 18 million people died from cardiovascular
disease in 2016, representing 31% of all global deaths.

Ischemic heart disease is one of the most common form of heart disease, accounting
to 12.7% of total global mortality just in 2008 alone (Finegold et al., 2013). It is
caused by the constriction of the coronary arteries by atherosclerosis, a thickening of
the inner lining of the arterial walls due to deposits of fatty material. This causes
reduced blood supply to the heart muscle, called myocardium, and can lead to a
cardiac event called myocardial infarction (MI). In the course of several days or weeks
after MI, scar tissue or infarct may form in some heart regions. During this period,
the myocardium undergoes a remodelling process, which might change the cavity
size, wall thickness, structural and mechanical properties, as well as the mechanical
interactions between the injured myocardium and the remaining healthy myocardium
(Richardson et al., 2016; Saez and Kuhl, 2016). These factors greatly contribute to
the global heart function and the overall patient’s condition. Current clinical practice
mainly relies on the measurements of the global heart pump function to detect and
predict the progression of ischemic heart disease, which provide limited information
as they mostly reflect changes in heart’s dimension and global motion (Burns et al.,
2010; Fernandes et al., 2007; Schinkel et al., 2004). Thus, the underlying mechanisms
of the remodeling process remains unclear (Gupta et al., 2000; Houser et al., 2000;
Richardson et al., 2016), and better prediction on how the injured myocardium would
progress in time would be an essential information for physicians (Biering-Sørensen

1www.who.int/news-room/fact-sheets/detail/cardiovascular-diseases-(cvds)
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et al., 2017; Carrick et al., 2012; Choi et al., 2001; French and Kramer, 2001; Zhang
et al., 2012b).

Figure 1.1: Human circulatory system and heart anatomy showing the chambers, valves,
pericardium and major blood valves (Image retrieved from OpenStax College, Wikimedia

Commons)

1.2 About the heart

1.2.1 Basic anatomy

The heart is essentially a biological pump that distributes blood through the car-
diovascular system. The heart is divided into four chambers (Figure 1.1): the left
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and right atria (the upper chambers), and the left and right ventricles (the lower
chambers). Oxygen-deprived blood comes to the right atrium from all over the body
through the superior vena cava. Then blood flows through the tricuspid valve into
the right ventricle. The right ventricle then pumps blood through the pulmonary
valve and the pulmonary artery into the pulmonary system. Once oxygenated, blood
comes to the left atriun through the pulmonary vein. Blood then flows through the
mitral valve into the left ventricle. The left ventricle then pumps blood through the
aortic valve and the aorta towards the systemic circuit. The outer part of the heart
is surrounded by a fibrous layer called pericardium, where the major blood vessels
to and from the heart are connected. The outer and inner surfaces of the heart is
called epicardium and endocardium, respectively. The left and right ventricles are
separated by the septum, which is essentially a part of the left ventricle.

Figure 1.2: The basic structure of a sarcomere in relaxed (above) and contracted (below)
positions; consists of the thick myosin filaments and the thin actin filaments. The

structure is further stabilized by a number of proteins, e.g. α-actinin and titin (Image
retrieved from Richfield (2014))

The wall of the ventricles is composed of the heart muscle, called the myocardium.
The ventricles pump blood out by contracting in the direction of the myocardial
fiber orientations. Microscopically, individual myocytes - the cardiac muscle cells
- are joined together to form myofibrils. Myofibrils are then organised together to
form sarcomeres, which are the contractile units of the myocardium (Figure 1.2).
Sarcomeres are coupled in series through the Z-discs. A sarcomere is composed of thin
filaments called actin and thick filaments called myosin. In a relaxed state, the protein
tropomyosin is attached to the actin filaments, thereby blocking the formation of
actin-myosin cross-bridges. During contraction, free calcium ions enter the sarcomere
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and attach with troponin, allowing the myosin to bind with actin filaments to create
cross-bridges. The filaments slide towards the Z-discs, leading to the shortening or
contraction of the sarcomere. When the calcium ions are released, the cross-bridges
unbind and the sarcomere reverts back to its rest state. This principle is called the
sliding filament theory (Huxley, 1957).

1.2.2 Basic physiology

The following physiological description is focused on the left ventricle (LV) (Figure
1.3). The left ventricular cardiac cycle can be distinguished into four phases: filling
(rapid inflow, diastasis, atrial systole), isovolumetric contraction, ejection and isovol-
umetric relaxation. The diastolic part consists of the isovolumetric relaxation and
the filling phase, while the systolic part consists of the isovolumetric contraction and
ejection phase.

Figure 1.3: Wigger’s diagram showing the left ventricular cardiac cycle events. The point
’a’ corresponds to atrial contraction, the point ’c’ corresponds to the closure of mitral

valve and the point ’v’ corresponds to passive atrial filling. The wave ’P’ corresponds to
atrial depolarization, the ’QRS’ complex corresponds to ventricular depolarization and
wave ’T’ corresponds to ventricular repolarization. The sounds labelled ’1st’, ’2nd’ and

’3rd’ corresponds to the closure of the mitral valve, the closure of the aortic valve and the
brief vibration due to rapid diastolic filling period, respectively (Image retrieved from

DanielChangMD, Wikimedia Commons)
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At the end of the LV systole, the left atrium is passively filled. As the pressure in
the LV goes below the left atrial pressure, the mitral valve opens and rapid filling of
the LV occurs. Towards the end of the LV diastole, atrial contraction is induced by
a depolarization wave originating from the sinoatrial node. When the depolarization
wave reaches the apical part of the endocardium through the Purkinje network, the
depolarization wave spreads across the LV wall, inducing contraction. The LV pres-
sure increases rapidly during this phase, but the LV volume remains constant because
both the mitral and aortic valves are still closed (isovolumetric contraction). Once
the LV pressure rises above the aortic pressure, the aortic valve opens and the ejection
phase starts. After reaching its peak, the aortic flow declines slowly until it becomes
slightly negative. This causes the aortic valve to close. The LV myocardium starts to
relax, while the LV volume remains constant as both valves are closed (isovolumetric
relaxation). As soon as the pressure in the relaxing LV goes below left atrial pressure,
the filling phase restarts.

The pressure-volume (PV) loop is a common method to visualize the LV function,
which essentially puts the LV volume and pressure in one cardiac cycle shown in
Figure 1.3 in the x- and y-axis, respectively. As shown in Figure 1.4, the PV loop
can be characterized by two curves: End Diastolic Pressure Volume Relationship
(EDPVR) and End Systolic Pressure Volume Relationship (ESPVR). The EDPVR
and ESPVR curves are highly influenced by LV preload, afterload and inotropy. In
cardiac physiology, preload is related to the ED volume that stretches the LV to
its greatest dimensions, afterload is related to the pressure the heart must exert to
eject blood during systole, and inotropy is related to the ability of the myocardium
to contract. However, it is difficult to measure independently the influence of each
variable on the PV loop, as their effects are highly interdependent. The following
paragraph explains these effects in more detail.

Figure 1.4: Left: LV pressure-volume loop with end-systolic and end-diastolic pressure
volume relationships (ESPVR and EDPVR) curves. Dashed red lines show decreasing LV
preload. Right: left ventricular (LV) pressure-volume loop for normal (blue), hypertrophic

(orange), dilated (green) and restrictive (red) cardiomyopathies (CM)
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Ventricular filling occurs along the EDPVR curve. The slope of the EDPVR
shows the ventricular compliance (myocardial stiffness). Thus, changes in ventricular
compliance alter the slope of the passive filling curve. The EDPVR curve might be
altered by cardiomyopathies. For example, in dilated cardiomyopathy, the dilated
ventricle has a higher passive compliance and therefore the slope of the filling curve
is reduced. This results in lower ventricular pressures during filling at any given
ventricular volume. The maximal pressure that can be developed by the ventricle at
any given LV volume is defined by the ESPVR, which represents the inotropic state
(myocardial contractility) of the ventricle. The slope and x-intercept of the ESPVR
curve can be derived by virtually occluding the inferior vena cava, which reduces
venous return to the heart. This decreases ventricular preload and causes the PV
loop to shift to the left and get smaller over several heart beats. Decreased preload
causes a reduction in LV stroke volume (SV = VED − VES) and cardiac output
(CO = SV · HR, HR: heart rate). Peak systolic pressure also decreases because
arterial pressure falls as CO declines. Therefore, ventricular afterload is decreased
along with the preload. The ESPVR is determined by the line intersecting the upper
left corners of the loops (dashed red curves, Figure 1.4), which typically displays a
linear relationship between the LV volume and curve. It is important to note that
the pressure-volume loop cannot cross over the ESPVR line because it defines the
maximal pressure that can be generated at a given inotropic state.

1.3 Ischemic heart disease

1.3.1 Overview of infarct healing

As explained previously, ischemic heart disease is caused by prolonged reduction in
blood supply to the heart, which subsequently causes heart attack or myocardial
infarction (MI) - Figure 1.5. After MI, scar tissue or infarcts might form in some
regions of the heart. The remodeling of post-MI infarct is a dynamic process that can
be divided into three main stages; inflammatory phase, fibrotic phase and remodelling
phase. The following description is summarized from: Dobaczewski et al. (2010);
Holmes et al. (2005); Jugdutt (2003).

The inflammatory phase of infarct healing occurs over the first week in humans.
MI results in permanent death of myocytes, which is followed by a wound healing
cascade where a variety of inflammatory cells including neutrophils, macrophages,
and lymphocytes invade the ischemic zone. Structural remodeling of the ischemic
area is initiated as inflammatory cells and dead myocytes secrete and activate matrix
metalloproteinases. These proteinases degrade cell and matrix material to promote
resorption of necrotic tissue, thereby disrupting the collagen fibers and struts that
supported cardiomyocyte structure in the ischemic myocardial regions. In addition to
producing proteinases, inflammatory cells also trigger the recruitment and activation
of fibroblasts as the healing process transitions to its next stage: fibrosis.

The fibrotic phase normally lasts for several weeks and is dominated by the actions
of myofibroblasts, which promotes the generation of actin filaments and the subse-
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Figure 1.5: Myocardial infarction caused by a blockage in the coronary arteries, leading to
damage in heart muscles where blood supply is reduced (Image retrieved from

Blausen.com)

quent elevated contractile force. The final stage of infarct scar formation is termed
the remodeling phase and could last several months in humans. During this time,
the presence of myofibroblasts is reduced and the collagen content begins to stabi-
lize. The scar matures via a steady increase in collagen crosslinking, which ultimately
alters the mechanical properties across the infarcted heart regions.

1.3.2 Mechanical implications of infarct

The size, shape, and the evolving structural and mechanical properties of the infarct
are essential determinants of heart failure detection and prognosis. Understanding the
functional implications of specific structural features requires understanding of not
only myocardial mechanical properties, but also the mechanical interactions between
the infarcts and the surrounding healthy myocardium. Thus, these factors are criti-
cal determinants of heart pump function and complication risk post-MI (Richardson
et al., 2016; Saez and Kuhl, 2016).

Within minutes after coronary artery occlusion, the ischemic region becomes pas-
sive and non-contractile. The passive properties of the infarct still resemble those of
normal myocardium and diastolic filling remains unaffected. However, during systole
the infarct stretches and bulges outward when the remaining normal myocardium is
contracting. As a result, the mechanical efficiency of the heart as a pump decreases to
an extent that depends strongly on the infarct size (Bogen et al., 1980; Pfeffer et al.,
1991). In addition, infarcted parts of the heart become stiffer due to scar formation
and collagen cross-linking (Dang et al., 2005). As the scar forms and its collagen
structure evolves, changes in infarct mechanical properties interact with geometrical
remodeling of both the infarct and the non-infarcted regions of the heart to govern
changes in overall LV structure, as well as diastolic and systolic function as shown in
Figure 1.4 (Hutchins and Bulkley, 1978; Schuster and Bulkley, 1979).
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Due to the decreased contractility in the infarct region, the LV ejection volume
might drop as well, which might lead to systolic heart failure (Holmes et al., 2005;
Mathey et al., 1974; Parfrey et al., 1990). In addition, post-MI remodeling is charac-
terized by infarct thinning and ventricular dilation, which are thought to be driven
partially by the increase in mechanical loading following infarction. This morpholog-
ical change is called dilated cardiomyopathy, which is an increase in the diameter of
the left ventricle caused by compensation due to increased tissue stiffness. Dilated
cardiomyopathy causes a decrease in end-systolic pressure and the slope of the ES-
PVR curve, while the slope of the EDPVR curve also decreases (Figure 1.4). This
in turn causes a depressed stroke volume and cardiac output, which often leads to
systolic heart failure.

In an early stage of ischemic heart disease, the ESPVR ejection fraction can still
be normal due to the compensation mechanisms that cause an increased contractility
in the healthy region of the heart, but the diastolic phase may be altered. Increased
stiffness in the subendocardial part of the myocardium might also lead to restrictive
cardiomyopathy, which is characterized by the inadequate filling of the ventricle,
elevated diastolic pressure and reduced cardiac output (Figure 1.4) (Jean-Charles
et al., 2011; Muchtar et al., 2017; Sagawa, 2011). This might lead to diastolic heart
failure, which is often followed by systolic heart failure.

1.3.3 Treatment options

The immediate intervention after MI is to restore blood flow back to the heart muscles.
The atherosclerosis present in the coronary arteries needs to be removed either via
medications or through an interventional procedure called catheterization, which uses
a long, thin, flexible tube (catheter) that is threaded through to the arteries in the
heart. Firstly, a balloon is pushed through the catheter and inflated to restore blood
flow in the coronary arteries. Afterwards, a mesh tube (stent) can then be used to
keep the dilated artery open. Even when this procedure is done successfully, damaged
muscles are still present in some heart regions due to the prolonged reduction of blood,
which can lead to mechanical complications (Flachskampf et al., 2011; Richardson
et al., 2016).

As mentioned previously, complications post-MI are normally caused by the in-
crease in ventricular mechanical loading. Global and local mechanical unloading have
been explored as potential therapies to attenuate both infarct and LV remodeling
as well as to improve cardiac function. The current available treatments that tar-
get ventricular mechanical unloading are the left ventricular assist devices (LVADs),
global/local restraint and polymer injection. LVAD is a mechanical pump that is
implanted inside the chest to help a weakened heart pump blood with sufficient ejec-
tion volume (Lee et al., 2013). It is surgically implanted just below the heart, with
one end attached to the left ventricle and the other into the aorta. A restraint is a
passive device used to modulate post-MI remodelling (Ghanta et al., 2007). A re-
straint usually has a mesh structure and its purpose is to limit LV dilation. Lastly,
the injection of a polymer-based material into the ventricular wall has been used as
a therapy to augment ventricular wall thickness, which can reduce the end-diastole
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ventricular myofiber stress (Zeng et al., 2015).
Nevertheless, the treatments mentioned above were originally developed for pa-

tients at the end-stage of heart failure. However, the extremely poor prognosis of
post-infarction heart failure has motivated a number of investigators to explore the
idea of mechanically unloading infarcted hearts early after MI, in order to prevent
remodeling before it occurs, rather than treating it after it occurs (Clarke et al., 2013;
Thiele et al., 2007). Consequently, better prognosis of ischemic heart failure would
help physicians in deciding on the best treatment course for each patient. This is also
the key purpose of this PhD project.

1.4 Diagnosis of ischemic heart disease

Assessing heart function can be challenging following myocardial infarction, because
many cardiac parameters are changing at the same time, which among others include
its electrophysiology, shape and dimensions, stiffness and contractility (Ansari et al.,
2017; Flachskampf et al., 2011; Gao et al., 2017a; Saez and Kuhl, 2016; Wenk et al.,
2012). Thus, it is critical to understand the information that the heart functional
measures can provide and how to interpret them. Advances in computational imag-
ing methods are essential to extract various information that can be used to assess
ischemic heart disease and predict its complex progression (Wang et al., 2015; Young
and Prince, 2013). In this section, we discuss several techniques used to detect and
diagnose ischemic heart disease, as well as the imaging modalities commonly used
in clinical practice. Specifically, we will give more focus on the techniques offered
by cardiac magnetic resonance imaging to investigate LV function and the degree of
disease severity.

1.4.1 Electrocardiogram

An electrocardiogram (ECG) records electrical signals as they travel through the
heart, triggering atrial and ventricular contractions. An ECG can often reveal evi-
dence of a previous myocardial infarction episode, or an ongoing one. Previous studies
focused not only on cost-beneficial aspect and feasibility of this tool, but also on its
prognostic and predictive values (Ansari et al., 2017; Loewe et al., 2015).

Ischemic heart disease alters myocardial repolarization. Looking at the ECG of the
LV in Figure 1.3, it mainly changes the ST-segment either by showing a flattening of
the T-waves, an increase in the amplitude of the T-waves, or and inverted (negative)
T-wave. It needs to be noted that these T-waves alterations are not specific to
myocardial ischemia. However, with careful examination of the patient’s history and
cardiac risk, ECG could lead to a conclusive and definitive diagnosis. In the late
phase of ischemia, ECG is able to provide information on the extension, localization
and time course of the ischemia. This capability is often used to give an initial
classification of the severity in ischemic heart disease.

Despites its low-cost and sensitivity to cardiac disease, ECG focuses mainly on the
changes in the electrophysiology of the diseased heart, which is ultimately caused by
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the fact that dead myocardial tissue do not depolarize. Thus, ECG provides little to
no information in regard to the biomechanical properties of the injured myocardium
itself.

1.4.2 Angiogram

An angiogram is a diagnostic test that uses X-rays to take pictures of the coronary
arteries. A long flexible catheter is inserted through blood stream to deliver contrast
agent into the arteries. The contrast agent outlines narrow spots and blockages by
emphasizing their visibilities when exposed to X-ray (Figure 1.6). Conventional an-
giography is the most common method for detecting the narrowing of an artery that
may require immediate intervention. The procedure is efficient for patients with high
risk and clear physical symptoms, as it can be used simultaneously for diagnosis and
treatment in a single session due to its detailed and precise visualization. However,
conventional angiography is an invasive method and exposes the patients to radia-
tion, which makes it unsuitable for early detection. Additionally, this procedure has
little to no prognostic capability, since no information regarding the properties of the
injured myocardium can be retrieved (Lewis, 2017; Tavakol et al., 2012),

Figure 1.6: Left: angiogram image showing blocked arteries. Middle: coronary CT
angiography image showing the extent of occlusion in the coronary arteries. Right:
ultrasound 4-chamber view image of the heart (Images retrieved from Wikimedia

Commons)

1.4.3 Computed tomography

Computed tomography (CT) is an imaging procedure that uses special x-ray equip-
ment to create detailed scans of the areas inside the body. The X-ray generator and
detectors are rotating about a single axis of rotation with a constant speed to acquire
a set of projected images that are further used to produce slices of the human body
through a reconstruction algorithm. Contrast-enhanced imaging of the coronary ar-
teries can also be produced with CT, termed as coronary CT angiography (CCTA),
as shown in Figure 1.6. The advantage of CCTA to conventional angiography is its
relative non-invasive approach. It also uses imaging contrast that is injected through
a vein in the arm, instead of through an invasive catheterization. CCTA is able to
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detect softer plaques in the coronary arteries that might be missed by conventional
angiography (Fleischmann et al., 2016; Tavakol et al., 2012).

CT offers high spatial resolution and anatomical details, which can be used to
build anatomical models. Combining CT with positron emission tomography (PET)
enables functional imaging that depicts the spatial distribution of metabolic and
biochemical activity in the body, which can be further used to investigate the degree of
severity of ischemic heart disease at a molecular level (Knaapen et al., 2010). Its main
disadvantage is the radiation exposure to the patients, as well as the radiochemicals
used in PET.

1.4.4 Ultrasound

Cardiac ultrasound (US) uses sound waves to produce images of the heart with lower
spatial resolution in comparison to CT and MR, but higher temporal resolution. As
explained previously, ischemic heart disease is characterized by stiffer, low-contracting
myocardium. Due to its high temporal resolution, the physicians are able to deter-
mine parts of the myocardium that are weakly contributing to the overall motion
of the heart, which might indicate it as ischemic or injured. Cardiac US is able to
accurately estimate the LV global pump function, such as ejection fraction and global
longitudinal strain. Due to its low cost and high accessibility, cardiac US is the first
choice in examining patients with ischemic heart disease (Burns et al., 2010; Lang
et al., 2006).

Analysis of regional myocardial function has also been commonly done with car-
diac ultrasound images. For example, speckle tracking technique allows deformations
or strains of the underlying tissues to be quantified. Tissue Doppler imaging is also ca-
pable of estimating the strain rate of the myocardium. However, the regional analysis
of cardiac US is often dependent on the sonographers and the quantitative methods
used (Jasaityte et al., 2013; Kleijn et al., 2015; Norum et al., 2015).

1.4.5 Cardiac magnetic resonance

Cardiac magnetic resonance imaging (MRI) provides high contrast between the de-
forming myocardium and surrounding structures, which enable the reconstruction of
an accurate anatomical model. MR offers a wide tomographic window and high spa-
tial resolution without the disadvantage of CT’s radiation. Because of its ability to
reliably quantify measures such as LV EF, LV cavity volume, wall mass, and regional
wall motion, cardiac MRI has become the gold standard for noninvasive quantifica-
tion of global and regional in vivo heart function (Epstein, 2007; Schwitter and Arai,
2011).

Since all our subjects in this report were acquired via cardiac MR acquisitions,
here we discuss the basic principles of MRI (Figure 1.7), including its signal genera-
tion and image formation (Kwong, 2008; Young and Prince, 2013), followed by some
descriptions of the MR techniques and sequences used in our study.
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Figure 1.7: Basic principles of magnetic resonance imaging

Principles of magnetic resonance imaging

MRI is mostly based on imaging water molecules, which is abundant in physiological
tissue. Hydrogen atoms are found in water and tissues, and they can be considered
as a tiny magnet - with its own north and south poles - that spins along its axis.
These spins are normally oriented randomly. However, when they are exposed to a
strong external magnetic field, they align along (parallel) or in the opposite direction
(antiparallel) to it. This behavior is termed Larmor precession, and its frequency is
defined by the Larmor frequency wv:

wv = γB0 (1.1)

where γ is the gyromagnetic ratio of a certain atom, in the case of MR imaging the
Hydrogen atom, and B0 is the external magnetic field.

The parallel orientation is slightly favored over the antiparallel orientation. This
excess in the parallel orientation is what eventually yields signals that can be re-
constructed into images. We denote the net magnetic moment created due to the
alignment of hydrogen proton with the magnetic field as the vector M .

When a radio-frequency (RF) pulse Brf , with a frequency equal to Larmor fre-
quency, is applied perpendicular to the magnetic field B0, the magnetic vector M
is deflected away from B0 into the transverse plane. The strength of the magnetic
field can be altered electronically from head to toe using a series of gradient electric
coils, and by altering the local magnetic field by small increments, different slices of
the body will resonate as different frequencies are applied. When the radiofrequency
source is switched off, the magnetic vector returns to its resting state, and this causes
a signal (also a radiofrequency wave) to be emitted. This signal is referred to as the
free-induction decay. It is this signal which is used to create MR images. Receiver
coils are used around the region of interest to improve the detection of the emitted
signal. The received signals are then combined and processed to reconstruct cross
sectional images of the objects of interest.

Multiple transmitted radiofrequency pulses can be used in MR sequences to em-
phasize particular tissues or abnormalities. A different emphasis occurs because dif-
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ferent tissues relax at different rates when the transmitted radiofrequency pulse is
switched off. The time taken for the protons to fully relax is measured in two ways,
which are called the T1 relaxation and the T2 relaxation. To be more specific, T1 is
the longitudinal relaxation time, which measures the time required for the magnetic
moment M to realign itself with B0, while T2 is the transverse relaxation time, which
measures the time required by the FID response signal from a given region of interest
to decay. For normal myocardium in a 1.5T MR machine, T1 is about 800 ms and
T2 is about 30 ms.

MR examinations are thus made up of a series of pulse sequences. Figure 1.8
displays a basic excitation and detection pulse sequence of gradient echo. Adjustment
of the repetition time (TR) and echo time (TE) and spin preparation pulses can give
the image a T1, T2, or proton density weighting.

Figure 1.8: A gradient echo pulse sequence. An initial RF pulse flips the magnetization
into the transverse plane (a). In the presence of a gradient pulses throughout the region of

interest, dephasing occurs (b). A refocusing gradient reverses the relative phase and an
echo is formed as the spins rephase (c). Phase accrual continues until the end of the

gradient pulses (d) (Image taken from Young and Prince (2013))

Unlike X-ray and CT, MRI does not use radiation exposure, while still offering
wider tomographic window and higher in-plane spatial resolution in comparison to
US. However, MRI is costly and rather slow in its image acquisition. It is also not
accessible for every patient, e.g. patients with metallic implants. The infrastructure
for a MR machine requires considerable consideration as the scanner room needs to
be shielded by a Faraday cage, making it unsuitable for use in smaller clinics.

1.4.6 MR-based cardiac function assessment

Global performance and regional pump function are useful parameters of cardiac dis-
ease diagnosis. Cardiac MR offers quantitative estimation of myocardial properties in
all regions of the heart, which is conducted through several cardiac cycles and is based
on anatomical slice images as shown in Figure 1.9. The end-diastolic phase is nor-
mally the start of the image acquisition, which is triggered by the electrocardiography-
gating. MR offers common cardiac functional measurements such as cavity volumes,
myocardial mass, ejection fraction, wall thickness and thickening. In the following
paragraphs we discuss more advanced cardiac MR techniques to assess the cardiac
function.
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Deformation measurements

Cardiac motion and deformation components can be estimated from MRI displace-
ment encoding methods. Displacement can be estimated with various techniques;
SPAMM tagging using non-rigid registration, HARP method, DENSE sequence, or
feature tracking technique from cine images (Figure 1.9-1.10).

Figure 1.9: Cine MR images: short axis and long axis 2-chamber and 4-chamber views

Spatial modulation of magnetization (SPAMM) is an MR-tagging technique where
RF-saturation pulses are used to place stripes or grids on the heart to follow its motion
during the cardiac cycle (Dong et al., 1994; Lorenz et al., 2000; Zerhouni et al., 1988).
The images obtained are typically displayed in a cine format, allowing for both visual
and quantitative assessments of LV dynamics. In current practice, SPAMM is used
for clinical applications where information is needed about myocardial contractility,
such as in patients with myocardial ischemia where abnormalities in regional wall mo-
tion are suboptimally assessed by global quantitative measurements such as ejection
fraction or end diastolic volume. A modified CSPAMM post-processing technique
has been proposed to circumvent SPAMM limitation in regards to the attenuation of
the tagging pattern (Ryf et al., 2002). Three sets of short-axis images (basal, mid-
ventricular, and apical) are typically acquired, plus a long-axis, 4-chamber view. A
rectangular grid pattern is used in the images, hence the popular term tagged images.
The data is then transferred to a separate workstation for advanced post-processing.
Semi-automated software is available for calculating parameters such as peak strain
timing, circumferential and radial strain components, and twist angle.

Harmonic phase (HARP) algorithm is a medical image analysis technique capable
of extracting and processing motion information from tagged MR sequence, without
prior extraction of the tagging pattern (Fernandes et al., 2007; Moore et al., 2000).
The method uses spectral peaks in the Fourier domain of tagged MRI, calculating
the phase images of their inverse Fourier transforms, which are called harmonic phase
images. This phase encodes the original position X at each current position x, and
can be thought of as being fixed with respect to material coordinates: as the heart
deforms the harmonic phase of a material point is constant. The motion of material
points through time is then tracked, under the assumption that the HARP value of a
fixed material point is time-invariant. The method is fast and accurate, and has been
accepted as one of the most popular tagged MRI analysis methods in medical image
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Figure 1.10: Tagging (a), DENSE (b) and feature tracking (c) techniques for myocardial
strain assessment from MR images (Image retrieved from Cao et al. (2018)). Top: short

axis, bottom: long axis. For the tagging image, the segmented endocardial and epicardial
borders are marked yellow and green, respectively. In DENSE, the images are shown in

diastole with points on myocardium depicting the 2D displacement field. In feature
tracking, the endocardial and epicardial borders are marked by red and green contours,

respectively, with the myocardium in yellow
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processing (Osman and Prince, 2000). Arts et al. (2010) introduced the SinMod
method, which was found to be more robust than HARP. The method obtained the
local frequency and displacement through band-pass filtering, where the intensity
distribution at each pixel is modeled by a local cosine wavefront.

While the previous techniques mainly use the grayscale information of the image,
tissue displacement between two time points is also directly encoded into the phase
of the MRI signal. The DENSE (displacement-encoding stimulated echo) method
was developed to provide a high spatial density of displacement measurements in the
myocardium via stimulated echoes (Cao et al., 2018; Hess et al., 2009). It combines the
advantages of both tagging and phase velocity mapping methods, and it is capable
of measuring large displacements over long periods while maintaining high spatial
resolution. In an effort to quantify displacement resulting from deformation induced
by external forces, the phase of each pixel was modulated according to its position
rather than its velocity. This technique encodes motion over long time intervals.
Aletras et al. (1999) introduced the fast-DENSE scheme to collect single-slice 2D
dataset in one-breath-hold.

Feature tracking is a deformation measurement technique recently applied to MR
images, developed initially for ultrasound applications (Augustine et al., 2013; Hor
et al., 2010). In general, a tracking method begins by identifying a relatively small
window on one image and searching for the most comparable image pattern in a
window of the same size in the subsequent frame. The displacement found between
the two patterns is taken as the local displacement of the tissue. Cine cardiac MR is
relatively well-suited for feature tracking, due to its wide tomographic window and
good contrast between the myocardium and the blood in the cavity. A limitation of
feature tracking in cardiac MR is the temporal resolution, which may not be able to
resolve short-lived phases of cardiac motion (Rahman et al., 2017).

In all the above-mentioned methods, or essentially with any image-based tissue
displacement estimation using any modality, the slice and pixel position remains fixed
whereas myocardial material points move through the image and displacement is given
at each current pixel. The Lagrangian strain E can be simply calculated from the
deformation gradients F from the displacement map x(X) (Young and Prince, 2013):

E =
1

2

(
F T .F − I

)
; Fij =

∂xi
∂Xj

(1.2)

Tissue viability

The most commonly used contrast agents in MRI are gadolinium-based. Gadolinium
increases the T1 signal. The contrast agent is injected intravenously and scans are
obtained a few minutes after administration. Pathological tissues will demonstrate a
delayed accumulation of contrast agent and appear brighter than surrounding tissue,
which can be an indication of an ongoing ischemia. After a short delay, a second
scan is carried out. In this period, the contrast medium highlights the parts of the
heart muscle with ischemic tissue or infarcts. This technique, called late Gadolinium
enhancement, is able to show the extent of the scarring, enabling physicians to inter-
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pret whether the scarred heart muscles are still viable (Doltra et al., 2013) (Figure
1.11). Assessing the degree of scarring avoids unnecessary surgery to restore blood
supply to parts of the heart that have been irreversibly damaged. In addition, it also
enables more detailed observations on the structural and functional properties of the
infarcted tissue (Flachskampf et al., 2011).

Figure 1.11: Late Gadolinium enhancement image, showing areas of non-viable/scar tissue
(left) and processed MR diffusion tensor image of ex vivo human myocardium, showing the

direction of maximal diffusivity given from the orientation of the eigenvector associated
with the diffusion tensor (right) (Images retrieved from Young and Prince (2013))

Diffusion tensor imaging

Diffusion MR (diffusion tensor imaging, DTI) was initially developed to study tissues
with anisotropic structural properties. Thus, it is often used to estimate myocar-
dial fiber orientations based on the measured, preferred orientations (represented by
the primary eigenvectors of the diffusion tensors) of the local self-diffusion of wa-
ter molecules in myocardial tissues. Despite the fact that the in vivo application of
DTI is hindered by lengthy acquisition times and sensitivity to motion artifact, it
has shown promising results in discerning regional structural anisotropy of isolated
hearts. Data sets from DT-MRI have been used to construct atlases of fiber archi-
tecture (Lombaert et al., 2012; Zhang et al., 2012a), to analyze the variability of ex
vivo myocardial fiber orientation fields (Healy et al., 2011; Helm et al., 2005; Tseng
et al., 2003), as well as to be incorporated into subject-specific models (Arevalo et al.,
2008; Gurev et al., 2011). Although ex vivo DT-MRI is presently a popular technique
for estimating fiber orientations, studies are now under way to adapt this technique
to be more readily applicable for in vivo imaging (Toussaint et al., 2013; Wei et al.,
2015). In vivo DT-MRI data are sparse, but a correlation between in vivo and ex vivo
data has been reported (Tseng et al., 2003). With further development of this imag-
ing technique and postprocessing tools, DT-MRI has the potential to be a clinically
useful tool for characterizing myocardial tissue and quantifying myofiber orientations
throughout the beating heart.
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1.5 Image-based modelling of the heart

The Finite Element Method (FEM) has proven to be a universal tool for the analysis of
complex structures in engineering. With recent increase in computing power, different
nonlinear problems can be treated more efficiently. This includes problems within life
sciences, such as the simulation of heart at systole (active contraction or ejection phase
of cardiac cycle) and diastole (passive relaxation or filling phase of cardiac cycle). In
order to better understand the mechanics of the heart and its disorders, computational
methods are being used increasingly to investigate healthy and diseased cardiac tissue.
Realistic computational simulations of the heart are able to provide information that
cannot be measured clinically and may help physicians to better diagnose and treat
cardiac diseases (Carrick et al., 2012; Gao et al., 2017a; Tang et al., 2010; Wang et al.,
2015).

Advances in cardiac imaging have allowed the improved understanding of the car-
diovascular system. Specifically, cardiac MR has enabled clear detection of myocardial
wall and its motion along the cardiac cycle. This in turn has greatly contributed to
the development of more accurate and complex finite element models of the heart.
For instance, biomechanical models of the heart offer the quantification of intrinsic
mechanical properties of the myocardium, such as stiffness and contractility, which
are difficult to measure with the current clinical protocols (Gao et al., 2017a; Wang
et al., 2009; Sun et al., 2009). Detailed three-dimensional deformation, stress, strain
and electrical fields that can supplement conventional clinical data can also be re-
trieved using model-based approaches (Genet et al., 2014; Tang et al., 2010; Talbot
et al., 2013).

Biomechanical heart models can be used to investigate the potential of novel
post-infarction therapies and treatments in silico. Computational models also enable
complex multi-physics and multi-scale approaches of heart structure and function
(Lopez-Perez et al., 2015; Chapelle et al., 2012; Marchesseau et al., 2013; Mollero
et al., 2016). This means that computational models can be used to explore the broad
array of potential treatments focusing on different aspects, i.e. pharmacologic (Genet
et al., 2014; Weiss et al., 2009), mechanical (Jik et al., 2018; Walker et al., 2005),
and electrical modifications (Lee et al., 2018; Tobon-Gomez et al., 2013b), thereby
offering preliminary test on their feasibilities. Moving forward, highly personalized
heart models might provide accurate prediction of the long term effects of infarcts
and ventricular remodeling of specific patient, which will be essential in tailoring the
best possible decisions in the clinical setting (Arevalo et al., 2008; Gao et al., 2017b).

Ultimately, the final goal of heart modelling studies is to develop validated 3D
patient-specific models that could be used efficiently in a clinical setting for the pur-
pose of improving diagnosis and prognosis. This is the main objectives of this thesis
work. In the next chapters, we will go into more details in regards to the state-of-the-
art of image-based modelling of the cardiac mechanics, as well as our contributions
in this area.
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1.5.1 Modelling of ischemic heart

The biomechanics leading to LV adverse remodelling and heart failure remain incom-
pletely understood (Gupta et al., 2000; Houser et al., 2000; Pieske, 2004). Modelling
of diseased hearts has attracted a wide interest in recent years. In order to model an
ischemic heart, it is necessary to locate the infarct or the ischemic region in the heart.
Since the ischemic region of the heart is normally isolated with respect to the healthy
regions, the heart geometry can then be partitioned into several compartments. Dif-
ferent material properties are assigned to to these compartments to model the varying
mechanical properties across the ischemic and healthy heart regions. Late Gadolin-
ium enhancement MR images can be used for this purpose (Gao et al., 2017a; Genet
et al., 2015; Soleimanifard et al., 2010). However, this MR sequence requires contrast
injection and adds at least another 30 minutes of image acquisition process. Another
common infarct localization method is by analyzing the strain/deformation patterns
of the heart, since infarcted myocardium deforms noticeably less in comparison to the
surrounding healthy ones (Duchateau et al., 2016; Tobon-Gomez et al., 2013a).

Most modelling studies on ischemic heart focused simply on the main mechanical
characteristics of the ischemic tissue. Scar stiffnesses several times greater than that
of normal myocardium, with zero to low contractility were normally implemented to
model ischemic myocardium (Gao et al., 2017a,b; Genet et al., 2015).

1.5.2 Focus: left ventricle

The left ventricle has a much thicker wall than the right ventricle, which is necessary
since it exerts significantly greater pressure - in the range of 100-140 mmHg - to
pump blood all over our body. On the contrary, the right ventricle exerts around
15-30 mmHg pressure. Left ventricular dysfunctions often lead to catastrophic heart
failure and fatal consequences (Kalam et al., 2014; Kinova et al., 2018). Due to its
significant role, most modelling studies focuses specifically on the left ventricle (Wang
et al., 2015; Lopez-Perez et al., 2015). In this report, we also focused our work on
left ventricle models.

1.6 Report outline

This chapter emphasizes that there is a certain need to improve the diagnosis and
prognosis post myocardial infarction. Model-based approaches might be useful for
this purpose, and this is the main objective of the work discussed in this report. The
report is outlined as follows:

• Ch.2 describes the theoretical overview and states-of-the-art in personalized
heart mechanical models

• Ch.3 describes the implementation and verification of our model in the com-
mercial finite-element software Abaqus. Moreover, this chapter also discusses
the verifications of our modelling approach against benchmark problems and a
published model
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• Ch.4 describes our work on in vivo estimation of subject-specific left ventricular
stiffness and contractility based on routine cine MR data of healthy volunteers

• Ch.5 describes our investigation on the prognostic potential of the biomechan-
ical indices in a one-year longitudinal study of patients with ischemic heart
disease

• Ch.6 describes the development and application of the framework purposed to
evaluate the performance of deformation-based parameters in localizing infarct
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Chapter 2

Biomechanical model of the left
ventricle

Advances in imaging techniques have enabled reliable quantifications of the struc-
tural and functional measures of the heart. In particular, cardiac magnetic resonance
(MR) techniques have helped to promote recent progress in subject-specific computa-
tional modelling of cardiac mechanics. Many studies on subject-specific LV modeling
were purposed to investigate the complex structure and the underlying mechanical
mechanisms present in normal and pathological myocardium, which would be used
to improve diagnoses, treatment planning and prognoses in the clinical setting.

Figure 2.1: General pipeline of the LV modelling approach. The dashed red diagram
shows the inverse modelling part

In this chapter, we will focus on data acquired with cardiac magnetic resonance
(MR). Figure 2.1 shows a general pipeline of the subject-specific LV modelling ap-
proach that is focused on data acquired from cardiac MR. Briefly, the LV geome-
try is reconstructed and some relevant measures/information are extracted based on
MR data. Myocardial fiber arrangement, either rule-based or extracted through MR
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imaging, is incorporated into the LV geometry. In a direct modelling approach, a con-
stitutive law with fixed material parameters values are applied to simulate the heart
model. In an inverse modelling approach, the material parameters are optimized by
matching the relevant clinical measures and minimizing a cost function, in order to
obtain a subject-specific or personalized LV model.

Brief backgrounds and states-of-the-art relating to each component of the general
pipeline are discussed in this chapter.

2.1 Anatomical and structural model

2.1.1 Geometry

The first developed 3D computational models of cardiac anatomy were simplistic
models, based on ellipsoids truncated at the base level to roughly approximate the
shape of the LV. This approach is still in use for specific applications in which the
anatomical realism is not crucial for the purpose of the model (Bovendeerd et al.,
2009; Land et al., 2015). The evolution of medical imaging technology provided the
possibility of building realistic 3D cardiac models, leading to the rise of patient-specific
cardiac computational modelling. Building anatomically-accurate models requires
imaging techniques synchronized with the ECG and breathing in order to overcome
the noise and motion artefacts due to the cardiac cycle and breathing movements
(Lopez-Perez et al., 2015; Wang et al., 2015). Cardiac atlases also emerged thanks to
the increasing availability of in vivo images. They are assembled by averaging several
3D cardiac image datasets from a population of subjects, thereby generating a mean
3D cardiac image or shape (Hoogendoorn et al., 2013; Lorenzo-Valdés et al., 2002;
Ordas et al., 2007).

These models can also be constructed with various modalities, i.e. cardiac MR,
CT or US. Detailed explanations on these imaging modalities have been covered in
Chapter 1. Briefly, MR imaging is advantageous because it offers high spatial resolu-
tion and high contrast between the deforming myocardium and the cavity, but it is
not accessible for patients with metallic implants. CT imaging offers superior spatial
resolution, but it exposes the patients to radiation. In addition, both modalities are
relatively costly and time-consuming. On the other hand, cardiac US offers a reason-
ably time- and cost-efficient cardiac imaging technique with high temporal resolution,
but with lower spatial resolution. In our study, the subject-specific geometrical mod-
els were reconstructed from MR images.

Throughout the cardiac cycle, LV deformation is constrained by the presence of
anatomical features, i.e. the right ventricle, valves, papillary muscles and surrounding
anatomical structures. Due to the importance played by the septum and the right
ventricle in the electrophysiology of the heart, studies on electromechanical heart
models often included the right ventricle (Sachse et al., 2004; Marchesseau et al.,
2013; Talbot et al., 2013) (Figure 2.2-middle). Asner et al. (2017b) developed data-
driven boundary terms to address the missing force caused by both the filling and
contraction in the right ventricle to the isolated LV model. Nevertheless, addition of
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Figure 2.2: Left: an isolated LV geometry used in this study, Mid: a biventricular
geometry with the mapped fiber vectors (Talbot et al., 2013), Right: an LV geometry with

papillary muscles (Wang et al., 2015)

geometrical details in LV models might have limited effect on model accuracy: e.g.
a study by Wang et al. (2009) found that the incorporation of valves and papillary
muscles did not lead to a significantly better model.

Isolated LV models are more straightforward to segment and characterize from
medical imaging data (Figure 2.2-left). As mentioned previously, the LV is often the
focus of heart failure studies due to the significant consequences caused by its failure.
Due to this reason, many studies commonly used isolated LV models (Gao et al.,
2014a; Genet et al., 2014; Wang et al., 2016; Xi et al., 2013). Figure 2.2 shows a
patient-specific left ventricle model (Rumindo et al., 2017b), a bi-ventricular model
(Talbot et al., 2013) and a left ventricle model with the papillary muscles (Wang et al.,
2015) built from in vivo MR images. In regard to modelling the details of heart
geometry and structures, the decision ultimately falls to the purpose of the study
itself, with additional consideration regarding the balance between computational
cost and model complexity.

2.1.2 Residual LV stress

The modelling of the left ventricular requires a reference state geometry, defined as the
situation where the myocardial stresses and strains are assumed to be zero. Previous
studies have demonstrated that the distributions of diastolic ventricular stress were
highly affected by residual stress (Guccione et al., 1991; Wang et al., 2014). However,
experiments have shown that the stress-free configuration is not observable in the
intact heart (Omens and Fung, 1990; Costa et al., 1997), making them very difficult
to quantify and their modelling must be treated with caution. Thus, the omission of
residual stress has become a common limitation among many LV modeling studies
(Gao et al., 2014a; Genet et al., 2014; Wang et al., 2009).

2.1.3 Myocardial fiber model

Definition

Myocardial fiber is arranged in a laminar fashion across the myocardial wall (Figure
2.3-left). Its orientation is normally defined by a combination of elevation and trans-
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verse angles, denoted as αh and αt, respectively. These angles are defined in the local
LV coordinate system, which is composed of transmural coordinate (endocardium
to epicardium), longitudinal coordinate (basal to apical level) and circumferential
coordinate, as shown in Figure 2.3.

Figure 2.3: An illustration of myofiber laminar organization in the left ventricle (LeGrice
et al., 1995; Wang et al., 2015) (left). Definition of elevation (αh) and transverse (αt)

angles with respect to left ventricle local coordinate system (right)

Histological data

Our basic understanding of 3D myocardial architecture was initially based on detailed
histological studies (Nielsen et al., 1991; Streeter, 1979). Figure 2.4 shows a transmu-
ral variation of myofiber elevation angle from the endocardium to epicardium. The
fiber elevation angles were found to be varying from about 60◦, with respect to the
circumferential direction at the endocardium to about -60◦ at the epicardium. These
studies also concluded that fiber angles did not change significantly during the tran-
sition from diastole to systole, despite the significant fractional thickening at systole.
Additionally, the amount of fibers that are circumferentially oriented were found to be
increasing toward the base and decreasing toward the apex of the left ventricle. Fiber
elevation angles in the lateral wall of hearts in systole increased through the wall by
approximately 7◦ near the base and 19◦ near the apex relative to their counterparts
in diastole, indicating bending or torsion of the left ventricle during contraction.

These initial findings from canine hearts were supported by further studies on
high spatial resolution images from scanning electron microscopy, confocal microscopy
and polarized light microscopy in dogs (Arts et al., 2001; LeGrice et al., 1995), rats
(Young et al., 1998), goats Geerts et al. (2002), human (Jouk et al., 2007) and other
mammals (Healy et al., 2011). This led to further discovery of the myocardial laminar
organization that enables the heart to undergo complex deformations throughout the
cardiac cycle. Although these histological findings brought us essential information
of the myocardial structure, their applications are limited to excised tissue sections.

Diffusion tensor MR-based data

Diffusion tensor MR (DT-MR) is able to estimate fiber orientations based on the
preferred orientations of the local self-diffusion of water molecules in biological tissues.
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Figure 2.4: Experimental data of myocardial fiber angles in canine hearts (Nielsen et al.,
1991; Streeter, 1979), showing transmural variation of fiber elevation angle

It has shown promising results in discerning regional structural anisotropy of isolated
hearts. In Peyrat et al. (2007), a statistical atlas that characterizes the variability
of fiber orientation was constructed using ex vivo DTI from nine canine hearts. A
recent work has been done to create an atlas from ten ex vivo human hearts (Lombaert
et al., 2012). These atlases have been used to predict personalized myocardial fiber
orientation fields based on the transformation between the subject-specific geometries
and the atlas of heart geometry (Vadakkumpadan et al., 2010).

We only found two modelling studies that utilized ex vivo DT-MR-derived fiber
orientation to construct subject-specific electromechanical LV models of canine (Arevalo
et al., 2008) and human (Gurev et al., 2011). Despite its evident potential, applica-
tion of DT-MR technique in clinical setting is greatly hindered by lengthy acquisition
(around 6 to 8 hours) and its high susceptibility to motion artifact, especially near the
boundaries of the heart (Holmes et al., 2000). Studies are now under way to adapt
this technique to be more readily applicable for in vivo imaging (Toussaint et al.,
2013; Wei et al., 2015).

Rule-based method

Rule-based parameterization is an efficient method to define the spatial distribution
of the helix (αh) and transverse (αt) angles. Any LV model that includes active con-
traction needs to consider the fiber orientation model used, as myocardial shortening
occurs in the direction of the fibers. Thus, myofiber rule-based methods need to fit the
histological and/or physiological descriptions of myocardial structure and behaviors.
Many studies have used different rule-based methods in their studies.

• Linear variation of elevation angle: in accordance to the histological finding
discussed above (Nielsen et al., 1991; Streeter, 1979), many studies have imple-
mented linear transmural variation of elevation angle, without accounting for
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fiber angle variation in the transverse directions (Asner et al., 2017b; Genet
et al., 2014; Lee et al., 2014; Marchesseau et al., 2013)

• Linear variation of elevation and transverse angle: Gao et al. (2017a) uses a
linear transmural variation of both the elevation and transverse angles

• Model-based optimized rule-based method : in our study, we used a rule-based
method developed by Rijcken et al. (1999), as it is able to match the circumferential-
radial shear experimental data from (Ubbink et al., 2006).

2.2 Myocardial Constitutive model

The three-element Hill muscle model represents the muscle mechanical response (Hill,
1938). The model is constituted by a contractile element (CE) and two non-linear
spring elements, one in series (SE) and another in parallel (PE) - Figure 2.5. Hill’s
model represents muscle response with two types of non-linear elasticity, related to
the resting muscle and active/contracting muscle, which are represented by PE and
SE, respectively. In the physiological sense, the myocardium mainly consists of ac-
tive myocytes and the surrounding cellular structure. In Hill’s three element model,
the active contraction from CE comes from the active myocytes bundles that form
the sarcomere; PE represents the passive elasticity of the soft tissue surrounding the
sarcomeres; whereas SE represents the intrinsic elasticity of the cardiac muscle bun-
dles (Fung, 1981). The net force-length characteristics of both the active and passive
elements satisfy:

F = FPE + FSE; FCE = FSE

L = LPE; L = LCE + LSE
(2.1)

where L is the muscle length.

Figure 2.5: Left: The Hill’s three-element model; CE: contractile element, SE: series
element, PE: parallel element, F: force. Right: Deformation of a thick-walled cylinder

(inflation, contraction) modelled by Guccione et al. (1991, 1993)

This simplistic model of cardiac muscle contraction provides us with the early
relation between the shortening of the contractile element and the elasticity of the
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muscle. Thus, the mechanical behavior of the myocardium can be modelled as a
coupling of a passive and an active constitutive laws, as shown by the cylindrical
model in Figure 2.5 (Guccione et al., 1993).

2.2.1 The passive part

Due to its complex 3D architecture, cardiac muscle exhibits anisotropic, viscoelastic
mechanical behavior when subjected to various mechanical loading (Dokos et al., 2002;
Yin et al., 1987). As with many other soft biological tissues, the myocardium can also
be regarded as an incompressible material (Vossoughi et al., 1980). The viscoelastic
aspect of the myocardium is often neglected from the point of view of mechanical
modelling on the time scale of the cardiac cycle, which is short in comparison to
the relaxation time of the viscoelastic response (Holzapfel and Ogden, 2009). Thus,
modelling of the viscoelasticity has received little attention in the literature.

Recent studies have used various passive hyperelastic myocardial models, rang-
ing from isotropic to orthotropic formulations. The choosing of passive myocardial
behavior is highly dependent on the purpose of the study. In this section, we dis-
cuss constitutive models of passive myocardium as an incompressible, hyperelastic
materials.

Isotropic model

There are different non-linear isotropic hyperelastic constitutive law, i.e. Neo-Hookean
form, Yeoh form and the Mooney-Rivlin form. Specifically, several studies have de-
veloped personalized electromechanical heart models with the Mooney-Rivlin consti-
tutive passive law (Marchesseau et al., 2013; Talbot et al., 2013), although these two
studies also added passive stiffness in the fiber direction within its active law formu-
lation. In addition, Tang et al. (2010) used a modified Mooney-Rivlin law in order to
develop a patient-specific LV with fluid-structure interaction.

The Mooney–Rivlin is a hyperelastic material model (Mooney, 1940; Rivlin, 1948),
where the strain energy density function (W ) is a linear combination of two strain
invariants calculated from the right Cauchy–Green deformation tensor C, as described
below.

W = C1(I1 − 3) + C2(I2 − 3) (2.2)

where C1 and C2 are the material parameters, In is the nth principal invariant of C

I1 = tr(C); I2 =
1

2

[
I2
1 − tr(C2)

]
(2.3)

Ultimately, myocardium is structurally complex and isotropic material model is
not able to adequately mimic its mechanical response. Due to this reason, more
complex anisotropic models have been introduced to represent passive myocardial
mechanical behaviors. Some of the most widely-used models are discussed below.
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Transversely-anisotropic model

A widely-used phenomenological hyperelastic transversely anisotropic constitutive
model was proposed by Guccione et al. (1991). The model describes a unique me-
chanical behavior along a single preferred direction, normally in the local myocardial
fiber direction, leading to four material parameters that need to be identified for
subject-specific models. This transversely anisotropic model has been used in various
forms in numerous studies (Bovendeerd et al., 2009; Genet et al., 2014, 2015; Lee
et al., 2014; Walker et al., 2005).

The strain energy density function W of this model is shown in equation 2.4. We
chose this passive constitutive law in our study, and more detailed descriptions can
be found in Section 3.4.

W =
C0

2
(eQ − 1)

Q = bfE
2
ff + bt(E

2
ss + E2

nn +
1

2
(E2

sn + E2
ns))

+
1

2
bft(E

2
fs + E2

sf + E2
fn + E2

nf )

(2.4)

C0 is the isotropic material parameter, Eii are the Green strain tensor components in
the ii direction, and bii are the exponential material parameters in the ii direction.
The suffixes f , s and n denote the local fiber, cross-fiber and sheet-normal directions,
respectively.

Orthotropic model

A shortcoming of the transversely anisotropic model is that it is a phenomenological-
based model. Holzapfel and Ogden (2009) proposed a structural-based exponential
constitutive model based on strain invariants (equation 2.5), which is comprised by
an isotropic component and transversely anisotropic components. The eight material
parameters makes it a complex inverse problem to personalized. Nevertheless, patient-
specific models have been developed with the orthotropic model (Asner et al., 2017b;
Gao et al., 2017a,b)

W =
a

2b
e(I1−3) +

N∑
i=f,s

ai
2bi

[
e(bi(I4i−1)2 − 1)

]
+

afs
2bfs

[
ebfsI8fs − 1

] (2.5)

a and b are the isotropic material parameters, ai and bi are the exponential material
parameters in the i direction and In is the respective nth strain invariant from equation
2.3 and 2.6,

I4 = a0.(Cf0); I8 = f0(Cs0) = s0(Cf0) (2.6)

where f0 and s0 are the unit vectors denoting the fiber and cross-fiber directions in
the reference configuration.
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2.2.2 The active part

Experimental data demonstrated that the active stress generated by myocardium is
dependent on time, sarcomere length and velocity of shortening of the sarcomeres
(Bergel and Hunter, 1979; Fung, 1981). Mathematical formulations for muscle con-
traction have been developed since the early twentieth century, and the Huxley’s
sliding filament model (Huxley, 1957) have become the foundation of various early
and recent models.

Evolution of the Huxley’s sliding filament model

Figure 1.2 from Chapter 1 displays the anatomical details behind the principle of the
sliding filament theory, which explains the mechanism of muscle contraction based on
sliding of the myosin (thick) filaments of muscle fibers past the actin (thin) filaments.
It introduced the cross-bridge theory to explain the molecular mechanism of sliding
filament. Cross-bridge theory states that actin and myosin form a protein complex
by the attachment of myosin head on the actin filament, thereby forming a sort of
cross-bridge between the two filaments. This theory is universally accepted as the
mechanism of muscle movement and many cardiac contraction models are based on
the Huxley’s sliding filament model.

The sliding filament theory was further evolved by the finding that myocardial
contraction is driven by calcium dissociation (ter Keurs, 1983). Panerai (1980) em-
ployed Huxley’s original model and incorporated length-dependent activation in a
first-order kinetic equation describing Ca2+-troponin C interaction. Panerai (1985)
proposed a continuum model of cardiac muscle contraction by describing active fiber
tension as a function of fiber strain, strain rate and time after onset of contraction.

Fiber stretch-dependent active law

Guccione et al. (1993) developed a time-varying elastance model that focused on
the length-dependent calcium sensitivity, time-related scaling, and the dependence of
contractile tension on the history of shortening, considering the principles of activation
at the cellular level. Specifically, in the two studies (Genet et al., 2014; Walker et al.,
2005), 40% of the myofiber contractile force is added in the cross-fiber direction using
this active law in accordance to the experimental data (Lin and Yin, 1998), and it
was found that the strain agreement against the image-based measurements improved
significantly. We used this active contraction model in our study, and the detailed
description can be found in Section 3.4.

Niederer et al. (2006) proposed a time-dependent model that described contractile
stress by accounting for the dynamics of intracellular calcium and the maximum actin
binding sites. This model addressed the sensitivity of ventricular relaxation to Ca2+.
Similarly as the previous law, the active tension σa is added to the passive part of
the Cauchy stress σp

σ = σa + σp

σa = Ta ~f ⊗ ~f
(2.7)
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where Ta is the active tension and ~f is the fiber direction where the active contraction
develops. Ta is defined by the following equations:

Ta = TreqC(λf , z), λf =
|Ff0|
|f0|

=
√
I4f (2.8)

C(λf , z) =
Ta
Treq

= (1 + β0(λf − 1))
z

zmax

z

zmax
=

if
∑3

i=1 Qi ≤ 0
1+α

∑3
i=1Qi

1−
∑3

i=1Qi

otherwise
1+(2+α)

∑3
i=1Qi

1+
∑3

i=1Qi

dQi

dt
= Ai

dλf
dt
− αiQi

(2.9)

where Treq is the active tension generated by the myocardium when the fiber stretch
(λf ) is equal to 1, which is the minimum tension required to meet the pumping func-
tion. F is the deformation gradient tensor and C(λf , z) is the effects of myofilament
kinetics, where z is the available fraction of actin binding sites that is dependent on
the intracellular calcium transient, zmax is the maximum fraction of actin binding
sites, λ0 is a scaling constant, α and Qi(i = 1, 2, 3) are measures of the force-velocity
relationship in 3 directions, where Ai and αi are constants.

Similarly, Kerckhofs et al. (2003) introduced a fiber stretch-dependent active com-
ponent that was added to the passive Cauchy stress. The active stress σa is controlled
by sarcomere length ls and contractile element length lc as follows:

σa =
ls
ls0
fisoftwitchEa(ls − lc) (2.10)

where ls0 is the stress-free sarcomere length and Ea is the stiffness of the series elastic
element. The fiso and ftwitch are described as follows:

fiso =

lc ≥ lc0 T0

(
tanh2[at(lc − lc0)]

)
lc < lc0 0

(2.11)

ftwitch =


0 > ta 0

0 ≤ ta ≤ tmax tanh2( ta
τr

)tanh2( tmax−ta
τd

)

ta > tmax 0

tmax = b(ls − ld)

(2.12)

where T0 is the reference active stress, at is the scaling constant, lc0 is the contractile
element length below which the active tension is zero, ta is the activation time, τr and
τd govern the rise and decay time of the myocardial twitch, tmax is twitch duration, b
relates to the increase of twitch duration with sarcomere length and ld is the sarcomere
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length where twitch duration is zero. The time-dependent length of the contractile
element is described as the following:

dlc
dt

= [Ea(ls − lc)− 1]v0 (2.13)

where v0 is the unloaded shortening velocity.
In Bovendeerd et al. (2009), the above active stress law was modified to enable

the addition of some percentage β of fiber stress in the cross-fiber and sheet-normal
directions.

σ = σp + σa[~f ~f + β(~s~s+ ~n~n)] (2.14)

where the vectors ~f , ~s and ~n denote the fiber, cross-fiber and sheet-normal directions,
respectively.

The Bestel-Clément-Sorine (BSC) (Bestel et al., 2001) electromechanical model
describes an active contraction law that is consistent with the Huxley-sliding filament
theory and chemically controlled from the molecular scale perspective. Chapelle et al.
(2012) introduced further improvements to the energy-exchange aspect of the model,
making it thermodynamically consistent, which is useful for modeling the interac-
tions among cellular-level energetics, oxygen consumption, and tissue-level mechan-
ical work. The law has a passive and active parts that are described as differential
equations. The passive part, representing the sarcomere passive stiffness kc (eq,2.15),
is added to the isotropic response from the extracellular matrix, e.g. Mooney-Rivlin
law in the study of Marchesseau et al. (2013). The contractile part σc controls the
active stress generation and is coupled with a viscous element to represent energy loss
in the sarcomeres due to friction.

k̇c = −(|u|+ α|ec|)kc + n0k0|u|+ (2.15)

α is a constant related to the cross-bridge release, n0 is the reduction factor by which
the maximum contraction depends on the fiber strain ec, k0 is the maximum my-
ocardial stiffness. The control variable u is related to the changes in transmembrane
potential, which is derived from the electrophysiology model.

σc = τc + µec

τ̇c = −(|u|+ α|ec|)τc + eckc + n0σ0|u|+
(2.16)

where µ deals with friction in the sarcomere and σ0 is the maximum myocardial
contractility.

Peña et al. (2010) also introduced a combination of passive law (Wp) and active
contraction law in the fiber direction (W f

a ) in accordance to Lin and Yin (1998). They
are both added as the overall strain energy density W of the myocardial model:

W = Wp +W f
a (2.17)

Wp = C1p(e
[C2p(I1−3)2+C3p(I1−3)(I4−1)+C4p(I4−3)2] − 1) (2.18)
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W f
a = C1a(I1 − 3)(I4 − 1) + C2a(I1 − 3)2 + C3a(I4 − 1)2

+ C4a(I1 − 3) + C5a(I4 − 1)
(2.19)

where In is the nth strain invariant described in equation 2.3 and 2.6, Cip and Cia
are the passive and active material constants, respectively. C5a here is the scaling
constant of the fiber contraction.

2.3 Inverse cardiac modelling

As shown in Figure 2.1, the personalization of LV model is essentially an inverse
problem that involves optimization method to minimize a cost function. The cost
function is typically the difference in relevant cardiac functional measures between the
image-based quantifications and the model-based predictions. Once the cost function
is optimized within a certain tolerance, the subject-specific constitutive parameters
are identified. Ultimately, a certain error measure is calculated to determine the
accuracy of the model.

2.3.1 Cost function based on cardiac measures

An ideal cost function would include comparisons of local cardiac measurements and
model-based predictions for all LV deformation parameters, i.e. expansion and con-
traction along the circumferential, axial and radial axes; torsional and shearing de-
formations. However, this information comes at the expense of long imaging time.
Additionally, complex and specialized post-processing techniques are required, for
which the tools are not always available and need a considerable amount of time to
develop and validate. Recent models were normally personalized by matching the
difference in the LV cavity pressure, volume, ejection fraction and local myocardial

Figure 2.6: Left: end-diastolic normalized volume (EDV) against pressure (EDP) curves
for normal and pathological human hearts; ICM: ischemic cardiomyopathy, DCM: dilated

cardiomyopathy, LVAD: left-ventricular assist device. Right: end-diastolic
pressure-normalized volume curves of 80 ex-vivo human hearts superimposed with the

”Klotz” curve: EDP = AnEDV
Bn (Images retrieved from Klotz et al. (2006))

58



deformation between the image-based values and the model-based predictions (Gao
et al., 2015, 2017a; Genet et al., 2014; Mollero et al., 2016; Peña et al., 2010; Wang
et al., 2009; Walker et al., 2005; Xi et al., 2013).

MR-based measurements of LV volumes are fairly accurate (Foley et al., 2012).
On the other hand, LV pressure measurements on human volunteers are often based
on cuff pressure measurements or literature values, since catheter-based measure-
ment poses obvious ethical issues. However, discrepancies between cuff and intra-
ventricular pressure is well recognized (Smulyan et al., 2010).

MRI tagging techniques and DENSE sequence have enabled the ground-truth
measurements of wall deformation or myocardial strain (Hess et al., 2009; Zerhouni
et al., 1988). However, these techniques require additional acquisition sequences that
can be costly and time-consuming. The novel feature tracking (FT) technique offers
measurements of wall motion based on cine MR images, which is a routine sequence
conducted in every cardiac MR acquisition. Although FT has been studied in multiple
studies, it is still a long way before it can become a standard clinical care procedure
(Rahman et al., 2017).

2.3.2 Parameter identification

A great challenge in personalized LV model is to identify the subject-specific con-
stitutive material parameters. The complexity of the subject-specific parameter
identification is dependent on the constitutive law. For example, the transversely
anisotropic law (equation 2.4) requires identification of 4 material parameters, while
the invariants-based law (equation 2.5) requires identification of 8 material parame-
ters. Moreover, these parameters often have compounding effects. Identification of
the active tension parameters add further complexity to the model personalization
process.

This inverse mechanical problem has been tackled in different studies. Multi-step
non-linear least square optimization is normally used to identify multiple passive pa-
rameters separately in subject-specific LV models to match the passive LV pressure,
volume and myocardial strains (Gao et al., 2014a; Walker et al., 2005) and displace-
ments (Wang et al., 2009). Genet et al. (2014) proposed a parameters identifica-
tion method that was solely based on LV end-diastolic pressure-volume relationship
(EDPVR) using the ”Klotz” curve (Klotz et al., 2006), which formulates a volume-
normalized EDPVR across the heart from different species and pathologies (Figure
2.6)

These previous studies identified the passive parameters by assuming that no ac-
tive tension is present during the filling phase, thereby simplifying the inverse prob-
lem into two separate diastolic and systolic optimizations. However, Xi et al. (2013)
demonstrated the importance of incorporating active relaxation when modeling the
filling mechanics of the ventricles, especially in patients with diastolic dysfunction.
Marchesseau et al. (2013) proposed a framework for calibrating the material param-
eters of a modified BCS model (Bestel et al., 2001) using subject-specific in vivo
pressure–volume loops.

The above personalization approaches allowed robust passive material response.
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However, when the passive laws have more than one parameters to be identified, the
uniqueness of the solution often can not be guaranteed. Nasopoulou et al. (2017)
described an energy conservation-based methodology to improve the identifiability of
the passive parameters with a simplified 2-parameter transversely anisotropic consti-
tutive law. However, this method requires accurate registration of cine MR frames
in order to calculate the internal energy of the point-to-point deformation of the
myocardium through the diastolic filling phase.

2.3.3 Model validation

Recent modelling studies offer advanced representations of the structure and function
of normal and pathological hearts, which can be used to predict disease mechanisms,
thereby improving heart disease diagnosis, prognosis and treatment. A clinical trans-
lation of these models requires thorough validation of said modelling studies. The
validation needs to be done not only for the model itself, but also to the modelling
platform/software, as to ensure consistent and reproducible results. Niederer et al.
(2011) and Land et al. (2015) reported benchmark problems and solutions to simu-
late cardiac electrophysiology and mechanics, respectively. These studies are useful
in verifying finite element computer codes and general modelling frameworks.

In terms of the model validation itself, matching the subject-specific passive and
active material parameters with in vivo mechanical properties is not feasible at
present. Although new methods and devices are being developed, i.e. MR elastogra-
phy to measure stiffness (Kolipaka et al., 2009) and optical-based cellular contractility
estimation (Lee et al., 2011b), these techniques have not been sufficiently evaluated to
be the gold standards of measurements. The current models are normally validated by
measuring the error difference between the measured strain and the predicted strain,
as well as the difference in predicted pressure-volume relationships, which normally
form the cost function to be minimized.

Different cost function or error measures have been used in recent modelling stud-
ies. They are calculated as the differences in pressure or volume values and the
myocardial strains, or some combinations of it. A common error measure for myocar-
dial strain prediction is the root mean square (RMS) error such as in (Gao et al.,
2017a; Genet et al., 2015; Marchesseau et al., 2013):

RMS(ε) =

√∑N
i=1(εi − ε̄i)2

N
(2.20)

where ε denotes the strain and N denotes the number of strain points being compared.
The bar sign denotes the measured/experimental values.

Genet et al. (2014) and Gao et al. (2017a) used sum of square error (SSE) and
mean square error (MSE) in their respective studies.

SSE(ε) =
N∑
i=1

(εi − ε̄i)2 (2.21)
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MSE(ε) =

∑N
i=1(εi − ε̄i)2

N
(2.22)

Another common error is the relative square error (RSE) as used in Gao et al.
(2017a); Genet et al. (2014), which are normally used to calculate differences in
volume (V ) or pressure values.

RSE(V ) =
(V − V̄

V̄

)2
(2.23)

2.4 Modelling ischemic myocardium

Modelling of diseased hearts has attracted a wide interest in recent years. Wang et al.
(2013) developed a modelling framework to investigate the changes in myocardial tis-
sue properties due to heart failure. They concluded that the changes in LV mechanical
environment lead to adverse remodelling and heart failure, and they suggested that
subject-specific parameter estimation might be able to provide a better stratification
of heart disease patients. Chabiniok et al. (2012) estimated myocardial contractility
from in vivo data at three time points after acute MI, and found that the contrac-
tility in the remote regions increased 10 days after acute MI, followed by a further
increase 38 days later. By simulating LV dynamics using a patient-specific clinical
data (Gao et al., 2014b), it was reported that required myocardial contractility after
acute-MI was much higher compared with a control heart, suggesting an increased
use of the contractile reserve in the myocardial remote zone for the patient. Asner
et al. (2017b) estimated peak contractility in a healthy volunteer and two patients
with dilated cardiomyopathy using personalized mechanical LV models and, again
paradoxically, the higher peak contractility was observed in the patients. This data
suggested that the progression of post-MI myocardial remodeling might be correlated
to the contractility in the remote/healthy regions of LV. This hypotheses is further
supported by the findings of Gao et al. (2017a,b)

As explained previously, ischemic regions are normally modeled by increasing the
passive stiffness and setting its contractility to zero. This leads to abrupt changes of
mechanical properties within the healthy and infarct regions. A direct force measure-
ments in skinned fiber preparations from infarcted sheep LVs showed that there is a
smooth transition of mechanical properties between these regions (Shimkunas et al.,
2014). Furthermore, Lee et al. (2011a) found that an infarct model with a linear vari-
ation within the border-zone reduced the mean square errors between the measured
and the predicted strain fields. Gao et al. (2014a) defined a transition region of 10
mm distance of the infarct boundary, assuming a linear variation of stiffness and con-
tractility. Genet et al. (2015) incorporated a linear correlation to assign transitional
stiffness and contractility based on normalized image intensity of late Gadolinium
enhancement images.

Modelling of ischemic heart requires knowledge of where the infarct is located.
Although late Gadolinium enhancement MR can be used for this purpose, this requires
an additional MR acquisition sequence, contrast injection, and is not suitable for
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patients with metallic implants. In the following subsection, we discuss alternative
infarct localization methods that are based on myocardial deformations.

2.4.1 Infarct localization based on myocardial deformations

Diagnosis and prognosis on ischemic myocardium requires accurate localization. Many
studies have tried to locate infarcts via analysis of the myocardial deformation, which
can be extracted from cardiac MR (Young and Prince, 2013) and ultrasound (Ja-
saityte et al., 2013). Several deformation-based parameters have been proposed to
locate infarcts, such as principal strains (Lee et al., 2008) and local directional strains
(circumferential, radial, longitudinal) (Götte et al., 2001). Soleimanifard et al. (2010)
used fractional anisotropy (FA - equation 2.24), a formulation commonly used in diffu-
sion tensor field, to highlight myocardial infarcts and validated their findings against
late Gadolinium enhancement images.

FA =

√
3

2

(λ1 − λ)2 + (λ2 − λ)2 + (λ3 − λ)2

λ2
1 + λ2

2 + λ2
3

λ =
(λ1 + λ2 + λ3)

3

(2.24)

where λ1, λ2 and λ3 are the eigenvalues of the Green Lagrange strain tensor (equation
1.2).

Nevertheless, myocardial strain patterns are complex, since they are highly de-
pendent on the geometry and any co-existing heart diseases (Smiseth et al., 2016).
Simple thresholding or looking at global strain values are not sufficient. Thus, further
processing and analysis is required to locate infarcts based on myocardial deformation.

Recent advances in machine learning have seen its applications for infarct loca-
tion predictions (Sudarshan et al., 2014). A simple linear learning approach has been
tested on MR sequences (Medrano-Gracia et al., 2012), while more sophisticated ap-
proaches have also been investigated, which include dictionary learning (Peressutti
et al., 2015) and neighborhood approximation forests (Bleton et al., 2016). These
methods were tested on a relatively small MR data set and within limited LV regions
based on the American Heart Association (AHA) segments (Figure 2.7). Duchateau
et al. (2016) proposed an infarct localization method that uses dimensionality re-
duction and regression techniques to localize infarcts from myocardial deformation
locally. These supervised learning-based methods present a versatile and accurate
infarct localization approaches that can be generalized to different modalities. Fur-
thermore, recent deep learning techniques have also been applied to identify calcified
plaques on CT angiograms (Wolterink et al., 2016). Deep learning technique has also
been used to localize infarcts in LV (Xu et al., 2018).
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Table 2.1: Comparative table detailing recent modelling studies: Asner et al. (2017b),
Bovendeerd et al. (2009), Gao et al. (2017a), Genet et al. (2014), Lee et al. (2014),

Marchesseau et al. (2013), Tang et al. (2010), Walker et al. (2005) and Xi et al. (2013).
See text for further descriptions on the modelling approaches
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Figure 2.7: Americal Heart Association (AHA) 17 segments. LAD: left anterior descending
territory, LCX: left circumflex artery territory, RCA: right coronary artery territory

2.5 Comparative study of published cardiac mod-

els

Table 2.1 displays some relevant publications in the field of cardiac mechanical mod-
elling. It needs to be emphasized that this list is not exhaustive, but they are often
referenced to in many similar studies, including in this PhD report.

Asner et al. (2017b) used an isolated LV model to validate a novel data-driven
boundary conditions to account for the effects of the contraction and relaxation of the
right ventricle. Nevertheless, most of the listed studies focusing on left ventricle used
an isolated LV model, whereas electromechanical (EM) and fluid-structure interaction
(FSI) models used biventricular geometry.

Accurate model-based prediction of shear strains is known to be difficult (Guccione
et al., 1995; Nash and Hunter, 2000). It was shown that the fiber arrangement has a
significant effect on the model shear strains (Usyk et al., 2000). Nevertheless, most of
the studies in the table validated their models only against the common anatomical
strains (circumferential, longitudinal, radial), and they used rule-based myocardial
fiber orientation that only has elevation angles, without accounting for the variation
in transverse angle. On the contrary, Bovendeerd et al. (2009) applied an optimized
spatial distribution of myofiber elevation and transverse angles (Rijcken et al., 1999).
Although they used an ideal truncated ellipsoid model and constitutive parameters
from the literature, they are able to mimic similar evolution of circumferential and
shear (circumferential-radial) strains from three healthy volunteers data. In addition,
they also investigated a modelling approach that was first introduced by Walker
et al. (2005), which was to add active tension in the cross-fiber direction. Although
this approach reduced the shear strain values to the realistic range, its apex-to-base
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gradient remains opposite to experimental data.
Depending on the purpose of the modelling studies, different complexity of con-

stitutive laws can be used. The FSI model from Tang et al. (2010) used a simpler
isotropic passive material since they focused on the multi-physics aspects of the heart
models. Marchesseau et al. (2013) applied a combination of isotropic Mooney-Rivlin
material model and additional stiffness in the fiber direction from the BSC model
(Bestel et al., 2001) to simulate the surrounding collagenous connective and myofiber
stiffness during active contraction, respectively. Using the orthotropic law of Holzapfel
and Ogden (2009) requires identifications of 8 parameters. The non-uniqueness of the
solutions were emphasized in both studies that utilized this law (Asner et al. (2017b)
and Gao et al. (2017a)), which may lead to the identified parameters losing its phys-
ical meaning. On the other hand, the passive law from Guccione et al. (1993) offers
an anisotropic approach with four parameters to identify. This law has been widely
used for the past 25 years and simplification of the law into two parameters has been
widely evaluated against clinical data (Genet et al., 2014, 2015; Nasopoulou et al.,
2017; Sun et al., 2009; Walker et al., 2005). On the other hand, the active tension law
requires only one parameter identification in all studies, because most of the other
parameters - i.e. Ca2+-related constants, time/velocity-related constants, sarcomere
initial length, maximum actin binding sites - were based on findings from literature.

Xi et al. (2013) developed a personalized model in order to characterize diastolic
dysfunctions by including the LV residual stress. However, ischemic heart failure is
typically characterized by low contractility, and estimation of myocardial contractil-
ity requires the incorporation of subject-specific active contraction. Genet et al.
(2014) predicted the LV stress distribution by personalizing material parameters
of five healthy volunteers. The personalized models were validated by comparing
950 ± 170 circumferential and longitudinal strain points against measured strains
from MR data. They utilized detailed MR data acquisition, i.e. 12 long-axis images
and high resolution tagged images for each patient, which might not be applicable in
the clinical practice. Gao et al. (2017a) also developed a personalized model based
on a longitudinal study in patients with ischemic heart disease, in order to find the
correlation between healthy myocardium contractility and infarct progression. They
found significant correlations between the contractility of normal myocardium and
the changes of relevant clinical measures 6 months post-MI. However, they based
the correlation on a small data set of 11 patients and they did not investigate the
correlation to the myocardial stiffness.

2.6 Conclusion and our objectives

Based on this review of recent developments and studies of cardiac mechanics models,
we proposed our own approach of predictive cardiac modelling in order to address
different topics for better understanding of normal and pathological cardiac mechan-
ics.

We propose an inverse approach to obtain subject-specific biomechanical indices
that are able to characterize the mechanical functional status of the left ventricle,
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i.e. its stiffness and contractility (Chapter 4). The indices are retrieved from per-
sonalization of left ventricle models and the subject-specific models will be validated
against relevant measurements from experimental data. The novelty of this approach
will be mainly due to the simulation inputs, which are based solely on routine cardiac
MR acquisition done on healthy volunteers (Figure 2.8, shaded ’MR data’), thereby
assuring its practical translation to clinical setting. The proposed approach will be
applied to healthy volunteers MRI data from the MARVEL cohort run by University
Hospital of Saint-Etienne.

Secondly, we will scrutinize the potential prognostic values of the biomechanical
indices to predict the progression of injured myocardium in patients with ischemic
heart disease (Chapter 5). The indices will be retrieved from patient-specific mod-
els that are partitioned based on the information retrieved from late-Gadolinium
enhancement (LGE) MR images, which enable the identification of local/regional
biomechanical indices for the healthy, diseased and transitional myocardium. We
will then investigate any existing correlation between the biomechanical indices and
the progression of the ischemic myocardium (Figure 2.8, shaded ’prognosis of infarct
progression). We will analyze the prognostic accuracy of the biomechanical indices
against a one-year longitudinal data set of 25 patients from a French multi-center
cohort called CARIM.

Figure 2.8: Our proposed pipeline of the patient-specific inverse biomechanical modelling
approach

Lastly, we will investigate the whole proposed modelling approach, as displayed in
Figure 2.8 (Chapter 6). Our pipeline essentially describes a novel prognosis method to
predict infarct progression by combining deformation-based parameters and a novel
learning algorithm, as well as patient-specific cardiac mechanics modelling mentioned
in the previous paragraphs. We will use a large dataset of realistic synthetic patholog-
ical data in order to reach our research objectives, which are two-fold: 1) to develop
a framework to test the performance of various deformation-based parameters in lo-
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cating infarcts (Figure 2.8, shaded ’Deformation-based infarct localization’), and 2)
to test the feasibility of the proposed pipeline in its entirety.

For the purpose of modelling and simulations, we use the finite element software
Abaqus and material modelling in Fortran. The modelling framework will be exten-
sively validated with a set of benchmark problems and preliminary performance test
against a published model (Chapter 3).
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Chapter 3

Our left ventricle model:
implementation and verifications

The following chapter mainly covers the main components we chose for our model.
Moreover, we also discuss our model implementation in the finite element software
Abaqus and the verifications of our modeling approach against benchmark problems
and a published model.

3.1 Finite element method

Mathematical models of cardiac mechanics consist of solving a system of ordinary
and partial differential equations. The combination of the non-linear hyperelastic
behavior of the myocardial tissue and the 3D LV geometry makes cardiac mechanics
an extremely complex mathematical problem. In our study, we used the finite ele-
ment method in order to numerically solve this problem under static condition. The
mechanics of the heart muscle is described by the equilibrium equation 3.1.

∇ · (FT) = 0 (3.1)

where F is the deformation gradient and T is the second Piola-Kirchhof stress tensor,
derived from the specific strain energy density discussed in Section 3.4.

To discretize the geometry, we use hexahedral finite elements because they are
able to more accurately represent solid mechanics problems, particularly for nearly
incompressible, large-deformation hyperelasticity, which are the behaviors encoun-
tered in myocardium (de Oliveira and Sundnes, 2016). We did not use tetrahedral
elements, since they are known to have some limitations in representing materials
with enforced incompressibility (Jolder et al., 2009).

3.2 LV meshed geometry

Figure 3.1 displays the workflow to obtain the subject-specific meshed geometry from
MR images. Firstly, we manually segment and extract the LV geometries at the begin-
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Figure 3.1: The processing of the LV geometry: from MR image segmentation to LV
hexahedral volumetric mesh

ning of diastole using the cardiac image processing software CVI421. The software has
the capability to correct for ventricular motion by combining the segmentation from
short- and long-axis slices. The contours are then exported as STLs (streolithog-
raphy file format), which represent the surface geometry as triangulated surfaces.
Afterwards, we imported the STLs to FreeCAD2, where any fault in the triangulated
surfaces can be fixed. The LV surfaces are then exported as STEP file format to be
meshed with hexahedral elements in Abaqus.

For the purpose of implementation, verification and sensitivity analysis discussed
in this chapter, we mainly used an ideal LV geometry, represented as a thick-walled
truncated ellipsoid (Figure 3.2). The truncated ellipsoid LV geometry was made
from 2 2D-ellipsoidal geometries that are rotated around its axes. The LV idealized
geometry is parameterized as shown in Fig.3.3.

To determine the mesh density that is able to accurately model the mechanical
behavior of the LV, we conducted a mesh convergence analysis. A truncated ellipsoid
and a transversely anisotropic hyperelastic law (Guccione et al., 1991) were used
for this purpose. The basal plane was fixed in all directions and a cavity volume
increase of 2.5 times the initial volume was defined. The geometry was meshed with
different number of elements and the maximum cavity pressures were observed as the
convergence criteria. We found that the pressure values converged at around 3000-
4000 number of elements, as shown in Figure 3.2. This range is used in our study to
mesh the LV models.

1Circle, Calgary, AB, Canada
2freecadweb.org
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Figure 3.2: Mesh convergence analysis. The green meshes show two truncated ellipsoid
with different number of elements (N), while the curve shows the mesh convergence at

around 3000-4000 number of elements

Figure 3.3: The truncated ellipsoid used as an idealized LV geometry is parameterized by
these values: C = 43 mm, h = 24 mm, a = 17.708 mm and b = 33.793 mm
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3.3 Local coordinate systems

We referred to four coordinate systems in our study:

• a global Cartesian coordinate system (x, y, z)

• a global cylindrical coordinate system (r, c, l)

• a local normalized pseudoprolate coordinate system (rr, cc, ll)

• a local fiber coordinate system (f, s, n)

Figure 3.4 displays the cylindrical and pseudoprolate coordinate systems. In order
to assign the cylindrical coordinate system, the epicardial apex and anterior intraven-
tricular junction need to be manually defined. The LV axis is computed as a vector
between the apex and the centroid of the LV geometry, and the LV is rotated so
that the LV axis is aligned with the z-axis. The epicardial apex is set as the origin
(O =

[
0 0 0

]
). The anterior intraventricular junction is set as the reference circum-

ferential coordinate where c = 0. For a point p =
[
x y z

]
, the cylindrical coordinates

and the basis vectors are calculated according to the following equations:

r =
√
x2 + y2

c = tan−1(
y

x
)

z = z

(3.2)

−→r =

cos(c)sin(c)
0

 , −→c =

−sin(c)
cos(c)

0

 , −→z =

0
0
1

 (3.3)

The pseudoprolate coordinate system is derived from the cylindrical coordinate
system. The transmural coordinate rr is normalized to 0 at the endocardium and 1
at the epicardium, whereas the circumferential cc and the longitudinal ll coordinates
are normalized from the cylindrical coordinates. The transmural basis vector is the
distance-weighted average of the outward-pointing normal of the endocardial and epi-
cardial surfaces closest to the query myocardial point, the circumferential basis vector
is the same as the cylindrical circumferential basis vector, while the longitudinal basis
vector is the cross product of the first two basis vectors. The cylindrical coordinate
system is important because it is the same anatomical coordinate system used to
define the myocardial strains. The pseudoprolate coordinate system is the reference
for assigning the helix and transverse angles of the myocardial fiber detailed in the
next section.

3.3.1 Description of fiber orientations

In our study, we chose to use the optimized rule-based method from Rijcken et al.
(1999), as this rule-based method has been proven able to predict the circumferential
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Figure 3.4: Left: description of the cylindrical and pseudoprolate LV coordinate systems.
The radial basis vector is shown in red, longitudinal in blue, and circumferential in green.

Right: description of the difference in radial coordinates between the two coordinate
systems. The longitudinal and circumferential coordinates are essentially the same for

both coordinate systems

and shear strain correctly against experimental data through the whole cardiac cycle
(Bovendeerd et al., 2009). The definition of helix and transverse angles on the LV
geometry is shown previously in Figure 2.3. The spatial distributions of both the
elevation and transverse angles based on the optimized rule-based method are shown
in Figure 3.5

To define the fiber local coordinate system, the local pseudoprolate longitudinal
coordinate ll is converted to the normalized coordinate u = +0.5 at the base level and
u = −1 at the apex, whereas the pseudoprolate radial coordinate rr is converted to
the normalized coordinate v = −1 at the endocardium and v = +1 at the epicardium.
The helix angles (αh) and the transverse angles (αt) are defined as follows:

αh(u, v) =
[
h10L0(v) + h11L1(v) + h12L2(v)

+ h13L3(v) + h14L4(v)
]
.
[
1 + h22L2(u) + h24L4(u)

] (3.4)

αt(u, v) = (1− v2).
[
1 + t11L1(v)+

t12L2(v)
]
.
[
t21L1(u) + t23L3(u) + t25L5(u)

] (3.5)

where hii and tii are scaling parameters for helix and transverse angles, and Li are
normalized Legendre polynomials of order i. The scaling parameters are optimized
based on Rijcken et al. (1999) and listed in Table 3.1.

72



Figure 3.5: Transmural variations of elevation (αh) and transverse (αt) angles used in this
study (deg: degrees)

Table 3.1: Parameter values for the rule-based myocardial fiber arrangement based on
(Rijcken et al., 1999)

Parameters Values
h10 0.362 rad
h11 -1.16 rad
h12 -0.124 rad
h13 0.129 rad
h14 -0.0614 rad
h22 0.0984
h24 -0.0501
t11 -0.626
t12 0.502
t21 0.626
t23 0.211
t25 0.038
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3.4 Constitutive laws: Abaqus UMAT

For our LV model, we chose to implement the transversely anisotropic passive law
(Guccione et al., 1991) and the fiber stretch-dependent active law (Guccione et al.,
1993) introduced in Section 2.2. The passive law was chosen due to its wide applica-
tion and validations in cardiac mechanics modelling, as well as its relatively simpler
personalization in comparison to the orthotropic model (Holzapfel and Ogden, 2009).
The active law was chosen due to its multi-scale details by taking into account the
initial and current sarcomere length, Ca2+ concentration and contraction time.

This section describes our implementation of the constitutive laws in the user-
defined material (UMAT) feature in Abaqus, coded in FORTRAN3 programming
language.

3.4.1 Development

The left-hand side of Figure 3.6 displays the workflow of the UMAT in Abaqus.
Starting from the deformation gradient (F) given by Abaqus for one simulation step,
we need to update the Cauchy stress tensor σ and the Jaumann stiffness matrix A.
To do this, we first need to define the strain energy density function.

Figure 3.6: Pipeline for the UMAT development (left side) and validation against the
built-in Abaqus material AMAT (right side). The accented variable denotes that they are

defined in the local coordinate system or material orientation

The Abaqus UMAT requires the strain energy density to be decomposed into two
parts: the deviatoric and the volumentric part: W = Wdev + Wvol. In this report,

3www.fortran.com
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the bar sign over a variable (•̄) denotes the deviatoric part of said variable. Starting
from the deformation gradient F, we calculate the Green-Lagrange strain tensor E:

J = det(F)

F̄ = J−
1
3 F

C̄ = F̄
T
.F̄

Ē =
1

2
(C̄− I )

(3.6)

where J is the Jacobian of the deformation gradient representing elastic dilatation,
C is the right Cauchy-Green deformation tensor and I is the 3x3 identity matrix.

For the volumetric part of the strain energy density:

Wvol =
1

D
(
J2 − 1

2
− lnJ) (3.7)

To enforce the quasi-incompressibility of the myocardium, D is set fixed to 0.001 in our
study, so that the tissue bulk modulus is close to that of water’s. We formulated the
deviatoric part of the strain energy density in the UMAT using 7 material parameters:

Wdev =
C

2
(eQ̄ − 1) (3.8)

Q̄ = Ē : B : Ē

= ĒijBijklĒkl
(3.9)

where C is the scaling constant, B is a symmetric 4th-rank tensor consisting of six
exponential parameters in the 3 local directions and 3 shear components. We then
calculate the Cauchy stress tensor σ and the Eulerian stiffness matrix D according
to Simo and Hughes (1998):

σ = σ̄ +
Wvol

∂J
I

σ =
1

J
dev
[
F̄.
Wdev

∂Ē
.F̄

T ]
+ (

1

D
(J − 1

J
))I

dev(•) = (•)− 1

3
tr(•)I

(3.10)
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D =
1

J
F̄F̄

∂2Wdev

∂Ē⊗ ∂Ē
F̄
T
F̄
T

+
1

9J

[
C̄ :

∂2Wdev

∂Ē⊗ ∂Ē
: C̄
]
I ⊗ I

− 1

3J
I ⊗

[
F̄(

∂2Wdev

∂Ē⊗ ∂Ē
: C̄)F̄

T ]
− 1

3J

[
F̄(

∂2Wdev

∂Ē⊗ ∂Ē
: C̄)F̄

T ]⊗ I

− 2

3
(σ̄ ⊗ I + I ⊗ σ̄)

+
2

3J
tr
[
F̄.
Wdev

∂Ē
.F̄

T ]
(S− 1

3
I ⊗ I )

+
Wvol

∂J
(I ⊗ I − 2S) + J

∂2Wvol

∂J2
I ⊗ I

Sijkl =
1

2
(IikIjl + IilIjk)

(3.11)

Abaqus uses a Jaumann stiffness matrix A to reach convergence in the simulation,
where the material coordinates rotate with the deformation. A is calculated by link-
ing the components of the Eulerian stiffness matrix D to the components of the
corotational tensor of elasticity (Crisfield, 1997)

Aijkl = Dijkl +
1

2
(σilIjk + σjkIil + σikIjl + σjlIik) (3.12)

For our model, we implemented the time-elastance active tension law from Guc-
cione et al. (1993), which is added to the passive second Piola-Kirchhoff stress tensor
T as follows: T̄ = T̄passive + Tactive. T̄ is the first derivation of the deviatoric strain
energy density function with respect to the Green strain tensor, which is the term
∂Wdev

∂E
in equation 3.10. The active tension Tactive is dependent on time, the Ca2+

concentration and the stretch in the local myofiber direction as follows:

Tactive = Tmax
Ca2

0

Ca2
0 + ECa2

50

Ct (3.13)

where Tmax is the scaling parameter, representing the maximum active tension the
tissue is able to generate. Ca0 is the peak intracellular calcium concentration. The
length-dependent calcium sensitivity (ECa2

50), the time-related scaling (Ct), and the
current sarcomere length (l) are given by:

ECa50 =
(Ca0)max√
eB(l−l0) − 1

(3.14)

and

Ct =
1

2
((1− cos(ω)) (3.15)

76



ω =


0 ≤ t < t0 π t

t0

t0 ≤ t < (t0 + tr) π t−t0+tr
tr

(t0 + tr) ≤ t 0

(3.16)

tr = ml + b (3.17)

and

l = lr

√
2Ēff + 1 (3.18)

where (Ca0)max is the maximum peak intracellular calcium concentration, B is a
constant that governs the shape of peak isometric tension-sarcomere length relation,
l0 is the sarcomere length when no active tension develops, t0 is the peak tension time,
tr is the duration of the relaxation, m and b are constants that govern the relation
of the relaxation duration and sarcomere length, and lr is the stress-free sarcomere
length. The values of the parameters are listed in Table 3.2 in accordance to Guccione
et al. (1993).

Table 3.2: Parameter values of the active tension constitutive law (Guccione et al., 1993)

Parameters Values
Ca0 4.35 µM
(Ca0)max 4.35 µM
B 4.75 /µm
l0 1.58 µm
t0 0.1 s
m 1.0489 s/µm
b -1.429 s
lr 1.85 µm

3.4.2 Material orientation

In Abaqus, only one coordinate system is used for any simulation. A user-defined ma-
terial orientation can be introduced using the *orientation feature. However, when the
*orientation is used to define the material coordinate system, this coordinate system
is used for all purposes instead of the global Cartesian one. In addition, *orientation
coordinate system is also rotated to the loaded/deformed frame, and all the result
variables are displayed in this rotating frame. When the *orientation is not used,
the simulation is done in the reference/unloaded global Cartesian frame. This under-
standing is essential to correctly develop and validate material model with preferred
directions in UMAT. We do not use *orientation to define the material orientation in
our study. Instead, the UMAT reads the material coordinate system from an exter-
nal text file. Thus, all the simulation results are displayed in the reference/unloaded
frame.
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The right-hand side of Figure 3.6 displays how we compared our UMAT with
the available built-in material model of the transversely anisotropic hyperelastic law
in Abaqus (AMAT). In the AMAT simulation, we defined the material coordinate
system using the *orientation. In order to compare our UMAT with AMAT, we also
calculated the Cauchy stress results in the rotating frame. Abaqus provides us with
a rotation matrix that transforms the rotating frame from the previous increment to
the current increment DROT = Fi.Fi−1. Thus, by integrating DROT over the time
increments, we could find the total rotation Rtotfrom the reference/unloaded frame
to the final loaded/deformed frame.

Figure 3.7: Shear12: face in the 1-positive direction is sheared to the direction 2-positive.
Grey element is the undeformed configuration, whereas the green element is the deformed

configuration

3.4.3 Validation

The validation of the developed UMAT is done with one hexahedral element simu-
lations, comparing the analytical, UMAT and AMAT solutions. Since the material
is transversely anisotropic, only 2 uniaxial and 3 simple shear tests were done. The
material direction was defined as:

• Direction 1 is in the x-positive direction

• Direction 2 is in the y-positive direction

• Direction 3 is in the z-positive direction

78



The uniaxial tests were pure extension in direction 1 and direction 2. The 3 shear
tests were: Shear12 (faces in the direction 1-positive was sheared to direction 2),
Shear21 (faces in the direction 2-positive was sheared to direction 1), and Shear23
(faces in the direction 2-positive was sheared to direction 3). The Figure 3.7 shows
the configuration of Shear12.

Figure 3.8 shows the uniaxial validation results. The material orientation did not
matter for the uniaxial tests. However, the displayed simple shear results were de-
pendent on the coordinate system they are displayed. Figure 3.9 shows the simple
shear validation results with 2 results from the developed UMAT; one (’UMAT’) is
displayed on the reference/unloaded frame and is identical with the exact solution,
while the other (’UMAT rotated’) is displayed in the loaded/deformed material ma-
terial coordinate system and is identical with the AMAT solutions. Moreover, Figure
3.10 displays the one-element validation tests for the active tension implementation
against the exact/analytical solutions.

Figure 3.8: One-element validation test: uniaxial extensions in the 1- (left) and 2- (right)
positive directions

3.5 Boundary conditions

In reality, the motion of the LV is constrained by the surrounding structures in the
chest cavity, i.e. the right ventricle, atria, pericardium and lungs. As explained in the
previous chapter, Asner et al. (2017b) developed a data-driven boundary conditions
to take into account the kinematic effects of the surrounding structures. However,
this method requires motion tracking analysis that is able to follow the deformation
of specific myocardial tissues based on cine and tagged MR images, which in itself is
a very difficult problem. For simplicity, in our model we constrained the basal plane
to be fixed in all directions (Figure 3.11).

We used the ’cavity feature’ in Abaqus to apply volume changes in the endo-
cardium, where the LV cavity is simulated as a closed container meshed with quadri-
lateral shell elements (Figure 3.11). The epicardium is free to deform. Furthermore,
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Figure 3.9: One-element validation test: simple shear in the 12(top), 21 (left) and 23
(right) directions

Figure 3.10: One-element validation test: time-dependent active tension in the 1- (left)
and 2- (right) directions
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Figure 3.11: From left to right: the LV geometry with the fixed constraint denoted by the
red dots, the LV cavity incorporated within the geometry, the LV cavity represented as a

hollow container meshed with quadrilateral shell elements

we did not take into account the cardiac electrophysiology in our model. Thus, the
active contraction is triggered homogeneously across the LV.

3.6 Simulations at end-diastole and end-systole

We applied the 2-point simulation approach introduced by Sun et al. (2009), which
is very suitable to be used to personalize model in the clinical setting due to its
computationally efficient formulation. Thus, for the dynamic changes related to
volume-pressure and strain, we only simulated 2 time points in the cardiac cycle:
the end-diastolic (end-filling) and end-systolic (end-ejection) phases.

Figure 3.12: 2-point simulation (dashed red line) superimposed on the cardiac cycle
(blue). Point a: beginning of filling, point b: end of diastole/filling, point c: end of

isovolumetric contraction, point d: end of systole/ejection

Figure 3.12 describes this approach. Briefly, starting from the beginning of the
filling phase, the first simulation point is done by prescribing a volume change to
simulate the filling phase (a → b). Afterwards, starting again from the beginning
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of the filling phase, the second simulation point is done by prescribing zero volume
change (a→ d). The deformation gradient of the end-diastolic (FED) phase is equal
to the deformation gradient from point a to b, while the deformation gradient of
the end-systolic (FES) phase is calculated as in equation 3.19, with respect to the
reference geometry at the beginning of the filling phase (ref).

Fref
ED = Fa→b

Fref
ES = Fa→d = Fa→b→c→d

(3.19)

Normally the end-systolic measures are computed with respect to the end-diastole
condition in the clinical setting, which can be computed in this 2-point simulation
approach as shown in equation 3.20.

FES = Fb→c→d

= Fa→d · Fb→a

= Fref
ES · (F

ref
ED)−1

(3.20)

3.7 Verification: direct modelling VS benchmark

problems

Land et al. (2015) provides three benchmark problems to aid in the verification of
cardiac mechanics software. The results from 11 cardiac mechanics groups were found
to be consistent and serve as the ground truth solutions for the benchmark problems.
This section demonstrates the verification of our implementation in Abaqus against
the three benchmark problems.

Figure 3.13: Land et al. (2015) problem 1: deformation of a beam with the reference
geometry and the solution (green)

3.7.1 Benchmark problem 1: Deformation of a beam

The first problem is the simulation of a deforming beam (Figure 3.13), which tests
pressure-type forces that change directions along with the deformed surface orienta-
tion and the transversely anisotropic constitutive law. The problem is summarized
as follows:
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Figure 3.14: Land et al. (2015) problem 2 (left) and 3 (right): the reference geometry and
solutions for problem 2 and 3. Black nodes are used for strain calculations. For problem 3,

the fiber helix angles are shown as a color bar in degrees

• Geometry : the underformed geometry is in the region x ∈ [0, 10], y ∈ [0, 1], z ∈
[0, 1]mm

• Constitutive parameters : transversely anisotropic (equation 2.4), C0 = 2 kPa,
bf = 8, bt = 2, bfs = 4

• Fiber direction: constant along the long axis, i.e. (1, 0, 0)

• Boundary conditions : the face at origin (x = 0) is fixed in all directions

• Load conditions : 0.004 kPa pressure is applied to the bottom face (z = 0)

3.7.2 Benchmark problem 2: Inflation of a ventricle

The second problem is the inflations of a truncated ellipsoid with isotropic material
properties. The problem presents a deformation pattern similar to cardiac inflation.
Figure 3.14 displays the geometries and the line and nodes used for comparison.

• Geometry : the undefined geometry is defined using the parametrization for a
truncated ellipsoid

• Constitutive parameters : isotropic (equation 2.4), C0 = 10 kPa and bf = bt =
bfs = 1

• Boundary conditions : the base plane is fixed in all directions

• Load conditions : 10 kPa pressure is applied to the endocardial surface

3.7.3 Benchmark problem 3: Inflation and active contraction

The third problem is the inflation and active contraction of an ellipsoid with trans-
versely anisotropic material properties. The problem tests the construction of complex
fiber arrangements and active contraction implementation. Figure 3.14 displays the
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geometries and the line and nodes used for comparison. The geometry and basal
boundary conditions are the same with problem 2.

• Fiber angles used in this benchmark problem range from −90◦ at the epicardium
to +90◦ at the endocardium for the helix angle, with 0◦ transverse angle.

• Constitutive parameters : transversely anisotropic (equation 2.4), C0 = 2 kPa,
bf = 8, bt = 2, bfs = 4

• Active contraction: the active stress is formulated as a constant stress in the
fiber direction, added to the passive second Piola-Kirchhoff stress: T = Tpassive+

Tactive
~f ~fT , where Tactive = 60 kPa and ~f is the unit vector in the fiber direction

• Load conditions : 15 kPa pressure is applied to the endocardial suface

Figure 3.15: Land et al. (2015) problem 1: deformation of the mid-line of the beam
(x 0.5 0.5)

3.7.4 Results and Discussion

Some comparison results from our model (’ABQ’) with the benchmark results are
shown. A more detailed comparison can be found in Appendix 6.5, i.e. strain results
in x, y, z-directions and apex locations for problem 2 and 3. Figure 3.15 shows our
result (’ABQ’) in comparison to the benchmark results from the other groups. Figure
3.16 shows the comparisons for the line deformation in the z-axis for problem 2. For
problem 3, Figure 3.17 shows the comparisons for the line deformation in the z-axis,
while Figure 3.18 shows the comparisons for the line deformation in the y-axis, which
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Figure 3.16: Land et al. (2015) problem 2: Deformation of a line along the middle of the
LV wall, with the dashed line showing the undeformed line

was mainly a twisting caused by active tension in the fiber direction. Overall, our
user-defined UMAT implementation in Abaqus provided very similar results with the
solutions presented in (Land et al., 2015).

3.8 Preliminary testing of our inverse approach

VS TU/e model

3.8.1 Introduction

Bovendeerd et al. (2009) from the Technological University of Eindhoven argued that
most LV models were able to correctly predict circumferential, longitudinal and radial
strains, but they could not predict the shear strain (radial-circumferential) with suf-
ficient accuracy. To address this problem, they tested a beating heart model with the
optimized spatial distribution of fiber angles (Rijcken et al., 1999). They evaluated
the circumferential and shear strain of the model against healthy volunteers’ strain
data extracted from tagged MR images. The results showed that this model was able
to reproduce strain values at basal, midventricle and apex level through the whole
cardiac cycle.

To verify the performance of our proposed inverse modelling approach, we tried
to personalize the LV model by considering their model outcomes as our simulation
inputs, as explained in the following section.
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Figure 3.17: Land et al. (2015) problem 3: Deformation of a line along the middle of the
LV wall in the z-axis, with the dashed line showing the undeformed line

Figure 3.18: Land et al. (2015) problem 3: Deformation of a line showing a twist along the
axial cross-section of the LV wall. The twist is due to the active contraction in the fiber

direction
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3.8.2 Modelling approach

Geometry and fiber arrangement

The geometry and fiber arrangement used for both models were the truncated ellipsoid
as shown in Figure 3.11 and the rule-based fiber orientation discussed in Section 3.3.1.

Constitutive law

The TU/e model used the same passive law as the one described in Section 3.4, but
used a slightly different active law that is still dependent on the time and changes
in sarcomere length ((Kerckhofs et al., 2003), Table 2.1). In our model, we used the
passive and active law described in Section 3.4.

Boundary conditions

The epicardial surface was traction free, whereas the endocardial surface was subject
to a uniform LV pressure. The basal plane is kept fixed, but deformations in the
radial direction are allowed. We applied the same boundary conditions on the basal
plane in our model. In addition, the TU/e model uses Windkessel lumped-parameter
model of the circulatory system, which defines the LV cavity pressures and volumes
during the cycle. In contrast, our model applied pre-defined cavity volume changes
to simulate the hemodynamic boundary conditions.

Personalization

Figure 3.19 shows the pressure-volume (PV) curves of the TU/e model, where it shows
an iterative simulation of the cardiac cycle starting from the unloaded reference (TU/e
1st) cycle until a stable PV-loop is obtained (TU/e 10th). However, this approach is
computationally expensive and is very difficult to personalize. On the other hand,
our model uses the 2-point simulation approach explained in the previous section to
obtain the deformation gradients at end-diastolic (ED) and end-systolic (ES) phases,
which correspond to the end-filling and end-ejection phase, respectively. We only
utilized the volume and pressure values at end-filling and end-ejection as the cost
function of our personalization approach. Thus, this verification also served as a
preliminary evaluation of the 2-point model personalization approach we used in our
study.

Strain points

We compared the circumferential, radial, longitudinal and shear (radial-circumferential)
strains between our model and the TU/e model at the stable cycle (TU/e 10th). Since
the strain points were not computed at exactly the same locations due to differences
in meshes and integration points, we pre-defined some sets of points in the radial
and longitudinal directions to compare the strains between the two models, as shown
in Figure 3.19-right. Comparisons in the radial directions were done with six sets
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Figure 3.19: Left: the pressure-volume curves of the TU/e beating heart model
superimposed with the pressure-volume curve of our personalized model. Right: spatial

description of the points used for strains comparisons displayed in Figure 3.20, distributed
in the radial (6 points) and longitudinal (4 points) directions

of points, whereas in the longitudinal directions we used four sets of points. We
compared the strains at the end-systolic (end-ejection) phase only.

3.8.3 Results and Discussion

Figure 3.19 shows the superimposed PV curve resulting from our personalized mod-
els and the stable cycle from the TU/e model (TU/e 10th). Our personalization
managed to reach similar values of end-filling and end-ejection PV values. Figure
3.20 show the comparison results for circumferential, radial, longitudinal and shear
(radial-circumferential) strains. The x-axis and the color bar display the normalized
local radial and longitudinal coordinates, which describe the spatial location of the
query points for both models. The normalized radial coordinate goes from 0 at the
endocardium to 1 at the epicardium, while the normalized longitudinal coordinate
goes from 0 at the apex to 1 at the basal level. The y-axis displays the strain values.

In general, the distributions of the circumferential, radial, longitudinal and shear
strains were very similar between the two models. It needs to be emphasized that our
personalization approach assumed the geometry with the lowest volume as the zero-
stress geometry and that we used different meshed geometry than the TU/e model,
which was a close representation of our approach when it was applied to clinical data.
Ultimately, this verification proved that the 2-point simulation approach is sufficiently
accurate for our model personalization purposes.

3.9 Sensitivity analysis

In this section, we studied the sensitivity of the model parameters. The results are
shown for an ideal geometry of truncated ellipsoid, with a fixed boundary condition
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Figure 3.20: Strain comparisons between the TU/e (circles connected by dashed red lines)
and our personalized model (squares). The x-axis and color bar display the radial and
longitudinal coordinates, whereas the y-axis shows the respective strain values being

compared
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at the basal plane (Figure 3.11). We conducted the sensitivity analysis by changing
one parameter at a time with respect to the reference simulation. The reference
simulation has the parameter values as obtained from the comparison with the TU/e
model described in Section 3.8. The variations of the parameters are shown in Table
3.3, with 6 model parameters to be studied, leading to 26 simulations. We observed
the sensitivity of the 6 model parameters on the following result parameters: the
end-diastolic volume, systolic circumferential (Ecc), radial (Err), longitudinal (Ell)
and shear (Erc) strains. The average strain results are divided into 3 longitudinal
levels; basal, midventricular and apical.

Parameter Notation Ref value Tested values
Linear stiffness C0 (kPa) 0.74 0.51 - 0.85
Exponential stiffness bf 7.08 4.95 - 8.14
Active tension Tmax (kPa) 45.38 31.77 - 52.19
LV pressure P (kPa) 0.91 0.63 - 1.04

Helix angle αh(
◦) (Rijcken et al., 1999) k · αRefh

Transverse angle αt(
◦) (Rijcken et al., 1999) k · αReft

k = [0.70, 0.85, 1.15, 1.30]

Table 3.3: Sensitivity analysis: range of parameter values tested, referring to the spatial
distribution of fiber angles from Rijcken et al. (1999)

Figure 3.21: End-diastolic volume (ml) of the LV cavity, with varying model parameters.
The active law scaling parameter Tmax was not observed as it was assumed that there was

no active tension in the diastolic phase

3.9.1 Results and Discussion

The sensitivity of the end-diastolic (ED) volume to different input parameters is
shown in Figure 3.21, whereas for the different strains they are shown in Figure 3.22-
3.25. The y-axis displays the values of each result parameters. The x-axis displays

90



the variation of each model input parameters, ranging from 0.7 to 1.3 times of the
reference values.

Figure 3.22: Circumferential strain values (%) at the basal, mid and apical levels, with
varying model input parameters

C0, bf , Tmax and P demonstrated influences in the model as physiologically ex-
pected. Both stiffness parameters (C0 and bf ) have negative correlations with the ED
volume and strains, while P has positive correlations with all the observed output
parameters. In general, the active parameter Tmax shows a positive correlation with
Err, which correspond well to how the LV is expected to contract. On the other hand,
the relation between Tmax and Ecc or Ell are less obvious, as it varied depending on
the positions being observed. αt has no significant influence on the ED volume, while
αh has a slightly positive influence on the ED volume. This is most possibly due to
the fact that as αh increases, the directional stiffness bf would be arranged more in a
longitudinal direction, thereby reducing the stiffness in the circumferential direction,
resulting in volume increase. This reasoning agrees with the observed strain results,
where Ecc decreases as αh increases and Ell increases as αh increases. On the other
hand, αt has the biggest influence on Erc, which supports the finding of Bovendeerd
et al. (2009).

In conclusion, this sensitivity analysis enables us to estimate the most influential
input parameters for each output parameter. This information will help us to go
forward with our LV model, especially for the investigations that include clinical
data. For example, we would be able to play with the most sensitive model input
parameters to better match the clinical strain measures.

3.10 Conclusion

In this chapter, we described the essential components of the LV model used in
our study, as well as the extensive verifications of our implementations using the
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Figure 3.23: Radial strain values (%) at the basal, mid and apical levels, with varying
model input parameters

Figure 3.24: Longitudinal strain values (%) at the basal, mid and apical levels, with
varying model input parameters
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Figure 3.25: Shear strain values (%) at the basal, mid and apical levels, with varying
model input parameters

finite-element software Abaqus. The modelling approach discussed in this chapter
could be explored further in various ways. For example, the fiber orientation can
be based on a registered human atlas built from DT-MRI (Lombaert et al., 2012)
or even from ex vivo diffusion-tensor imaging data (Gurev et al., 2011). Alternative
boundary conditions could also be used, such as the data-driven boundary energies
(Asner et al., 2017b), the immersed boundary condition (Gao et al., 2014b) or the
Windkessel-based lumped-parameter hemodynamic boundary condition (Bovendeerd
et al., 2009). Furthermore, different passive and active constitutive laws can be
applied to depending on the main purpose of the modelling framework.

Ultimately, we have verified that our computationally-efficient inverse modelling
framework is able to personalize LV model with sufficient accuracy when used to
personalize our model against a published LV model. In the next chapter, we describe
the validation of our proposed model against real MR data from healthy volunteers.
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Chapter 4

Estimation of subject-specific left
ventricular stiffness and
contractility based on routine cine
MR data of healthy volunteers

4.1 Introduction

Ischemic heart disease occurs due to the constriction of the coronary arteries, causing
reduced supply of blood and oxygen to the heart muscles. This eventually leads to
myocardial functional impairment and scarring (Richardson et al., 2016; Saez and
Kuhl, 2016). In clinical practice, the initial diagnosis for ischemia is conducted by
observing the electrocardiogram and angiogram results. While they are useful to de-
tect abnormalities, they provide no information about the properties of the impaired
myocardium (Ansari et al., 2017; Lewis, 2017; Loewe et al., 2015). Using echocar-
diography or cardiac magnetic resonance (MR), the global left ventricle (LV) pump
functions, such as the ejection fraction (EF) or global longitudinal strain (GLS),
can be subsequently assessed (Jasaityte et al., 2013; Kalam et al., 2014). However,
these parameters provide limited information as they mostly reflect changes in LV
dimension and global LV motion (Burns et al., 2010; Fernandes et al., 2007; Schinkel
et al., 2004). In many cases, ischemic patients would still exhibit a normal or mildly-
abnormal measurements of these parameters (Delgado et al., 2009; Mizuguchi et al.,
2010; Norum et al., 2015). Thus, certain parameters that are able to reflect the in-
trinsic biomechanical properties of the myocardium would be valuable to better assess
the severity of the injured myocardium.

Biomechanical parameters, such as stiffness and contractility, relate more directly
to the passive and active mechanical properties of the myocardium, respectively.
Furthermore, post-infarction myocardial remodeling modifies the mechanical prop-
erties of the healing infarct and its interactions with the remaining non-infarcted
myocardium Richardson et al. (2016), making stiffness and contractility good param-
eters to predict and decide on the best clinical course of ischemic patients. Unfortu-
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nately, clinicians normally lack information on the normal and pathological range of
these biomechanical parameters, since direct measurement of these indices are very
challenging in clinical practice, if not impossible. Mechanical model capable of pre-
dicting subject-specific stiffness and contractility would be a useful tool to assess the
condition of an ischemic patient. However, before performing any measurement on
ischemic hearts, it is necessary to first establish the range of normal LV stiffness and
contractility.

A great challenge in personalized heart modeling is the determination of subject-
specific constitutive material parameters. Previous studies have tried to solve this
inverse problem by fitting their models with available clinical measurements, i.e. dis-
placement, strain, pressure-volume curve. Some studies have personalized the dias-
tolic mechanical parameters of the myocardium (Gao et al., 2015; Wang et al., 2009;
Xi et al., 2013), which only relates to myocardial stiffness. Estimation of myocardial
contractility requires the incorporation of subject-specific active contraction. Genet
et al. (2014) proposed a personalization method to construct a reference left ven-
tricular stress map that may be used to predict the effects of treatments or devices
purposed to normalize pathological ventricular wall stress. This study managed to
find a normal range of myocardial contractility, but it was limited to five healthy
subjects who underwent extensive cardiac MR acquisitions, i.e. 12 long-axis acquisi-
tions, as well as short- and long axis tagged images. This idealistic MR acquisition
is time-consuming, costly, and not suitable for every individual.

To address this issue, we aim to estimate the left ventricular stiffness and contrac-
tility of 21 healthy subjects based on cardiac cine MR acquisition, which is commonly
done in clinical practice. These biomechanical parameters are quantified by person-
alized finite element (FE) mechanical model of the LV. The models were validated
individually through comparison against measured strains calculated from Feature
Tracking on cine MR images. The models were further evaluated through compar-
isons against common clinical measurements, i.e. end-diastole wall thickness, systolic
fractional thickening and global longitudinal strain. The main goal of this study is to
propose an initial step toward estimating and verifying subject-specific left ventricu-
lar stiffness and contractility based on clinical routine acquisition. A secondary goal
is to establish a reference range of normal human left ventricular myocardial stiffness
and contractility.

The content of this chapter is an extension of our previous work (Rumindo et al.,
2017a). The main extension is the greater number of cases that we present here, as
well as more detailed discussions regarding our results including statistical analysis,
effects of myofiber transverse angles and shear strain comparisons.

4.2 Subjects

Two cardiac MR datasets of healthy volunteers were used in this study.
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4.2.1 Dataset 1: 2012 MICCAI STACOM Challenge

The first dataset (n=11) is the open-source MR data of healthy volunteers available
within the context of the 2012’s MICCAI STACOM Challenge (Tobon-Gomez et al.,
2013a), which consists of two female and nine male subjects. The MICCAI images
have an in-plane pixel size of 1.25 mm and a slice thickness of 8 mm. The age of
these subjects were not available, but the present study did not focus on this aspect.

4.2.2 Dataset 2: Marvel cohort

The second dataset was obtained as a part of the MARVEL cohort1 run by CHU Saint-
Etienne (n=10). In total, the MARVEL dataset consists of four men and six women
of age 28.3±11.6 year. The MARVEL study (ID RCB 2016-A00913-48) was approved
by the local ethical committee (URB #6/052) and is registered at ClinicalTrials.gov
with clinical trial registration identifier NCT03064503. All patients provided written
informed consent. The MARVEL dataset has an in-plane pixel size of 0.55 mm and
a slice thickness of 7 mm.

Both datasets contain series of short-axis and 2 long-axis (2-chamber and 4-
chamber) cine MR images, which were the only MR sequence used in this study.
The two datasets undergo the same processing and data extraction, as explained in
the following Section 4.3.1.

4.3 Methods

4.3.1 Personalization workflow

Processing of MR data

LV endocardium and epicardium segmentation at end-systole (ES) and end-diastole
(ED) phases was performed using the cardiovascular post-processing software CVI42,
as displayed in Figure 3.1 in the previous section. Briefly, the segmentation was
performed on the short-axis, the 2-chamber and 4-chamber long-axis images (Figure
4.1-top). The segmented contours were exported as STL files, which represent the LV
as triangulated surfaces. The ES and ED volumes of each subject were computed from
the segmented endocardial surfaces. Since the ES geometry was used as the initial
state of the simulation, the STL files of the ES geometry were converted into STEP
files using FreeCAD, so that the LV wall could be meshed with hexahedral elements in
the commercial FE software ABAQUS (Figure 4.2). The mesh for each model consists
of 3744.7±449.7 C3D8R elements (reduced-integrated hexahedron) and 4521.2±539.3
vertices. We verified our chosen mesh density via a mesh convergence analysis as
shown in Figure 3.2.

The ES strains for each subject were computed using the Feature Tracking (FT)
technique available in CVI42 (Figure 4.1-bottom). The ES strains were calculated
with respect to ED. Only the short-axis slices with clear endocardium and epicardium

1clinicaltrials.gov/ct2/show/NCT03064503
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boundaries were taken into account for the strain computation. The CVI42 software
provides a possibility to evaluate the tracking by visually observing the deviations
of the tracking mesh from the segmented contours. In case of insufficient tracking,
segmentations were done on the intermediary phases and the strains were recalculated
until the tracking was considered sufficiently accurate.

Figure 4.1: Top: short-axis, 2-chamber and 4-chamber long-axis cine images (left to right).
Bottom: Feature Tracking results; boundary points, tracking mesh, estimated

circumferential strain (left to right)

Figure 4.2: Meshed geometries of the left ventricles at end systole from four subjects

LV myocardial model

LV myocardium is modelled with the components as mentioned in Chapter 3. Figure
3.5 illustrates the fiber arrangement of the LV myocardium, which is based on the rule-
based method described in Section 3.3.1 (Rijcken et al., 1999). Myocardial passive
mechanical behavior was modeled by transversely anisotropic hyperelastic material
(Guccione et al., 1991), while active behavior was defined by a stretch-dependent ac-
tive force law (Guccione et al., 1993). These constitutive models have been described
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in detail in the previous section 3.4, including the meaning of each parameter and its
values. Here we copied the general equations of the two constitutive models below
for easier reading of this section. Equation 4.1 describes the transversely anisotropic
passive constitutive law with four parameters: C0, bf , bt and bft, while equation 4.2
describes the active force law with one parameter Tmax. We implemented the cho-
sen myocardial model in the user material (UMAT) subroutine of Abaqus/Standard
implicit finite-element software.
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Boundary conditions and simulation setting

Fixed constraint were defined at the base to suppress rigid body motion. The epi-
cardium was boundary-free, but a prescribed volume change was applied on the LV
cavity using the Abaqus ’cavity feature’. Volume change was the preferred mechanical
loading because volume measurement of each subject was readily available from the
images (Figure 3.11). Quasi-incompressibility is enforced in the volumetric passive
behavior by setting the bulk modulus to be close to that of water (Holzapfel, 2000).

Subject-specific parameter identification

Simplification of the 4-parameter transversely anisotropic passive law is based on the
studies by Guccione et al. (1991). They found that the ratio of bf to bt to bft can
be fixed at 1.0 to 0.4 to 0.7 in order to match well with the experimental myocardial
strain data of intact hearts (equation 4.3). This finding has also been utilized and
evaluated in several modelling studies, by keeping this ratio for the exponential passive
parameters (Genet et al., 2014; Nasopoulou et al., 2017; Wenk et al., 2012). This
approach limits the material parameters identification into three parameters in total;
C0 and bf for the passive law, and Tmax for the active law.

bt = 0.4bf ; bft = 0.7bf (4.3)

We identified the passive and active parameters separately using a 2-point sim-
ulation approach (Sun et al., 2009) explained in previous section 3.6. The passive
parameters C0 and bf were identified so that the distance to the end diastolic pres-
sure volume relationship curve predicted from the formulation by Klotz et al. (2006)
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was minimized. Klotz et al. (2006) found that volume-normalized end-diastolic pres-
sure volume relationships (EDPVR) have a common shape across different etiology
and species, which allows the prediction of the EDPVR curve of an individual subject.
Once the passive parameters C0 and bf were identified for each subject, the active
tension parameter Tmax was subsequently identified by matching the resulting simu-
lated ES pressure with a normal reference of ES pressure. Since no subject-specific
pressure information was available, normal ED and ES pressure values of 9 mmHg
and 120 mmHg were used, respectively, as in Gao et al. (2017a); Genet et al. (2014).

In order to identify the two passive parameters, we present here the two identifi-
cation approaches:

1) A simultaneous identification of the two parameters

2) An identification with two intertwined loops (Genet et al., 2014) by utilizing two
optimization loops: one loop to optimize bf against the ”Klotz” curve while C0

is kept constant and a second loop to optimize C0 for a given bf . This method
is more computationally expensive as it resembles a brute-force technique

For both approaches, we used the fminsearch method available in MATLAB. The
fminsearch is a derivative-free optimization based on the Nelder-Mead simplex method
(Lagarias et al., 1998).

Firstly, we personalized two cases using both identification approaches, then we
compared the minimized cost function values. The cost function (fcost) value was
essentially the sum of square error (SSE, equation 2.21) between the ”Klotz” curve
pressure Pklotz and the predicted pressure Psim for the same normalized volume values
i, as shown in Figure 4.3 and the equation below.

fcost =
N∑
i=1

(P i
klotz − P i

sim)2 (4.4)

We found that both approaches converged to the same parameter values, assuming
that the initialized values for the optimization problem were set to C0 = 0.10 kPa
and bf = 15.00.

Figure 4.4 displays an example of an identification result from case #11 using the
intertwined loops, where the minimum SSE was found to be between the grid range
0.10−0.15 kPa and 10−13 for C0 and bf , respectively. Further optimization limited in
this grid range gave us optimized values of 0.10 kPa for C0 and 11.65 for bf , which were
in agreement with the values found through the simultaneous identification approach,
which were C0 = 0.10 kPa and bf = 11.66. Thus, the two identification approaches
were found to be consistent with each other. Due to this finding, we used the more
efficient simultaneous identification approach in the rest of our study.

4.3.2 LV stiffness and contractility indices

We chose to use the multiplication of C0 and bf parameters to represent the subject-
specific LV stiffness with a unique scalar index. This stiffness index is in accordance
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Figure 4.3: Shaded area: error between the ”Klotz” curve (red) and the predicted curve
(blue)

Figure 4.4: Results of passive parameters identification with intertwined loops of case
#11. The color bar shows the SSE error, and the minimum cost function value was

pointed by the red arrow, which is in correspondence to the simultaneous parameters
identification approach: C0 = 0.10 kPa and bf = 11.66
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to the linearization of the stress-strain relationship described in Ch. 4, equation 23
of Payan and Ohayon (2017):

Y1 =
C0

2
(2bf + bt) =

C0

2
(2bf + 0.4bt) =

C0

2
(2.4bf ) = 1.2(C0bf )

Y2 = Y3 =
C0bt(2bf + bt)

bf + bt
=

0.4C0bf (2.4bf )

2.4bf
= 0.4(C0bf )

(4.5)

where Yi denotes the linearized stiffness, or the Young’s modulus, in the i direction.
Removing the constants from the above equations, we obtain the stiffness index as
used in this study. This stiffness index (SI ) reflects the behavior of the passive my-
ocardium under stress. We considered the optimized Tmax parameter as the subject-
specific index of myocardial contractility (CI ). The two indices are in kiloPascal
(kPa).

4.3.3 Model evaluation

Strain values

In vivo ES circumferential strain values measured with FT technique on cine MR
images were interpolated on the finite-element mesh using a combination of nearest
neighbor and inverse-distance-weighting approaches. These interpolated strains were
compared with the personalized simulation strains. Only circumferential strains were
compared, as radial strain extracted from FT technique was found to not correlate
well with other LV strain measurement techniques (Augustine et al., 2013; Gao et al.,
2014a; Padiyath et al., 2013). Moreover, radial strain from FT is also found to be less
robust and reproducible (Lu et al., 2014; Schuster et al., 2013). Longitudinal strains
were not compared as only 2-long-axis images were acquired, leading to insufficient
number of calculated strain points for our validation purpose.

Other LV metrics

A set of global LV function metrics were calculated from the subject-specific models.
These metrics are ED wall thickness, systolic fractional thickening, global longitudinal
strain and segmental rotations. As an additional evaluation, the metrics obtained
from the midventricle region of the personalized models were compared to the ones
measured from cine MR images and/or to the normal values found in literature.
Referring to the illustration in Figure 4.5, the LV metrics are:

• EDWT: wall thickness at end-diastole (mm)

• SFT = 100 ∗ (ESWT − EDWT )/EDWT : systolic fractional thickening (%),
which is the relative difference between the wall thickness at end-systole and
end-diastole, with respect to the wall thickness at end-diastole

• GLS = 100 ∗ (EDL − ESL)/EDL: global longitudinal strain (%), which is
the relative difference between the length along the myocardial longitudinal
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direction at end-systole and end-diastole, with respect to the longitudinal length
at end-diastole. In our study, the local longitudinal length was averaged from
each element.

• ROTbase and ROTapex: segmental rotation (degrees), which are calculated by
observing the angular displacement of a point at basal and apical levels with
respect to the LV axis, denoted as θbase and θapex in Figure 4.5, respectively.

The model-predicted EDWT and SFT values were compared to the values computed
from the MR images. Moreover, all four metrics from our personalized models were
also compared to the normal values found in literature.

Figure 4.5: Illustration for the LV metrics. See text for the complete formula (WT: wall
thickness, L: length)

4.3.4 Statistical analysis

Multiple linear regression analyses were carried out on our 21 subjects to look for
potential linear correlations between the estimated SI and CI against the simulated
ejection fraction (EF), systolic fractional thickening (SFT), global circumferential
strain (GCS), global longitudinal strain (GLS) and LV twist (Twi) - calculated as the
difference between basal and apical segmental rotations. The statistical analyses were
performed with the commercial software SigmaStat2. Probability values of p < 0.05
were considered statistically significant.

4.3.5 Effects of fiber transverse angles

Moreover, we also explored the influences of transverse fiber angles to SI and CI , by
personalizing our models with αt = 0 across the LV. We believed that this comparison

2Systat, Chicago, US
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is essential, as most recent studies of mechanical LV modelling only incorporated
spatial distribution of myofiber elevation angles.

4.4 Results

4.4.1 Subject-specific MR data

Table 4.1 ’Measured’ lists the common LV metrics for our healthy subjects obtained
from the MR data. ED wall thickness is established to be different between male and
female, and in our study we found ED wall thickness of 8.1 ± 1.3 mm and 6.1 ± 0.8
mm for male and female subjects, respectively.

Table 4.1: Mean and standard deviation (SD) of LV metrics across all subjects, as well as
the differences between the measured and personalized simulated values

Subject metrics Measured Simulated
meas-sim

n = 21, 13 male (meas) (sim)

Volume (ml)
End-diastole 137.3 (25.8)

-
End-systole 58.8 (11.6)

Ejection fraction (%) 57.1 (3.7) -

ED wall thickness (mm) 7.3 (1.5) 7.9 (1.6) -0.56 (0.98)

Systolic fractional thickening (%) 67.4 (23.7) 69.2 (8.5) -1.8 (24.4)

εcc (%) -17.4 (2.6) -17.0 (2.6) -0.89 (3.8)

GLS (%) -9.8 (3.7) -15.1 (1.9) 5.3 (4.3)

Table 4.2: Subject-specific stiffness (SI ) and contractility (CI ) indices for the 21
subjects. The unit of the indices are in kPa

4.4.2 Personalization and subject-specific biomechanical in-
dices

Figure 4.6 shows an example of the personalized LV dynamics of a healthy volunteer,
where the top figures show the distribution of end-systolic myofiber strain and stress,
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and the the bottom figures shows a midventricular slice of deformed simulated LV ge-
ometry at end-diastole and end-systole superimposed with the respective MR images.
Table 4.2 lists the personalized material parameters and indices. The average subject-
specific passive material parameters found to have the best least-squared-distance
fitting against the ”Klotz” curve were: 0.08 ± 0.02 kPa for C0 and 16.15 ± 3.57 for
bf , leading to a normally-distributed LV stiffness index SI of 1.33 ± 0.18 kPa. The
average active tension parameter Tmax that resulted in physiological ES pressure of
120 mmHg was 95.13± 14.21 kPa, which also serves as the contractility index CI .

Figure 4.6: Personalized results of LV model from one healthy volunteer data. Top:
myofiber strain (left) and stress (right) at end-systole. Bottom: deformed midventricular

contour of one LV model in yellow superimposed with the MR images at end-diastole
(left) and end-systole (right)

4.4.3 Model evaluation

Table 4.1 lists the difference in LV common metrics between the measured and the
personalized models. Figure 4.7 shows the Bland-Altman plots comparing the mea-
sured and simulated circumferential strains, midventricular ED wall thickness and
midventricular systolic fractional thickening. Figure 4.8 shows the point-to-point cir-
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(a) Comparisons of circumferential strain

(b) Comparisons of midventricular end-diastole wall
thickness

(c) Comparisons of midventricular systolic fractional
thickening

Figure 4.7: Bland-Altman plots: simulated vs MRI-based measurements
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cumferential strain error of our personalized models from the midventricle slices of
four cases. Since the LV volumes, and subsequently the ejection fractions, were part
of the simulation inputs, no comparison was done for these metrics.

On average, our personalized models had an ED wall thickness of 8.7 ± 0.9 mm
(basal), 8.9± 0.7 mm (medial), 8.8± 0.9 mm (apical) for male subjects, and 6.7± 0.5
mm (basal), 6.3±1.0 mm (medial), 5.7±0.8 mm (apical) for female subjects. Similarly,
we divided the results from LV thickening into basal, medial and apical positions on
the left ventricles (Figure 4.10-left). On average, our personalized models resulted in
72.0± 17.7 % (basal), 69.2± 8.5 % (medial) and 56.9± 7.6 % (apical). In addition,
our personalized models had an average GLS values of −15.1± 1.9 %. With respect
to the ED condition, average segmental rotations of +11.8◦ ± 0.7◦ and −3.0◦ ± 2.6◦

for basal and apical levels, respectively, were observed in our models.

Figure 4.8: Segmental circumferential strain error (Feature Tracking ’FT’ - personalized
simulation ’Sim’) from a midventricle slice of four cases. The error is represented as a

mean of circumferential strain point-to-point difference (simple subtraction, in %) for each
segment

4.4.4 Statistical analysis

We found that the two independent variables - ejection fraction (EF, in %) and
systolic fractional thickening (SFT, in %) - appear to have a significant contribution
to the predicted SI values: SI = 4.05 − 0.06EF + 0.01SFT , with R2 value of 0.91
and p < 0.001. On the other hand, LV twist (LVT, in degrees) and SFT can be used
to predict the CI values: CI = 76.51− 3.71LV T + 0.77SFT , with R2 value of 0.78
and p < 0.001.
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Figure 4.9: ED wall thickness (mm) calculated from the personalized models at medial
(top), apical (left) and basal (right) levels for 21 subjects (8 women, 13 men). The arrows

are reference values from Lang et al. (2006) (red) and Kawel et al. (2012) (black)

Figure 4.10: Left: systolic fractional thickening (%) calculated from the personalized
models at basal, medial and apical levels for 21 subjects. The arrows are reference values

from Ubachs et al. (2009) (red) and Rodrigues et al. (2016) (black). Right: global
longitudinal strain (%) calculated from the personalized models for 21 subjects. The

arrows are reference values from Mangion et al. (2016) (red), Kleijn et al. (2015) (black)
and Rodrigues et al. (2016)
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4.4.5 Effects of fiber transverse angles

When the model personalization was done without transverse angles (αt = 0), the
average subject-specific passive stiffness SI was found to be the same as when the
personalization was done with the optimized fiber orientation: 1.33±0.18 kPa. How-
ever, the average CI was significantly higher at 133.95 ± 71.06 kPa, in comparison
to 95.13± 14.21 kPa for the optimization with myofiber transverse angle.

4.5 Discussion

Despite the clear advantages for clinicians and biomedical engineers in estimating the
in vivo left ventricular mechanical properties, no studies on a non-invasive estimation
method have been developed and validated solely based on data acquired from routine
clinical practice. Advances in FE cardiac modeling have opened possibilities to esti-
mate left ventricular stiffness and contractility. However, clinical translation of these
approaches remains a grand challenge due to the difficulties in verifying the accuracy
of these models. The novel FT technique is gaining popularity in the diagnosis of
cardiac disease, which enables strain extractions from routine cine MR acquisitions
that can be used for model validations.

To our knowledge, our work is the first to use inverse FE modeling and mea-
surements from routine cine cardiac MR acquisitions to estimate subject-specific left
ventricular stiffness and contractility on more than twenty healthy subjects. The ap-
proach utilizes subject-specific geometry, measured volume and physiological pressure
to personalized the LV model. The diastolic material parameters, which represent
left ventricular stiffness, were identified by fitting with EDPVR curves formulated
by Klotz et al. (2006). The active law parameter, which represents left ventricular
contractility, was identified based on physiological ES pressure. In addition, our per-
sonalization approach was extensively evaluated against measured regional LV metrics
in the form of circumferential strain values and against measured global LV metrics
such as ED wall thickness and systolic fractional thickening. The range of biome-
chanical indices found in this study were normally distributed and could serve as a
reference for in silico diagnosis of potential cardiac pathologies.

The circumferential strain values obtained with the FT technique were within the
normal range as found in literature (Kawel et al., 2012; Lang et al., 2006; Rodrigues
et al., 2016; Schuster et al., 2013; Ubachs et al., 2009). In total, 771.4± 131.5 strain
points were computed via the FT technique on cine MR images per subject for cir-
cumferential strain. Table 4.1 also lists the average global longitudinal strain (GLS)
measured with the FT technique. The value found was −9.8± 3.7 %, which is not in
the range for normal human values shown in Figure 4.10 (Kalam et al., 2014; Moore
et al., 2000). The reason for this discrepancy might be because the strain calcula-
tions were based only on 2 long-axis images, which led to 28.8±7.2 longitudinal strain
points computed on average per subject.

To further evaluate the range of normal biomechanical indices that we found, we
also compared the global LV pump functions from the personalized models with the
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normal values found in literature. Figure 4.9 and Figure 4.10 show these comparisons
for ED wall thickness, systolic fractional thickening and global longitudinal strain.
The box-plots represent the values from our personalized model and the arrows rep-
resent the reference values found in literature .The LV metrics obtained from the MR
data were in agreement with literature. The measured ED wall thickness values were
in agreement with Lang et al. (2006), who studied 510 subjects of ethnically diverse
population without recognized cardiovascular disease. They found a reference range
of 0.6−1.0 mm for men and 0.6−0.9 mm for women. Furthermore, Kawel et al. (2012)
studied ED wall thickness of 300 subjects (169 women; 65.6± 8.5 years) measured by
cardiac MR steady-state free precession cine images. Their findings were 8.3±1.0 mm
(basal), 7.2± 1.0 mm (medial), 5.6± 1.0 mm (apical) for male subjects, and 6.8± 0.9
mm (basal), 5.9± 0.9 mm (medial), 4.7± 0.9 mm (apical) for female subjects. Their
findings were consistently lower than the results of our personalized models. The
likely reason is the difference in age distribution of the subjects. Both positive and
negative relationship between age and ED wall thickness have been observed in pre-
vious studies (Chen et al., 2016; Maron et al., 2003). Looking at our subjects whose
age were known to us, we observed lower wall thickness for the subjects under 35 yo
(n=7): 6.8± 1.6 mm, in comparison to the subjects over 35 yo (n=3): 7.4± 1.7 mm.
However, the number of subjects was clearly too few to have any conclusive results.
This issue is not covered in our study, but it warrants a separate investigation.

For systolic fractional thickening, the measured and simulated values were in agree-
ment with the two following MR-based literature: Rodrigues et al. (2016) studied 32
normal subjects (44% female, 49±11 years) and they found a medial LV thickening of
62.0± 15.0 %; Ubachs et al. (2009) studied 50 healthy non-athletic subjects and they
found an average wall thickening of 73.0±31.0 %, 79.0±26.0 % and 64.0±30.0 % for
the basal, medial and apical levels, respectively. The measured and simulated global
longitudinal strain were also within the normal range for healthy subjects (n=89) ob-
tained by Mangion et al. (2016) −12.5±3.2 %, Kleijn et al. (2015) (n=303) −15.9±2.4
% and Rodrigues et al. (2016) (n=32) −16.0± 2.0 %.

The segmental rotations predicted by our personalized models were in agreement
with Lorenz et al. (2000); Young et al. (1994), who found a counter-clockwise rotation
up to a maximum value of 10◦ at the apical level and a net clockwise rotation of 3◦

at the basal level. Since LV torsion is highly dependent on endocardial and epicardial
contraction, LV geometry and myocardial fiber arrangement (Kinova et al., 2018;
Young and Cowan, 2012), this proved that the rule-based myocardial fiber architecture
in our model was able to produce accurate physiological torsional deformation of the
LV.

Our personalized approach was able to produce similar circumferential strains in
comparison to the measured ones. However, two of the male subjects - #11 and #19
- were found to be outliers in Figure 4.7-top. Table 4.3 lists in details the image-
based measured ED wall thickness of these subjects, which were relatively thicker in
comparison with the rest of the remaining male subjects and the values taken from
Kawel et al. (2012). Increased ED wall thickness leads to an increased ventricular
blood pressure. Due to this reason, the assumptions of 9 mmHg for ED and 120
mmHg for ES pressures might introduce inaccuracy in the personalization of these
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two subjects. Furthermore, subject #11 had a reduced global circumferential strain
of −11.2 ± 6.7 % as measured with the FT technique, which might be a further
indication for a slight hypertensive cardiomyopathy (Dong et al., 1994; Rosen and
Lima, 2015).

Table 4.3: ED wall thickness and circumferential strains of subjects #11 and #19
compared with the remaining 11 male subjects and literature values (Kawel et al., 2012)

Genet et al. (2014) proposed a personalized FE model to construct a reference left
ventricular stress map based on five healthy subjects. They used the same passive
and active laws as in our study, but with different formulation of rule-based myocar-
dial fiber orientation. In their model, they assumed a linear variation of fiber helix
angle from +60◦ at epicardium to −60◦ at endocardium, with 0◦ of transverse angle
throughout the LV. To compensate for the anisotropy in the cross-fiber direction, they
added a cross-fiber contractile force that is 40% of the contractile force developing in
the fiber direction, based on experimental findings (Walker et al., 2005). They found
an average value of 0.11 ± 0.01 kPa for C0 and 14.36 ± 3.19 for bf , which leads to a
stiffness index of 1.63 ± 0.28 kPa. This value is close to our finding of 1.33 ± 0.18
kPa. However, their contractility index was significantly higher than in our study:
142.80± 11.12 vs 95.13± 14.21 kPa. This reported contractility value was in agree-
ment with our personalization results when the transverse angles were set to zero:
133.95± 71.06 kPa.

To further investigate the effects of transverse angles in our models, we conducted
several tests with an idealized geometry but different values of transverse angle distri-
butions. Using an idealized LV geometry would avoid any influence from the variance
in the geometry coming from real data. Table 4.4 displays the results of our investi-
gations. Our original model was coined as ’Trans100%’. The model ’Trans70%’ has
70% of the transverse angle from ’Trans100%’. ’Trans00%’ has no transverse angle in
its fiber arrangement, which is essentially the same fiber arrangement used by Genet
et al. (2014) No difference in ED wall thickness values were observed. This was cer-
tainly due to the fact that ED wall thickness is only affected by the diastolic passive
parameter, which supports the finding that myofiber architecture has lesser influence
at the filling phase than at ES (Usyk et al., 2000). This explains why the stiffness
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index values are quite close between the two studies. A positive correlation can be
seen between transverse angle and LV thickening. This is expected because fiber ori-
entation with some transverse direction re-distributes the active force in the radial
direction. This might explain why the contractility index from Genet et al. (2014)
was significantly higher than in our study. Furthermore, we also calculated the shear
strain in the radial-circumferential direction from all three models, where positive
strain implies that the rotation of epicardial layers in the circumferential direction
overpasses that of the endocardial layers. Bovendeerd et al. (2009) compared the
capability of different mechanical models in matching the MR-tagging-based experi-
mental shear strain through time for one cardiac cycle. With this respect, we found
that ’Trans100%’ resulted in similar ES shear strain values with their model that
showed the best-matched shear strain evolution through one cardiac cycle against
experimental data. Since our approach was based on 2-point within the cardiac cycle
at ED and ES, we compared our shear strain values with their finding at ES with
respect to ED (Figure 4.11).

Table 4.4: Effects of transverse angles on ED wall thickness, LV thickening and shear
strain done on an idealized LV geometry. ’Trans100%’ is our original model used in this

study, ’Trans70%’ and ’Trans00%’ has 70% and no transverse angle in its fiber
arrangement in comparison to ’Trans100%.’

Myocardial stiffness defines the ability of the myocardium to resist deformation
in response to stretch, while myocardial contractility defines the ability of the my-
ocardium to produce internal contraction. This is supported by the statistical analysis
results, which show that LV stiffness has a negative correlation with EF and LV con-
tractility has a positive correlation with SFT. Both of these correlations were expected
since the LV pump function decreases as the LV is becoming stiffer and increases in
parallel with the LV contractile function. However, the positive correlation between
LV stiffness and SFT as well as the negative correlation between LV contractility
and LV twist are not so obvious to explain. This might be due to the compounding
effects the biomechanical parameters have on these parameters, which merits further
investigations. Nevertheless, the regression functions might be used to predict LV
stiffness and contractility from common LV metrics that are obtained solely from
cardiac imaging acquisitions.

The main limitations of the present study are mostly due to the simplified repre-
sentations introduced in our model. The exclusion of the right ventricle in the model
definitely affects the distribution of the circumferential strains. By utilizing a pure
mechanical model, we also neglected the multiphysics aspects of a functional heart,
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Figure 4.11: Comparison of radial-circumferential shear strain between Bovendeerd et al.
(2009) and our ’Trans100%’ model at medial (black), basal (red) and apical (blue) levels.

ejec: ejection phase, ir: isovolumetric relaxation phase, fill: filling phase

i.e. blood flow dynamics and electrophysiology. Another limitation is the fact that
our personalization approach was based on normal ED and ES pressures found in lit-
erature. Due to these simplifications, our validated models were limited to reflect the
mechanical properties of left ventricle in 2-points of the cardiac cycle, end-diastole
and end-systole. Nevertheless, within the limited scope, the study was of a great
value for clinical practice. We proved that it is possible to quantify the LV stiffness
and contractility using personalized LV model constructed from routine cardiac MR
data, with the models being validated extensively against different measured metrics.

It is known that fiber architecture defines the heart mechanical behaviors. How-
ever, subject-specific fiber orientation requires a specific diffusion-tensor MR sequence
that is not a part of the current clinical routine. Moreover, it has been established
that the LV torsion is closely related to the LV geometry and fiber architecture (Young
and Cowan, 2012). In this context, the rule-based method we used in this study was
able to produce LV torsion within the normal range.

4.6 Conclusion

In conclusion, using routine cardiac cine MR data and personalized cardiac model,
we estimated the left ventricular biomechanical properties from 21 normal subjects.
The myocardial stiffness and contractility indices were determined by matching the
measured ED and ES values and normal pressures from literature. The models were
verified by comparison of the local circumferential strain and other global LV func-
tion metrics. Therefore, the range of biomechanical indices obtained in this study
could be used as the reference normal values to investigate the degree of severity of
ischemic myocardium. In addition, regional myocardial biomechanical indices might
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have strong correlations with the remodeling process of the ischemic myocardium.
The prognosis values of these indices should be explored using a clinical longitudinal
study.
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Chapter 5

Prognostic potential of regional
myocardial biomechanical indices

5.1 Introduction

Myocardial infarction (MI) is a common cause of premature morbidity and mortality
(Go et al., 2014; Konstam et al., 2011). Although early survival post-MI is improving,
the long term risk remains persistently high. Nearly 70% of heart failure cases are
initially preceded by acute MI, after which the heart undergoes adverse remodelling
process that leads to heart failure (Wenk et al., 2012). Previous studies in clinically
relevant large animal experiments have demonstrated that one of the key features,
by which an acute MI leads to chronic heart failure resides in the formation of a scar
tissue, which shows reduced contractility and increased stiffness, and hence contribute
significantly to the LV overall mechanical behavior and pump function (Gorman and
Gorman, 2001; Jackson et al., 2002; Ratcliffe, 2002).

The current clinical practice to assess the severity of heart injury is by mea-
suring the left ventricular (LV) systolic function, e.g. LV ejection fraction (EF).
However, this global measure of LV pump function provides relatively limited infor-
mation (Burns et al., 2010; Fernandes et al., 2007; Schinkel et al., 2004). Advances
in myocardial strain imaging has the potential to highlight myocardial contractility
and stiffness, e.g. global longitudinal strain (GLS) and circumferential strain (GCS)
(Kalam et al., 2014; Götte et al., 2001). Nonetheless, these parameters are mainly
derived variables from LV deformation and their relations to the prognostic value of
myocardial remodelling progression are not immediately obvious. Regional biome-
chanical parameters, such as myocardial contractility and stiffness, should be able to
relate more to the mechanical interactions between healthy myocardium and the scar
tissue, hence they should have greater significance in representing LV function and
in the prognosis of LV remodelling post MI. However, in vivo direct measurements
of these indices are still very challenging in the current clinical practice (Kolipaka
et al., 2009; Lee et al., 2011b). Biomechanical heart models have greatly advanced
from idealized theoretical concepts to subject-specific models under physiological and
pathological conditions. Recent studies focusing on diseased hearts have provided us
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with valuable knowledge on post-MI LV mechanics.
Guccione et al. (1995) demonstrated that the contractility in the infarct-healthy

border zone is reduced. Several model-based studies also found that the presence of
post-MI infarct tissue changed the mechanical environment of the heart, which may
lead to adverse remodelling (Walker et al., 2005; Wenk et al., 2012; Zhang et al.,
2012b). Chabiniok et al. (2012) estimated the myocardial contractility of a porcine
heart based on in vivo data at three time points after acute MI, and they found that
the contractility in the healthy regions increased 10 days and 38 days after infarction.
Gao et al. (2014b) found that the patient-specific myocardial contractility after acute
MI was much higher compared with a healthy heart, which suggests an increased
use of the contractile reserve in the healthy myocardial regions of the patient. A
further study by Gao et al. (2017a) also found that LV wall active tension is increased
in patients with recent MI in comparison to healthy subjects. By estimating the
passive and active properties of the human heart using 3D-tagged MRI, Asner et al.
(2017a) estimated that higher peak contractility was observed in patients with dilated
cardiomyopathy in comparison to the ones of healthy volunteers. Nevertheless, model-
based estimation of healthy and diseased myocardial mechanical properties varied
considerably, as they are greatly dependent on the personalization approach and the
myocardial mechanical models used.

In the previous chapter, we have introduced a personalized heart modelling ap-
proach against real MR data from healthy volunteers, which was validated against a
dataset of 21 heathy volunteers data with an acceptable accuracy. In this chapter, we
modified our previous approach in order to personalize ischemic heart models, for the
purpose of studying how myocardial contractility and stiffness vary in time within a
one-year longitudinal dataset of patients with an acute ST elevations segment MI.

More importantly, in this chapter we observed several personalized biomechanical
indices related to LV biomechanics and investigated their potential prognostic values
to predict the LV functional status in one-year time after acute MI. These indices are
mainly the regional myocardial contractility and stiffness indices (CI , SI ) as intro-
duced in the previous chapter. We assumed that these biomechanical indices would
display a more accurate long-term prognostic value for the assessment of individual
patients with acute MI compared to the other common measures used in the current
clinical practice, such as EF and GLS. Moreover, we also investigated the prognos-
tic potential of additional personalized biomechanical parameters that are obtained
through our modelling approach.

5.2 Subjects

The subjects of this work are selected patients who have suffered an acute first MI and
undergoing reperfusion therapy within the CARIM (CARdioprotection in Myocardial
Infarction)1 cohort. The selected dataset consists of 20 male and 5 female patients of
age 59.68 ± 7.67 year with an onset of chest pain of less than 12 hours, who needed
a primary percutaneous coronary intervention for a ST elevation segment MI. The

1https://clinicaltrials.gov/ct2/show/NCT02967965

115

https://clinicaltrials.gov/ct2/show/NCT02967965


CARIM study was approved by the local ethical committee (ID RCB:2012-A00313-
40) and is registered at ClinicalTrials.gov with clinical trial registration identifier
NCT02967965. All patients provided written informed consent.

The dataset contains series of short-axis and 2 long-axis (2-chamber and 4-chamber)
cine MR images, with an in-plane pixel size of 1.48 mm and a slice thickness of 7 mm.
In addition, the dataset also contains late Gadolinium-enhancement (LGE) images,
which was used to segment the ischemic tissue and partition the LV geometry. The
images from each respective patient were acquired at 5-day and 12-month time points
post MI.

5.3 Methods

5.3.1 Personalization workflow

Processing of MR data

As explained in the previous section 4.3.1, processing of the cardiac MR images were
performed using the cardiovascular post-processing software CVI42 and myocardial
strains were computed with the feature tracking technique. We processed the im-
ages from both the 5-day (D5) and 12-month (M12) time points for each respective
patient in the dataset. Mainly, we retrieved the information regarding the infarct
progression and the myocardial functional status, i.e. infarct size, ejection fraction,
circumferential strains.

The infarct regions were segmented from the short-axis LGE images using CMRSeg-
Tools2 Viallon et al. (2014, 2015). The exported infarct segmentation was combined
with the reconstructed LV geometries to define the infarct regions. To avoid abrupt
change of material properties from the infarcted to the healthy myocardium, three
transition regions were defined within a distance of 10 mm of the infarct boundary
(Gao et al., 2017a). The reminder of the LV wall was assumed to be unaffected by the
infarction. Figure 5.1 displays the segmentation of an LGE image with CMRSegTools
and the resulting partitioned LV geometry.

LV myocardial model

To describe the myocardial fiber orientations, we used the optimized rule-based my-
ofiber orientation (Rijcken et al., 1999) explained in the preceding chapters. Similarly,
we also used the transversely-anisotropic passive law (Guccione et al., 1991) and the
fiber stretch-dependent active force law (Guccione et al., 1993) previously-mentioned
in this report. Different with the previous approach, here we simplified the passive
law further into a one-parameter law. We fixed the exponential passive parameter
value bf to 15, which is around the average value found in the previous chapter. This
leads to one passive parameter needed to be identified for each patient.

The differences of the passive and active myocardial responses in the remote,
transition and the infarct regions were modelled by changing the passive and active

2https://www.creatis.insa-lyon.fr/CMRSegTools
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Figure 5.1: Left: the user interface of CMRSegTools with the infarct segmented in purple.
Right: reconstructed LV geometry colored by transitional regions of normalized infarct

severity SX from healthy (SX=0) to infarct (SX=1)

material parameters. We assumed that the MI scar of all patients is 50 times stiffer
with a linear transition between them, as demonstrated by previous studies (Gao
et al., 2014b; Wenk et al., 2011a). We further assumed that the MI tissue has no
ability to generate active contraction. Thus, in relation to the infarct extent of severity
SX as shown in Figure 5.1-right, the myocardial passive parameter (C0) and active
parameter (Tmax) were defined by the equation 5.1 below with respect to the identified
healthy mechanical properties. To avoid abrupt change of material properties from
the infarcted to the healthy myocardium, we defined three transitional regions in our
models (SX = [0.25, 0.50, 0.75]). With this respect, SX = 0 is healthy myocardium
and SX = 1 is infarcted myocardium.

C0 = (1 + 49SX)Chealthy
0 ; Tmax = (1− SX)T healtymax (5.1)

Boundary conditions and simulation setting

As was done in the previous chapter, zero-displacement constraint was applied to the
basal line of the LV model and a prescribed volume change based on the MR images
was applied on the LV cavity.

Patient-specific parameter identification

For each patient, the healthy material parameters Chealthy
0 and T healthymax were deter-

mined, so that the simulated LV model results matched with the cardiac MR mea-
surements. Specifically, the passive myocardial parameter was inversely identified by
matching the in vivo LV cavity volume and literature-based ED pressure. The active
parameter was determined by matching the measured ES circumferential strain and
literature-based ES pressure. All other parameters in the myocardial model had the
same values as described in the previous chapters. Because blood pressure measure-
ment was not available in our dataset, we applied typical LV pressures for our MI
patients: 16 mmHg and 100 mmHg for the ED and ES, respectively. Similar to the
previous chapter, we used a derivative-free optimization based on the Nelder-Mead
simplex method (Lagarias et al., 1998).
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The simulated strains were calculated with the reference configuration set at ED
using the 2-point simulation approach described in section 3.6. We first inflated the
LV model to the measured ED volume, then we estimated the passive parameter
Chealthy

0 that resulted in the targeted ED pressure and most minimized cost function
in relation to the ”Klotz” curve as explained in the previous chapter: Figure 4.3,
equation 4.4. Afterwards, we initiated the systolic contraction to determine the active
parameter Tmax using the cost function below:

fcost =

∑N
i=1(εic meas − εic sim)2

N
(5.2)

which calculates the mean square error between the measured (meas) circumferential
strain (εc) and the simulated one (sim). We did not include pressure or volume in
the cost function, as we did not have any information on the blood pressures of our
patients. However, as an additional constraint we enforced an ES pressure within 10
mmHg range of the targeted ES pressure of 100±10 mmHg. Once the healthy material
parameters were identified, the material parameters for the rest of the myocardium
were assigned as defined by the equation 5.1.

5.3.2 Model evaluation

Following the model evaluation in Chapter 4, we also compared several relevant met-
rics to ensure the accuracy of our personalized models. We compared the measured
and simulated circumferential strains, as well as the midventricular ED wall thickness
and systolic fractional thickening.

5.3.3 Statistical analysis

We applied regression analysis to identify the correlation between the biomechanical
parameters and the changes in LV function between the two image acquisition at
D5 and M12. Notably, the regression results would provide us with a picture of the
parameters with the strongest explanatory power in characterizing the progression
of myocardial function from patients with ischemic heart disease. In this study, we
classify the relevant correlations from their r-squared and p-values. As the indepen-
dent variables, we observed the personalized healthy myocardial stiffness index (SI ),
healthy myocardial contractility index (CI ), the average midventricular fiber stretch
(λfib) and shear strain (Erc). The fiber stretch is expressed from the right Cauchy
stretch tensor C, while the shear strains are derived from the Green-Lagrange strain
tensor E. Both tensors have been defined in equation 3.6.

The dependent variables that represent the progression in LV myocardial func-
tion are the changes in ejection fraction (EF), global circumferential strain (GCS),
myocardial infarct volume (Vinf ) and myocardial infarct-LV volume ratio (Vinf/VLV ).
For each variable, we calculated the percentage change between the two time points as
shown in equation 5.3. We calculated the percentage increase of GCS in its absolute
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values.

Change in % = 100
(V arM12 − V arD5)

V arD5

(5.3)

where D5 and M12 denote the two MR acquisition time points, and V ar denotes the
dependent variables (EF, GCS, Vinf or Vinf/VLV ). Thus, a positive percentage change
in EF and GCS generally means that the global LV function is improving. A positive
percentage change in Vinf means that the infarct size is increasing, while a positive
percentage change in Vinf/VLV means that the infarct size is increasing with respect
to LV myocardial volume.

5.4 Results

5.4.1 Subject-specific MR data

Table 5.1 lists the LV metrics for our 25 subjects obtained from the MR data acquired
at the two time points after acute MI. GCS is the end-systolic global circumferential
strain calculated from all circumferential strain points, which amounts to 644.0±122.8
strain points in our dataset. Similar with the previous chapter, we only have 2
long-axis slices for each patient in our MR dataset, which amounts to an average of
47.1 ± 68.4 longitudinal strain points. We consider that the number of longitudinal
strain points was not sufficient to be observed in our study.

Table 5.1: Mean and standard deviation (SD) of LV metrics of the ischemic patients at 5
days (D5) and 12 months (M12) after acute MI. The column healthy volunteers lists the
MR measurements of healthy volunteers from Chapter 4. ED wall thickness and systolic

fractional thickening were computed at a midventricular slice. p-values<0.05 display
significant difference between the patients and the healthy volunteers

LV metrics
Ischemic patients Healthy volunteers

p-values
(n = 25, 20 male) from Chapter 4

mean (SD) D5 M12 (n = 21, 13 male) D5 M12

Volume (ml)
End-diastole 128.5 (33.8) 131.7 (41.1) 137.3 (25.8) 0.34 0.59
End-systole 66.4 (24.1) 64.0 (27.3) 58.8 (11.6) 0.19 0.42

Ejection fraction (%) 49.48 (7.7) 52.8 (8.7) 57.1 (3.7) 0.00 0.04

ED wall thickness (mm) 10.7 (1.6) 10.4 (1.4) 7.3 (1.5) 0.00 0.00

Systolic fractional thickening (%) 37.9 (11.7) 47.1 (16.2) 67.4 (23.7) 0.00 0.01

GCS (%) -12.5 (3.3) -14.0 (3.4) -17.4 (2.6) 0.00 0.00

Table 5.2 lists the percentage changes in global LV function and infarct sizes
between the two time points. We colored the worsening of the conditions of the
patients in red, which include a percentage decrease for EF and GCS, and a percentage
increase for Vinf and Vinf/VLV .
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Table 5.2: Percentage change of the global LV function and infarct size between D5 and
M12, calculated as described in equation 5.3. Red colors display worsening properties,

which are a percentage decrease for EF and GCS, as well as a percentage increase for Vinf
and Vinf/VLV

Case
Percentage change in %

EF GCS Vinf Vinf/VLV

#1 7.8 -7.4 -64.2 -52.2

#2 -4.3 -20.8 -47.4 -47.4

#3 13.0 69.8 208.0 192.6

#4 27.0 22.9 -65.5 -75.1

#5 -10.7 -29.3 -18.5 -25.7

#6 8.9 -0.6 45.8 42.5

#7 0.9 8.6 -8.4 -4.8

#8 7.7 38.4 -7.1 -4.5

#9 3.8 18.2 1.0 -23.0

#10 -4.2 123.4 -34.7 -38.9

#11 30.2 187.1 0.5 4.6

#12 55.7 175.8 49.6 44.0

#13 -5.6 -16.6 -41.7 -34.2

#14 4.9 1.1 -11.7 -32.2

#15 -1.2 4.9 -31.3 -16.1

#16 6.5 17.4 -58.5 -42.7

#17 45.5 38.9 -27.1 -32.7

#18 -10.7 -11.6 36.3 6.1

#19 -3.3 4.2 -61.8 -39.6

#20 11.2 -14.4 -37.6 -20.0

#21 -8.2 -6.6 40.2 36.0

#22 -5.9 -32.8 2.2 5.7

#23 7.9 38.9 15.3 60.0

#24 2.7 -59.9 -40.6 -38.7

#25 11.2 69.9 39.6 28.7
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Figure 5.2: Distribution of end-systolic myofiber strain (left) and myofiber stress (right)
from one of the personalized pathological LV model. The middle figure shows the infarct

(red), healthy (blue) and transitional regions

5.4.2 Personalization results

Figure 5.2 displays the distributions of end-systolic myofiber strain and stress for one
of the personalized model. The personalized models were found to have an average C0

value of 0.19± 0.12 kPa for the healthy regions, which leads to an average SI value
of 2.85 ± 1.80. The average personalized CI value of our dataset is 165.82 ± 138.54
kPa for the healthy regions.

Bland-Altman plots are displayed to compare the measured and simulated LV
metrics (Figure 5.3). The comparisons are done for global circumferential strains,
midventricular ED wall thickness and midventricular systolic fractional thickening.

5.4.3 Statistical analysis

Table 5.3 summarizes the regression analysis in terms of r-squared and p-values.
Stiffness index SI can be observed as the a relevant biomechanical parameter to
predict the changes in LV ejection fraction. However, the r-squared value shows that
the fitting was relatively low. Furthermore, no significant correlation is observed for
the other biomechanical parameters.

5.5 Discussion

Long-term survival after acute MI is greatly determined by the efficiency of LV pump
function. Although this topic has been a major focus in cardiovascular research in the
recent decades, the underlying mechanism of the progression of injured myocardium
in ischemic hearts remain incompletely understood. Numerical models have been
widely used to better understand the normal and abnormal physiological functions in
relation to cardiac diseases. In this study, we have developed a personalized LV model
at end-diastole and end-systole of patients suffering from an acute MI, who had an
onset of chest pain of less than 12 hours and required a primary percutaneous coronary
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(a) Comparisons of end-systolic global circumferential
strain

(b) Comparisons of midventricular end-diastole wall
thickness

(c) Comparisons of midventricular systolic fractional
thickening

Figure 5.3: Bland-Altman plots: simulated vs MRI-based measurements
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Table 5.3: Linear regression results between changes in LV or infarct properties at
12-month follow-up and personalized biomechanical parameters obtained at baseline (D5).

The observed LV or infarct properties are ejection fraction (EF), global circumferential
strain (GCS), infarct volume (Vinf ) and infarct-LV volume ratio (Vinf/VLV ). The

biomechanical parameters are stiffness index (SI ), contractility index (CI ),
midventricular fiber stretch (λfib) and midventricular shear strain (Erc)

XXXXXXXXXXXXXXXXXXXX

Changes in
LV metrics (%)

Biomechanical
parameters SI (kPa) CI (kPa) λfib Erc

EF
r-squared 0.34 0.00 0.03 0.02

p-value 0.00 0.82 0.41 0.46

GCS
r-squared 0.05 0.07 0.01 0.00

p-value 0.31 0.21 0.70 0.96

Vinf
r-squared 0.10 0.07 0.00 0.01

p-value 0.13 0.20 0.84 0.72

Vinf/VLV
r-squared 0.08 0.12 0.00 0.03

p-value 0.17 0.09 0.87 0.37

intervention. They underwent cardiac MR acquisitions at 5 days (D5, baseline) and
12 months (M12) after MI.

A clear difference can be observed when comparing the LV functional measures
of the ischemic and healthy subjects (Table 5.1). Firstly, end-systolic volume shows
clear difference between diseased and healthy subjects, which is also supported by a
smaller ejection fraction. This finding is in agreement with the findings of Delgado
et al. (2009) and Kalam et al. (2014). Rodrigues et al. (2016) studied 87 hypertensive
patients, which is a common characteristics for heart disease, and they concluded that
in all patients, there are significant decrease in midventricular fractional shortening
and radial strain, whereas ED wall thickness increased significantly. We found very
similar trends in the cardiac MR measurements of our dataset. Moreover, deterio-
ration of systolic circumferential strain is also a clear characteristic of patients with
myocardial disease (Mizuguchi et al., 2010; Rosen and Lima, 2015).

The percentage changes between 5-day and 12-month post acute MI are listed in
Table 5.2. Some major changes can be seen in terms of GCS, i.e. for cases #10, #11
and #12. In our study, the strains were calculated via the feature tracking technique
based on the cine MR images. Figure 5.4 shows further analysis on this. Although
it is difficult to see the relative circumferential deformation between end-diastole and
end-systole, the circumferential strains distribution demonstrated that there is indeed
a big increase in the M12 condition. Similarly, case #3 shows a considerable increase
in infarct volume, but further check on the segmented infarct shows that this volume
increase indeed came from the infarct segmentation. Disagreements between these
measures can also be observed, i.e. a decrease in EF but an increase in GCS (#10,
#15, #19), or an increase in GCS but also an increase in Vinf (#3, #9, #11, #12,
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#23, #25), although some of these disagreements were quite small in percentage.
Ultimately, we assumed the LV and infarct segmentations to be accurate, which are
both essential to compute the LV functional recovery. However, we cannot be sure of
this and inaccuracies might be introduced.

Figure 5.4: Comparison of D5 and M12 time points for case #11 at a midventricular slice
level at end-diastole (left), end-systole (middle) and the end-systolic circumferential

strains (right)

The finite element LV models were personalized based on inverse dynamics op-
timization by matching the LV metrics from in vivo MR data at time point D5.
We partitioned the LV geometry by incorporating infarct regions segmented with
CMRSegTools. Since our personalization assumed that the infarct regions have zero
contractility, the infarct region is stretched and tends to be more positive to bear
the systolic pressure in comparison to the myofiber shortening in the healthy regions.
The distribution of myofibre stress is less homogeneous in comparison to the healthy
subjects studied in the previous chapter. These findings can be observed in Fig-
ure 5.2. In addition, Figure 5.5 shows that the general distribution of the myofiber
stress in ischemic patients is relatively higher and less homogeneous than in healthy
volunteers, as also observed by Grossman et al. (1975); Vindis-Jesic et al. (2002).

Our personalizations demonstrated that the functional myocardium of post-MI
patients exhibit increased passive stiffness index SI (2.85±1.80 kPa) in comparison to
the healthy subjects investigated in Chapter 4 (1.33±0.18 kPa), with a p-value of 0.00.
The same can be observed for the contractility index CI (p=0.02): 165.82± 138.54
and 95.13 ± 14.21 kPa for ischemic patients and healthy subjects from Chapter 4,
respectively. This is in agreement with many previous studies (Asner et al., 2017b;
Chabiniok et al., 2012; Gao et al., 2014a,b, 2017a; Wenk et al., 2011a). However,
the standard deviations for both indices are noticeably large, caused by the presence
of extremely large optimized C0 and Tmax values. Looking at the Bland-Altman
plots (Figure 5.3), there seemed to be significant differences between the measured
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Figure 5.5: Comparison of end-systolic myofiber stress between one ischemic patient (left)
and one healthy volunteer (right)

and personalized models, notably for cases #11 and #20 for circumferential strain
comparison and cases #6 and #18 for systolic fractional thickening parameters.

The patient-specific material parameters C0 and Tmax in our study were personal-
ized using cost functions that combined pressure, volume and circumferential strains.
However, we assumed population-based LV cavity pressures in our personalization,
which are 8 mmHg for ED and a range of 90-110 mmHg for ES. This is a major limita-
tion in this study, and could be the cause for some of the extremely large personalized
C0 and Tmax values. We used population-based LV pressures for our parameters iden-
tification process in Chapter 4, but it needs to be emphasized that the previous study
was on healthy volunteers. In this study on ischemic patients, these pressure values
are essential inputs for the parameters identification process, since changes in blood
pressures are clearly associated with ischemic heart disease (Antikainen et al., 1998;
Lichtenstein et al., 1985; Toyoda et al., 2006). Without any information on both the
ED and the ES pressures, the personalized myocardial stiffness and contractility may
be subject to uncertainties.

We are fully aware that our model is based on certain assumptions. The LV dy-
namics are personalized only at two time points in the cardiac cycle: end-diastole
and end-systole. The myocardial contraction in our LV is activated simultaneously,
thereby neglecting the roles played by the LV physiology at cellular and molecular
level. The exclusion of the right ventricle in the model would also affect the simulated
strain distributions of the circumferential strains. We also did not include the multi-
physics aspects of a functional heart, i.e. blood flow dynamics and electrophysiology.

Furthermore, inaccuracies might also be introduced due to the material properties
assignments in our study. Transitional regions were defined in our LV model to avoid
abrupt change of material properties from MI to functional myocardium. Ideally, the
material properties of transitional regions should be assigned based on the myocardial
viability. For example, the stiffness and contractility of pathological hearts can be
derived based on the pixel intensity as extracted from the LGE MR images, as done by
Genet et al. (2015). Our approach assumed that no contractility occurs in the infarct
regions. This does not necessarily represent the real world condition, as infarct regions
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might display partial contractility as demonstrated by Lee et al. (2011a). Similarly, we
assumed that infarct regions have 50-times the stiffness of the healthy regions, which
might not always be the case. For instance, Wenk et al. (2011b) found that infarct
region has only 10-times the stiffness of functional myocardium. We acknowledged
that this is also one of the limitations in our study and such simplification might
introduce some inaccuracies in the identification of the personalized biomechanical
parameters, resulting in large standard deviations of SI and CI in our study.

Nevertheless, within this limited scope, we observed that the SI of the func-
tional myocardium has a significant linear correlation (p < 0.05) with the LV ejection
fraction recovery. We did not find any significant correlation between CI and any
percentage change in LV functions. This is contrary to the finding of Gao et al.
(2017a), who found the most relevant parameter to be the contractility of the func-
tional myocardium by observing 11 patients post MI.

We do not claim that our study is more accurate, since current personalized models
are rather simplified and were based on limited information from MR measurements,
which have been explained in details in the preceding paragraphs. To further clarify
our findings, we removed some of the cases that might have clear inaccuracies. The
first set of cases removed were due to the high error in their personalization results
as observed in the Bland-Altman plots of Figure 5.3, which include cases #6, #11,
#18 and #20. The second set of cases removed were due to possible inaccuracies in
their MR measurement results that are characterized by considerable disagreements
in percentage changes of Table 5.2, assuming that there might be some errors in the
MR-based segmentations or measurements. This includes cases #2, #3, #12, #13,
and #24. Removing these cases, we ended up with 16 cases.

Figure 5.6: Linear correlations between SI , CI and percentage change of EF and GCS
between the two acquisition time points

Figure 5.6 shows the linear correlations with the selected 16 cases, where only the
correlations between SI , CI , EF and GCS are shown. We observed that the r-squared
value increases for the correlation between SI and EF, which supports our previous
finding. In addition, a correlation is observed between CI and EF, although it is not
statistically significant (p=0.07). No significant correlation is observed between GCS
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and the two biomechanical parameters, suggesting that changes in circumferential
direction might be minor during LV systole in comparison to longitudinal deforma-
tions. This has also been observed in previous studies (Carlhäll et al., 2004; Carlsson
et al., 2004; Emilsson et al., 2001), although contradictory findings have been debated
(MacIver, 2012; Wandt et al., 2006). Unfortunately, we did not have access to the
global longitudinal strain values of our dataset to verify this observation ourselves.

Our overall results show that SI , and possibly CI to some extent, might poten-
tially be used as novel biomarkers for better prognosis and predicting the myocardial
functional progression after MI. However, our study has a rather small sample size,
which makes it not immediately obvious whether any of the investigated personal-
ized biomechanical parameters might have prognostic value for patients with ischemic
heart disease. Moreover, our current approach was rather simplified, as it is based
on limited information and inaccuracies might be introduced through assumptions in
our model personalization or uncertainties in the MR measurements.

Nevertheless, our study can serve as a starting point towards model-based pre-
diction in the clinical practice. Future studies are still necessary to evaluate our
approach. One study can be purposed to investigate our approach when more infor-
mation can be obtained from the patients, notably the LV pressures or the brachial
blood pressures. We believe that this information is essential to increase the accuracy
of our personalized pathological LV models. The different aspects of our mechani-
cal model and its effects in predicting the myocardial progression should be studied
as well. These aspects might include different constitutive laws, different boundary
conditions or inclusion of surrounding LV structures. Furthermore, it would be inter-
esting to observe subsets of post MI patients who have undergone specific therapies,
where the status of these therapies are known. We might be able to predict the suc-
cess or failure of a specific therapy using the personalized biomechanical parameters
introduced in our study, as a number of recently developed heart failure manage-
ment and therapies is targeted directly to restore the overall LV contractile function
(DeWitt et al., 2016; Mahmoud and Lee, 2016; Tariq and Aronow, 2015).

5.6 Conclusion

Combining personalized cardiac modelling and statistics analysis, we have studied 25
patients that have undergone two cardiac MR acquisitions: 5 days and 12 months
post acute myocardial infarction. The passive stiffness and contractile properties
of the myocardium were determined by fitting the simulated LV dynamics from MR
measurements (volume and circumferential strains). The accuracy of the personalized
model was evaluated against LV functional metrics such as circumferential strains,
ED wall thickness and systolic fractional thickening. From our personalization, we
found that LV stiffness and contractility were higher than normal patients, which
suggests that the functional myocardium utilized the myocardial contractile reserve
to overcompensate and generate normal cardiac function.

Using linear regressions, we identified the biomechanical parameters with the high-
est correlations to the myocardial progression. Although further studies on larger
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patient cohorts are necessary to evaluate the accuracy, our study can readily be used
as a basis towards clinical translation of using personalized biomechanical parameters
to predict the condition of heart disease patients after acute myocardial infarction.
Our results showed that the stiffness - and to a certain extent the contractility - of
functional myocardium might be able to predict the recovery of the ejection fraction,
and subsequently the cardiac function, in our patients.
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Chapter 6

Modelling of pathological LV using
learning-based infarct localization
and inverse dynamics approach

6.1 Introduction

In this chapter, we introduce a complete personalization approach for pathological
LVs that combines state-of-the-art learning-based infarct localization and inverse dy-
namics finite element modelling approach (Figure 2.8). We divide this chapter into
two parts. Firstly, we introduce a framework to evaluate the performance of various
strain parameters in locating infarcts in the left ventricle, which is an extension of our
previous work (Rumindo et al., 2017b). However, different from the previous work
where we focused our work on end-diastolic strain-based parameters, here we focus
on the end-systolic parameters. We also use much larger database that consists of
750 synthetic cases. In addition, in the second section of this chapter, we test the
feasibility of our proposed approach with a dataset of realistic synthetically-generated
pathological cases.

6.2 Evaluation of strain parameters for infarct lo-

calization

Accurate assessment of myocardial viability is important to determine the clinical
course of heart disease patients, as a decline in myocardial viability typically leads to
major heart dysfunctions (Allman et al., 2002; Bhat et al., 2016). The MR sequence
late-Gadolinium enhancement (LGE) is generally accepted as the gold standard to
assess myocardial viability and therefore to locate myocardial infarcts (Doltra et al.,
2013; Flachskampf et al., 2011). However, LGE sequence requires contrast injection, is
costly and not accessible for all patients. Myocardial strains - derived from the cardiac
deformation extracted from cardiac MR or echocardiography images - have also been
used to identify dysfunctional myocardial tissue (Antoni et al., 2010; Götte et al.,
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2001; Lee et al., 2008). However, due to the complexity of deformation patterns,
simple thresholding is not sufficient and further processing is required. Learning-
based algorithms have been investigated for better detecting and locating infarcts
(Sudarshan et al., 2014). Some examples of learning-based infarct localization include:
a neighborhood approximation forests based on myocardial wall thickness (Bleton
et al., 2016), dictionary learning based on cardiac motion (Peressutti et al., 2015),
regression techniques based on cardiac deformation (Duchateau et al., 2016), deep
learning techniques based directly on the images (Xu et al., 2017, 2018), as well
as a combination of biomechanical models and machine learning algorithms (Wong
et al., 2016). These methods are promising and some can be generalized to different
modalities, in addition to showing high accuracy of infarct detection and localization.

Several strain parameters have been investigated to detect or locate infarct regions.
However, many other parameters exist and their potentials have not been thoroughly
compared against each other. In our study, we propose to evaluate the following nine
parameters: principal strain, effective strain, fractional anisotropy (Soleimanifard
et al., 2010), three local directional strains (radial, circumferential, longitudinal), and
three myofiber stretches (in fiber, cross-fiber, and sheet-normal directions). They
were assessed in terms of their localization performance (sensitivity and specificity)
given a learning algorithm to locate the infarcts. The algorithm uses a multi-scale
regression to approximate the transfer function between the tested parameters and
the infarct location (Duchateau et al., 2016). To do so, we designed a large database
of synthetically-generated pathological cases that incorporates infarcts with different
locations, shapes, sizes, and degrees of severity.

6.2.1 Database of pathological cases

Twenty-five LV geometries from healthy volunteers MR data were obtained from the
following datasets: ten models from CARIM and MICCAI datasets each (Section
4.2), and five additional data from an open access source1 were also retrieved for this
purpose. Subject-specific healthy LV model was constructed based on the MR data
using the personalization approach that has been validated previously in Chapter 4.

Afterwards, thirty synthetic pathological cases were generated from each of the
twenty-five healthy LV models, resulting in 750 pathological cases. Each of these
cases differs in terms of their infarct sizes, shapes, locations and degrees of severity.
Infarct regions were incorporated through a binary value at each mesh element. These
regions were defined as described in Figure 6.1. Firstly, the anterior ventricular
junction and apex of each LV were manually selected from the MR images, which
enabled us to define the AHA 17 segments and the left anterior descending (LAD)
coronary artery territory on each LV. Secondly, we defined a region of infarct that
had truncated ellipsoidal or spheroidal shapes with an arbitrary short- and long-axis
radii of no more than 2.5 times of the maximum LV wall thickness. We then defined
the infarct region as the intersection between the myocardial wall and the ellipsoids.
We constrained the center point of the ellipsoids to be on the endocardial surface and

1Genet et al. (2014) (https://simtk.org/projects/normalhumanlvs)
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Figure 6.1: Infarct generation workflow. 1) manual selection of the ventricular junction
(red) and apex (black) 2) the left anterior descending coronary territory (red) 3) initial

spherical/ellipsoidal geometry (blue) superimposed with the LV geometry 4) the resulting
infarct region (purple) incorporated into the LV geometry

within the LAD territory. This territory was chosen due to its high prevalence (Ortiz-
Pérez et al., 2008). Then we assigned the material properties of the infarct to have
lower contractility in comparison to the healthy regions, which is in accordance to the
findings of Lee et al. (2011a). In the previous chapter, our personalization assumed
that the infarcts have zero contractility. However, to scrutinize the strain parameters
further, in this study we assumed partial contractility, which was defined by altering
the active tension parameter Tmax from 50.0% up to 98.3% of the identified healthy
values. The infarct properties of 29 cases from each LV geometry were assigned in
a uniformly-distributed manner within the mentioned range, whereas the 30th case
is the healthy case with 100% contractility. We assume homogeneous stiffness across
the healthy and infarct regions, as obtained in the personalization of each case.

The resulting infarcts have an average myocardial mass of 13.2 ± 15.9 g and an
average volume of 12.5± 15.0 ml, corresponding to 10.2± 10.7% of the myocardium
volume. In addition to the various infarct properties (size, severity, shape, location),
the different geometries of the LVs also ensure a higher variability in our synthetic
database, which allows us to significantly scrutinize and investigate the sensitivity of
each strain parameter.

6.2.2 Strain parameters

Table 6.1 details the nine strain parameters tested in this study. These parameters
are derived from the deformation gradient tensor F extracted from the pathological
LV models at end-systole, the right Cauchy stretch tensor C and the Green-Lagrange
strain tensor E were calculated: C = FT ·F; E = 1

2
(C−I), where I is the 3x3 identity

tensor. Figure 6.2 displays one of the extremely severe case, with 50% contractility

131



Figure 6.2: The strain parameters at end-systole for a pathological case shown in upper
left with the ground truth infarct in red

in the infarct region, with all the strain parameter patterns.

6.2.3 Learning-based infarct localization

The learning method is summarized in Figure 6.3. It used a training set composed
of pairs of deformation patterns and their corresponding infarct regions. The infarct
indicators were simple binary labels: 0 for the healthy myocardium and 1 for the
infarct region. Based on these pairs, the regression provides a continuous non-binary
output that needs to be thresholded.

Figure 6.3: Summary of the learning design used in this study

We used kernel ridge regression as the main learning algorithm in our study, as
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Table 6.1: Strain parameters evaluated in this study

Parameters Formulae / Comments

Radial strain
Circ. strain With respect to pseudoprolate coordinate system (Section 3.3)
Long. strain

Fiber stretch f0.(Cf0) f0: fiber direction
Cross-fiber stretch s0.(Cs0) s0: cross-fiber direction
Sheet-normal stretch n0.(Cn0) n0: sheet-normal direction

Principal strain The max positive Eigenvalue of E

Effective strain

√√√√√2

9
[(Exx − Eyy)2 + (Eyy − Ezz)2 + (Exx − Ezz)2

+ 6(E2
xy + E2

yz + E2
xz)]

Fractional anisotropy
√

3
2
(λ1−λ)2+(λ2−λ)2+(λ3−λ)2

λ2
1+λ

2
2+λ

2
3

λ = (λ1 + λ2 + λ3)/3
λ1, λ2, λ3: Eigenvalues of E

formulated in equation 6.1 (Bermanis et al., 2013).

arg min
fεF

(
||f ||2F + γD

K∑
k=1

||f(dk)− ik||2
)

(6.1)

where ||.||2F stands for the norm over a space F of smooth functions controlled by a
kernel of a given bandwidth, γD is a scalar weight balancing the adherence to the
data and the smoothness of the interpolation, K is the training set denoting pairs of
deformation parameters d and infarct indicators i.

Due to the use of different geometries, the strain parameters were not directly
comparable and spatial correspondence should be obtained. Thus, normalized local
coordinates were computed on each geometry corresponding to the pseudoprolate co-
ordinate system explained in Section 3.3. Then, a reference geometry was computed
by Procrustes analysis with similarity transformation (Figure 6.4). Local coordinates
were also computed for this reference geometry. Finally, local data (the strain pa-
rameters and the infarct binary labels) were transported to the reference geometry
using the correspondence of the local coordinates. The data transportation involved
interpolation using the multi-scale regression method above, with a balanced weight
between similarity and regularization terms (γD = 1) and a density factor of 0.25.
The density factor stands for the fraction of the samples density below which the
multi-scale regression stops, e.g. a density factor of 0.25 means that the regression
stops once the kernel bandwidth is smaller than 25% of the samples. The interpolation
resulted in negligible errors, as shown in Figure 6.5.

The infarct prediction also used the same kernel ridge regression mentioned above.
We used multi-scale regression by considering 10-nearest neighbors, γD = 1 and
density factor of 1. In addition, for the infarct prediction we skipped the first thress
scales of the multi-scale process. The first scale of the multi-scale process signifies
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Figure 6.4: An average geometry calculated from all the 25 original LV geometries (only 8
are shown here)

Figure 6.5: The standard deviation of the interpolation of the local coordinates from the
25 original LV geometries onto the reference geometry
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the average ”diameter” of the data, e.g the largest distance between two samples.
The values of these parameters were determined heuristically. The aligned strain
parameters and infarct location were treated as column vectors of length equal to
the number of elements for the reference mesh. Since each LV geometry was used to
generate thirty out of the total 750 pathological cases, there might be some biases in
the detection algorithm due to relatively similar cases and deformation patterns. To
avoid this bias when a case was investigated, all other cases derived from the same
geometry were not included in the training set.

The regression output consisted of a non-binary scalar value at each mesh element
due to the linear combination of infarct locations. A binary localization of the infarct
was obtained after thresholding this output by an appropriate value, obtained via
the two-step process described by Duchateau et al. (2016). Firstly, ROC analysis
was performed for each case to obtain a set of best individual thresholds (Figure 6.6).
The ROC curve was obtained by calculating sensitivity and specificity of the resulting
predictions using the equations below:

Sensitivity :
TP

TP + FN

Specifity :
TN

TN + FP

(6.2)

where TP, FN, TN and FP stand for True Positive, False Negative, True Negative
and False Positive, respectively. These measures were computed by considering each
element in the finite element mesh.

However, this analysis relies on the ground truth infarct location for each case,
which is unrealistic in real world clinical application. Thus, in the second step, we
defined a common consensual threshold for each parameter, which was the median
of the set of the best individual thresholds. This common optimal threshold is then
used to evaluate the infarct localization performance of each parameter (Figure 6.7).

6.2.4 Performance evaluation

The infarct localization performance of each strain parameter was evaluated in terms
of sensitivity and specificity after thresholding the regression output by the consensual
value as explained in the above paragraph. The results were then summarized as the
Euclidean distance between the predicted results and the ideal prediction in terms of
sensitivity and specificity. An ideal infarct localization has a sensitivity and specificity
of 1, and therefore d = 0. This is illustrated in Figure 6.7-right.

6.3 Personalized pathological LV models: a finite

element study

As has been emphasized in the previous chapters, a personalized modelling approach
that can be based on limited clinical information can be very useful to help clinicians
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Figure 6.6: ROC curves from all 750 cases based on the principal strain (left). Based on
these curves, we retrieved the optimal thresholds for each specific case, represented by the

data points (right). A consensual threshold used for our prediction was retrieved as the
median of the optimal thresholds from each individual case. Diagonal line represents

theoretical performance of a random prediction

Figure 6.7: Predicted infarcts from all 750 cases based on regression results from principal
strain, thresholded by the common consensual threshold (left). The method error ’d’ of

each strain parameter is calculated as the Euclidean distance between the predicted
infarcts and an ideal infarct localization in terms of sensitivity and 1-specificity (right).

Diagonal line represents theoretical performance of a random prediction
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in deciding the best clinical course for heart disease patients. In Chapter 2, Figure
2.8, we have introduced a new modelling approach that can potentially address this
problem. The proposed approach combines an infarct localization method based on
strain parameters and a regression algorithm, which were extensively described in the
previous section, as well as patient-specific cardiac mechanics modelling previously
described in the previous chapters. The advantage of this workflow is that only
routine MR imaging acquisitions are necessary, consisting of cine MR images with
short-axis, 2-chamber and 4-chamber acquisitions. From these images, we would be
able to retrieve the geometry and the deformation patterns or strains to perform the
whole approach.

This section describes the results of our feasibility test regarding the proposed
approach by applying it to realistic synthetic cases. We chose to work on synthetic
case to conduct preliminary testing on our approach, which enables us to avoid any
uncertainty that might be introduced when working on clinical data.

6.3.1 Selected pathological cases

To test the feasibility of our proposed approach, we selected twenty cases from the
750 synthetically-generated cases described in Section 6.2.1. We picked cases from
different geometries to ensure the variability of our study. For this study, we left out
the five cases that were retrieved from the open source database. Table 6.2 summarizes
the infarct properties of the selected cases, whereas Table 6.3 summarized the material
parameters of the ground truth simulations. Note that the infarct prediction for these
twenty cases were already taken into account in the previous study. Thus, here we
also show the prediction error for these 20 cases in Table 6.2.

6.3.2 Personalization workflow

Figure 6.8 illustrates the personalization approach used in this study. We reconstruct
the geometry and extract the myocardial strains from each case. Infarct regions are
predicted via a learning-based approach discussed in Section 6.2.3. In this study, we
only use principal strain to locate the infarcts, since it has been evaluated in the
previous section to be one of the best parameters according to Table 6.5. We then
partition the LV geometry into healthy and infarct regions based on the localization
results.

Next, we do a parameter identification optimization to personalize the stiffness and
contractility for each case. We assumed homogeneous stiffness across the healthy and
infarct regions, in accordance to the parameterization of the pathological database.
Since the ground truth simulations are available, we can obtain the accurate point-
to-point correspondence of the myocardial deformation through the diastolic filling
phase. Thus, in this study we identified the two passive parameters, C0 and bf , using
the energy conservation-based approach introduced by Nasopoulou et al. (2017) to ad-
dress the non-uniqueness of the 2-parameter identification related to the transversely
anisotropic material mentioned in Section 2.3.2.
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Table 6.2: Infarct properties of the twenty selected cases. Contractility column displays
the contractility of infarct region as a percentage of the contractility of functional

myocardium. Prediction error column displays the distance d of each case using principal
strain, as explained in Section 6.2

Case Infarct Mass Infarct volume Infarct-LV Contractility Prediction error
(g) (ml) volume ratio (%) (%) (Section 6.2)

C1 5.04 4.76 5.81 98.28 0.29

C2 34.46 32.51 38.24 94.83 0.92

C3 1.74 1.64 1.81 93.10 1.00

C4 2.71 2.56 1.83 89.66 0.28

C5 0.60 0.57 0.72 87.93 0.71

C6 0.35 0.33 0.43 84.48 0.90

C7 5.45 5.14 6.65 82.76 0.19

C8 1.96 1.85 2.03 79.31 0.14

C9 11.04 10.41 12.63 77.59 0.24

C10 22.82 21.53 21.11 74.14 0.09

C11 4.11 3.88 3.33 72.41 0.21

C12 13.81 13.03 10.05 68.97 0.25

C13 3.34 3.15 2.12 67.24 0.84

C14 18.03 17.01 11.87 63.79 0.13

C15 7.78 7.34 4.63 62.07 0.26

C16 2.24 2.12 2.12 58.62 0.38

C17 18.75 17.69 17.78 56.90 0.04

C18 72.38 68.28 34.29 53.45 0.49

C19 14.26 13.45 12.45 51.72 0.33

C20 2.76 2.60 1.63 50.00 0.21
mean (SD) 12.18 (16.77) 11.49 (15.82) 9.58 (10.90) 73.36 (15.20) 0.40 (0.31)

Figure 6.8: Illustration of our proposed workflow for one case
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Table 6.3: Material properties of the twenty selected cases

Case C0 (kPa) bf Thealthymax (kPa) T infarctmax (kPa)

C1 0.12 10.72 121.42 119.32

C2 0.09 14.67 99.66 94.50

C3 0.10 14.50 115.69 107.71

C4 0.07 17.08 88.16 79.04

C5 0.10 14.19 115.55 101.60

C6 0.09 17.52 109.21 92.26

C7 0.10 13.44 100.38 83.07

C8 0.10 12.78 98.35 78.00

C9 0.08 16.38 92.87 72.06

C10 0.07 16.43 82.55 61.20

C11 0.06 21.15 79.76 57.75

C12 0.07 20.57 89.36 61.62

C13 0.07 22.94 97.11 65.30

C14 0.07 14.14 78.26 49.93

C15 0.07 17.82 81.15 50.37

C16 0.08 15.29 86.81 50.89

C17 0.07 18.58 84.17 47.89

C18 0.12 12.40 111.15 59.41

C19 0.12 15.00 104.00 53.79

C20 0.11 18.30 108.00 54.00
mean (SD) 0.09 (0.02) 16.19 (3.11) 97.18 (13.30) 71.99 (21.50)
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Three time points in the cardiac filling phase were selected for this identification
approach: beginning of filling phase, end of filling phase and an intermediary point.
At each time point, the internal and external energy are calculated as follows.

Eint =

∫
V

WdV =

∫
V

1

2
C0(eQ(bf ,E) − 1)dV (6.3)

V denotes the volume of the myocardium, where the integration sign essentially sums
the volume of each finite element across the myocardium. W is the transversely
anisotropic strain energy density used in this study (equation 4.1), where C0 and bf
are the material parameters to optimize and E is the Green-Lagrange strain tensor.

Eext =

∫ V end,inter
LV

V begin
LV

PLV dVLV

Eext =

end,inter∑
begin

P begin
LV + P end,inter

LV

2
(V end,inter

LV − V begin
LV )

(6.4)

PLV is the LV cavity pressure and VLV is the LV cavity volume, where the superscripts
denote the corresponding time points in the diastolic filling phase. The external
energy at the phase of interest, i.e. end of filling (end) or an intermediary point
(inter) is calculated with respect to the reference frame, which is at the beginning of
the filling phase (begin).

Based on the conservation of energy, the ratios of the external and internal energy
at the end and inter time points, with respect to the begin time point, must be
equal. This ratio would allow us to cross out C0 in the calculation, thereby enabling
us to identify the exponential passive parameter bf by minimizing the cost function
f from equation 6.5. Once bf is optimized, we can optimize C0 separately based on
the end-diastolic pressure and volume. This optimization workflow provides us with
two unique values for the passive parameters.

f =
Eend
ext

Einter
ext

− Eend
int

Einter
int

f =

∫ V end
LV

V begin
LV

PLV dVLV∫ V inter
LV

V begin
LV

PLV dVLV
−
∫
V

1
2
C0(eQ(bf ,E

end) − 1)dV∫
V

1
2
C0(eQ(bf ,E

inter) − 1)dV

(6.5)

After the passive parameters are personalized, we optimize the active parameter
Tmax. Here we did not assume zero contractility for the infarct regions, in accordance
to how the generated database was parameterized. We optimize the active material
parameters in both the healthy and infarct regions simultaneously. The objective
function is based on volume and sum of square error of circumferential strains (equa-
tion 6.6). Once satisfied, the personalized material parameters are available for each
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region.

f = (PLV − P̄LV )2 +
N∑
i=1

(Ec − Ēc)2 (6.6)

where N signifies the computational points across the LV mesh and the bar sign (̄·)
signifies the ground truth values.

Method error

To calculate the error of the personalization, we used the root mean square error of the
point-to-point circumferential strain difference between the ground truth simulation
and the predicted simulation:

RMS error =

√∑N
i=0(Ec − Ēc)2

N
(6.7)

6.4 Results and discussion

6.4.1 Evaluation of strain parameters

Our study details a novel strategy for evaluating different strain-based parameters for
infarct diagnosis. We combined finite-element modeling to generate a large synthetic
database of pathological hearts based on healthy MR data and a state-of-the-art
learning algorithm to localize myocardial infarct. Nine strain-based parameters were
evaluated. To our knowledge, this is the first thorough evaluation that investigate
the potential of various strain parameters for infarct localization. The large database
allowed us to investigate the performance and limits of the algorithm in challenging
situations such as very mild lesions and high variability between the strain patterns
associated to different geometries.

As mentioned previously, a simple thresholding of the strain patterns is not suf-
ficiently accurate to locate infarcts. Figure 6.9 illustrates the simple thresholding
results of all 750 cases from principal strain patterns. In comparison to simple thresh-
olding, the learning-based infarct localization method presented here is superior (Fig-
ure 6.6-right).

Figure 6.10 shows the distribution of infarct locations in our database, displayed
on the reference mesh. Table 6.4 lists the statistics of the principal strain distribution
for the 25 healthy models from which our large database was based on. Figure 6.11
displays further the variability of the 25 healthy cases that were used to generate our
database. The color bar shows the squared sum of the point-to-point differences in
principal strain, with the histograms in the left showing the pairs of cases that have
the lowest and highest variability. It can be seen that cases #1, #19 and #24 are
the ones with the highest variability with the rest of the cases.

Figure 6.12 displays the prediction error of the nine strain parameters. The hori-
zontal axis represents infarct grade, from nearly healthy to severe infarct cases. Based
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Figure 6.9: Infarct localization results of all 750 cases based on principal strain patterns
using simple thresholding. In terms of sensitivity and specificity, the accuracy is inferior in

comparison to the learning-based method based on principal strain shown in Figure
6.6-right

Figure 6.10: The average infarct location displayed on the reference mesh
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Table 6.4: The principal strain statistics for the 25 healthy cases used in this study

Cases
Principal strain distribution
Median Q1 Q3

#1 1.15 0.79 1.48

#2 0.96 0.68 1.21

#3 0.98 0.74 1.23

#4 0.73 0.54 1.02

#5 1 0.77 1.27

#6 0.85 0.66 1.09

#7 1.04 0.79 1.31

#8 1.02 0.78 1.34

#9 0.89 0.66 1.1

#10 0.81 0.61 1.06

#11 0.69 0.5 0.92

#12 0.68 0.48 0.87

#13 0.72 0.5 0.95

#14 0.67 0.51 0.89

#15 0.76 0.54 1.1

#16 0.78 0.58 1

#17 0.87 0.65 1.15

#18 0.72 0.54 0.95

#19 1.13 0.79 1.52

#20 0.96 0.63 1.4

#21 0.86 0.64 1.16

#22 0.73 0.52 1.02

#23 0.76 0.52 1.07

#24 0.82 0.53 1.43

#25 0.62 0.45 0.85
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Figure 6.11: Sum of squared difference of the principal strain patterns from the 25 healthy
LV models that our database was derived from. The principal strain histograms of cases

with the lowest (top, #10 vs #25) and highest (bottom, #2 vs #19) difference in
principal strain distributions are shown in the right side
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Figure 6.12: Infarct localization performance of the nine tested parameters. The
horizontal axis depicts the infarct grade based on its severity, where the material

properties are closest to the healthy myocardium in the left. The vertical axis depicts the
method error ’d’ of each parameter. Each point on the curve is corresponding to 25 LV

geometries with the same infarct grade
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on the infarct grade, we divided the dataset into thirty groups of twenty-five cases
of different geometry each, which is represented by one data point on each curve.
From figure 6.12, we can observe a clear relation between the infarct grade and the
performance of each parameter. This is supported by Figure 6.13 for principal strain,
which displays no relation between prediction error and infarct volume. Moreover,
although in most cases the prediction error is quite low in terms of the original LV
geometries, we can observe that they are consistently high for some LV geometries,
especially for #1, #19 and #24 (shown by the red dots in Figure 6.13-left and the
red arrows in Figure 6.13-right).

Figure 6.13: Infarct localization performance for principal strain. No clear relation can be
deduced between the prediction error and infarct volume, with red dots showing the LV
geometries #1, #19 and #24 (left). However, in relation to the LV geometry from which
the infarct cases were based on, LV geometries #1, #19 and #24 show consistently large
error (right). The red dots show the median values, whereas the red crosses show the Q1

and Q3 values for each LV geometry

This might be caused by major differences in strain distributions for these three
cases in comparison to the other cases in our dataset. Figure 6.14 shows that the
principal strain distributions from cases #1, #19 and #24 are relatively higher in
comparison to other size cases in our dataset. In addition, the personalized active
parameters of these two cases are 121.42, 124.64, and 168.00 kPa for LV geometry
#1, #19 and #24, respectively. These values are higher than the average from the
remaining 22 cases: 96.43 ± 14.12 kPa. These differences caused infarct localiza-
tions with large errors in these three cases using principal strain. This finding is in
correspondence with the affinity matrix shown in Figure 6.11. The cases with high
prediction error with low infarct volume were also corresponding to the cases with
the specific geometry.

Table 6.5 summarizes the prediction error for each parameter, listing the mean,
median, Q1 and Q3 values over all cases. Although all parameters demonstrated very
similar statistics, we can observe that generally the principal strain, effective strain,
sheet-normal stretch, circumferential strain and fractional anisotropy had the best in-
farct localization performance. On the other hand, longitudinal strain can be consid-
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Figure 6.14: Principal strain patterns for healthy models of LV geometries #19 and #24
compared with six other cases

ered as the worst parameter based on our investigation with our dataset. Circumfer-
ential strain is the best parameter readily available in clinical setting according to our
study. The similar performances between principal strain, effective strain and frac-
tional anisotropy were expected, because these parameters are direction-independent,
which makes them more capable in highlighting and extracting the general distribu-
tion of the myocardial deformation. Radial strain show slightly inferior performance,
but still quite accurate. Longitudinal strains performed worse than the other two
classical anatomical strains, which might be due to the myofiber contraction that are
oriented more in the circumferential and radial direction than in the other two direc-
tions. Although longitudinal strain has been extensively investigated as an accurate
indication of global LV function (Jasaityte et al., 2013; Kalam et al., 2014), our study
showed that it has the worst performance in localizing infarcts on this dataset.

Table 6.5: The infarct localization performance of all strain parameters based on the
mean, median, Q1 and Q3 values (n = 750)

Parameter
Prediction error

Mean Median Q1 Q3
Principal strain 0.48 0.35 0.21 0.81
Effective strain 0.48 0.35 0.20 0.81
Fiber stretch 0.49 0.40 0.24 0.70
Cross-fiber stretch 0.51 0.40 0.24 0.79
Sheet-normal stretch 0.45 0.34 0.21 0.64
Radial strain 0.50 0.37 0.22 0.85
Circumferential strain 0.47 0.39 0.24 0.63
Longitudinal strain 0.54 0.48 0.28 0.82
Fractional anisotropy 0.47 0.38 0.25 0.65
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Our synthetic database was based on twenty-five LV geometries from MR images,
which ensures a reasonably large variability in terms of geometries and deforma-
tion patterns. These geometries came from MRI examinations of healthy volunteers,
thereby ensuring that the personalized healthy material parameters are physiological.
However, it is also well known that geometrical alterations of the LV occur post MI,
i.e. the thickening and thinning of ventricular wall around the remote and infarcted
myocardium, respectively, as well as the dilation of the LV cavity (Richardson et al.,
2016). Since our database was derived from healthy volunteers, this effect was not
taken into account. Similarly, we also assumed that the remote and infarct regions
have the same stiffness, which might not be the case in real clinical cases. In addition,
the combination between parameters was not investigated in this study and is left for
future work.

It is certainly essential to evaluate the infarct detection performance of the strain-
based parameters on real clinical data of ischemic patients. However, the complexity
in acquiring, processing and determining the accuracy of strain data from images
with clinical routine quality is still very challenging. Thus, investigation on clinical
data is reserved for future studies. Additionally, the exclusion of clinical data allowed
us to evaluate the strain-based parameters on a fully-controlled setting. Our study
was also limited by the regression approach used for the learning, which relies on a
global distance between deformation patterns handled as column vectors and uses
linear combination to predict the infarct locations. Although the learning algorithm
was simply used in our study as a state-of-the-art infarct detection tool to test the
performance of the strain-based parameters, further work using different regression
approaches or learning algorithms needs to be explored.

6.4.2 Personalized pathological LV models

We introduced an integrated approach that combines learning-based infarct localiza-
tion and inverse dynamics mechanical modelling, in order to extract patient-specific
myocardial stiffness and contractility. We investigated in detail the feasibility of the
proposed approach by applying it to twenty pathological cases obtained from forward
modeling of actual LV geometries.

Figure 6.15 compares the ground truth and the predicted infarct localization for
two cases, which were observed as one of the worst (C3, d: 1.00) and the best (C17,
d: 0.04) prediction results. The inferior prediction of C3 might be due to the small
infarct volume and very similar infarct contractility in comparison to the healthy
regions.

Material parameters, passive stiffness C0 and contractility Tmax, were successfully
optimized and their values are presented in Table 6.6, which also displays the point-
to-point root mean square error between the circumferential strains predicted by the
personalized simulation versus the ground truth strains obtained from the forward
modelling of the pathological LV models. The point-to-point comparisons were done
over all the finite-element computational points, with an average of 3723.6 ± 458.7
points over the twenty selected cases. The circumferential strains show very good
agreement between the personalized model and the ground truth simulation, with
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Figure 6.15: Ground truth and infarct localization results for one of the worst (C3, d:
1.00) and the best (C17, d: 0.04) predictions

the RMS errors shown in Table 6.6. The material parameters found through the
optimization are consistent with the ground truth values.

There is a certain correlation between the RMS error and the accuracy of the
prediction, although it does not seem to be very significant (Figure 6.16, r2 = 0.23,
p = 0.04). This correlation shows that an accurate infarct localization is important
to construct personalized pathological LV models.

To further investigate our approach, we also optimized the model with a ho-
mogeneous contractility across the LV, meaning that we did not partition the LV
geometry for the personalization. The results of this homogeneous active parameter
identification is displayed in Table 6.7. Both the partitioned and un-partitioned per-
sonalizations resulted in a very low mean square errors between the ground truth and
the predicted circumferential strains. This is possibly caused by the relatively high
partial contractility of the infarct regions (50.0-98.3% of the healthy myocardium).
However, it can be observed that the RMS error of the personalizations with homoge-
neous active parameter tends to increase as the extent of infarct severity is worsened,
which demonstrates the importance of partitioning the LV geometry in cases where
the infarct regions have little to no contractility.

Several assumptions were made in this study. The first assumption is related to
the infarct localization method that we used. limitations of the generated pathologi-
cal database as discussed in the previous section. This includes possible geometrical
alterations of the LV that are typically observed in ischemic patients, the homo-
geneous LV stiffness assumed in our pathological cases, and the binary definitions
of the infarct regions without any transitional region. Another limitation is due to
the homogeneous stiffness assigned across the LV in our database, which might not
represent the realistic situation where infarct regions typically have stiffer properties
with partial contractility. However, our workflow is readily adaptable to optimize two
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Table 6.6: Optimization results: the homogeneous passive parameters C0 and bf , the

active parameters for healthy (T healthymax ) and infarct (T infarctmax ) regions, and root mean
square (RMS) error of point-to-point circumferential strains between the ground truth and

predicted simulation data

Case C0 (kPa) bf Thealthymax (kPa) T infarctmax (kPa) RMS error (%)

C1 0.12 10.72 122.83 66.93 2.17

C2 0.09 14.67 107.17 61.47 1.69

C3 0.1 14.5 149.92 65.32 3.51

C4 0.07 17.08 94.85 63.16 1.39

C5 0.1 14.19 115.83 75.68 0.19

C6 0.09 17.52 117.9 62.52 2.11

C7 0.1 13.44 106.89 64.48 1.17

C8 0.1 12.78 104.88 63.81 1.51

C9 0.08 16.38 114.41 62.84 2.49

C10 0.07 16.43 83.83 62.58 0.5

C11 0.06 21.15 86.2 64.06 1.21

C12 0.07 20.57 95.21 62.87 1.1

C13 0.07 22.94 118.89 65.79 2.43

C14 0.07 14.14 78.71 48.49 1.02

C15 0.07 17.82 85.62 64.45 1.18

C16 0.08 15.29 101.91 62.4 2.16

C17 0.07 18.58 82.54 55.65 0.89

C18 0.12 12.4 81.06 64.43 1.93

C19 0.12 15 87.7 76.55 2.11

C20 0.11 18.3 126.39 65.72 2.36
mean (SD) 0.09 (0.02) 16.19 (3.11) 103.14 (18.85) 63.96 (5.79) 1.65 (0.78)
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Table 6.7: Systolic optimization results when no partitioning of infarct is done: the
homogeneous active parameter (Tmax) and root mean square (RMS) error of

point-to-point circumferential strains between the ground truth and personalized models

Case Tmax (kPa) RMS error (%)

C1 121.35 0.06

C2 98.02 0.19

C3 115.6 0.1

C4 88.01 0.15

C5 115.37 0.11

C6 109.17 0.03

C7 98.82 0.41

C8 98.09 0.32

C9 89.52 0.85

C10 78.34 1.42

C11 78.71 0.45

C12 86.21 1.23

C13 96.67 0.51

C14 75.24 1.94

C15 79.59 1.23

C16 85.48 1.22

C17 78.29 2.63

C18 74.53 1.97

C19 81.53 2.24

C20 93.59 1.72
mean (SD) 92.11 (14.33) 0.95 (0.83)

151



Figure 6.16: Correlation between prediction error and the root mean square (RMS) error
of point-to-point circumferential strains between the ground truth and personalized models

regions of passive material, although the non-uniqueness of the optimized solutions
still need to be addressed. The two active parameters for infarct and healthy regions
were also simultaneously identified in this study, which might lead to non-uniqueness
of the identified parameters. The infarct localization method used also present some
limitations, which have been described in the previous section. Nevertheless, we have
demonstrated the accuracy and the potential clinical application of our proposed ap-
proach. By using synthetic cases, we removed any uncertainty and inaccuracy that
might be introduced from imaging-based strain measurements.

The clinical use of heart models has not been considered in part due to potential
increase in imaging time and processing steps required by the majority of person-
alized modelling approach. Recent advances in the processing techniques of cardiac
cine MR images allow accurate quantification of myocardial deformation patterns in
3-dimension. Despite its limitations, the present study was designed to assess the ac-
curacy of estimating regional myocardial contractility simply based on patient-specific
LV geometry and deformation patterns. This approach facilitates the potential clin-
ical adoption of personalized 3D modelling approach in the clinical practice in order
to quantify mechanical biomarkers of diseased left ventricle. While our results have
further proved the feasibility of our model-based approach on realistic synthetic cases,
future studies based on real clinical pathological patients are necessary. An interest-
ing insight is also to apply the complete approach to a large database of real clinical
data and then to investigate if it is feasible to skip the computational modelling part
to focus on the use of statistical or data analysis to predict the personalization results.

152



6.5 Conclusion

In the first Section of this chapter, we have proposed a thorough evaluation of various
strain-based parameters in locating myocardial infarct. We took advantage of finite-
element modeling to generate a large database of pathological hearts and test the
limits of a given localization algorithm against a variety of infarct configurations.
Through our model-based and learning-based testing framework, we were able to
clearly show different performance of each parameter towards locating infarcts. One
of the best performing strain parameters in our study was circumferential strain,
which is a readily-available measure in the current clinical setting. Despites these
results, our investigation was based on synthetic database, which warrants further
investigation against real clinical data.

In the second Section of this chapter, we investigated the feasibility of combining
infarct localization and cardiac modeling to personalize pathological LVs. The ap-
proach presented in this study relies on limited cardiac data that can be obtained via
routine cardiac cine MR imaging, which includes the reconstructed LV geometries and
myocardial strain distributions that can be computed via feature tracking technique.
Our study demonstrates very promising results. The proposed approach will have to
be tested to a larger number of real patient data to open up the possibility to a more
efficient and personalized diagnosis and prognosis of cardiac diseases.
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Conclusion and perspectives

General conclusion

The thesis work presented in this report explored the use of mechanical left ventri-
cle models. Specifically, Combining cardiac imaging, learning algorithm as well as
personalized left ventricle modelling, we aim to provide more information to the clin-
icians - that are otherwise not available in the current clinical practice - in order to
improve the treatment and clinical course of ischemic heart disease patients.

In the first chapter, a general overview of the heart structure and function was dis-
cussed, which was then followed by the detailed description of ischemic heart disease.
This chapter mainly emphasized the importance of accurate diagnosis and prognosis
of the heart condition after acute myocardial infarction. Some important cardiac me-
chanical measures, i.e. myocardial stiffness and contractility, are able to accurately
represent and relate to the diseased heart conditions. However, these measures are
still very difficult to estimate in the clinical practice. Advances in numerical modelling
have enabled the estimation of such measures. In Chapter 2, we discussed several re-
cent models that have been developed for various purposes. Despites its potential,
the construction and validation of most of these studies require multiple sequences
and relatively long image acquisitions, which might be unsuitable for direct clinical
translation. Thus, this thesis work aims to extract novel mechanical biomarkers based
on limited clinical information from healthy and pathological subjects.

Chapter 3 describes our model implementation in the commercial finite-element
software Abaqus. We verified our model against benchmark problems and a published
model, which is an essential step to ensure the accuracy of our implementation. Our
first contribution is the estimation of in vivo subject-specific biomarkers that are
able to characterize the mechanical functional status of the left ventricle, coined
as stiffness index SI and contractilituy index CI . This approach was based solely
on routine cardiac MR acquisition done on 21 healthy volunteer, thereby assuring its
potential translation to clinical setting. The personalized models resulted in sufficient
accuracy.

Our second contribution is the investigation of the prognostic potential of the
afore-mentioned biomechanical indices to predict the progression of injured myocardium
in patients with ischemic heart disease. The subjects of this study were 25 patients
suffering from first myocardial infarction, who underwent cardiac MR image acquisi-
tions at two time points: 5-day (D5) and 12-month (M12) after the infarction. The
indices were retrieved from personalized LV models based on the D5 imaging data and
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we tried to correlate the retrieved biomechanical indices and the clinical progression
of the patients at M12. Our last contribution was the preliminary test of our proposed
modelling approach to estimate SI and CI that was simply based on LV geometry,
myocardial strain and LV volume and pressure, therefore no prior information on
infarct lesion is needed. In achieving this goal, we have: 1) developed a framework
to test the performance of various deformation-based parameters in locating infarcts
based on a large database of realistic pathological cases and regression-based learning
algorithm; and 2) tested the feasibility of the proposed pipeline as a whole.

Current limitations

The main limitations across our three modelling-related contributions are mostly due
to the assumptions for our LV models. Firstly, the geometrical simplification of not
including right ventricle, papillary muscles or thw two atria would definitely affect the
accuracy of the LV model. We also neglected the multiphysics aspects of a functional
heart, i.e. blood flow dynamics and electrophysiology. This is also related to the
homogeneous distribution of active tension in our model. Nevertheless, we believe
that adding complexity in our model does not always result in a more accurate model.
On the contrary, focusing solely on cardiac mechanics allowed us to avoid introducing
unnecessary uncertainties and further assumptions in our model.

In this report, our personalization approach was based on normal ED and ES
pressures found in literature. As discussed in Chapter 4 and 5, this assumption
might not be very significant for personalization of healthy volunteer data, but it
is certainly significant to model pathological hearts, as the LV pressures of heart
disease patients might be altered considerably. Our personalization approach was
also limited by the non-unique identification of the two passive parameters in the
transversely anisotropic law that we used. We also assumed that the MR-based
segmentations and measurements in our studies to be accurate. Since most of these
measures were used in our personalization, the accuracy of our models relied greatly
in the MR-based measurements. This is especially true for our work on Chapter 5.

Specifically for Chapter 5, one limitation was the material properties assignment
across the functional and infarct regions. We assumed fixed relations between these
regions in terms of stiffness and contractility, which is not the case for real world
condition. Additionally, our study also has rather small sample size, which might
make the correlation between the personalized biomechanical indices and the my-
ocardial functional progression not immediately obvious. Specifically for Chapter 6,
our pathological database was rather simplistic as it did not take into account any ge-
ometrical alterations that might occur after myocardial infarction. We also assigned
one stiffness across the LV and assigned partial contractility in the infarct region
without defining transitional or borderzone regions. Ideally, we would do this study
on clinical data directly.
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Perspectives

The modelling approaches discussed in this thesis could be explored much further. In
terms of geometry, as has been said previously, the effects of including various my-
ocardial structure in the models should be investigated. In addition, patient-specific
fiber orientation should be studied to verify whether it has significant effect to model
accuracy. Alternative boundary conditions and different constitutive laws should also
be investigated. Ideally, future studies in this direction would yield combination of
model components that is able to provide sufficient accuracy with tolerable compu-
tational cost.

Our model is simulated only at two time points. A more elegant way can be to
simulate a cyclic beating heart, although this would lead to computationally expen-
sive personalization. The multi-physics of the heart can also be incorporated in the
model. In terms of fluid mechanics, a simple lumped-parameter hemodynamic model
can be incorporated. A more complex FSI model might also able to represent the
model in a more physiological way. Other aspects of the heart, such as the electro-
physiology and the electro-mechanical coupling can be added as well. Unfortunately,
these improvements will also add computational complexity in the model, as well as
requiring more detailed clinical measures in order to determine its accuracy.

Regarding the personalization approach itself, different optimization techniques
should be explored in order to ensure the uniqueness of the personalized material
parameters. In our study, we mainly matched volume, pressure and strain data.
We could improve this method by including different clinical measures in our cost
functions, although this might mean that we would need additional information from
the imaging acquisition sides.

Further study on more clinical data is certainly the next step for most of our stud-
ies. Specifically, it would be interesting to do the investigation from our Chapter 5 to
a larger dataset. Instead of predicting the functional progression of the myocardium,
it would be interesting to study the correlation between the personalized biomechan-
ical parameters and the success/failure of certain medications and therapies. If the
dataset is large enough, it might be possible to test the feasibility of skipping the
computational cost and exploit learning-based techniques to predict the myocardial
functional progression or treatment outcomes. Moreover, we can also observe other
cardiac pathologies besides post-MI hearts or ischemic heart disease. It will be inter-
esting to observe the differences in stiffness and contractility indices across various
heart diseases.

Despites its limitations, we believe that our studies contribute to the current effort
of translating computational models to the clinical practice in the near future, as our
data was based on limited clinical information mostly obtained from routine cardiac
imaging. Even then, we were able to extract rich mechanical information about the
structure and function of healthy and pathological hearts. As both computational
power and medical imaging advance hand in hand, it will not be much longer un-
til model-based approaches would be commonly used to improve the diagnosis and
prognosis of heart disease patients.
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Appendices

Verification: direct modelling VS benchmark prob-

lems

This appendix provides a more detailed comparison between our simulation results
for the benchmark problems discussed in Section 3.7. The following sections display
the detailed comparisons of the resulting strains for each benchmark problem

Benchmark problem 1: Deformation of a beam

Figure 6.17 displays the strain from our implemented (ABQ) and the results from the
other research groups. The index of points indicated on the horizontal axis increases
such as X = 0, 1, ..., 10 corresponding to Figure 3.15.

Figure 6.17: Problem 1: strain results. Plot of strains along the line in directions of x-, y-
and z-axes.

Benchmark problem 2: Inflation of a ventricle

The Figure 6.18 shows the endocardial and epicardial apex locations from our im-
plementation (ABQ) and the results from the other research groups. The following
three figures depict the strain results in the circumferential, longitudinal, and radial
directions. The query points are the black nodes shown in 3.14-left, where the loca-
tions of the points go from apex to base as it goes from left to right on the horizontal
axis. The color legend for the strains figures follows the one in Figure 6.18.
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Figure 6.18: Problem 2: apex location. The dashed line separates results for the deformed
positions of the apex at the endo- and epicardium

Figure 6.19: Problem 2: strain results. Plot of circumferential (CIRC), longitudinal
(LONG) and radial (TRANS) strains at endocardium
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Figure 6.20: Problem 2: strain results. Plot of circumferential (CIRC), longitudinal
(LONG) and radial (TRANS) strains at midwall

Figure 6.21: Problem 2: strain results. Plot of circumferential (CIRC), longitudinal
(LONG) and radial (TRANS) strains at epicardium
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Benchmark problem 3: Inflation and active contraction

Similarly to the Benchmark problem 2 above: Figure 6.22 shows the endocardial and
epicardial apex locations, followed by three figures depicting the strain results. The
query points are also the black nodes shown in 3.14-left, and the color legend for the
strains figures follows the one in Figure 6.22.

Figure 6.22: Problem 3: apex location. The dashed line separates results for the deformed
positions of the apex at the endo- and epicardium
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Résumé

La cardiopathie ischémique est causée par la constriction des artères coronaires, cau-
sant un infarctus du myocarde et la formation de tissu cicatriciel et de nécrose. Les
mécanismes du remodelage de l’ensemble du myocarde et les interactions mécaniques
entre la region infarcie et le tissu sain ne sont pas encore bien compris. Afin de
mieux évaluer la mécanique du coeur dans des conditions normales et pathologiques,
les modèles numériques sont de plus en plus utilisés, car ils sont capables de fournir
aux médecins des informations qui ne peuvent être mesurées avec les outils cliniques
actuels. Ces informations peuvent ensuite être utilisées pour améliorer le diagnostic
et, par la suite, le traitement de chaque patient.

L’objectif principal de ce projet de doctorat est de développer et d’évaluer une ap-
proche basée sur un modèle numérique pour extraire de nouveaux indices biomécaniques
qui caractérisent la rigidité et la contractilité du myocarde. Ces indices permettraient
d’améliorer l’évaluation de l’état fonctionnel et de la viabilité régionale du myocarde,
ainsi que le pronostic de la récupération fonctionnelle du myocarde ischémique. Dans
ce rapport de doctorat, nous avons d’abord introduit une approche pour estimer les
indices biomécaniques à partir de données acquises sur des volontaires sains en Im-
agerie par Résonance Magnétique Cardiaque ’Cine’ de routine clinique. Par la suite,
nous avons étudié la valeur pronostique des indices extraits dans le cadre d’une étude
longitudinale en Imagerie par Résonance Magnétique auprès de patients souffrants de
cardiopathie ischémique. Enfin, nous avons testé la faisabilité d’une nouvelle approche
intégrée pour estimer les indices biomécaniques de cas pathologiques en combinant un
algorithme de localisation d’infarctus basé sur un apprentissage et une modélisation
dynamique inverse par éléments finis.
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Chapter 7

Introduction

7.1 Contexte

De nombreux décès d’origine cardiovasculaire peuvent être évités grâce à une détection
précoce et à un meilleur pronostic. Plus précisément, les dispositifs médicaux et les
techniques d’imagerie ont beaucoup progressé, fournissant des méthodes non inva-
sives pour mieux comprendre la fonction cardiaque et améliorer la prévention et le
traitement de toutes les formes de maladies cardiovasculaires (Mor-Avi et al., 2011;
Schwitter and Arai, 2011; Wang et al., 2015; Young and Prince, 2013). L’impact de
ces améliorations est très élevé, étant donné que les maladies cardiovasculaires sont
la principale cause de décès dans le monde au cours des dernières décennies. Selon
l’Organisation mondiale de la santé (WHO)1,environ 18 millions de personnes sont
mortes de maladies cardiovasculaires en 2016, ce qui représente 31% de tous les décès
dans le monde.

La pratique clinique actuelle est principalement basée sur les mesures de la fonc-
tion globale de la pompe cardiaque pour détecter et prédire la progression de la
cardiopathie ischémique, qui fournissent des informations limitées car elles reflètent
principalement les changements dans la dimension et le mouvement global du cœur
(Burns et al., 2010; Fernandes et al., 2007; Schinkel et al., 2004). Ainsi, les mécanismes
sous-jacents du processus de remodelage restent flous (Gupta et al., 2000; Houser
et al., 2000; Richardson et al., 2016), et une meilleure prédiction de l’évolution du
myocarde lésé dans le temps serait une information essentielle pour les médecins
(Biering-Sørensen et al., 2017; Carrick et al., 2012; Choi et al., 2001; French and
Kramer, 2001; Zhang et al., 2012b).

7.2 À propos du cœur

Le cœur est essentiellement une pompe biologique qui distribue le sang dans le système
cardiovasculaire. Le cœur est divisé en quatre cavités (Figure 7.1): les oreillettes
gauche et droite (les cavités supérieures) et les ventricules gauche et droit (les cavités

1www.who.int/news-room/fact-sheets/detail/cardiovascular-diseases-(cvds)
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Figure 7.1: L’appareil circulatoire humain et l’anatomie du cœur montrant les chambres,
les valves, le péricarde et les principales valves sanguines (Image extraite de OpenStax

College, Wikimedia Commons)
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inférieures). Le sang privé d’oxygène arrive à l’oreillette droite de tout le corps par
la veine cave supérieure. Ensuite, le sang passe par la valve tricuspide dans le ven-
tricule droit. Le ventricule droit pompe ensuite le sang par la valve pulmonaire et
l’artère pulmonaire dans le système pulmonaire. Une fois oxygéné, le sang arrive à
l’oreillette gauche par la veine pulmonaire. Le sang passe ensuite par la valve mitrale
dans le ventricule gauche. Le ventricule gauche pompe ensuite le sang à travers la
valve aortique et l’aorte vers le circuit systémique. La partie externe du cœur est cou-
verte d’une couche fibreuse appelée péricarde, où les principaux vaisseaux sanguins
en provenance et à destination du cœur sont reliés. Les surfaces externe et interne
du cœur sont appelées respectivement épicarde et endocarde. Les ventricules gauche
et droit sont séparés par le septum, qui est essentiellement une partie du ventricule
gauche.

La description physiologique suivante porte sur le ventricule gauche (VG) (Figure
7.2). Le cycle cardiaque de VG peut être divisé en quatre phases : remplissage (afflux
rapide, diastase, systole auriculaire), contraction isovolumétrique, éjection et relax-
ation isovolumétrique. La partie diastolique se compose de la relaxation isovolumique
et de la phase de remplissage, tandis que la partie systolique se compose de la phase
de contraction et d’éjection isovolumétriques.

A partir de la télésystole VG, l’oreillette gauche se remplie passivement. Lorsque la
pression dans le VG descend en dessous de la pression auriculaire gauche, la valve mi-
trale s’ouvre et le remplissage rapide du VG se produit. A partir de la télédiastole, la
contraction auriculaire est initiée par une onde de dépolarisation provenant du noeud
sinusal. Lorsque l’onde de dépolarisation atteint la partie apicale de l’endocarde
par le réseau de Purkinje, l’onde de dépolarisation se propage à travers la paroi du
VG, provoquant la contraction. La pression VG augmente rapidement pendant cette
phase, mais le volume VG reste constant car les valves mitrales et aortiques sont
toujours fermées (contraction isovolumétrique). Une fois que la pression VG dépasse
la pression aortique, la valve aortique s’ouvre et la phase d’éjection commence. Après
avoir atteint son maximum, le flux aortique diminue lentement jusqu’à ce qu’il de-
vienne légèrement négatif. Cela provoque la fermeture de la valve aortique. Le
myocarde du VG commence à se détendre, tandis que le volume du VG reste con-
stant lorsque les deux valves sont fermées (relaxation isovolumétrique). Dès que la
pression dans le VG descend en dessous de la pression auriculaire gauche, la phase de
remplissage redémarre.

La boucle pression-volume (PV) est une méthode pour visualiser la fonction du
VG, qui trace le volume et la pression VG au cours d’un cycle cardiaque représentés
sur la figure 7.2 selon les axes x et y, respectivement. Comme le montre la Figure
7.3, la boucle PV peut être caractérisée par deux courbes : la relation pression-
volume télédiastolique (EDPVR) et la relation pression-volume télésystolique (ES-
PVR). Le remplissage ventriculaire se produit le long de la courbe EDPVR. La pente
de l’EDPVR montre la compliance ventriculaire (rigidité myocardique). Ainsi, les
modifications de la compliance ventriculaire modifient la pente de la courbe de rem-
plissage passif. La pression maximale qui peut être développée par le ventricule à un
volume VG donné est définie par l’ESPVR, qui représente l’état inotrope (contractilité
myocardique) du ventricule. Il est important de noter que la boucle pression-volume
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Figure 7.2: Le diagramme de Wigger montrant les événements du cycle cardiaque
ventriculaire gauche. Le point ’a’ correspond à la contraction auriculaire, le point ’c’ à la

fermeture de la valve mitrale et le point ’v’ au remplissage atrial passif. L’onde ’P’
correspond à la dépolarisation auriculaire, le complexe ’QRS’ à la dépolarisation

ventriculaire et l’onde ’T’ à la repolarisation ventriculaire. Les sons ”1st”, ”2nd” et ”3rd”
correspondent respectivement à la fermeture de la valve mitrale, à la fermeture de la valve
aortique et à la brève vibration due au remplissage rapide diastolique (Image extraite de

DanielChang MD, Wikimedia Commons)
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ne peut pas traverser la ligne ESPVR car elle définit la pression maximale qui peut
être générée à un état inotrope donné.

Figure 7.3: Gauche : Boucle pression-volume du VG avec courbes de relation
pression-volume télésystolique et télédiastolique (ESPVR et EDPVR) . Les lignes rouges

en pointillés indiquent une précharge du VG décroissante. Droite : boucle pression-volume
ventriculaire gauche (VG) pour les conditions normales (bleu), hypertrophiques (orange),

dilatées (vert) et restrictives (rouge)

7.3 Cardiopathie ischémique

Comme expliqué précédemment, la cardiopathie ischémique est causée par une réduction
prolongée de l’apport sanguin au cœur, ce qui provoque une crise cardiaque ou un
infarctus du myocarde (IM) - Figure 7.4. Après un infarctus, des tissus cicatriciels
ou des infarctus peuvent se former dans certaines régions du cœur. Le remodelage
de l’infarctus du myocarde est un processus dynamique qui peut être divisé en trois
étapes principales : phase inflammatoire, phase fibrotique et phase de remodelage.
La description détaillée de ces étapes est donnée notamment dans Dobaczewski et al.
(2010); Holmes et al. (2005); Jugdutt (2003).

7.3.1 Implications mécaniques de l’infarctus

La taille, la forme et l’évolution des propriétés structurelles et mécaniques de l’infarctus
sont des déterminants essentiels de la détection et du pronostic de l’insuffisance car-
diaque. Pour comprendre les implications fonctionnelles de certaines caractéristiques
structurelles spécifiques, il faut non seulement comprendre les propriétés mécaniques
du myocarde, mais aussi les interactions mécaniques entre les infarctus et le my-
ocarde sain. Ainsi, ces facteurs sont des déterminants critiques du fonctionnement de
la pompe cardiaque et du risque de complications post IM (Richardson et al., 2016;
Saez and Kuhl, 2016). Dans les minutes qui suivent l’occlusion de l’artère coronaire,
la région ischémique devient passive et non contractile. Les propriétés passives de
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Figure 7.4: Infarctus du myocarde causé par un blocage dans les artères coronaires,
entrâınant des lésions dans le muscle cardiaque où l’apport sanguin est réduit (Image

extraite de Blausen.com)

.

l’infarctus ressemblent encore à celles du myocarde normal et le remplissage dias-
tolique n’est pas affecté. Cependant, pendant la systole, l’infarctus s’étire et se gonfle
vers l’extérieur lorsque le myocarde normal restant se contracte. En conséquence,
l’efficacité mécanique du cœur en tant que pompe diminue dans une mesure qui
dépend fortement de la taille de l’infarctus (Bogen et al., 1980; Pfeffer et al., 1991).
De plus, les parties infarcies du cœur deviennent plus rigides en raison de la formation
de cicatrices et de la réticulation du collagène (Dang et al., 2005). Au fur et à mesure
que la cicatrice se forme et que sa structure de collagène évolue, les changements dans
les propriétés mécaniques de l’infarctus interagissent avec le remodelage géométrique
de l’infarctus et des régions non infarcties du cœur pour régir les changements dans
la structure générale du VG, ainsi que la fonction diastolique et systolique comme le
montre la Figure 7.4 (Hutchins and Bulkley, 1978; Schuster and Bulkley, 1979).

7.3.2 Options de traitement

L’intervention immédiate après un infarctus du myocarde consiste à rétablir la circu-
lation sanguine vers le muscle cardiaque. L’athérosclérose présente dans les artères
coronaires doit être traitée soit par des médicaments, soit par une intervention comme
l’angioplastie par ballonnet. Même lorsque cette procédure est effectuée avec succès,
les parties musculaires endommagées sont encore présents dans certaines régions car-
diaques en raison de la réduction prolongée du sang, ce qui peut entrâıner des com-
plications mécaniques (Flachskampf et al., 2011; Richardson et al., 2016).

Les complications post-MI sont normalement causées par l’augmentation de la
charge mécanique ventriculaire. L’ allègement de la charge mécanique globale et
locale a été étudié comme thérapie potentielle pour atténuer l’infarctus et le re-
modelage du ventricule gauche ainsi que pour améliorer la fonction cardiaque. Les
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traitements actuellement disponibles qui ciblent la décharge mécanique ventriculaire
sont les dispositifs d’assistance ventriculaire gauche, l’immobilisation globale/locale et
l’injection de polymère. Néanmoins, ces dispositifs ont été développés à l’origine pour
les patients en phase terminale de l’insuffisance cardiaque. Cependant, le pronos-
tic extrêmement mauvais de l’insuffisance cardiaque post-infarctus a incité un cer-
tain nombre de chercheurs à explorer l’idée de décharger mécaniquement les cœurs
malades tôt après l’infarctus, afin de prévenir le remodelage avant qu’il ne survienne,
plutôt que de le traiter après son apparition (Clarke et al., 2013; Thiele et al., 2007).
Par conséquent, un meilleur pronostic de l’insuffisance cardiaque ischémique aiderait
les médecins à choisir le meilleur traitement pour chaque patient. C’est également
l’objectif principal de ce projet de doctorat.

7.3.3 Évaluation de la fonction cardiaque par IRM

L’imagerie par résonance magnétique cardiaque (IRM) offre un contraste élevé entre le
myocarde et les structures environnantes, ce qui permet la reconstruction d’un modèle
anatomique précis. L’IRM offre une large fenêtre tomographique et une résolution
spatiale élevée sans les inconvénients du rayonnement de la tomodensitométrie à
rayons X. En raison de sa capacité à quantifier de façon fiable des mesures telles
que le volume de la cavité ventriculaire gauche, la masse de la paroi et le mouvement
de la paroi régionale, l’IRM cardiaque est devenue la référence en matière de quan-
tification non invasive de la fonction cardiaque globale et régionale in vivo (Epstein,
2007; Schwitter and Arai, 2011).

La performance globale et régionale sont des paramètres utiles pour le diagnos-
tic des maladies cardiaques. L’IRM cardiaque offre une estimation quantitative des
propriétés myocardiques dans toutes les régions du cœur, à partir d’une imagerie
en coupes réalisée sur plusieurs cycles cardiaques. La phase télé-diastolique est
normalement le début de l’acquisition de l’image, qui est déclenchée par le pic R
de l’électrocardiogramme (ECG). L’IRM offre des mesures fonctionnelles cardiaques
courantes telles que les volumes de cavité, la masse myocardique, la fraction d’éjection,
l’épaisseur et l’épaississement de la paroi.

Puisque toutes les données considérées dans ce rapport ont été obtenues par IRM
cardiaque, nous discutons ici quelques techniques et séquences IRM utilisées cour-
ramment pour évaluer la fonction cardiaque.

Mesures de déformation

Le mouvement cardiaque et sa déformation peuvent être estimées à partir des méthodes
d’encodage du déplacement par IRM. Le déplacement peut être estimé à l’aide de di-
verses techniques: de l’IRM de marquage tissulaire (par exemple la technique Spatial
Modulation of the Magnetization, SPAMM) associée à un algorithme d’estimation de
mouvement dans le domaine spatial ou fréquentiel (méthode HARP, SinMod), de la
séquence DENSE ou de la technique de suivi de primitives (ang. Feature Tracking) à
partir d’images par RM ciné (Figure 7.5). Dans toutes les méthodes mentionnées, ou
avec n’importe quelle estimation de déplacement de tissu basée sur l’image à partir
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Figure 7.5: Techniques IRM de marquage tissulaire (a), DENSE (b) et de suivi de
primitives (ang. Feature Tracking) (c) pour l’évaluation de la déformation myocardique à
partir des images RM (Cao et al., 2018). (haut : petit axe, bas : grand axe). Pour l’image
de marquage, les bords segmentées de l’endocarde et de l’épicarde sont marquées en jaune
et en vert, respectivement. Dans l’image DENSE, les images sont montrées en télé-diastole
avec des points sur le myocarde représentant le champ de déplacement 2D. Dans le suivi

des caractéristiques, les frontières endocardique et épicardique sont marquées par des
contours rouges et verts, respectivement, avec le myocarde en jaune
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de n’importe quelle modalité, la position de coupe et de pixel reste fixe alors que les
points du myocarde se déplacent dans l’espace 3D (dans le plan de coupe mais aussi
à travers le plan de coupe) et le déplacement est donné à chaque pixel courant. La
déformation Lagrangienne E peut être simplement calculée à partir des gradients de
déformation F de la carte de déplacement x(X) (Young and Prince, 2013) :

E =
1

2

(
F T .F − I

)
; Fij =

∂xi
∂Xj

(7.1)

La viabilité tissulaire

Les agents de contraste utilisés en IRM sont à base de gadolinium. Le gadolinium
augmente le signal T1. L’agent de contraste est injecté par voie intraveineuse et des
images sont obtenus quelques minutes après l’administration. Les tissus pathologiques
présenteront une accumulation retardée d’agent de contraste et sembleront plus clairs
que les tissus environnants, ce qui peut être une indication d’une ischémie chronique.
Après un court délai, un deuxième balayage est effectué. Pendant cette période, le
produit de contraste met en évidence les parties du muscle cardiaque présentant des
tissus ischémiques ou des infarctus. Cette technique, appelée ré-haussement tardif
du Gadolinium, est capable de montrer l’étendue de la cicatrisation, permettant
aux médecins d’interpréter si certaines zones myocardiques lésées sont encore viables
(Doltra et al., 2013).

Imagerie du tenseur de diffusion

L’IRM du tenseur de diffusion (IRM-TD) a été initialement développée pour étudier
les tissus ayant des propriétés structurales anisotropes. Ainsi, il est souvent utilisé
pour estimer les orientations des fibres myocardiques à partir des orientations mesurées
et privilégiées (représentées par les vecteurs propres des tenseurs de diffusion) de
la diffusion locale des molécules d’eau dans les tissus du myocarde. Malgré le fait
que l’application in vivo de DTI est entravée par de longs temps d’acquisition et
une sensibilité aux artefacts de mouvement, elle a montré des résultats prometteurs
pour discerner l’anisotropie structurelle régionale des cœurs isolés. L’IRM-TD a été
utilisée pour construire des atlas d’architecture de fibres (Lombaert et al., 2012; Zhang
et al., 2012a), pour analyser la variabilité des champs d’orientation des fibres my-
ocardiques (Healy et al., 2011; Helm et al., 2005; Tseng et al., 2003), ainsi que pour
être intégrés dans des modèles patients spécifiques (Arevalo et al., 2008; Gurev et al.,
2011). L’IRM-TD est actuellement une technique populaire pour estimer l’orientation
des fibres en ex vivo; des études sont en cours pour adapter cette technique afin qu’elle
soit applicable à l’imagerie in vivo (Toussaint et al., 2013; Wei et al., 2015).

7.4 Modélisation du coeur basée sur l’image

La méthode des éléments finis s’est avérée être un outil universel pour l’analyse de
structures complexes en ingénierie. Avec l’augmentation récente de la puissance de
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calcul, différents problèmes non linéaires peuvent être traités plus efficacement. Cela
inclut les problèmes des sciences de la vie, comme la simulation du cœur au cours
de la systole (phase active de contraction ou d’éjection du cycle cardiaque) et de la
diastole (phase passive de relaxation ou de remplissage du cycle cardiaque). Afin de
mieux comprendre la mécanique du cœur et ses troubles, les méthodes informatiques
sont de plus en plus utilisées pour étudier les tissus cardiaques sains et malades. Des
simulations informatiques réalistes du cœur sont capables de fournir des informations
qui ne peuvent être mesurées cliniquement et peuvent aider les médecins à mieux
diagnostiquer et traiter les maladies cardiaques (Carrick et al., 2012; Gao et al.,
2017a; Tang et al., 2010).

En fin de compte, l’objectif final des études de modélisation cardiaque est de
développer des modèles 3D validés spécifiques aux patients qui pourraient être utilisés
efficacement dans un environnement clinique afin d’améliorer le diagnostic et le pronos-
tic. Dans le chapitre 2, nous entrerons plus en détail dans l’état de l’art de la
modélisation par imagerie de la mécanique cardiaque, y compris la modélisation de
modèles de VG pathologiques spécifiques au sujet.

7.5 Plan du rapport

Le rapport se présente comme suit :

• Le chapitre 8 donne un aperçu théorique et décrit l’état de l’art des modèles
mécaniques cardiaques personnalisés.

• Le chapitre 9 décrit l’implémentation et la vérification de notre modèle dans le
logiciel commercial Abaqus. De plus, ce chapitre traite également des vérifications
de notre approche de modélisation par rapport à des problèmes de référence et
d’un modèle publié.

• Le chapitre 10 décrit notre travail sur l’estimation in vivo de la raideur ventric-
ulaire gauche et de la contractilité spécifiques au sujet sur la base de données
d’IRM acquise sur volontaires sains.

• Le chapitre 11 décrit notre étude sur le potentiel pronostique des indices biomécaniques
dans une étude longitudinale d’un an sur des patients atteints de cardiopathie
ischémique.

• Le chapitre 12 décrit le développement et l’application de la méthodologie des-
tinée à évaluer la performance des paramètres basés sur la déformation dans la
localisation et la caractérisation d’infarctus.
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Chapter 8

Modéle biomécanique du
ventricule gauche

Les progrés des techniques d’imagerie permettent de quantifier de façon fiable les
caractéristiques structurelles et fonctionnelles du cœur. En particulier, les techniques
d’imagerie par résonance magnétique cardiaque (IRMC) ont contribué à promouvoir
les progrès récents dans la modélisation computationnelle de la mécanique cardiaque
par sujet. De nombreuses études sur la modélisation du VG spécifique au sujet
visent à étudier la structure complexe et les mécanismes sous-jacents présents dans
le myocarde normal et pathologique, qui pourraient être utilisés pour améliorer les
diagnostics, la planification du traitement et les pronostics en milieu clinique.

Figure 8.1: Pipeline général de l’approche de modélisation du VG spécifique au sujet. Le
diagramme en pointillés rouges montre la partie de modélisation inverse

La figure 8.1 montre un organigramme général de l’approche de modélisation
du VG spécifique au sujet qui se concentre sur les données acquises en IRMC ou
en échographie cardiaque (US). Dans ce chapitre, nous nous concentrerons sur les
données acquises en IRMC. En bref, la géométrie du VG est reconstruite et cer-
taines mesures et informations pertinentes sont extraites à partir des données IRMC.
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L’arrangement des fibres myocardiques, qu’il soit basé sur des règles ou qu’il soit
extrait par imagerie par résonance magnétique, est incorporé dans la géométrie du
VG. Dans une approche de modélisation directe, une loi constitutive avec des valeurs
de paramètres matériels fixes est appliquée pour simuler le modèle du cœur. Dans
une approche de modélisation inverse, les paramètres matériels sont optimisés en ap-
pariant les mesures cliniques pertinentes et en minimisant la fonction de coût, afin
d’obtenir un modèle de VG spécifique au sujet ou personnalisé.

Le présent chapitre traite brièvement de l’historique et de l’état actuel de chacune
des composantes de la modélisation du coeur.

8.1 Modèle anatomique et structurel

Les premiers modèles de calcul 3D développés pour l’anatomie cardiaque étaient des
modèles simplistes, basés sur des ellipsöıdes tronqués au niveau de la base pour ap-
proximer approximativement la forme du VG. Cette approche est toujours utilisée
pour des applications spécifiques pour lesquelles le réalisme anatomique n’est pas
crucial (Bovendeerd et al., 2009; Land et al., 2015). L’évolution de la technologie de
l’imagerie médicale a permis d’élaborer des modèles cardiaques 3D réalistes, ce qui a
entrâıné l’apparition de modèles informatiques cardiaques spécifiques aux patients. La
construction de modèles anatomiquement précis nécessite des techniques d’imagerie
synchronisées avec l’ECG et la respiration afin de surmonter le bruit et les artefacts
de mouvement engendrés par le battement cardiaque et la respiration (Lopez-Perez
et al., 2015; Wang et al., 2015). Des atlas cardiaques sont également apparus grâce à
la disponibilité croissante d’images in vivo. Ils sont constitués en réalisant la moyenne
de plusieurs ensembles de données d’images cardiaques 3D d’une population de su-
jets, générant ainsi une image ou forme cardiaque 3D moyenne (Hoogendoorn et al.,
2013; Lorenzo-Valdés et al., 2002; Ordas et al., 2007). Dans notre étude, les modèles
géométriques spécifiques au sujet du VG isolée ont été reconstruits à partir d’IRMC.

8.1.1 Contrainte résiduelle dans le VG

La modélisation du cycle cardiaque ventriculaire gauche nécessite une géométrie de
référence, définie comme la situation où les contraintes et les déformations du my-
ocarde sont supposées être nulles. Des études antérieures ont démontré que les dis-
tributions du stress ventriculaire diastolique étaient fortement affectées par le stress
résiduel (Guccione et al., 1991; Wang et al., 2014). Cependant, des expériences ont
montré que la configuration sans contrainte n’est pas observable dans le cœur intact
in vivo (Omens and Fung, 1990; Costa et al., 1997), ce qui la rend très difficile à
estimer et sa modélisation doit être traitée avec prudence. Ainsi, l’omission des con-
traintes résiduelles est devenue une limite courante dans de nombreuses études de
modélisation du VG (Gao et al., 2014a; Genet et al., 2014; Wang et al., 2009).
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8.1.2 Modèle de l’architecture fibreuse myocardique

Définition

Les fibres du myocarde sont disposées de façon laminaire à travers la paroi du my-
ocarde (Figure 8.2-gauche). L’orientation d’une fibre est normalement définie par
la combinaison d’un angle d’élévation et d’un angle transversal, désignés respective-
ment par αh et αt. Ces angles sont définis dans un système de coordonnées du VG
local, qui est composé des coordonnées transmurales (de l’endocarde à l’épicarde),
longitudinales (de la base à l’apicale) et circonférentielles, comme le montre la figure
8.2.

Figure 8.2: Une illustration de l’organisation laminaire des myofibres dans le ventricule
gauche (LeGrice et al., 1995; Wang et al., 2015) (gauche). Définition des angles d’élévation

(αh) et transversaux (αt) par rapport au système de coordonnées locales du ventricule
gauche (droite)

Données histologiques

Notre compréhension de base de l’architecture myocardique 3D était initialement
basée sur des études histologiques détaillées (Nielsen et al., 1991; Streeter, 1979).
L’angle d’élévation des fibres varie d’environ 60◦, par rapport à la direction cir-
conférentielle à l’endocarde à environ -60◦ à l’épicarde. Ces études ont également
conclu que les angles des fibres ne changent pas de façon significative durant la tran-
sition de la diastole à la systole, malgré l’épaississement significatif au cours de la
systole. De plus, la quantité de fibres orientées circonférentiellement augmente vers
la base et diminue vers l’apex du ventricule gauche. L’angle d’élévation des fibres
dans la paroi latérale des cœurs en systole augmente d’environ 7◦ près de la base et
19◦ près de l’apex par rapport à leurs homologues en diastole, indiquant une torsion
du ventricule gauche pendant la contraction. Bien que ces résultats histologiques
nous aient apporté des informations essentielles sur la structure du myocarde, leur
application reste limitée aux coupes de tissus excisés.

Données basées sur l’IRM du tenseur de diffusion

Comme expliqué précédemment, l’IRM du tenseur de diffusion (IRM-TD) est capable
d’estimer les orientations des fibres en fonction des orientations privilégiées de la
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diffusion locale des molécules d’eau dans les tissus biologiques. Un travail récent a
été réalisé pour créer un atlas à partir de dix coeurs humains ex vivo (Lombaert et al.,
2012). Cet atlas a été utilisé pour prédire des champs personnalisés d’orientation des
fibres myocardiques basés sur la transformation entre les géométries spécifiques d’un
sujet et l’atlas de géométrie cardiaque (Vadakkumpadan et al., 2010). Nous n’avons
trouvé que deux études de modélisation qui utilisaient l’orientation des fibres dérivée
de l’IRM-TD pour construire des modèles électromécaniques spécifiques chez le chien
(Arevalo et al., 2008) et l’homme (Gurev et al., 2011). Malgré son potentiel évident,
l’application de la technique IRM-TD en milieu clinique est grandement entravée
par la longueur de l’acquisition (environ 6 à 8 heures) et sa forte susceptibilité aux
artefacts de mouvement, surtout près des interfaces du cœur (Holmes et al., 2000).
Des études sont en cours pour adapter cette technique afin qu’elle soit plus facilement
applicable à l’imagerie in vivo (Toussaint et al., 2013; Wei et al., 2015).

Méthode basée sur des règles

Le paramétrage basé sur des règles est une méthode efficace pour définir la distribution
spatiale des angles d’hélice (αh) et transversal (αt). Tout modèle de VG qui comprend
une contraction active doit tenir compte du modèle d’orientation des fibres utilisé,
car le raccourcissement myocardique se produit dans la direction des fibres. Ainsi, les
règles d’attribution d’orientation des myofibres doivent correspondre aux descriptions
histologiques et/ou physiologiques de la structure disponibles et aux comportements
myocardiques observés. De nombreuses études ont utilisé différentes règles .

• Variation linéaire de l’angle d’élévation: conformément aux résultats histologiques
discutés ci-dessus (Nielsen et al., 1991; Streeter, 1979), de nombreuses études
ont mis en œuvre une variation transmurale linéaire de l’angle d’élévation, sans
tenir compte des variations de l’angle des fibres dans la direction transversale
(Asner et al., 2017b; Genet et al., 2014; Lee et al., 2014; Marchesseau et al.,
2013).

• Variation linéaire des angles d’élévation et transversal : Gao et al. (2017a) utilise
une variation transmurale linéaire des angles d’élévation et transversal

• Méthode optimisée basée sur un modèle. Nous avons utilisé la méthode proposée
par Rijcken et al. (1999) dans notre étude, car elle permet de faire correspon-
dre les données expérimentales de cisaillement radial circonférentiel de (Ubbink
et al., 2006).

8.2 Modèle constitutif du myocarde

8.2.1 La partie passive

Comme pour beaucoup d’autres tissus biologiques mous, le myocarde est considéré
comme un matériau incompressible dans les simulations (Vossoughi et al., 1980). En
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raison de son architecture 3D complexe, le muscle cardiaque présente un comporte-
ment mécanique anisotrope et viscoélastique lorsqu’il est soumis à diverses charges
mécaniques (Dokos et al., 2002; Yin et al., 1987). Néanmoins, des études récentes
ont utilisé divers modèles de myocarde hyperélastique passif, allant de formulations
isotropes à orthotropes. Le choix du comportement myocardique passif dépend forte-
ment du but de l’étude. Dans cette section, nous discutons des modèles constitutifs
du myocarde passif en tant que matériaux incompressibles et hyperélastiques.

Modèle isotrope

Plusieurs études ont développé des modèles cardiaques électromécaniques person-
nalisés avec la loi passive constitutive de Mooney-Rivlin. Les études dans (Marchesseau
et al., 2013; Talbot et al., 2013) ont également ajouté la rigidité passive dans la di-
rection des fibres dans la formulation active. De plus, Tang et al. (2010) a utilisé
une loi Mooney-Rivlin modifiée afin de développer un modèle spécifique au patient
avec interaction fluide-structure. La loi de Mooney-Rivlin définit un modèle matériel
hyperélastique (Mooney, 1940; Rivlin, 1948), où la fonction de densité d’énergie de
déformation (W ) est une combinaison linéaire de deux invariants de déformation cal-
culés à partir du tenseur de déformation de Cauchy-Green à droite C, comme décrit
à la relation 2.2.

Modèle transversalement anisotrope

Un modèle constitutif phénoménologique hyperélastique transversalement anisotrope,
largement utilisé, a été proposé par Guccione et al. (1991). Le modèle décrit un
comportement mécanique unique le long d’une seule direction privilégiée, normale-
ment la direction locale des fibres myocardiques, ce qui conduit à quatre paramètres
matériels qui doivent être identifiés pour les modèles spécifiques au sujet. Ce modèle
transversalement anisotrope a été utilisé sous diverses formes dans de nombreuses
études (Bovendeerd et al., 2009; Genet et al., 2014, 2015; Lee et al., 2014; Walker
et al., 2005). Nous avons choisi cette loi constitutive passive dans notre étude, et des
descriptions plus détaillées peuvent être trouvées dans l’équation 2.4 et la section 9.3.

Modèle orthotrope

Un inconvénient du modèle transversalement anisotrope est qu’il s’agit d’un modèle
phénoménologique. Holzapfel and Ogden (2009) a proposé un modèle constitutif
exponentiel à base structurelle basé sur des invariants de déformations (équation
2.5), qui est constitué d’un composant isotrope et de composants transversalement
anisotropes. Les huit paramètres matériels en font un problème inverse complexe à
personnaliser. Néanmoins, des modèles spécifiques aux patients ont été développés
avec le modèle orthotrope (Asner et al., 2017b; Gao et al., 2017a,b)
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8.2.2 Tension active dépendante de l’étirement de la fibre

Guccione et al. (1993) a mis au point un modèle d’élasticité variable dans le temps qui
met l’accent sur la sensibilité au calcium en fonction de la longueur, l’échelonnement
dans le temps et la dépendance de la tension contractile par rapport à l’histoire du
raccourcissement, en considérant les principes de l’activation au niveau cellulaire.
Plus précisément, dans les deux études (Genet et al., 2014; Walker et al., 2005), 40%
de la force contractile de la myofibre est ajoutée dans la direction des fibres croisées
en utilisant cette loi active conformément aux données expérimentales (Lin and Yin,
1998); il a été constaté que l’accord entre la contrainte et les mesures sur image
s’améliore considérablement. Nous avons utilisé ce modèle de contraction active dans
notre étude, et la description détaillée se trouve à la section 9.3.

Niederer et al. (2006) a proposé un modèle dépendant du temps qui décrit le stress
contractil en tenant compte de la dynamique du calcium intracellulaire et des sites
de liaison maximale à l’actine. Ce modèle portait sur la sensibilité de la relaxation
ventriculaire à Ca2+. De même que la loi précédente, la tension active σa est ajoutée
à la partie passive de la contrainte de Cauchy σp. Les détails de cette loi peuvent être
trouvés à partir de l’équation 2.7.

De même, Kerckhofs et al. (2003) a introduit un composant actif dépendant de
l’étirement des fibres ajouté à la contrainte de Cauchy passive. Le stress actif σa
est contrôlé par la longueur du sarcomère ls et la longueur de l’élément contractile lc
comme écrit dans l’équation 2.10. Dans Bovendeerd et al. (2009), la loi de contrainte
active ci-dessus a été modifiée pour permettre l’ajout d’un certain pourcentage β de
contrainte sur les fibres dans les directions des fibres croisées et des feuillets normaux.

8.2.3 Lois constitutives combinées

Le modèle électromécanique Bestel-Clément-Sorine (BSC) (Bestel et al., 2001) décrit
une loi de contraction active conforme à la théorie des filaments glissants de Huxley
et contrôlée chimiquement à l’échelle moléculaire. Chapelle et al. (2012) a apporté
d’autres améliorations à l’aspect d’échange d’énergie du modèle, le rendant thermody-
namiquement cohérent, ce qui est utile pour modéliser les interactions entre l’énergie
au niveau cellulaire, la consommation d’oxygène et le travail mécanique au niveau
du tissu. La loi a une partie passive et une partie active qui sont décrites dans les
équations 2.15 et 2.16.

Peña et al. (2010) a également introduit une combinaison de loi passive (Wp) et
de loi de contraction active dans la direction des fibres (W f

a ) conformément à Lin and
Yin (1998). Elles sont tous les deux ajoutés dans la densité d’énergie de déformation
globale W du modèle myocardique tel que décrit dans l’équation 2.17.

8.3 Modélisation cardiaque inverse

La personnalisation du modèle VG est essentiellement un problème inverse qui im-
plique une méthode d’optimisation pour minimiser une fonction de coût. La fonction
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de coût est généralement la différence entre les mesures fonctionnelles cardiaques per-
tinentes extraites des images et les prédictions basées sur le modèle. Une fois que la
fonction de coût est optimisée dans une certaine tolérance, les paramètres constitutifs
spécifiques au sujet sont identifiés. En fin de compte, une certaine mesure d’erreur
est calculée pour déterminer l’exactitude du modèle.

Une fonction de coût idéale comprendrait des comparaisons entre des mesures
cardiaques locales et des prévisions basées sur des modèles pour tous les paramètres
de déformation du VG, c’est-à-dire l’expansion et la contraction le long des axes
circonférentiel, axial et radial, et les déformations en torsion et en cisaillement.
Cependant, l’obtention de ces informations requiert un temps d’imagerie impor-
tant. De plus, des techniques de post-traitement complexes et spécialisées sont
nécessaires, pour lesquelles les outils ne sont pas facilement disponibles et nécessitent
un temps considérable de développement et de validation. Les modèles récents sont
généralement personnalisés en minimisant la différence entre la pression dans la cavité
VG, le volume, la fraction d’éjection et la déformation myocardique locale estimés à
partir des images et les prévisions de ces grandeurs basées sur le modèle (Gao et al.,
2015, 2017a; Genet et al., 2014; Mollero et al., 2016; Peña et al., 2010; Wang et al.,
2009; Walker et al., 2005; Xi et al., 2013).

L’un des grands défis du modèle de VG personnalisé est d’identifier les paramètres
constitutifs des matériaux spécifiques au sujet. Ce problème mécanique inverse a été
abordé dans différentes études. Une optimisation non-linéaire par moindres carrés
en plusieurs étapes est normalement utilisée pour identifier séparément plusieurs
paramètres passifs dans des modèles de VG spécifiques au sujet afin de faire cor-
respondre la pression, le volume et les déformations myocardiques (Gao et al., 2014a;
Walker et al., 2005) et les déplacements (Wang et al., 2009) passifs. Genet et al.
(2014) a proposé une méthode d’identification des paramètres qui est uniquement
basée sur la relation pression-volume diastolique du VG (EDPVR) en utilisant la
courbe de ”Klotz” (Klotz et al., 2006); Celle-ci formule un EDPVR normalisé en
volume à l’échelle du cœur, pour différentes espèces et pathologies.

Marchesseau et al. (2013) a proposé un cadre pour étalonner les paramètres
matériels d’un modèle BCS modifié (Bestel et al., 2001) en utilisant des boucles
pression-volume spécifiques au sujet in vivo. Nasopoulou et al. (2017) a décrit une
méthodologie basée sur la conservation de l’énergie pour améliorer l’identifiabilité
des paramètres passifs avec une loi constitutive simplifiée à 2 paramètres transver-
salement anisotrope. Cependant, cette méthode nécessite l’enregistrement précis de
la cinétique, afin de calculer l’énergie interne de la déformation point à point du
myocarde durant la phase de remplissage diastolique.

Une traduction clinique de ces modèles nécessite une validation approfondie de
ces études de modélisation. La validation doit être effectuée non seulement pour le
modèle lui-même, mais aussi pour la plateforme/le logiciel de modélisation, afin de
garantir des résultats cohérents et reproductibles. Niederer et al. (2011) et Land
et al. (2015) ont signalé des problèmes de référence et des solutions pour simuler
l’électrophysiologie et la mécanique cardiaque, respectivement. Ces études sont utiles
pour vérifier les codes informatiques d’éléments finis et les cadres généraux de modélisation.

En ce qui concerne la validation du modèle lui-même, il n’est pas possible à l’heure
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actuelle de faire correspondre directement les paramètres passifs et actifs spécifiques
au sujet avec les propriétés mécaniques in vivo. Différentes fonctions de coût ou
mesures d’erreur ont été utilisées dans des études de modélisation récentes. Elles
sont calculées comme les différences entre les valeurs de pression ou de volume et les
déformations du myocarde, ou certaines combinaisons de celles-ci.

8.4 Modélisation du myocarde ischémique

Les régions ischémiques sont normalement modélisées en augmentant la rigidité pas-
sive et en imposant la contractilité à zéro. Ceci conduit à des changements brusques
des propriétés mécaniques dans les régions saines et infarcies. Une mesure directe de la
force dans des préparations de fibres de VG de moutons pathologiques a montré qu’il
y a une transition progressive des propriétés mécaniques entre ces régions (Shimkunas
et al., 2014). De plus, Lee et al. (2011a) a constaté qu’un modèle d’infarctus avec une
variation linéaire dans la zone frontalière réduisait les erreurs quadratiques moyennes
entre les champs de déformation mesurés et prédits. Gao et al. (2014a) a défini une
région de transition de 10 mm de la frontière de l’infarctus, en supposant une vari-
ation linéaire de la rigidité et de la contractilité. Genet et al. (2015) a incorporé
une loi linéaire pour assigner une rigidité et une contractilité de transition basées sur
l’intensité normalisée des images de rehaussement tardif de Gadolinium.

La modélisation du cœur ischémique exige de savoir où se trouve l’infarctus. Bien
que l’IRM de rehaussement tardif du gadolinium puisse être utilisée à cette fin, cela
nécessite une séquence d’acquisition supplémentaire, une injection de produit de con-
traste qui peut ne pas convenir aux patients. Dans la sous-section suivante, nous
discutons d’autres méthodes de localisation de l’infarctus basées sur les déformations
du myocarde.

8.4.1 Localisation de l’infarctus basée sur les déformations
du myocarde

Le diagnostic et le pronostic du myocarde ischémique nécessitent une localisation
précise. De nombreuses études ont tenté de localiser les infarctus par l’analyse de
la déformation du myocarde, qui peut être extraite de l’IRMC (Young and Prince,
2013) ou de l’imagerie ultrasonore (Jasaityte et al., 2013). Néanmoins, les modèles
de déformations myocardiques sont complexes, car ils dépendent fortement de la
géométrie et de maladies cardiaques éventuellement coexistantes (Smiseth et al.,
2016). Il ne suffit pas de fixer des seuils ou d’examiner les valeurs de déformations
globales. Par conséquent, un traitement et une analyse plus poussés sont nécessaires
pour localiser les infarctus en fonction de la déformation du myocarde. Les progrès
récents de l’apprentissage machine ont vu des applications pour la localisation des
régions infarcies (Sudarshan et al., 2014). Une approche d’apprentissage linéaire sim-
ple a été expérimentée sur des séquences IRMC dans (Medrano-Gracia et al., 2012),
tandis que des approches plus sophistiquées ont également été proposées, qui incluent
l’apprentissage par dictionnaire (Peressutti et al., 2015) et des forêts d’approximation
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de voisinage (ang. Neighborhood approximation forests) (Bleton et al., 2016). Ces
méthodes ont été testées sur un ensemble de données IRMC relativement restreint et
dans des régions de NV limitées basées sur les segments de l’American Heart Associa-
tion (AHA). Duchateau et al. (2016) a proposé une méthode de localisation d’infarctus
qui utilise des techniques de réduction de la dimensionnalité et de régression pour lo-
caliser les infarctus provenant de déformations myocardiques. Ces méthodes basées
sur l’apprentissage supervisé présentent une approche polyvalente et précise de la lo-
calisation d’infarctus qui peut être généralisée à différentes modalités. De plus, des
techniques récentes d’apprentissage profond ont également été appliquées pour iden-
tifier des plaques calcifiées sur les angiogrammes en tomodensitométrie (Wolterink
et al., 2016). Une technique d’apprentissage profond a également été développée
pour localiser les infarctus dans le VG (Xu et al., 2018).

8.5 Étude comparative de modèles cardiaques publiés

Le tableau 8.1 présente une synthèse de travaux pertinents dans le domaine de la
modélisation de la mécanique cardiaque. Il convient de souligner que cette liste n’est
pas exhaustive, mais ces travaux sont souvent citée dans des études similaires et dans
le présent rapport de doctorat.

8.6 Nos objectifs

Sur la base de cette revue des développements récents et des études de modèles
de mécanique cardiaque, nous proposons notre propre approche de la modélisation
prédictive cardiaque afin de mieux comprendre la mécanique cardiaque normale et
pathologique.

Principalement, nous développons un cadre de modélisation implémenté dans le
logiciel d’éléments finis Abaqus. Le cadre sera largement validé à l’aide d’un ensemble
de problèmes de référence et d’un test de performance préliminaire par rapport à un
modèle publié.

Nous proposons une approche inverse pour obtenir des indices biomécaniques
spécifiques au sujet qui permettent de caractériser l’état fonctionnel mécanique du
ventricule gauche, c’est-à-dire la rigidité et la contractilité myocardique. Les indices
sont extraits de l’approche de personnalisation à l’aide du cadre de modélisation men-
tionné ci-dessus. L’approche proposée sera appliquée dans un premier temps à des
données d’IRMC de volontaires sains de la cohorte MARVEL mise en place à l’hôpital
universitaire de Saint-Etienne. Les modèles propres à chaque sujet seront validés par
rapport à des mesures pertinentes extraites de données expérimentales d’imagerie.
La nouveauté de cette approche repose principalement sur les données d’entrée de la
simulation, qui sont issues uniquement d’acquisitions de routine en IRM cardiaque
(Figure 8.3, ’MR data’), assurant ainsi son application pratique dans un contexte
clinique.

Dans un deuxième temps, nous examinerons les valeurs pronostiques potentielles
des indices biomécaniques pour prédire la progression des lésions du myocarde chez les
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Table 8.1: Tableau comparatif détaillant les études de modélisation récentes: Asner et al.
(2017b), Bovendeerd et al. (2009), Gao et al. (2017a), Genet et al. (2014), Lee et al.

(2014), Marchesseau et al. (2013), Tang et al. (2010), Walker et al. (2005) and Xi et al.
(2013)
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Figure 8.3: Notre approche de modélisation biomécanique inverse spécifique au patient

patients atteints d’une cardiopathie ischémique. Les indices seront récupérés à partir
de modèles spécifiques aux patients qui sont partitionnés en fonction de l’information
obtenue à partir d’IRMC de rehaussement tardif (LGE), ce qui permet l’identification
d’indices biomécaniques locaux/régionaux pour le myocarde sain, malade et dans la
zone de transition. Nous étudierons ensuite toute corrélation existante entre les in-
dices biomécaniques et la progression du myocarde ischémique (Figure 8.3, ’Prog-
nosis of infarct progression’). Nous analyserons la précision pronostique des indices
biomécaniques par rapport à un ensemble de données IRMC longitudinales (J5 et
M12) de 50 patients issues d’une cohorte multicentrique française appelée CARIM.

Enfin, nous étudierons l’ensemble de l’approche de modélisation proposée, telle
qu’illustrée à la figure 8.3. Il s’agit d’une nouvelle méthode pour prédire la pro-
gression de l’infarctus en combinant l’identification des zones suspectes à partir des
paramètres de déformation et un nouvel algorithme d’apprentissage, et le modèle de
mécanique cardiaque spécifique au patient décrit dans les paragraphes précédents.
Nous utiliserons un vaste ensemble de données pathologiques synthétiques et réalistes
pour atteindre nos objectifs de recherche, qui sont doubles : 1) élaborer un cadre pour
évaluer la performance de divers paramètres basés sur la déformation dans la locali-
sation des infarctus (Figure 8.3, ’Deformation-based infarct localization’), et 2) tester
la faisabilité de l’approche proposée de prédiction de la progression de la maladie.
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Chapter 9

Notre modèle du ventricule gauche:
implémentation et vérifications

Le chapitre pésente les principaux composants que nous avons choisis pour notre
modèle. De plus, nous discutons également de l’implémentation de notre modèle
dans le logiciel d’éléments finis Abaqus et des vérifications de notre approche de
modélisation par rapport à des problèmes de référence et à un modèle publié.

Figure 9.1: Le traitement de la géométrie VG : de la segmentation de l’IRM au maillage
volumétrique hexaédrique VG

9.1 Géométrie maillée VG

La figure 9.1 montre la séquence d’opérations pour obtenir la géométrie maillée
spécifique au sujet à partir des IRM. Premièrement, nous segmentons et extrayons
manuellement les géométries du VG au début de la diastole à l’aide du logiciel de
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traitement d’images cardiaques CVI421. Le logiciel a la capacité de corriger le mou-
vement ventriculaire en combinant la segmentation des coupes en petit et grand
axe. Les contours sont ensuite exportés sous format STL (format de fichier de
stéréolithographie), qui représentent la géométrie sous forme de surfaces triangulées.
Dans le cas d’un fort décalage entre les coupes en petit axe, nous avons réalisé une
correction supplémentaire en utilisant une translation axiale simple basée sur le cen-
tröıde de la coupe. Ensuite, nous avons importé les fichiers STLs dans FreeCAD2, où
des défauts dans les surfaces triangulées peuvent être corrigés. Les surfaces du VG
sont ensuite exportées au format de fichier STEP pour être maillés avec des éléments
hexaédriques dans Abaqus.

9.2 Systèmes de coordonnées locales

Nous avons fait référence à quatre systèmes de coordonnées dans notre étude :

• un système de coordonnées global Cartésien (x, y, z)

• un système de coordonnées global cylindrique (r, c, l)

• un système de coordonnées local ’pseudoprolate’ (rr, cc, ll)

• un système de coordonnées local lié aux fibres (f, s, n)

Afin d’assigner le système de coordonnées cylindrique, l’apex épicardique et la
jonction intraventriculaire antérieure doivent être définis manuellement. L’axe du
VG est calculé comme un vecteur entre l’apex et le centröıde de la géométrie VG; le
VG est tournée de sorte que l’axe du VG soit aligné avec l’axe z. L’apex épicardique
est défini comme origine (O =

[
0 0 0 0

]
). La jonction intraventriculaire antérieure est

définie comme l’origine de la coordonnée circonférentielle où c = 0.
Le système de coordonnées pseudoprolate est dérivé du système de coordonnées

cylindrique. La coordonnée transmurale rr est normalisée à 0 à l’endocarde et à 1
à l’épicarde, tandis que les coordonnées circonférentielles cc et longitudinales ll sont
normalisées à partir des coordonnées cylindriques. Le vecteur transmural est une
moyenne pondérée en fonction de la distance de la normale dirigée vers l’extérieur des
surfaces endocardique et épicardique la plus proche du point myocardique considéré; le
vecteur circonférentiel est le même que le vecteur de base circonférentiel cylindrique et
le vecteur longitudinal est donné par le produit vectoriel des deux vecteurs précédents.

9.2.1 Description des orientations des fibres

Dans notre étude, nous avons choisi d’utiliser la méthode basée sur des règles opti-
misées de Rijcken et al. (1999) pour définir l’orientation des fibres. La coordonnée
longitudinale locale ll du système pseudoprolate est convertie en une coordonnée

1Circle, Calgary, AB, Canada
2freecadweb.org
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normalisée u = +0, 5 au niveau de la base et u = −1 à l’apex, tandis que la coor-
donnée radiale rr est convertie en une coordonnée normalisée v = −1 à l’endocarde
et v = +1 à l’épicarde. L’angle d’hélice (αh) et l’angle transverse (αt) sont décrits
dans les équations de la section 3.3.1.

9.3 Lois constitutives : Abaqus UMAT

Pour notre modèle de VG, nous avons choisi d’implémenter la loi passive transver-
salement anisotrope (Guccione et al., 1991) et la loi active dépendant de l’étirement
des fibres (Guccione et al., 1993). Cette section décrit notre mise en œuvre des lois
constitutives dans la fonction UMAT (user-defined material) d’Abaqus, codée dans
le langage de programmation FORTRAN3.

9.4 Conditions limites

Par souci de simplicité, nous avons contraint le plan basal à être fixé dans toutes les
directions. Nous avons utilisé la ”Cavity Feature” dans Abaqus pour appliquer des
changements de volume dans l’endocarde, où la cavité du VG est représentée comme
un conteneur fermé maillé avec des éléments de coque quadrilatéraux. L’épicarde est
libre de se déformer. De plus, nous n’avons pas tenu compte de l’électrophysiologie
cardiaque dans notre modèle. Ainsi, la contraction active est déclenchée de manière
homogène sur toute la surface du VG.

9.5 Simulations en télédiastole et télésystole

Nous avons appliqué l’approche de simulation à deux points introduite par Sun et al.
(2009), qui est très appropriée pour personnaliser le modèle à partir de données
clinique grâce à une formulation efficace sur le plan informatique. Ainsi, pour les
changements dynamiques liés à la pression volumique et à la déformation, nous
n’avons simulé que 2 points dans le cycle cardiaque : les phases télédiastolique et
télésystolique.

À partir du début de la phase de remplissage, le premier point de simulation
s’obtient en prescrivant un changement de volume pour simuler la phase de remplis-
sage (a→ b). Ensuite, en recommençant à partir du début de la phase de remplissage,
le deuxième point de simulation est obtenu en prescrivant un changement de volume
nul (a → d). Le gradient de déformation de la phase télédiastolique (FED) est égal
au gradient de déformation du point a à b, tandis que le gradient de déformation de
la phase télésystolique (FES) est calculé comme dans l’équation 3.19 par rapport à la
géométrie de référence en début de remplissage (ref).

3www.fortran.com
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Figure 9.2: Simulation à 2 points (ligne rouge pointillée) superposée au cycle cardiaque
(bleu). Point a : début du remplissage, point b : télédiastole/fin de remplissage, point c :

fin de la contraction isovolumétrique, point d : télésystole/fin d’éjection

9.6 Vérification de modélisation directe sur des

problèmes de référence

Land et al. (2015) fournit trois problèmes de référence pour aider à la vérification des
codes de simulation de la mécanique cardiaque. Les résultats de 11 groupes de bio-
mécaniciens cardiaques se sont révélés globalement cohérents et ont servi de solutions
de référence. Cette section relate la vérification de notre mise en œuvre à Abaqus par
rapport aux trois problèmes de référence.

• Problème de référence 1 : simulation d’une barre déformable, qui teste
les forces de pression qui changent de direction avec l’orientation de la surface
déformée et la loi constitutive transversalement anisotrope,

• Problème de référence 2 : gonflements d’un ellipsöıde tronqué aux propriétés
isotropes. Le problème présente un schéma de déformation similaire à celui de
l’inflation dur coeur lors du remplissage,

• Problème de référence 3 : inflation et contraction active d’un ellipsöıde
aux propriétés transversalement anisotropes. Ce problème teste la construction
d’arrangements de fibres complexes et la mise en œuvre de la contraction active.

9.6.1 Résultats et discussion

Quelques résultats de comparaison de notre modèle (”ABQ”) avec les résultats de
référence sont présentés. Une comparaison plus détaillée se trouve à l’annexe 6.5.
Il s’agit des résultats obtenus de déformation dans les directions x, y, z pour les 3
problèmes. La figure 9.3 montre notre résultat (’ABQ’) par rapport aux résultats de
référence des autres groupes pour le problème 1. La figure 9.4 montre les comparaisons
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Figure 9.3: Land et al. (2015) Problème 1 : déformation de la ligne médiane de la
barre(x 0.5 0.5)

Figure 9.4: Déformation selon une ligne médiane de la paroi du VG, la ligne en pointillés
montrant la ligne non déformée.
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de la déformation de la ligne médiane selon l’axe des z pour le problème 2. Pour
le problème 3, la figure 9.5 montre les comparaisons de la déformation de la ligne
médiane selon l’axe des z (coupe longitudinale), tandis que la figure 9.6 montre les
comparaisons de la déformation de ligne médiane selon l’axe des y (coupe axiale).

Figure 9.5: Déformation d’une ligne médiane de la paroi VG selon l’axe des Z, la ligne en
pointillés montrant la ligne non déformée

En conclusion, notre implémentation UMAT dans Abaqus a fourni des résultats
très similaires aux solutions de référence présentées dans (Land et al., 2015).

9.7 Test préliminaire de notre approche inverse en

comparaison au modéle de TU/e

Bovendeerd et al. (2009) de l’Université technologique d’Eindhoven a fait valoir que la
plupart des modèles de VG étaient capables de prédire correctement les déformations
circonférentielles, longitudinales et radiales, mais qu’ils ne pouvaient prédire la déformation
en cisaillement (radial-circonférentiel) avec suffisamment de précision. Pour évaluer
ce problème, ils ont étudié un modèle de cœur battant avec une distribution spatiale
optimisée des angles des fibres (Rijcken et al., 1999) et évalué la déformation cir-
conférentielle et la déformation en cisaillement du modèle par rapport aux données
de déformation obtenues sur des volontaires sains extraites d’images par RM marquées
(MRI tagging). Les résultats ont montré que ce modèle était capable de repro-
duire les valeurs de déformation (principales et cisaillement) aux niveaux basal, mi-
ventriculaire et apical pendant tout le cycle cardiaque.
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Figure 9.6: Déformation d’une ligne présentant une torsion le long de la section axiale de
la paroi VG. La torsion est due à la contraction active dans le sens des fibres

Pour vérifier la performance de l’approche de modélisation inverse que nous pro-
posons, nous avons personnalisé le modèle de VG en considérant les résultats de
leur modèle comme entrée de la simulation, comme nous l’expliquons dans la section
suivante.

9.7.1 Approche de modélisation

• Géométrie et disposition des fibres : La géométrie utilisée pour les deux
modèles est une ellipsöıde tronquée et l’orientation des fibres est fondée sur les
règles définies à la section 3.3.1.

• Lois constitutives : Le modèle TU/e utilise la même loi passive que celle
décrite dans la section 9.3, mais une loi active un peu différente qui dépend du
temps et des changements de longueur du sarcomère ((Kerckhofs et al., 2003),
tableau 8.1). Dans notre modèle, nous avons utilisé la loi passive et active
décrite dans la section précédente.

• Conditions limites La surface épicardique du modèle TU/e était sans con-
trainte, tandis que la surface endocardique était soumise à une pression intra-
cardiaque uniforme. Le plan basal est maintenu fixe, mais les déformations dans
la direction radiale sont autorisées. Nous avons appliqué les mêmes conditions
aux limites du plan basal dans notre modèle. De plus, le modèle TU/e utilise le
modèle de Windkessel du système circulatoire, qui prescrit les pressions dans la
cavité VG et les volumes pendant le cycle cardiaque. En revanche, notre modèle

192



Figure 9.7: Gauche : les courbes pression-volume du modèle de cœur battant TU/e
superposées à la courbe pression-volume de notre modèle personnalisé. Droite :

description spatiale des points utilisés pour la comparaison des deformations présentés
dans la Figure 9.8, répartis selon les directions radiale (6 points) et longitudinale (4 points)

a appliqué des changements prédéfinis du volume de la cavité pour simuler les
conditions aux limites hémodynamiques.

• Personnalisation La figure 9.7 montre les courbes pression-volume (PV) du
modèle TU/e, avec une simulation itérative du cycle cardiaque à partir du
cycle de référence non chargé (TU/e 1st) jusqu’à ce qu’une boucle PV stable
soit obtenue (TU/e 10th). Cependant, cette approche est très coûteuse sur le
plan calcul et très difficile à personnaliser. D’autre part, notre modèle utilise
l’approche de simulation à deux points expliquée dans la section précédente
pour obtenir les gradients de déformation aux phases télédiastolique (ED) et
télésystolique (ES), qui correspondent respectivement aux phases de fin de rem-
plissage et d’éjection.

• Strain points Nous avons comparé les déformations circonférentielles, radiales,
longitudinales et de cisaillement (radiales-circonférentielles) entre notre modèle
et le modèle TU/e stabilisé (TU/e 10th). Comme les points de déformation n’ont
pas été calculés exactement aux mêmes endroits en raison de différences dans les
maillages et les points d’inspection, nous avons prédéfini des ensembles de points
dans les directions radiale et longitudinale pour comparer les déformations entre
les deux modèles, comme le montre la figure 9.7-droite.

9.7.2 Résultats et discussion

La figure 9.8 montre les résultats de la comparaison pour les déformations circonférentielles,
radiales, longitudinales et de cisaillement (radial-circonférentielles). L’axe des ab-
scisses et la barre de couleur affichent les coordonnées radiales et longitudinales lo-
cales normalisées, qui décrivent l’emplacement spatial des points d’inspection des deux
modèles. La coordonnée radiale normalisée va de 0 à l’endocarde à 1 à l’épicarde,
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tandis que la coordonnée longitudinale normalisée va de 0 à l’apex à 1 au niveau
basal. L’axe des y affiche les valeurs de déformation.

Figure 9.8: Comparaison des déformations entre le modèle TU/e (cercles reliés par des
traits rouges en pointillés) et notre modèle personnalisé (carrés). L’axe des x et la barre

de couleur affichent les coordonnées radiales et longitudinales, tandis que l’axe des y
donne les valeurs de déformation respectives comparées.

En général, les distributions des déformations circonférentielles, radiales, longi-
tudinales et de cisaillement étaient très semblables entre les deux modèles. Il faut
souligner que notre approche de personnalisation a supposé que la géométrie avec
le plus petit volume était la géométrie à contrainte nulle et que nous avons utilisé
une géométrie maillée différente de celle du modèle TU/e, qui était une représentation
fidèle de notre approche lorsqu’elle a été appliquée aux données cliniques. En définitive,
cette vérification montre que l’approche de simulation à deux points est suffisamment
précise pour les besoins de personnalisation de notre modèle.

9.8 Analyse de sensibilité

Dans cette section, nous avons étudié la sensibilité des paramètres de notre modèle.
Les résultats sont présentés pour une géométrie idéale d’ellipsöıde tronqué, avec une
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condition limite de fixation du plan basal. Nous avons effectué l’analyse de sensi-
bilité en modifiant un paramètre à la fois par rapport à la simulation de référence.
La simulation de référence reprend les valeurs de paramètres obtenues à partir de
la comparaison avec le modèle TU/e décrit dans la section précédente. Nous avons
etudié 6 paramètres du modèle et observé la sensibilité des 6 paramètres du modèle
sur les paramètres de résultat suivants : le volume télédiastolique, les déformations
télé-systoliques circonférentielles (Ecc), radiales (Err), longitudinales (Ell) et de ci-
saillement (Erc). Les résultats de la déformation moyenne sont divisés en 3 niveaux
longitudinaux : basal, mi-ventriculaire et apical.

Figure 9.9: Volume télédiastolique (ml) de la cavité du VG, avec différents paramètres du
modèle. Le paramètre de mise à l’échelle de la loi active Tmax n’a pas été étudié car on a

supposé qu’il n’y avait pas de tension active pendant la phase diastolique

9.8.1 Résultats et discussion

La sensibilité du volume télédiastolique (ED) à différents paramètres d’entrée est
représentée dans la Figure 9.9, tandis que pour les différentes déformations, elles sont
indiquées dans la Figure 9.10-9.13. L’axe des y affiche les valeurs de chaque paramètre
de résultat. L’axe des abscisses affiche la variation des paramètres d’entrée de chaque
modèle, allant de 0,7 à 1,3 fois les valeurs de référence.

En conclusion, cette analyse de sensibilité nous permet d’estimer l’impact les
paramètres d’entrée les plus influents pour chaque paramètre de sortie. Cette in-
formation est extrêmement utile pour exploiter notre modèle de VG, en particulier
pour les investigations qui s’appuient sur des données cliniques. Par exemple, on
peut jouer sur les paramètres d’entrée les plus sensibles du modèle pour mieux faire
correspondre les déformations simulées avec les mesures de déformation issues des
données cliniques.
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Figure 9.10: Valeurs de déformation circonférentielle (%) aux niveaux basal, moyen et
apical, avec différents paramètres d’entrée du modèle

Figure 9.11: Valeurs de déformation radiale (%) aux niveaux basal, moyen et apical, avec
différents paramètres d’entrée du modèle
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Figure 9.12: Valeurs de déformation longitudinale (%) aux niveaux basal, moyen et apical,
avec différents paramètres d’entrée du modèle

Figure 9.13: Valeurs de déformation en cisaillement (%) aux niveaux basal, moyen et
apical, avec différents paramètres d’entrée du modèle
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9.9 Conclusion

Dans ce chapitre, nous avons montré que notre approche de modélisation inverse est en
mesure de personnaliser le modèle de VG avec une précision suffisante par rapport à un
modèle de VG de la littérature. Dans le chapitre suivant, nous décrivons la validation
de notre modèle par rapport aux données réelles IRM provenant de volontaires sains.
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Chapter 10

Estimation de la rigidité et de la
contractilité du ventricule gauche à
partir de données de routines
cine-IRM acquises chez des
volontaires sains

10.1 Introduction

Les paramètres biomécaniques, tels que la rigidité et la contractilité, sont directe-
ment liés aux caractéristiques mécaniques passives et actives du myocarde. De plus,
le remodelage myocardique post-infarctus modifie les caractéristiques mécaniques de
l’infarctus et ses interactions avec le reste du myocarde non infarci Richardson et al.
(2016), faisant de la rigidité et la contractilité de bons paramètres pour caractériser
l’évolution des patients ischémiques. Malheureusement, on ne dispose pas de données
sur la gamme des valeurs normales et pathologiques de ces paramètres biomécaniques,
car leur mesure directe est très difficile, voire impossible, dans la pratique clin-
ique. Une approche basée sur un modèle mécanique capable d’estimer la rigidité
et la contractilité patient-spécifique serait très utile pour évaluer le degré d”atteinte.
Cependant, avant d’effectuer toute mesure sur des cœurs ischémiques, il est nécessaire
d’établir au préalable la gamme des valeurs de la rigidité et de la contractilité d’un
VG normal.

Dans ce but, nous avons estimé la rigidité et la contractilité ventriculaire gauche de
21 sujets sains à partir des données d’acquisition en Cine-IRM cardiaque habituelle-
ment réalisée dans la pratique clinique. Ces paramètres biomécaniques sont quantifiés
à l’aide d’un modèle mécanique à éléments finis personnalisé du VG. Les modèles ont
été validés individuellement par comparaison entre les déformations issues de la simu-
lation et les déformations calculées à partir de suivi de primitives (Feature Tracking)
sur les images cine-IRM. Les modèles identifiés sont ensuite évalués par compara-
isons à des mesures cliniques classiques, comme l’épaisseur de la paroi en télédiastole,
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l’épaississement systolique et la déformation longitudinale globale. L’objectif premier
de cette étude est de démontrer la faisabilité de l’estimation de la rigidité et de la
contractilité du ventricule gauche spécifique au sujet, basée sur des acquisitions de
routine clinique. Un second objectif est d’établir une gamme de valeurs de référence
de la rigidité et de la contractilité du myocarde ventriculaire gauche humain normal.

10.2 Sujets

Deux séries de données IRM cardiaques de volontaires sains ont été exploitées dans
cette étude. La première (n=11) est constituée des données IRM acquises sur des
volontaires sains mises à disposition dans le contexte du Challenge MICCAI STA-
COM (Tobon-Gomez et al., 2013a) de 2012, qui inclue deux femmes et neuf hommes.
Les images de cet ensemble ont une taille de pixel dans le plan de coupe de 1,25
mm et une épaisseur de coupe de 8 mm. La deuxième série provient de la cohorte
MARVEL1 du CHU Saint-Etienne (n=10). Les données de quatre hommes et six
femmes composent cet ensemble. L’étude MARVEL (ID RCB 2016-A00913-48) a été
approuvée par le comité d’éthique local (URB #6/052) et est enregistrée sur Clini-
calTrials.gov sous le numéro d’enregistrement NCT03064503. Tous les patients ont
donné leur consentement éclairé par écrit. Les données MARVEL ont une taille de
pixels dans le plan de coupe de 0,55 mm et une épaisseur de coupe de 7 mm.

10.3 Méthodes

10.3.1 Workflow de personnalisation de modèles

La segmentation de l’endocarde et de l’épicarde du ventricule gauche en phases
télésystolique (ES) et télédiastolique (ED) a été réalisée à l’aide du logiciel CVI42,
comme le montre la Figure 9.1 de la section précédente. La segmentation a été
effectuée sur les images en petit axe, et en grand axe 2 et 4 cavités (Figure 10.1-
haut). Les contours segmentés ont été exportés au format STL et la paroi du VG a
été maillée avec des éléments hexaédriques avec ABAQUS. Le maillage résultant de
chaque modèle comporte 3744, 7± 449, 7 éléments C3D8R (reduced-integrated hexa-
hedron) et 4539, 3 ± 521, 2 sommets. Les déformations télé-systoliques pour chaque
sujet ont été calculées à l’aide de la technique de suivi de primitives (Feature Tracking,
FT) disponible dans le logiciel CVI42 (Figure 10.1-bas).

Le myocarde du VG est modélisé avec les composants mentionnés au chapitre 9.
L’arrangement des fibres du myocarde du VG est défini les formules données dans
Rijcken et al. (1999). Le comportement mécanique passif myocardique est modélisé
par un matériau hyperélastique transversalement anisotrope (Guccione et al., 1991),
tandis que la tension active est définie par une loi de force active dépendant de
l’étirement de fibre (Guccione et al., 1993). Ces modèles constitutifs ont été décrits
en détail dans les sections précédentes 9.3.

1clinicaltrials.gov/ct2/show/NCT03064503
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Figure 10.1: Haut : Images cine IRM en petit axe, et grand axe 2 et 4 cavités (de gauche
à droite). Bas : Résultats du suivi de primitives: points de contours, maillage de suivi,

déformation circonférentielle estimée (de gauche à droite)

La base du VG est maintenue fixe pour exclure tout mouvement rigide du corps.
L’épicarde n’est pas contraint, mais un changement de volume prescrit a été appliqué
sur la cavité du VG à l’aide de la fonctionnalité ”Cavity Feature” d’Abaqus. Le
changement de volume est la contrainte mécanique privilégiée parce que la mesure
du volume de chaque sujet est accessible à partir de l’analyse des images par RM
(Figure 3.11). La quasi-incompressibilité est imposée dans le comportement pas-
sif volumétrique en prenant un module de compression proche de celui de l’eau
(Holzapfel, 2000).

Nous avons pris un rapport de bf à bt à bft à 1,0 à 0,4 à 0,7 afin de bien faire
correspondre les données expérimentales sur la déformation myocardique des cœurs
intacts (Guccione et al., 1991). Cette même hypothèse a été utilisée et évaluée dans
plusieurs études de modélisation, en prenant ce rapport pour les paramètres passifs
exponentiels (Genet et al., 2014; Nasopoulou et al., 2017; Wenk et al., 2012). Cette
approche limite l’identification des paramètres matériels à trois paramètres au total
: C0 et bf pour la loi passive et Tmax pour la loi active.

Nous avons identifié séparément les paramètres passifs et actifs en utilisant une ap-
proche de simulation à 2 points (Sun et al., 2009) introduite dans la section précédente
9.5. Les paramètres passifs C0 et bf ont été identifiés de manière à minimiser la
distance à la courbe pression-volume normalisée en télédiastole prédite par la for-
mulation de Klotz et al. Klotz et al. (2006). Klotz et al. (2006) a constaté que les
relations pression-volume télédiastolique normalisées en volume (EDPVR) ont une
forme commune pour différentes étiologies et espèces, ce qui permet de prévoir la
courbe EDPVR d’un sujet donné. Une fois les paramètres passifs C0 et bf identifiés
pour chaque sujet, le paramètre de tension active Tmax a ensuite été estimé en faisant
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correspondre la pression ES simulée résultante avec une référence normale de pres-
sion ES. En l’absence d’information sur la pression spécifique au sujet, des valeurs
normales de pression télé-diastolique et télé-systolique de 9 mmHg et 120 mmHg ont
été utilisées, respectivement (Gao et al., 2017a; Genet et al., 2014).

Dans notre étude, nous avons identifié simultanément les paramètres passifs C0 et
bf . Nous avons utilisé la méthode implémentée dans la fonction fminsearch disponible
dans MATLAB. Il s’agit d’une méthode d’optimisation sans dérivée basée sur la
méthode simplex de Nelder & Mead(Lagarias et al., 1998).

10.3.2 Indices de rigidité et de contractilité VG

Nous avons choisi de représenter la rigidité LV spécifique d’un sujet avec un indice
scalaire constitué du produit des paramètres C0 et bf . Cet indice de rigidité est
conforme à la linéarisation de la relation contrainte-déformation décrite au chapitre
4, équation 23 du Payan and Ohayon (2017). L’indice de rigidité (SI ) reflète le
comportement du myocarde passif sous tension. Nous avons considéré le paramètre
optimisé Tmax comme l’indice de contractilité myocardique spécifique du sujet (noté
CI ). Les deux indices sont exprimés en kiloPascal (kPa).

10.3.3 Évaluation du modèle

Valeurs de déformation

Les valeurs in vivo de déformation circonférentielle ES mesurées par la technique FT
sur des images cine RM ont été interpolées sur le maillage à éléments finis à l’aide
d’une combinaison d’approches plus-proches-voisins et de pondération par l’inverse
de la distance. Les déformations interpolées ont été comparées aux déformations
de simulation personnalisées. Seules les déformations circonférentielles ont été com-
parées, car la déformation radiale extraite par la technique FT n’est pas bien corrélée
avec les autres techniques de mesure de déformations du VG (Augustine et al., 2013;
Gao et al., 2014a; Padiyath et al., 2013). De plus, la déformation radiale de FT est
généralement moins robuste et moins reproductible (Lu et al., 2014; Schuster et al.,
2013). Les déformations longitudinales n’ont pas été comparées, car seules deux im-
ages en grand axe ont été acquises, ce qui engendre un nombre insuffisant de points
de déformation pour l’optimisation.

Autres métriques du VG

Un ensemble de mesures globales de la fonction VG a été calculé à partir des modèles
propres à chaque sujet. Ces paramètres sont l’épaisseur de la paroi en télé-diastole,
l’épaississement systolique, la déformation longitudinale globale et les rotations seg-
mentaires. Les paramètres obtenus dans la région médio-ventriculaire des modèles
personnalisés ont été comparés à ceux mesurés à partir d’images cine RM et/ou aux
valeurs normales trouvées dans la littérature. La figure 10.2 illustre ces mesures et
sont énumérées ci-dessous :
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• EDWT : épaisseur de paroi en fin de diastole (mm)

• SFT = 100 ∗ (ESWT −EDWT )/EDWT : Epaississement systolique (%), qui
est la différence relative entre l’épaisseur de paroi en télé-diastole et télé-systole,
rapportée à l’épaisseur de paroi en téĺ-ediastole

• GLS = 100∗ (EDL−ESL)/EDL : déformation longitudinale globale (%), qui
est la différence relative entre la longueur le long de la direction longitudinale
du myocarde en télé-systole et en télé-diastole, par rapport à la longueur longi-
tudinale en télé-diastole. Dans notre étude, nous avons calculé la moyenne de
la longueur longitudinale locale de chaque élément.

• ROTbase et ROTapex : rotations segmentaires (degrés), qui sont calculées en
évaluant le déplacement angulaire d’un point aux niveaux basal et apical par
rapport à l’axe du VG, désigné par θbase et θapex sur la figure 10.2 respectivement.

Les valeurs EDWT et SFT prédites par le modèle ont été comparées aux valeurs cal-
culées à partir des images RM. De plus, les quatre paramètres de nos modèles person-
nalisés ont également été comparés aux valeurs normales trouvées dans la littérature.

Figure 10.2: Illustration des métriques du VG. Voir le texte pour les expressions (WT :
épaisseur de paroi, L : longueur)

10.3.4 Analyse statistique

Des analyses de régression linéaire multiples ont été effectuées sur nos 21 sujets pour
rechercher des corrélations linéaires potentielles entre SI et CI estimés par rapport
à la fraction d’éjection (EF), l’épaississement systolique (SFT), la déformation cir-
conférentielle globale (GCS), la déformation longitudinale globale (GLS) et la torsion
du VG (Twi) - calculée comme la différence entre les rotations segmentaire basale et
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apicale. Les analyses statistiques ont été réalisées avec le logiciel commercial Sigma-
Stat2. Des valeurs de probabilité de p < 0, 05 ont été considérées comme statistique-
ment significatives.

10.3.5 Effets des angles transverses des fibres

De plus, nous avons également exploré l’influence des angles de fibres transverses sur
SI et CI , en personnalisant aussi nos modèles en imposant αt = 0 sur l’ensemble du
VG’. Nous avons estimé cette comparaison essentielle, car les études les plus récentes
sur la modélisation mécanique du VG n’ont intégré que la distribution spatiale des
angles d’élévation des fibres.

10.4 Résultats

10.4.1 Données MR spécifiques au sujet

Le Tableau 10.1 ”Mesures” énumère les paramètres du VG pour les sujets sains,
obtenus à partir des données IRM. L’épaisseur de la paroi en télé-diastole est établie
comme étant différente entre les hommes et les femmes; dans notre étude, nous avons
trouvé une épaisseur de paroi de 8,1 ±1, 3 mm et 6,1 ±0, 8 mm pour les hommes et
les femmes, respectivement.

Table 10.1: Moyenne et écart-type (SD) des mesures du VG pour tous les sujets, ainsi que
les différences entre les valeurs mesurées (mes) et les valeurs simulées (sim) personnalisées.

Métriques Mesures Simulation
mes-sim

n = 21, 13 male (meas) (sim)

Volume (ml)
Télé-diastole 137.3 (25.8)

-
Télé-systole 58.8 (11.6)

Fraction d’éjection’(%) 57.1 (3.7) -

Epaisseur télé-diastolique(mm) 7.3 (1.5) 7.9 (1.6) -0.56 (0.98)

Epaississement systolique(%) 67.4 (23.7) 69.2 (8.5) -1.8 (24.4)

εcc (%) -17.4 (2.6) -17.0 (2.6) -9.8 (3.7)

GLS (%) -9.8 (3.7) -15.1 (1.9) 5.3 (4.3)

10.4.2 Personnalisation et indices biomécaniques spécifiques
au sujet

La figure 10.3 montre un exemple de la dynamique d’un VG personnalisé d’un volon-
taire en bonne santé, où les figures du haut montrent la distribution de la déformation
et de la contrainte des myofibres en télé-systole, et les figures du bas montrent une

2Systat, Chicago, US
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coupe mi-ventriculaire de la géométrie du VG simulée et déformée en télé-diastole et
télé-systole superposée aux images RM respectives. Les paramètres passifs moyens
spécifiques au sujet qui ont été obtenus sont les suivants : 0,08 ±0, 02 kPa pour C0

et 16,15 ±3, 57 pour bf , conduisant à un indice de rigidité du VG normalement dis-
tribué SI de 1, 33 ± 0, 18 kPa. Le paramètre moyen de tension active Tmax qui a
conduit à une pression physiologique de 120 mmHg était de 95,13 ±14, 21 kPa, qui
est également l’indice de contractilité CI .

Figure 10.3: Résultats personnalisés du modèle de VG à partir des données d’un
volontaire en bonne santé. En haut : distribution de la déformation (à gauche) et de
contrainte (à droite) de la myofibre en téĺ-esystole. En bas : coupe mi-ventriculaire

déformée d’un modèle de VG en jaune superposée aux images RM en télé-diastole (à
gauche) et en télé-systole (à droite).

10.4.3 Évaluation du modèle

Le tableau 10.1 indique la différence entre le modèle mesuré et le modèle personnalisé
en termes de métriques du VG. La figure 10.4 montre les graphiques de Bland-Altman
comparant les valeurs mesurées et calculées des déformations circonférentielles, de
l’épaisseur de paroi en télé-diastole et de l’épaississement systolique au niveau mi-
ventriculaire.
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(a) Comparaisons des déformations circonférentielles
télé-systoliques

(b) Comparaisons de l’épaisseur de la paroi en
télé-diastole à un niveau mi-ventriculaire

(c) Comparaisons de l’épaississement systolique à un
niveau mi-ventriculaire

Figure 10.4: Graphiques de Bland-Altman : mesures simulées vs mesures basées sur l’IRM
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En moyenne, nos modèles personnalisés avaient une épaisseur de paroi en télé-
diastole de 8,7 ± 0,9 mm (base), 8,9 ± 0,7 mm (médian), 8,8 ± 0,9 mm (apex) pour
les hommes, et 6,7 ± 0,5 mm (base), 6,3 ± 1,0 mm (médian), 5,7 ± 0,8 mm (apex)
pour les femmes. De même, nous avons étudié l’épaississement systolique aux niveaux
basal, médian et apical du VG (Figure 4.10 gauche). Nos modèles personnalisés
conduisent à des valeurs moyennes d’épaississement de 72,0 ± 17,7 % (base), 69,2
± 8,5 % (médian) et 56,9 ±7, 6 % (apex). De plus, ils donnent une valeur GLS
moyenne de -15.1 ± 1.9 % et des rotations segmentaires moyennes de +11, 8◦ ± 0, 7◦

et −3, 0◦ ± 2, 6◦ pour les niveaux basal et apical, respectivement.

Figure 10.5: Épaisseur de paroi télé-diastolique (mm) calculée à partir des modèles
personnalisés aux niveaux médian (en haut), apical (à gauche) et basal (à droite) pour 21

sujets (8 femmes, 13 hommes). Les flèches sont des valeurs de référence issues de Lang
et al. (2006) (rouge) et Kawel et al. (2012) (noir)

10.4.4 Analyse statistique

Nous avons constaté que les deux variables indépendantes - fraction d’éjection (EF,
en %) et épaississement fractionnaire systolique (SFT, en %) - semblent avoir une
contribution significative sur les valeurs prédites SI : SI = 4, 05−0, 06EF+0, 01SFT ,
avec R2 de 0,91 et p < 0, 001. D’autre part, la torsion du VG (LVT, en degrés) et
SFT peuvent être utilisées pour prédire les valeurs de CI : CI = 76.51− 3.71LV T +
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Figure 10.6: Gauche : Epaississement systolique (%) calculé à partir des modèles
personnalisés aux niveaux basal, médian et apical pour 21 sujets. Les flèches sont des
valeurs de référence issues de Ubachs et al. (2009) (rouge) et Rodrigues et al. (2016)
(noir). Droite : déformation longitudinale globale (%) calculée à partir des modèles

personnalisés pour 21 sujets. Les flèches sont des valeurs de référence issues de Mangion
et al. (2016) (rouge), Kleijn et al. (2015) (noir) et Rodrigues et al. (2016)

0.77SFT , avec un R2 de 0.78 et p < 0.001.

10.5 Discussion

Nos travaux sont parmi les premiers mettre en oeuvre une approche de modélisation
inverse et des mesures issues d’acquisitions en IRM cardiaque de routine pour estimer
la rigidité et la contractilité spécifiques du ventricule gauche sur plus de vingt sujets
sains. L’approche utilise la géométrie spécifique au sujet, le volume mesuré et une
pression physiologique pour personnaliser le modèle de VG. Les paramètres passifs des
matériaux en télé-diastole, qui représentent la rigidité ventriculaire gauche, ont été
identifiés par ajustement avec les courbes EDPVR formulées par Klotz et al. (2006).
Le paramètre actif, qui représente la contractilité du ventricule gauche, a été identifié
en fonction de la pression physiologique télé-systolique. De plus, notre approche de
personnalisation a fait l’objet d’une évaluation approfondie par rapport à des mesures
régionales du VG (déformation circonférentielle) et à des mesures globales telles que
l’épaisseur de la paroi télé-diastolique et l’épaississement systolique. La gamme des
indices biomécaniques trouvés dans cette étude était normalement distribuée et pour-
rait servir de référence pour le diagnostic in silico de pathologies cardiaques.

Les valeurs de déformation circonférentielle obtenues avec la technique FT se
situaient dans la gamme normale de la littérature (Kawel et al., 2012; Lang et al.,
2006; Rodrigues et al., 2016; Schuster et al., 2013; Ubachs et al., 2009). Au total,
771,4 ± 131,5 de points de déformation ont été calculés au moyen de la technique FT
sur les images cine RM par sujet pour la déformation circonférentielle. Le tableau
10.1 indique également la déformation longitudinale globale moyenne (GLS) mesurée
avec la technique FT. La valeur trouvée était de −9.8±3.7 %, ce qui n’est pas dans la
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gamme des valeurs humaines normales (Kalam et al., 2014; Moore et al., 2000). Cet
écart pourrait s’expliquer par le fait que les calculs de déformation n’étaient basés
que sur deux images en grand axe, ce qui donne 28,8 ±7, 2 points de déformation
longitudinale calculés en moyenne par sujet.

Pour mieux évaluer la gamme des indices biomécaniques normaux que nous avons
trouvés, nous avons également comparé les fonctions globales des modèles person-
nalisés avec les valeurs normales trouvées dans la littérature. La figure 10.5 et
la figure 10.6 montrent ces comparaisons pour l’épaisseur de paroi en télé-diastole,
l’épaississement systolique et la contrainte longitudinale globale. Les box-plots représentent
les valeurs de notre modèle personnalisé et les flèches représentent les valeurs de
référence trouvées dans la littérature.

Les rotations segmentaires prévues par nos modèles personnalisés étaient en accord
avec Lorenz et al. (2000); Young et al. (1994), qui a trouvé une rotation dans le sens
anti-horaire jusqu’à une valeur maximale de 10◦ au niveau apical et une rotation
dans le sens horaire de 3◦ au niveau basal. Puisque la torsion du VG est fortement
dépendante de la contraction endocardique et épicardique, de la géométrie et de la
disposition des fibres myocardiques (Kinova et al., 2018; Young and Cowan, 2012),
ceci a prouvé que l’architecture des fibres myocardiques basée sur des règles dans
notre modèle était capable de produire une déformation physiologique précise de la
torsion du VG.

Notre approche personnalisée a permis de produire des déformations circonférentielles
similaires à celles mesurées. Cependant, deux des sujets masculins - #11 et #19 - ont
été détecté comme cas aberrants (Figure 4.7-haut). Le tableau 10.2 donne l’épaisseur
de paroi en télé-diastole mesurée par imagerie de ces sujets, qui est relativement plus
épaisse que celle des autres sujets masculins et des valeurs issues de Kawel et al.
(2012). L’augmentation de l’épaisseur de la paroi en télé-diastole entrâıne une aug-
mentation de la tension artérielle ventriculaire. Pour cette raison, les hypothèses de
9 mmHg pour les pressions ED et de 120 mmHg pour les pressions ES pourraient
introduire des imprécisions dans la personnalisation de ces deux sujets. De plus, le
sujet #11 présentait une déformation circonférentielle globale réduite de 11,2 ±6, 7
% mesurée avec la technique FT, ce qui pourrait être une indication supplémentaire
d’une cardiomyopathie hypertensive légère (Dong et al., 1994; Rosen and Lima, 2015).

Genet et al. ont proposé un modèle personnalisé pour construire une carte de
référence de la contrainte ventriculaire gauche basée sur cinq sujets sains Genet et al.
(2014). Ils ont utilisé les mêmes lois passives et actives que dans notre étude, mais
avec une formulation différente de l’orientation des fibres myocardiques. Dans leur
modèle, ils ont supposé une variation linéaire de l’angle d’hélice de la fibre de +60◦ à
l’épicarde à −60◦ à l’endocarde, avec 0◦ d’angle transverse sur l’ensemble d VG. Pour
compenser l’anisotropie dans la direction orthogonale aux fibres, ils ont ajouté dans
cette direction une force contractile de 40 % de la force contractile se développant
dans la direction des fibres, en se basant sur les résultats expérimentaux de (Walker
et al., 2005). Ils ont trouvé une valeur moyenne de 0,11 ± 0,01 kPa pour C0 et 14,36
± 3,19 pour bf , ce qui donne un indice de rigidité de 1,63 ± 0,28 kPa. Cette valeur est
proche de notre résultat de 1,33 ±0, 18 kPa. Cependant, leur indice de contractilité
était significativement plus élevé que dans notre étude : 142,80 ± 11,12 vs 95,13 ±
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Table 10.2: Épaisseur de la paroi en télé-diastole et déformations circonférentielles
télésystolique des sujets #11 et #19 par rapport aux 11 autres sujets masculins et aux

valeurs de la littérature (Kawel et al., 2012)

14,21 kPa. De même, Gao et al. ont également personnalisé des modèles VG de 27
volontaires sains avec des angles transverses nuls Gao et al. (2017a). Bien qu’ils aient
utilisé des lois de tension active différentes, ils ont rapporté une valeur de contractilité
myocardique moyenne de 157 ± 25 kPa, qui est en accord avec Genet et al. (2014).
Ces valeurs de contractilité sont en accord avec nos résultats de personnalisation
lorsque les angles transversaux étaient fixés à zéro : 133,95 ± 71,06 kPa.

Pour étudier plus en détail les effets des angles transversaux dans nos modèles,
nous avons effectué plusieurs tests avec une géométrie idéalisée mais des valeurs
différentes de distributions des angles transverses. L’utilisation d’une géométrie de
VG idéalisée éviterait toute influence de la variance de la géométrie provenant de
données réelles. Le tableau 10.3 affiche les résultats de nos tests. Notre modèle orig-
inal est identifié sous le nom de’Trans100%’. Le modèle’Trans70%’ a 70% de l’angle
transverse de ’Trans100%’. Les fibres de ’Trans00%’ ont un angle transverse nul, qui
correspond au même arrangement de fibres utilisé par Genet et al. (2014) et Gao
et al. (2017a). On n’a observé aucune différence dans les valeurs de l’épaisseur de la
paroi en télé-diastole. Cela est certainement dû au fait que l’épaisseur de la paroi en
télé-diastole n’est affectée que par le paramètre passif diastolique, ce qui confirme que
l’architecture fibreuse a moins d’influence dans la phase de remplissage qu’en systole
(Usyk et al., 2000). Ceci explique pourquoi les valeurs de l’indice de rigidité sont
assez proches entre les deux études. Une corrélation positive peut être observée entre
l’angle transverse et l’épaississement du VG. Ceci est attendu parce que l’orientation
des fibres avec une certaine orientation transverse redistribue la force active dans la
direction radiale. Cela pourrait expliquer pourquoi l’indice de contractilité de Genet
et al. (2014) et Gao et al. (2017a) était significativement plus élevé que dans notre
étude.

De plus, nous avons également calculé la contrainte de cisaillement dans la direc-
tion radiale-circonférentielle à partir des trois modèles, où une valeur positive implique
que la rotation des couches épicardiques dans la direction circonférentielle dépasse
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celle des couches endocardiques. Bovendeerd et al. (2009) a comparé la capacité de
différents modèles mécaniques à retrouver la contrainte de cisaillement expérimentale
mesurée en IRM marquée sur un cycle cardiaque. À cet égard, nous avons constaté
que le modèle ” Trans100% ” a donné des valeurs de cisaillement télé-systolique simi-
laires à leur modèle. Puisque notre approche était basée sur une simulation à 2 points
du cycle cardiaque en télé-diastole et télé-systole, nous avons comparé nos valeurs de
cisaillement avec leurs résultats en ces deux instants (Figure 10.7).

Table 10.3: Effets des angles transverses sur l’épaisseur de paroi télé-diastolique,
l’épaississement du VG et le cisaillement sur une géométrie du VG idéalisée. Trans100%’
est notre modèle original utilisé dans cette étude; ’Trans70%’ et ’Trans00%’ présentent

respectivement 70% et aucun angle transverse dans l’arrangement de fibres par rapport à
’Trans100%’

Figure 10.7: Comparaison du cisaillement radial-circonférentiel entre Bovendeerd et al.
(2009) et notre modèle ’Trans100%’ aux niveaux médian (noir), basal (rouge) et apical

(bleu). ejec : phase d’éjection, ir : phase de relaxation isovolumique, remplissage : phase
de remplissage

La rigidité myocardique définit la capacité du myocarde à résister à la déformation
en réponse à un étirement, tandis que la contractilité myocardique définit la capacité
du myocarde à produire une contraction interne. Ceci est corroboré par les résultats
de l’analyse statistique, qui montrent que la rigidité du VG a une corrélation négative
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avec la fraction d’éjection et que la contractilité du VG a une corrélation positive
avec l’épaississement systolique. Ces deux corrélations étaient attendues puisque la
fonction de pompe du VG diminue à mesure que le VG devient plus rigide et augmente
avec la fonction contractile. Cependant, la corrélation positive entre la rigidité du VG
et l’épaississement systolique ainsi que la corrélation négative entre la contractilité
et la torsion du VG ne sont pas si évidentes à expliquer. Cela pourrait être dû aux
effets combinés des paramètres biomécaniques sur ces paramètres, qui méritent d’être
étudiés plus avant. Néanmoins, les fonctions de régression pourraient être utilisées
pour prédire la rigidité et la contractilité du VG à partir de mesures courantes du VG
obtenues uniquement par imagerie cardiaque.

Les principales limites de la présente étude sont dues aux représentations sim-
plifiées introduites dans notre modèle. L’exclusion du ventricule droit dans le modèle
affecte la distribution des contraintes circonférentielles. En utilisant un modèle pure-
ment mécanique, nous avons également négligé les aspects multiphysiques d’un cœur
fonctionnel, c’est-à-dire la dynamique du flux sanguin et l’électrophysiologie. Une
autre limite est le fait que notre approche de personnalisation était basée sur les
pressions normales en télé-diastole et en télé-systole de la littérature. En raison de
ces simplifications, nos modèles se sont limités à refléter les propriétés mécaniques
du ventricule gauche en 2 points du cycle cardiaque: la télédiastole et la télésystole.
Néanmoins, dans le cadre limité de l’étude, nous avons montré qu’il est possible de
quantifier la rigidité et la contractilité du VG à l’aide d’un modèle de VG personnalisé
construit à partir de données IRM cardiaques de routine, les modèles étant validés
par rapport à différents paramètres standards. De plus, il a été établi que la torsion
du VG est étroitement liée à la géométrie et à l’architecture des fibres (Young and
Cowan, 2012). Dans ce contexte, la méthode fondée sur des règles que nous avons
adoptée dans cette étude a permis de produire une torsion du VG dans la gamme
normale attendue.

10.6 Conclusion

En conclusion, nous avons estimé les caractéristiques biomécaniques du ventricule
gauche de 21 sujets normaux à partir de la personnalisation d’un modèle de coeur
et de données IRM cardiaques de routine. Les indices de rigidité et de contractilité
du myocarde ont été déterminés en faisant correspondre les valeurs de déformation
calculées et mesurées en télé-diastole et télé-systole et les pressions normales de la
littérature. Les modèles ont été évalués en comparant la déformation circonférentielle
locale et d’autres mesures globales de la fonction du VG. Par conséquent, la plage
des indices biomécaniques obtenus dans cette étude pourrait être utilisée comme
référence pour étudier le degré de gravité du myocarde ischémique. De plus, les
indices biomécaniques régionaux du myocarde pourraient avoir de fortes corrélations
avec le processus de remodelage du myocarde ischémique. La valeur pronostique de
ces indices devrait être explorée dans le cadre d’une étude longitudinale clinique.
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Chapter 11

Potentiel pronostique des indices
biomécaniques régionaux du
myocarde

11.1 Introduction

La pratique clinique actuelle pour évaluer la gravité des lésions cardiaques consiste
à mesurer la fonction systolique du ventricule gauche (VG), par example la fraction
d’éjection du VG (EF). Cependant, cette mesure globale de la fonction de pompe du
VG fournit des informations relativement limitées (Burns et al., 2010; Fernandes et al.,
2007; Schinkel et al., 2004). Les progrès de l’imagerie des déformations myocardiques
permettent d’obtenir des éléments sur la contractilité et la rigidité du myocarde, via
par exemple la déformation longitudinale (GLS) et la déformation circonférentielle
(GCS) globales(Kalam et al., 2014; Götte et al., 2001). Néanmoins, ces paramètres
sont principalement dérivés de la déformation du VG et leurs relations avec la valeur
pronostique de la progression du remodelage myocardique ne sont pas immédiatement
évidentes. Les paramètres biomécaniques régionaux, tels que la contractilité et la
rigidité du myocarde, doivent permettre de mieux décrire les interactions mécaniques
entre le myocarde sain et le tissu cicatriciel ; ils devraient donc jouer un rôle plus
important dans la représentation de la fonction du VG et dans le pronostic de son
remodelage après infarctus du myocarde (IM). Cependant, les mesures in vivo directes
de ces indices sont très difficilement accessibles, d’autant plus dans la pratique clinique
actuelle (Kolipaka et al., 2009; Lee et al., 2011b). Les modèles biomécaniques du cœur
sont passés de concepts théoriques idéalisés à des modélisations individualisées dans
des conditions physiologiques et pathologiques. Des études récentes portant sur les
maladies du cœur, nous ont permis d’acquérir de précieuses connaissances sur la
mécanique du VG post-IM.

Guccione et al. ont démontré que la contractilité dans la zone frontalière infarctus-
myocarde sain est réduite Guccione et al. (1995). Plusieurs études basées sur des
modèles ont également montré que la présence de tissus lésés post-infarctus a modifié
l’environnement mécanique du cœur, ce qui peut entrâıner un remodelage défavorable
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(Walker et al., 2005; Wenk et al., 2012; Zhang et al., 2012b). Chabiniok et al. (2012)
a estimé la contractilité myocardique d’un cœur porcin à partir de données in vivo
en trois temps après un infarctus aigu, et ils ont constaté que la contractilité dans les
régions saines augmentait 10 jours et 38 jours après l’infarctus. Gao et al. (2014b) a
constaté que la contractilité myocardique spécifique du patient après un infarctus aigu
était beaucoup plus élevée que celle d’un cœur sain, ce qui suggère une utilisation ac-
crue de la réserve contractile dans les régions myocardiques saines chez le patient. Une
autre étude de Gao et al. (2017a) a également montré que la tension active de la paroi
du VG est augmentée chez les patients présentant un infarctus récent par rapport aux
sujets sains. En estimant les propriétés passives et actives du cœur humain à l’aide
de l’IRM 3D, Asner et al. (2017a) a estimé que la contractilité maximale était plus
élevée chez les patients atteints de cardiomyopathie dilatée que chez les volontaires
sains. Néanmoins, l’estimation des caractéristiques mécaniques myocardiques saines
et pathologiques, basée sur des modèles, varie considérablement, car elles dépendent
fortement de l’approche de personnalisation et des modèles mécaniques myocardiques
utilisés.

Dans ce chapitre, nous avons adapté notre approche précédente afin de person-
naliser des modèles cardiaques ischémiques, dans le but d’étudier comment la con-
tractilité et la rigidité du myocarde varient au sein d’une population de patients
présentant un infarctus avec une surélévation du segment ST suivie sur un an. Plus
important encore, dans ce chapitre, nous avons observé plusieurs indices person-
nalisés liés à la biomécanique du VG et étudié leurs valeurs pronostiques poten-
tielles pour prédire l’état fonctionnel du VG un an après un infarctus aigu. Ces
indices sont principalement les indices régionaux de contractilité et de rigidité my-
ocardiques (CI , SI ) présentés dans le chapitre précédent. Nous avons supposé
que ces indices biomécaniques pouvaient présenter un pronostic à long terme plus
précis pour l’évaluation des patients atteints d’infarctus aigu par rapport aux autres
mesures courantes utilisées dans la pratique clinique actuelle, comme l’EF et le GLS.
De plus, nous avons également étudié le potentiel pronostique d’autres paramètres
biomécaniques personnalisés obtenus grâce à notre approche de modélisation.

11.2 Sujets

Les sujets de ce travail sont des patients sélectionnés qui ont subi un premier infarctus
aigu du myocarde et qui suivent un traitement de reperfusion dans la cohorte CARIM
(CARdioprotection in Myocardial Infarction)1. L’ensemble de données sélectionné se
compose de 20 patients de sexe masculin et de 5 patientes de sexe féminin. Leur âge
moyen est de 59,68 ± 7,67 ans, avec un début de douleur thoracique de moins de 12
heures, qui nécessitaient une intervention coronarienne percutanée primaire pour un
infarctus avec surélévation du segment ST. L’étude CARIM a été approuvée par le
comité d’éthique local (ID RCB:2012-A00313-40) et est enregistrée sur ClinicalTri-
als.gov sous le numéro d’enregistrement NCT02967965. Tous les patients ont donné
leur consentement éclairé par écrit.

1https://clinicaltrials.gov/ct2/show/NCT02967965
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L’examen d’un patient est composé de séries d’images ciné-IRM en petit axe et
deux coupes en grand axe (2 et 4 cavités), avec une dimension de pixel dans le plan de
coupe de 1,48 mm et une épaisseur de coupe de 7 mm. De plus, il contient également
des images de rehaussement tardif de gadolinium (LGE), qui ont été utilisées pour
segmenter le tissu infarci et partitionner la géométrie du VG. Les images de chaque
patient ont été acquises 5 jours et 12 mois après l’infarctus du myocarde.

11.3 Méthodes

11.3.1 Workflow de personnalisation des modèles

Le traitement des images par RM cardiaques a été effectué comme expliqué dans la
section précédente 10.3.1 à l’aide du logiciel CVI42. Les déformations myocardiques
ont été calculées avec la technique de suivi de primitives (ang. Feature Tracking, FT).
Nous avons traité les images à 5 jours (D5) et 12 mois (M12) pour chaque patient de
la série de données. Principalement, nous avons extrait les informations concernant
la progression de l’infarctus et l’état fonctionnel du myocarde, c’est-à-dire la taille de
l’infarctus, la fraction d’éjection, et les déformations circonférentielles.

Les régions de l’infarctus ont été segmentées à partir des images LGE en petit axe
en utilisant le logiciel CMRSegTool2. Viallon et al. (2014, 2015). La segmentation
de l’infarctus a été combinée avec les géométries du VG reconstruites pour définir les
régions de l’infarctus. Afin d’éviter un changement brusque des propriétés matérielles
entre l’infarctus et le myocarde sain, trois régions de transition ont été définies dans
un espace de 10 mm de la limite de l’infarctus (Gao et al., 2017a). Nous avons supposé
que le reste de la paroi du VG n’avait pas été affecté par l’infarctus. La figure 11.1
montre la segmentation d’une image LGE avec le logiciel CMRSegTool et la géométrie
du VG partitionnée obtenue.

Figure 11.1: A gauche : interface utilisateur de CMRSegTool avec l’infarctus segmenté en
violet. Droite : géométrie du VG reconstruite colorée en régions de gravité de l’infarctus

SX croissante de sain (SX=0, bleu) à totalement infarci (SX=1, rouge)

Nous avons utilisé les mêmes composants de modèle que dans le chapitre précédent
; l’orientation optimisée de la myofibre basée sur des règles de Rijcken et al. (1999),

2https://www.creatis.insa-lyon.fr/CMRSegTools
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la loi passive transversalement anisotrope (Guccione et al., 1991) et la loi de force
active dépendant de l’étirement des fibres (Guccione et al., 1993). A la différence de
l’approche précédente, nous avons réduit la loi passive à un seul paramètre. Nous
avons fixé la valeur exponentielle du paramètre passif bf à 15, qui est autour de la
valeur moyenne trouvée dans le chapitre précédent. Il en résulte qu’un paramètre
passif doit être identifié pour chaque patient.

Les différences entre les réponses myocardiques passives et actives dans les régions
saines, transitoires et infarctus ont été modélisées en modifiant les paramètres des
matériaux passifs et actifs. Nous avons supposé que la cicatrice de l’infarctus du
myocarde de tous les patients est 50 fois plus rigide avec une transition linéaire entre
les régions, comme l’ont suggéré des études antérieures (Gao et al., 2014b; Wenk
et al., 2011a). Nous avons également supposé que le tissu de l’infarctus du myocarde
n’est pas capable de générer une contraction active. Ainsi, par rapport à l’étendue
de l’infarctus de sévérité SX tel qu’illustré à la Figure 11.1-droite, le paramètre
passif myocardique (C0) et le paramètre actif (Tmax) ont été définis en fonction des
caractéristiques mécaniques saines identifiées, tel que décrit par l’équation 11.1. Afin
d’éviter un changement brusque des caractéristiques du matériau de l’infarctus au
myocarde sain, nous avons défini trois régions de transition dans nos modèles (SX =
[0, 25, 0, 50, 0, 75]). À cet égard, SX = 0 correspond à un myocarde sain et SX = 1
à un myocarde infarci.

C0 = (1 + 49SX)Chealthy
0 ; Tmax = (1− SX)T healtymax (11.1)

Comme nous l’avons fait dans le chapitre précédent, la contrainte de déplacement
nul a été appliquée sur le contour basal du modèle de VG et un changement de volume
prescrit basé sur les images RM a été appliqué à la cavité du VG.

Pour chaque patient, les paramètres matériels sains Chealthy
0 et T healthymax ont été

déterminés comme dans le chapitre précédent. Nous avons utilisé une optimisation
sans dérivée basée sur la méthode du simplexe de Nelder-Mead (Lagarias et al., 1998).
Les déformations simulées ont été calculées à l’aide de la configuration de référence
établie en fin de diastole à l’aide de l’approche de simulation à deux points décrite
à la section 9.5. Nous avons d’abord gonflé le modèle de VG au volume de fin de
diastole mesuré, puis nous avons estimé le paramètre passif Chealthy

0 qui a conduit à
la pression de fin de diastole ciblée et la fonction de coût minimisée par rapport à la
courbe de ”Klotz” (équation 4.4). Ensuite, nous avons initié la contraction systolique
pour déterminer le paramètre actif Tmax en utilisant la fonction de coût ci-dessous :

fcost =

∑N
i=1(εic meas − εic sim)2

N
(11.2)

qui calcule l’erreur quadratique moyenne entre la déformation circonférentielle mesurée
(εc meas) et celle simulée (εc sim).

Comme la mesure de la tension artérielle n’était pas disponible dans notre ensem-
ble de données, nous avons appliqué des pressions de VG typiques pour nos patients
ayant subi un IM : 16 mmHg et 100 mmHg pour ED et ES, respectivement. Nous
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avons de plus contraint la pression télésystolique dans la gamme de 10 mmHg de la
pression ES visée de 100 ±10 mmHg.

11.3.2 Évaluation du modèle

Suite à l’évaluation du modèle dans le chapitre précédent, nous avons également
comparé plusieurs paramètres pertinents pour assurer la qualité de nos modèles per-
sonnalisés. Nous avons comparé la déformation circonférentielle mesurée et simulée,
ainsi que l’épaisseur de la paroi mi-ventriculaire et l’épaississement systolique.

11.3.3 Analyse statistique

Nous avons appliqué une analyse de régression pour identifier la corrélation entre les
paramètres biomécaniques et les changements de la fonction du VG entre les deux
acquisitions d’images à D5 et M12. Les résultats de la régression peuvent nous ap-
porter une information sur les paramètres ayant la plus forte puissance explicative
pour caractériser la progression de la fonction myocardique chez les patients atteints
de cardiopathie ischémique. Dans cette étude, nous estimons les corrélations perti-
nentes à partir de leurs valeurs r2 et p.

Comme variables indépendantes, nous avons étudié l’indice de rigidité myocardique
sain personnalisé (SI ), l’indice de contractilité myocardique sain (CI ), l’étirement
moyen des fibres à mi-ventricule (λfib) et la déformation de cisaillement (Erc). Les
variables dépendantes qui représentent la progression de la fonction myocardique
du VG sont les changements de la fraction d’éjection (EF), de la déformation cir-
conférentielle globale (GCS), du volume de l’infarctus du myocarde (Vinf ) et du rap-
port volumique infarctus-myocarde sain Vinf/VLV ). Pour chaque variable, nous avons
calculé la variation en pourcentage entre les deux points temporels D5 et M12. Nous
avons calculé le pourcentage d’augmentation de GCS en valeur absolue. Ainsi, une
variation positive en pourcentage de EF et de GCS signifie généralement que la fonc-
tion globale du VG s’améliore. Une variation positive en pourcentage de Vinf signifie
que la taille de l’infarctus augmente, tandis qu’une variation positive en pourcent-
age de Vinf/VLV signifie que la taille de l’infarctus augmente en fonction du volume
myocardique du VG.

11.4 Résultats

11.4.1 Données IRM spécifiques au sujet

Le tableau 11.1 énumère les paramètres de VG pour nos 25 sujets obtenus à par-
tir des données IRM acquises aux deux temps après un IM aigu. Le GCS est la
déformation circonférentielle globale télésystolique calculée à partir de tous les points
de déformation circonférentielle, qui s’élève à 644,0 ±122, 8 points de déformation
dans notre ensemble de données. Comme dans le chapitre précédent, deux coupes en
grand axe ont été acquises pour chaque patient, ce qui représente une moyenne de
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47,1 ±68, 4 points d’évaluation de la déformation longitudinale. Nous avons considéré
que ce nombre de points n’était pas suffisant pour être observé dans notre étude.

Table 11.1: Moyenne et écart-type (SD) des paramètres de VG des patients ischémiques à
5 jours (D5) et 12 mois (M12) après un IM aigu. La colonne ’volontaires sains’ énumère

les mesures IRM des volontaires sains du chapitre 4. L’épaisseur de la paroi et
l’épaississement systolique ont été calculés sur une coupe mi-ventriculaire. Les valeurs
p < 0, 05 indiquent une différence significative entre les patients et les volontaires sains.

Métriques du VG
Patients ischémiques Volontaires sains

p-values
(n = 25, 20 male) du Chapitre 4

mean (SD) D5 M12 (n = 21, 13 male)

Volume (ml)
téĺ-diastole 128.5 (33.8) 131.7 (41.1) 137.3 (25.8) 0.34 0.59

téĺ-systole 66.4 (24.1) 64.0 (27.3) 58.8 (11.6) 0.19 0.42

Fraction d’éjection’(%) 49.48 (7.7) 52.8 (8.7) 57.1 (3.7) 0.00 0.04

Epaississement pariétal ED (mm) 10.7 (1.6) 10.4 (1.4) 7.3 (1.5) 0.00 0.00

Systolic thickening (%) 37.9 (11.7) 47.1 (16.2) 67.4 (23.7) 0.00 0.01

GCS (%) -12.5 (3.3) -14.0 (3.4) -17.4 (2.6) 0.00 0.00

Le tableau 11.2 énumère les variations en pourcentage de la fonction du VG globale
et de la taille des infarctus entre les deux points temporels. Nous avons coloré en
rouge l’aggravation de l’état des patients, ce qui inclut une diminution en pourcentage
pour la fraction d’éjection et GCS, et une augmentation en pourcentage pour Vinf et
Vinf/VLV .

Figure 11.2: Cartographie de la déformation des fibres télésystolique (gauche) et de la
contrainte (droite) à partir de l’un des modèles de VG pathologique personnalisés. La
figure du milieu montre les régions d’infarctus (rouge), saines (bleu) et de transition.

11.4.2 Résultats de la personnalisation

La figure 11.2 montre les distributions de la contrainte et de la déformation télésystolique
dans la direction des fibres pour un des modèles personnalisés. Les modèles person-
nalisés ont une valeur moyenne de C0 de 0,19 ± 0,12 kPa pour les régions saines, ce
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Table 11.2: Variation en pourcentage de la fonction du VG globale et de la taille de
l’infarctus entre D5 et M12. Les couleurs rouges indiquent des propriétés dégradées, qui

correspondent à une diminution en pourcentage pour EF et GCS, ainsi qu’une
augmentation en pourcentage pour Vinf et Vinf/VLV

Cas
Pourcentage de changement en %

EF GCS Vinf Vinf/VLV

#1 7.8 -7.4 -64.2 -52.2

#2 -4.3 -20.8 -47.4 -47.4

#3 13.0 69.8 208.0 192.6

#4 27.0 22.9 -65.5 -75.1

#5 -10.7 -29.3 -18.5 -25.7

#6 8.9 -0.6 45.8 42.5

#7 0.9 8.6 -8.4 -4.8

#8 7.7 38.4 -7.1 -4.5

#9 3.8 18.2 1.0 -23.0

#10 -4.2 123.4 -34.7 -38.9

#11 30.2 187.1 0.5 4.6

#12 55.7 175.8 49.6 44.0

#13 -5.6 -16.6 -41.7 -34.2

#14 4.9 1.1 -11.7 -32.2

#15 -1.2 4.9 -31.3 -16.1

#16 6.5 17.4 -58.5 -42.7

#17 45.5 38.9 -27.1 -32.7

#18 -10.7 -11.6 36.3 6.1

#19 -3.3 4.2 -61.8 -39.6

#20 11.2 -14.4 -37.6 -20.0

#21 -8.2 -6.6 40.2 36.0

#22 -5.9 -32.8 2.2 5.7

#23 7.9 38.9 15.3 60.0

#24 2.7 -59.9 -40.6 -38.7

#25 11.2 69.9 39.6 28.7
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qui donne une valeur SI moyenne de 2,85 ± 1,80 kPa. La valeur CI moyenne per-
sonnalisée de notre ensemble de données est de 165,82 ± 138,54 kPa pour les régions
saines.

Les graphiques de Bland-Altman comparent les métriques de VG mesurées et
simulées (Figure 11.3). Les comparaisons portent sur les déformations circonférentielles
globales, l’épaisseur de la paroi téld́iastolique et l’épaississement systolique à mi-
ventricule.

11.4.3 Analyse statistique

Le tableau 11.3 résume l’analyse de régression en termes de r2 et de valeurs p. L’indice
de rigidité SI peut être observé comme un paramètre biomécanique pertinent pour
prédire les changements dans la fraction d’éjection du VG. Cependant, la valeur
r2 montre que l’ajustement était relativement faible. De plus, aucune corrélation
significative n’est observée pour les autres paramètres biomécaniques.

Table 11.3: Résultats de la régression linéaire entre les changements des caractéristiques
du VG ou de l’infarctus à 12 mois de suivi et les paramètres biomécaniques personnalisés

obtenus à D5. Les caractéristiques observées du VG ou de l’infarctus sont la fraction
d’éjection (EF), la déformation circonférentielle globale (GCS), le volume de l’infarctus

(Vinf ) et le rapport de volumes (Vinf/VLV ). Les paramètres biomécaniques sont l’indice de
rigidité (SI ), l’indice de contractilité (CI ), l’étirement de la fibre (λfib) et de la

déformation de cisaillement à mi-ventricule (Erc)

XXXXXXXXXXXXXXXXXXXX

Variation dans les
Métriques du VG (%)

Paramètres
biomécaniques SI (kPa) CI (kPa) λfib Erc

EF
r-squared 0.34 0.00 0.03 0.02

p-value 0.00 0.82 0.41 0.46

GCS
r-squared 0.05 0.07 0.01 0.00

p-value 0.31 0.21 0.70 0.96

Vinf
r-squared 0.10 0.07 0.00 0.01

p-value 0.13 0.20 0.84 0.72

Vinf/VLV
r-squared 0.08 0.12 0.00 0.03

p-value 0.17 0.09 0.87 0.37

11.5 Discussion

Une différence claire peut être observée en comparant les mesures fonctionnelles du
VG des sujets ischémiques et sains (Tableau 5.1). Tout d’abord, le volume télé-
systolique montre une nette différence entre les sujets malades et les sujets sains, qui
est également soutenue par une fraction d’éjection plus faible. Cette conclusion est en
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(a) Comparaisons des déformations circonférentielles
globales télésystoliques

(b) Comparaisons de l’épaisseur de la paroi télédiastolique
médio-ventriculaire

(c) Comparaisons de l’épaississement systolique
médio-ventriculaire

Figure 11.3: Graphiques Bland-Altman : mesures simulées vs mesures basées sur l’IRM
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accord avec les observations de Delgado et al. (2009) et Kalam et al. (2014). Rodrigues
et al. ont étudié 87 patients hypertendus Rodrigues et al. (2016), ce qui est une car-
actéristique commune aux cardiopathies, et ont conclu que chez tous les patients, il
y a une diminution significative du raccourcissement et de la déformation radiale à
mi-ventricule, alors que l’épaisseur de la paroi télé-diastolique augmentait significa-
tivement. Nous avons constaté des tendances très similaires dans les mesures extraites
des Images par RM de nos acquisitions. De plus, la détérioration de la déformation
circonférentielle télé-systolique est également une caractéristique évidente des sujets
atteints d’une pathologie cardiaque (Mizuguchi et al., 2010; Rosen and Lima, 2015).

Le tableau 11.2 indique les variations en pourcentage entre 5 jours et 12 mois après
IM aigu. Certains changements majeurs peuvent être observés en termes de GCS,
c’est-à-dire pour les cas #10, #11 et #12. Dans notre étude, les déformations ont
été calculées à l’aide de la technique de suivi de primitives (FT) sur les images par
RM ’ciné’. Bien qu’il soit difficile d’objectiver la déformation circonférentielle relative
entre la télé-diastole et télé-systole, la répartition des déformations circonférentielles
a démontré qu’il y a effectivement une forte augmentation à M12. Des désaccords
entre ces mesures peuvent également être observés, c’est-à-dire une diminution de EF
mais une augmentation de GCS (#10, #15, #19), ou une augmentation de GCS mais
aussi une augmentation de Vinf (#3, #9, #11, #12, #23, #25), mais certains de ces
désaccords étaient assez faibles en pourcentage. En fin de compte, nous avons supposé
que les segmentations du VG et de l’infarctus étaient exactes, deux éléments essentiels
au calcul de la récupération fonctionnelle du VG. Cependant, nous ne pouvons en être
certain et des inexactitudes pourraient être introduites.

Les modèles de VG par éléments finis ont été personnalisés en fonction de l’optimisation
de la dynamique inverse en faisant correspondre les mesures de VG in vivo au point
temporel D5. Nous avons partitionné la géométrie du VG en incorporant des régions
d’infarctus segmentées avec le logiciel CMRSegTool. Puisque notre personnalisation a
supposé que les régions d’infarctus n’ont aucune contractilité, la région de l’infarctus
est étirée et tend à être plus positive pour supporter la pression systolique en compara-
ison avec le raccourcissement de la myofibre dans les régions saines. La distribution
des contraintes dans la direction des fibres est moins homogène par rapport aux sujets
sains étudiés dans le chapitre précédent. Ceci peut-être observés dans la Figure 11.2.
De plus, la Figure 11.4 montre que la distribution générale des contraintes dans la
direction des fibres chez les patients ischémiques est relativement plus élevée et moins
homogène que chez les volontaires sains, comme l’ont également observé Grossman
et al. (1975); Vindis-Jesic et al. (2002).

Nos personnalisations ont montré que le myocarde fonctionnel des patients post-
IM présente un indice de rigidité passive accru SI (2,85 ±1, 80 kPa) par rapport
aux sujets sains étudiés au chapitre 4 (1,33 ±0, 18 kPa), avec une valeur p de 0,00.
Il en va de même pour l’indice de contractilité CI (p=0,02) : 165,82 ±138, 54 et
95,13 ±14, 21 kPa pour les patients ischémiques et les sujets sains du chapitre 4,
respectivement. Ceci est en accord avec de nombreuses études antérieures (Asner
et al., 2017b; Chabiniok et al., 2012; Gao et al., 2014a,a,b, 2017a; Wenk et al., 2011a).
Toutefois, les écarts-types des deux indices sont très grands, en raison de la présence
de valeurs de C0 et Tmax issues de l’optimisation extrêmement élevées. Si l’on examine
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Figure 11.4: Comparaison des contraintes dans la direction des fibres télésystoliques entre
un patient ischémique (à gauche) et un volontaire sain (à droite)

les graphiques de Bland-Altman (Figure 10.4), des différences significatives entre les
modèles mesuré et personnalisé sont observées notamment pour les cas #11 et #20
pour la comparaison de déformation circonférentielle et les cas #6 et #18 pour les
paramètres d’épaississement systolique.

Les paramètres de matériaux spécifiques aux patients C0 et Tmax de notre étude ont
été personnalisés à l’aide de fonctions de coût qui combinent la pression, les volumes
et les déformations circonférentielles. Cependant, nous avons supposé des pressions
dans la cavité du VG basées sur la population générale dans notre personnalisation,
qui sont de 8 mmHg en télé-diastole et une fourchette de 90-110 mmHg en télé-systole.
Il s’agit d’une limitation majeure de cette étude, qui pourrait être à l’origine de cer-
taines des très grandes valeurs personnalisées de C0 et Tmax. Nous avons aussi utilisé
les pressions de VG basées sur la population pour notre processus d’identification
des paramètres au chapitre 4, mais il faut souligner que l’étude précédente por-
tait sur des volontaires sains. Dans cette étude sur des patients ischémiques, ces
valeurs de pression sont des paramètres essentiels dans le processus d’identification
des paramètres, puisque les changements de pression artérielle sont clairement as-
sociés aux cardiopathies ischémiques (Antikainen et al., 1998; Lichtenstein et al., 1985;
Toyoda et al., 2006). En l’absence d’information sur les pressions télé-diastolique et
télé-systolique des individus, la rigidité et la contractilité myocardiques personnalisées
restent entachées d’incertitudes.

Nous sommes pleinement conscients que notre modèle repose sur certaines hy-
pothèses. La dynamique du VG n’est personnalisée qu’à deux instants du cycle car-
diaque : la télé-diastole et la télé-systole. La contraction myocardique dans notre
modèle de VG est activée simultanément, négligeant ainsi les rôles joués par la physi-
ologie du VG au niveau cellulaire et moléculaire. L’exclusion du ventricule droit dans
le modèle a également une incidence sur les distributions simulées des déformations
circonférentielles. Nous n’avons pas non plus inclus les aspects multiphysiques d’un
cœur fonctionnel, c’est-à-dire l’hémodynamique du sang et l’électrophysiologie.

De plus, des inexactitudes peuvent également être introduites par l’attribution de
caractéristiques matérielles dans notre étude. Les régions transitoires ont été définies
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dans notre modèle de VG pour éviter un changement brusque des caractéristiques
des matériaux de la région d’infarctus au myocarde fonctionnel sain. Idéalement,
les caractéristiques matérielles des régions transitoires devraient être attribuées en
fonction de la viabilité myocardique. Par exemple, la rigidité et la contractilité des
cœurs pathologiques peuvent être dérivées de l’intensité des pixels extraits des im-
ages de rehaussement tardif (LGE), comme cela a été fait dans Genet et al. (2015).
Notre approche a supposé qu’il n’y avait pas de contractilité dans les régions touchées
par l’infarctus. Cela ne représente pas nécessairement la situation réelle, car les
régions lésées peuvent présenter une contractilité partielle, comme le montre Lee
et al. (2011a). De même, nous avons supposé que les régions infarcies sont 50 fois
plus rigides que les régions saines, ce qui ne pourrait pas être toujours le cas. Par
exemple, Wenk et al. ont trouvé que la région d’infarctus a seulement 10 fois la
raideur du myocarde fonctionnel sain Wenk et al. (2011b). Nous reconnaissons qu’il
s’agit également d’une des limites de notre étude et qu’une telle simplification pour-
rait introduire des inexactitudes dans l’identification des paramètres biomécaniques
personnalisés, entrâınant des écarts types importants pour SI et CI dans notre
étude.

Néanmoins, dans le cadre limité de cette étude, nous avons observé que le SI
du myocarde fonctionnel a une corrélation linéaire significative (p < 0.05) avec la
récupération de la fraction d’éjection du VG. Nous n’avons cependant trouvé au-
cune corrélation significative entre CI et aucune des variations en pourcentage des
paramètres fonctionnels du VG. Au contraire, Gao et al. ont trouvé que le paramètre
le plus pertinent était la contractilité du myocarde fonctionnel en observant 11 pa-
tients après un IM Gao et al. (2017a).

Nous ne prétendons pas que notre étude est plus précise, puisque les modèles
personnalisés sont assez simplifiés et basés sur des informations limitées provenant
de mesures extraites de donnée IRM, qui ont été expliquées en détail dans les para-
graphes précédents. Pour clarifier davantage nos constatations, nous avons écarté
certains des cas qui pouvaient comporter des inexactitudes évidentes. Une première
série de cas écartés était basée sur l’erreur élevée dans les résultats de personnalisa-
tion observés dans les graphiques de Bland-Altman de la figure 11.3, qui concernent
les cas #6, #11, #18 et #20. Une deuxième série de cas retirés était due à des
inexactitudes possibles dans les résultats des mesures IRM qui sont caractérisées par
des désaccords considérables dans les variations en pourcentage du tableau 11.2, en
suspectant certaines erreurs dans les segmentations et mesures basées sur l’IRM. Cela
inclut les cas #2, #3, #12, #13 et #24. En excluant ces cas, il reste 16 patients.

La Figure 11.5 montre les corrélations linéaires avec les 16 cas sélectionnés, où
seules les corrélations entre SI , CI , EF et GCS sont indiquées. Nous avons observé
que la valeur r2 augmente pour la corrélation entre SI et EF, ce qui confirme notre
constatation précédente. En outre, une corrélation est observée entre CI et EF,
bien qu’elle ne soit pas statistiquement significative (p=0.07). Aucune corrélation
significative n’est observée entre GCS et les deux paramètres biomécaniques, ce qui
suggère que les changements dans la direction circonférentielle pourraient être réduits
pendant la systole par rapport aux déformations longitudinales. Cela a également
été observé dans des études antérieures (Carlhäll et al., 2004; Carlsson et al., 2004;
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Figure 11.5: Corrélations linéaires entre SI , CI et les variations en pourcentage de EF et
GCS entre les deux temps d’acquisition sur les 16 cas restant.

Emilsson et al., 2001), bien que des conclusions contradictoires aient été débattues
(MacIver, 2012; Wandt et al., 2006). Malheureusement, nous n’avons pas eu accès
aux valeurs de déformation longitudinale globale pour notre ensemble de données
pour vérifier nous-mêmes cette observation.

Nos résultats globaux montrent que SI , et peut-être CI dans une certaine mesure,
pourraient potentiellement être utilisés comme nouveaux biomarqueurs pour améliorer
le pronostic et prédire la progression fonctionnelle myocardique après un IM. Cepen-
dant, notre étude porte sur un échantillon plutôt restreint, ce qui ne permet pas de
déterminer en l’état si l’un des paramètres biomécaniques personnalisés étudiés pour-
rait avoir une valeur pronostique pour les patients atteints de cardiopathie ischémique.
De plus, notre approche actuelle a été simplifiée, car elle est basée sur des informa-
tions limitées et des incertitudes sont probablement introduites par les d’hypothèses
de la procédure de personnalisation de notre modèle ou par les mesures issues de
l’IRM.

Néanmoins, notre étude peut servir de point de départ à une prédiction basée
sur un modèle dans la pratique clinique. D’autres études sont encore nécessaires
pour évaluer notre approche. Une étude peut être envisagée si l’on dispose de plus
d’informations des patients, notamment les pressions ventriculaires gauche ou les
pressions artérielles brachiales. Nous croyons que cette information est essentielle
pour augmenter la précision de nos modèles de VG pathologiques personnalisés. Les
différents aspects de notre modèle mécanique et ses effets sur la prédiction de la pro-
gression myocardique devraient également être étudiés. Ces aspects peuvent inclure
des lois constitutives différentes, des conditions limites différentes ou l’inclusion de
structures du VG environnantes. De plus, il serait intéressant d’observer des sous-
groupes de patients post-IM qui ont subi des traitements spécifiques, et pour lesquels
le statut de ces traitements est connu. Nous pourrions être en mesure de prédire
le succès ou l’échec d’une thérapie spécifique à l’aide des paramètres biomécaniques
personnalisés présentés dans notre étude, car un certain nombre de traitements et de
prises en charge de l’insuffisance cardiaque récemment mis au point visent directe-
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ment à rétablir la fonction contractile globale du VG (DeWitt et al., 2016; Mahmoud
and Lee, 2016; Tariq and Aronow, 2015).

11.6 Conclusion

En combinant la modélisation cardiaque personnalisée et l’analyse statistique, nous
avons étudié 25 patients qui ont bénéficié de deux acquisitions en IRM cardiaque à 5
jours et 12 mois après un infarctus aigu du myocarde. La rigidité passive et la contrac-
tilité active du myocarde ont été déterminées en ajustant la dynamique du VG simulée
à partir de mesures issues de l’IRM (volumes et déformations circonférentielles). La
précision du modèle personnalisé a été évaluée par rapport à des paramètres fonc-
tionnels du VG tels que les déformations circonférentielles, l’épaisseur de la paroi en
télé-diastole et l’épaississement systolique. D’après notre personnalisation, nous avons
constaté que la rigidité et la contractilité du VG étaient plus élevées que chez les su-
jets normaux, ce qui suggère que le myocarde fonctionnel utilise la réserve contractile
du myocarde pour surcompenser et préserver une fonction cardiaque normale.

En utilisant des régressions linéaires, nous avons identifié les paramètres biomécaniques
présentant les corrélations les plus élevées avec la progression du myocarde pathologique.
Bien que des études sur de plus grandes cohortes de patients soient nécessaires pour
en évaluer l’exactitude, notre étude peut servir de base à l’application clinique de
paramètres biomécaniques issues de la personnalisation d’un modèle pour prédire
l’état des patients après un infarctus aigu du myocarde. Nos résultats ont montré
que la rigidité - et dans une certaine mesure la contractilité - du myocarde pourraient
permettre de prédire la récupération de la fraction d’éjection, et donc de la fonction
cardiaque, chez nos patients.
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Chapter 12

Modélisation de VG pathologiques
combinant la localisation
d’infarctus basée sur de
l’apprentissage et une approche de
biomécanique inverse

12.1 Introduction

Dans ce chapitre, nous présentons une approche de personnalisation complète pour de
VG pathologiques qui combine la localisation d’infarctus basée sur l’apprentissage et
une approche de modélisation par éléments finis biomécanique inverse (Figure 8.3).
Ce chapitre est divisé en deux parties. Tout d’abord, nous introduisons un cadre
pour évaluer la performance de divers paramètres de déformation dans la localisation
des infarctus dans le ventricule gauche. Dans la deuxième partie, nous évaluons la
faisabilité de l’approche de personalisation proposée à l’aide d’un ensemble de cas
pathologiques réalistes générés de façon synthétique.

12.2 Évaluation de paramètres de déformation pour

la localisation de l’infarctus

Une évaluation précise de la viabilité myocardique est importante pour déterminer
l’évolution clinique des patients atteints de cardiopathie, car une diminution de la via-
bilité myocardique entrâıne généralement des dysfonctionnements cardiaques majeurs
(Allman et al., 2002; Bhat et al., 2016). L’IRM de rehaussement tardif au gadolin-
ium (LGE) est généralement considéré comme la référence pour évaluer la viabilité
myocardique et identifier les infarctus du myocarde (Doltra et al., 2013; Flachskampf
et al., 2011). Cependant, la séquence LGE nécessite une injection de produite de con-
traste, est coûteuse et n’est pas accessible à tous les patients. Les déformations my-
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ocardiques - qui peuvent être extraites d’images par RM cardiaques ou de séquences
échocardiographiques - ont également été utilisées pour identifier un dysfonction-
nement du tissu myocardique (Antoni et al., 2010; Götte et al., 2001; Lee et al., 2008).
Toutefois, en raison de la complexité des motifs de déformation, un simple seuillage
n’est pas suffisant et un traitement supplémentaire est nécessaire. Des algorithmes
basés sur l’apprentissage ont été étudiés pour mieux détecter et localiser les infarctus
(Sudarshan et al., 2014). En voici quelques exemples: une approximation de voisi-
nage par des forêts basée sur l’épaisseur de la paroi myocardique (Bleton et al., 2016),
l’apprentissage par dictionnaires basé sur le mouvement cardiaque (Peressutti et al.,
2015), des techniques de régression basées sur les déformations cardiaques (Duchateau
et al., 2016), des techniques d’apprentissage profond basées directement sur les im-
ages (Xu et al., 2017, 2018), ainsi que la combinaison de modèles biomécaniques
et d’algorithmes d’apprentissage machine (Wong et al., 2016). Ces méthodes sont
prometteuses et certaines peuvent être généralisées à différentes modalités, en plus
de démontrer une grande précision dans la détection et la localisation des infarctus.

Plusieurs paramètres de déformation ont été individuellement étudiés pour détecter
et localiser les régions d’infarctus. Cependant, de nombreux autres paramètres exis-
tent et leur potentiel n’a pas été complètement comparé les uns aux autres. Dans notre
étude, nous proposons d’évaluer les neuf paramètres suivants : déformations prin-
cipales, déformation effective, anisotropie fractionnelle(Soleimanifard et al., 2010),
déformations directionnelles locales (radiales, circonférentielles, longitudinales) et étirements
des myofibres (dans la direction des fibres, dans la direction perpendiculaire et nor-
male aux feuillets). Ils sont évalués en fonction de leur performance de localisation
(sensibilité et spécificité) à l’aide d’un algorithme d’apprentissage pour localiser les
infarctus. L’algorithme utilise une régression multi-échelles pour approximer la fonc-
tion de transfert entre les paramètres testés et la région de l’infarctus (Duchateau
et al., 2016). Pour ce faire, nous avons conçu une vaste base de données de cas
pathologiques générés synthétiquement qui comprend des infarctus avec différentes
localisations, formes, tailles et degrés de gravité.

12.2.1 Base de données des cas pathologiques

Vingt-cinq géométries de VG provenant de volontaires sains ont été obtenues à par-
tir des ensembles de données suivants : dix modèles provenant des bases de données
CARIM et MICCAI (Section 10.2), et cinq jeux de données supplémentaires provenant
d’une source libre (Genet et al. (2014)) (https://simtk.org/projects/normalhumanlvs)
. Le modèle de VG spécifique au sujet sain a été construit à partir des données IRM à
l’aide de l’approche de personnalisation qui a été introduite précédemment au chapitre
4.

Par la suite, trente cas pathologiques synthétiques ont été générés à partir de
chacun des vingt-cinq modèles de VG sains, ce qui a donné 750 cas pathologiques.
Chacun de ces cas diffère en termes de caractéristiques de l’infarctus: taille, forme,
emplacement et degré de gravité. Les régions d’infarctus sont identifiées par une
valeur ’un’ attribué à chaque élément de maillage correspondant. Ces régions ont
été définies comme décrit dans la Figure 12.1. Les infarctus qui en résultent ont une

228

https://simtk.org/projects/normalhumanlvs


Figure 12.1: Workflow de génération d’infarctus. 1) sélection manuelle de la jonction
inter-ventriculaire (rouge) et de l’apex (noir) 2) du territoire de la coronaire descendante
antérieure gauche (rouge) 3) géométrie sphérique/ellipsöıdale initiale (bleu) superposée

avec la géométrie du VG 4) la région d’infarctus (violet) incorporée dans la géométrie du
VG

masse myocardique moyenne de 13,2 ±15, 9 g et un volume moyen de 12,5 ±15, 0 ml,
correspondant à 10,2±10, 7% du volume myocardique. En plus des diverses propriétés
de l’infarctus (taille, gravité, forme, localisation), les différentes géométries de VG
assurent également une plus grande variabilité de forme dans notre base de données
synthétique, ce qui nous permet d’étudier de manière significative la sensibilité de
chaque paramètre de déformation.

12.2.2 Paramètres de déformation

Le tableau 12.1 détaille les neuf paramètres de déformations testés dans cette étude.
Ces paramètres sont dérivés du tenseur de gradient de déformation F extrait des
modèles pathologiques du VG en télé-systole, du tenseur d’étirement de Cauchy C et
du tenseur de déformation de Green-Lagrange E calculés : C = FT ·F; E = 1

2
(C−I),

où I est le tenseur 3x3 identité. La Figure 6.2 montre pour un des cas les plus
sévères, avec une contractilité de 50 % dans la région d’infarctus’, les cartographies
de l’ensemble des paramètres de déformation.

12.2.3 Localisation d’infarctus basée sur l’apprentissage

La méthode d’apprentissage a utilisé un ensemble d’apprentissage composé de paires
(motifs de déformation, régions d’infarctus correspondantes). Les indicateurs d’infarctus
sont de simples étiquettes binaires : 0 pour le myocarde sain et 1 pour la région de
l’infarctus. Sur la base de ces paires, la régression fournit une sortie non binaire
continue qui doit être seuillée. Nous avons utilisé la régression à noyaux comme
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Table 12.1: Paramètres de déformation évalués dans cette étude

Paramètres Formule / Commentaire

Déformation radiale
Circ. strain Par rapport à un système de coordonnées prolate-sphéroid (Section 3.3)
Long. strain

Etirement de la fibre f0.(Cf0) f0: direction de la fibre
Etirement orthogonal s0.(Cs0) s0: direction orthogonale à la fibre
Etirement normal aux
feuillets

n0.(Cn0) n0: direction normale aux feuillets

Déformation princi-
pale

Valeur propre maximale positive E

Déformation effective

√√√√√2

9
[(Exx − Eyy)2 + (Eyy − Ezz)2 + (Exx − Ezz)2

+ 6(E2
xy + E2

yz + E2
xz)]

Anisotropy fractionelle
√

3
2
(λ1−λ)2+(λ2−λ)2+(λ3−λ)2

λ2
1+λ

2
2+λ

2
3

λ = (λ1 + λ2 + λ3)/3
λ1, λ2, λ3: valeurs propres

de E

algorithme d’apprentissage dans notre étude, tel que formulé dans l’équation 12.1
(Bermanis et al., 2013).

arg min
fεF

(
||f ||2F + γD

K∑
k=1

||f(dk)− ik||2
)

(12.1)

où ||.||2F représente la norme sur un espace F de fonctions lisses contrôlées par un noyau
de bande passante donnée, γD est un paramètre de pondération scalaire équilibrant
l’adhérence aux données et le lissage de l’interpolation, K est l’ensemble d’apprentissage
donnant les paires composées des paramètres de déformation d et des indicateurs
d’infarctus i.

En raison de l’utilisation de géométries différentes, les paramètres de déformation
n’étaient pas directement comparables et une correspondance spatiale devait être
préalablement obtenue. Ainsi, des coordonnées locales normalisées ont été calculées
sur chaque géométrie selon le système de coordonnées pseudoprolate défini dans la sec-
tion 3.3. Ensuite, une géométrie de référence a été calculée par analyse Procrustes avec
transformation de similarité (Figure 6.4). Des coordonnées locales ont également été
calculées pour cette géométrie de référence. Enfin, les données locales (paramètres de
déformation et étiquettes binaires de l’infarctus) ont été transportées sur la géométrie
de référence en utilisant la correspondance des coordonnées locales. Le transport des
données s’est fait par interpolation à l’aide de la méthode de régression multi-échelles
ci-dessus, avec un poids équilibré entre les termes de similarité et de régularisation
(γD = 1) et un facteur de densité de 0,25. Le facteur de densité correspond à la frac-
tion de la masse volumique de l’échantillon en dessous de laquelle la régression multi-
échelle s’arrête; par exemple un facteur de densité de 0,25 signifie que la régression

230



s’arrête lorsque la largeur de bande du noyau est inférieure à 25 % des échantillons.
L’interpolation a donné lieu à des erreurs négligeables, comme le montre la figure 6.5.

Figure 12.2: Ecart-type de l’interpolation des coordonnées locales sur la géométrie de
référence

La prédiction de l’infarctus a également utilisé la même régression à noyaux men-
tionnée ci-dessus. Nous avons utilisé la régression multi-échelles en considérant les
10 voisins les plus proches, γD = 1 et un facteur de densité de 1. De plus, pour la
prédiction de l’infarctus, nous avons sauté les trois premières échelles du processus
multi-échelles. La première échelle du processus multi-échelle représente le ”diamètre”
moyen des données, par exemple la plus grande distance entre deux échantillons. Les
valeurs de ces paramètres ont été déterminées de manière heuristique. Les paramètres
de déformation alignés et l’emplacement de l’infarctus ont été traités comme des
vecteurs colonne de longueur égale au nombre d’éléments du maillage de référence.
Puisque chaque géométrie du VG a été utilisée pour générer trente cas pathologiques
sur un total de 750, il peut y avoir des biais dans l’algorithme de détection en raison
de cas et de modèles de déformation relativement similaires. Afin d’éviter ce biais
lors de l’analyse d’un cas, tous les autres cas provenant de la même géométrie n’ont
pas été inclus dans l’ensemble d’apprentissage.

La sortie de la régression consistait en une valeur scalaire non binaire associée à
chaque élément de maillage en raison de la combinaison linéaire des emplacements
d’infarctus. Une localisation binaire de l’infarctus a été obtenue après seuillage de
cette sortie par une valeur appropriée, obtenue par un processus en deux étapes décrit
par Duchateau et al. (2016). Tout d’abord, une analyse ROC a été effectuée pour
chaque cas afin d’obtenir un ensemble des meilleurs seuils individuels (Figure 12.3).
La courbe ROC a été obtenue en calculant la sensibilité et la spécificité des prédictions
résultantes.

Cependant, cette analyse repose sur la connaissance de l’emplacement de l’infarctus
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Figure 12.3: Courbes ROC des 750 cas prédits à partir de la déformation principale (à
gauche). Sur la base de ces courbes, nous avons extrait les seuils optimaux pour chaque

cas spécifique, représentés par les points de données (à droite). Un seuil consensuel utilisé
pour notre prédiction a été déduit comme médiane des seuils optimaux de chaque cas
individuel. La ligne diagonale représente la performance théorique d’une prédiction

aléatoire

pour chaque cas, ce qui n’est pas le cas en condition clinique. Ainsi, dans un deuxième
temps, nous avons défini un seuil consensuel commun pour chaque paramètre, soit
la médiane de l’ensemble des meilleurs seuils individuels. Ce seuil optimal commun
est ensuite utilisé pour évaluer la performance de localisation d’infarctus de chaque
paramètre (Figure 12.4).

12.2.4 Évaluation des performances

La performance de localisation de l’infarctus de chaque paramètre de déformation a
été évaluée en termes de sensibilité et de spécificité après seuillage de la sortie de
régression par la valeur consensuelle, comme expliqué dans le paragraphe ci-dessus.
Les résultats ont ensuite été résumés sous forme de distance euclidienne entre les
résultats prédits et la prédiction idéale en termes de sensibilité et de spécificité. Une
localisation d’infarctus idéale a une sensibilité et une spécificité de 1, et donc d = 0.
Ceci est illustré dans la Figure 12.4-droite.

12.3 Modèles de VG pathologiques personnalisés :

approche bio-mécanique inverse

Comme nous l’avons souligné dans les chapitres précédents, une approche de modélisation
personnalisée fondée sur des informations cliniques limitées peut être très utile pour
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Figure 12.4: Infarctus prédit dans les 750 cas à partir de l’analys de regression sur la
déformation principale après application du seuil consensuel commun (à gauche). L’erreur
’d’ de chaque paramètre de déformation est calculée comme la distance euclidienne entre
les infarctus prédits et une localisation idéale de l’infarctus en termes de sensibilité et de
spécificité (coin supérieur gauche à droite). La ligne diagonale représente la performance

théorique d’une prédiction aléatoire

aider les cliniciens à prédire l’évolution clinique des patients. Au chapitre 2 (Fig-
ure 2.8), nous avons introduit une approche de modélisation qui peut potentielle-
ment résoudre ce problème. L’approche proposée combine une méthode de localisa-
tion de l’infarctus fondée sur les paramètres de déformation et un algorithme de
régression, qui ont été décrits en détail dans la section précédente, ainsi qu’une
modélisation de la mécanique cardiaque spécifique au patient introduite dans les
chapitres précédents. L’avantage de cette approche est que seules des acquisitions
d’imagerie par résonance magnétique de routine sont nécessaires, consistant en des
images par résonance magnétique ’ciné’ en petit axe, et en grand axe 2 et 4 cavités.
À partir de ces images, nous serions en mesure de récupérer la géométrie et les car-
tographies de déformation pour réaliser l’ensemble de l’approche.

Cette section décrit les résultats de notre test de faisabilité concernant l’approche
proposée en l’appliquant à des cas synthétiques réalistes. Nous avons choisi de tra-
vailler sur des cas synthétiques afin d’éviter toute incertitude qui pourrait être intro-
duite en travaillant sur des données cliniques.

12.3.1 Cas pathologiques sélectionnés

Pour vérifier la faisabilité de l’approche proposée, nous avons sélectionné vingt cas
parmi les cas synthétiques décrits à la section 12.2.1. Nous avons choisi des cas avec
des géométries différentes pour assurer une variabilité dans notre étude. Le tableau
12.2 résume les propriétés de l’infarctus des cas sélectionnés, tandis que le tableau
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12.3 résume les paramètres de matériau des simulations de référence. A noter que la
prédiction de l’infarctus pour ces vingt cas a déjà été prise en compte dans l’étude
précédente. Ainsi, nous montrons ici aussi l’erreur de prédiction pour ces 20 cas dans
le tableau 6.2.

Table 12.2: Propriétés de l’infarctus des vingt cas sélectionnés. La colonne Contractilité
indique la contractilité de la région d’infarctus en pourcentage de la contractilité du

myocarde sain. La colonne erreur de prédiction indique la distance d pour chaque cas en
utilisant la déformation principale, comme expliqué dans la section 12.2.

Cas Masse de Volume de Rapport Contractilité Erreur de
l’infarctus (g) l’infarctus (ml) Infarctus-VG (%) (%) prédiction(Section 6.2)

C1 5.04 4.76 5.81 98.28 0.29

C2 34.46 32.51 38.24 94.83 0.92

C3 1.74 1.64 1.81 93.10 1.00

C4 2.71 2.56 1.83 89.66 0.28

C5 0.60 0.57 0.72 87.93 0.71

C6 0.35 0.33 0.43 84.48 0.90

C7 5.45 5.14 6.65 82.76 0.19

C8 1.96 1.85 2.03 79.31 0.14

C9 11.04 10.41 12.63 77.59 0.24

C10 22.82 21.53 21.11 74.14 0.09

C11 4.11 3.88 3.33 72.41 0.21

C12 13.81 13.03 10.05 68.97 0.25

C13 3.34 3.15 2.12 67.24 0.84

C14 18.03 17.01 11.87 63.79 0.13

C15 7.78 7.34 4.63 62.07 0.26

C16 2.24 2.12.00 2.12 58.62 0.38

C17 18.75 17.69 17.78 56.90 0.04

C18 72.38 68.28 34.29 53.45 0.49

C19 14.26 13.45 12.45 51.72 0.33

C20 2.76 2.60 1.63 50.00 0.21
mean (SD) 12.18 (16.77) 11.49 (15.82) 9.58 (10.90) 73.36 (15.20) 0.40 (0.31)

12.3.2 Workflow de personnalisation

La géométrie et les déformations myocardiques de chaque cas sont extraites. Les
régions d’infarctus sont prédites au moyen d’une approche fondée sur l’apprentissage
développée dans la section précédente6.2.3. Dans la présente étude, nous n’utilisons
que la déformation principale pour localiser les infarctus, car elle a été évaluée dans la
section précédente comme étant l’un des meilleurs paramètres. Nous divisons ensuite
la géométrie du VG en régions saines et d’anomalie en fonction des résultats de
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Table 12.3: Propriétés matérielles des vingt cas sélectionnés

Cas C0 (kPa) bf Thealthymax (kPa) T infarctmax (kPa)

C1 0.12 10.72 121.42 119.32

C2 0.09 14.67 99.66 94.50

C3 0.10 14.50 115.69 107.71

C4 0.07 17.08 88.16 79.04

C5 0.10 14.19 115.55 101.60

C6 0.09 17.52 109.21 92.26

C7 0.10 13.44 100.38 83.07

C8 0.10 12.78 98.35 78.00

C9 0.08 16.38 92.87 72.06

C10 0.07 16.43 82.55 61.20

C11 0.06 21.15 79.76 57.75

C12 0.07 20.57 89.36 61.62

C13 0.07 22.94 97.11 65.30

C14 0.07 14.14 78.26 49.93

C15 0.07 17.82 81.15 50.37

C16 0.08 15.29 86.81 50.89

C17 0.07 18.58 84.17 47.89

C18 0.12 12.40 111.15 59.41

C19 0.12 15.00 104.00 53.79

C20 0.11 18.30 108.00 54.00
mean (SD) 0.09 (0.02) 16.19 (3.11) 97.18 (13.30) 71.99 (21.50)
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localisation.
Ensuite, les paramètres du modèle de VG sont identifiés par un processus d’optimisation

pour personnaliser la rigidité et la contractilité de chaque cas. Nous avons supposé
une rigidité homogène sur l’ensemble des régions saines et d’infarctus, conformément
au paramétrage de la base de données pathologiques. Puisque les simulations de
référence sont disponibles, nous pouvons obtenir la correspondance exacte point à
point de la déformation myocardique au cours de la phase de remplissage diastolique.
Ainsi, nous avons identifié les deux paramètres passifs, C0 et bf , en utilisant l’approche
basée sur la conservation de l’énergie introduite par Nasopoulou et al. (2017) pour
prendre en compte le caractère non unique de l’identification à deux paramètres liée
au matériau transversalement anisotrope mentionné à la section 2.3.2.

Trois points temporels de la phase de remplissage cardiaque ont été sélectionnés
pour cette approche d’identification : début de la phase de remplissage, fin de la
phase de remplissage et un point intermédiaire. A chaque instant, l’énergie interne
et externe est calculée comme suit.

Eint =

∫
V

WdV =

∫
V

1

2
C0(eQ(bf ,E) − 1)dV (12.2)

V est le volume du myocarde; l’intégration cumule le volume de chaque élément
fini dans le myocarde. W est la densité d’énergie de déformation transversalement
anisotrope utilisée dans cette étude (équation 4.1), où C0 et bf sont les paramètres
matériels à optimiser et E est le tenseur de déformation de Green-Lagrange.

Eext =

∫ V end,inter
LV

V begin
LV

PLV dVLV

Eext =

end,inter∑
begin

P begin
LV + P end,inter

LV

2
(V end,inter

LV − V begin
LV )

(12.3)

PLV et VLV sont la pression et le volume de la cavité du VG, respectivement; les ex-
posants indiquent les instants correspondants de la phase de remplissage diastolique.
L’énergie externe à la phase d’intérêt, c’est-à-dire à la fin du remplissage (end) ou à
un point intermédiaire (inter), est calculée par rapport à l’instant de référence, qui
correspond au début de la phase de remplissage (begin).

Basé sur la conservation de l’énergie, les rapports de l’énergie externe et interne
aux points de temps end et inter, par rapport au point de temps begin, doivent être
égaux. Ce rapport permet de faire disparaitre C0 du calcul, et d’identifier le paramètre
passif exponentiel bf en minimisant la fonction de coût f de l’équation 12.4. Une fois
bf optimisé, nous pouvons estimer C0 séparément en fonction de la pression télé-
diastolique et du volume. Ce workflow d’optimisation fournit deux valeurs uniques
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pour les paramètres passifs.

f =
Eend
ext

Einter
ext

− Eend
int

Einter
int

f =

∫ V end
LV

V begin
LV

PLV dVLV∫ V inter
LV

V begin
LV

PLV dVLV
−
∫
V

1
2
C0(eQ(bf ,E

end) − 1)dV∫
V

1
2
C0(eQ(bf ,E

inter) − 1)dV

(12.4)

Une fois les paramètres passifs personnalisés, nous optimisons le paramètre actif
Tmax. Nous n’avons pas imposé ici une contractilité nulle pour les régions d’infarctus,
en accord avec la façon dont la base de données générée a été paramétrée. Nous
optimisons simultanément les paramètres actifs des régions saines et d’infarctus. La
fonction d’objectif est basée sur le volume et la somme des carrées des erreurs portant
sur les déformations circonférentielles.

Quantification de l’erreur de personnalisation

L’erreur de personnalisation est estimée par l’erreur quadratique moyenne de la
différence de déformation circonférentielle point à point entre la simulation de référence
et la simulation prédite.

12.4 Résultats et discussion

12.4.1 Évaluation des paramétres de déformation

Notre étude décrit en détail une nouvelle stratégie d’évaluation de différents paramètres
de déformation pour le diagnostic de l’infarctus. Nous avons combiné la modélisation
par éléments finis pour générer une grande base de données synthétique de cœurs
pathologiques basée sur des données de résonance magnétique issues de sujets sains
et un algorithme d’apprentissage pour localiser l’infarctus du myocarde. À notre con-
naissance, il s’agit de la première évaluation approfondie qui compare la performance
de neuf paramètres de déformation pour la localisation d’infarctus. La grande base de
données nous a permis d’étudier les performances et les limites de l’algorithme dans
des situations difficiles telles que des lésions légères et une grande variabilité entre les
motifs de déformation associés à différentes géométries.

La Figure 12.5 illustre la variabilité des 25 cas sains qui ont été utilisés pour
générer notre base de données. L’échelle de couleur code la somme quadratique des
différences point à point de la déformation principale; les histogrammes montrent les
paires de cas qui présentent la variabilité la plus faible et la plus élevée. On peut voir
que les cas #1, #19 et #24 sont ceux qui présentent la plus grande variabilité vis à
vis des autres cas.

La Figure 12.6 représente l’erreur de prédiction des neuf paramètres de déformation.
L’axe horizontal représente le grade de l’infarctus, des cas presque sains aux cas
présentant un infarctus sévère. Sur la base du grade de l’infarctus, nous avons divisé
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Figure 12.5: Somme des différences quadratiques des déformations principales des 25
modèles de VG sains à partir desquels notre base de données a été établie. Les

histogrammes des cas présentant la variabilité la plus faible (en haut, #10 vs #25) et la
plus élevée (en bas, #2 vs #19) de la distribution des déformations principales sont

présentés dans la partie gauche.
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Figure 12.6: Performances de localisation d’infarctus des neuf paramètres de déformation
testés. L’axe horizontal représente le stade de l’infarctus en fonction de sa gravité

(propriétés les plus proches du myocarde sain, à gauche). L’axe vertical représente l’erreur
de prédiction ’d’ pour chaque paramètre. Chaque point de la courbe correspond à 25

géométries de VG avec le même degré d’infarctus.
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l’ensemble de données en trente groupes de vingt-cinq cas de géométrie différente, qui
est représenté par un point de données sur chaque courbe. Nous pouvons observer
sur la Figure 12.6 une relation claire entre le grade de l’infarctus et la performance
de chaque paramètre. La Figure 12.7 ne montre aucune relation entre l’erreur de
prédiction pour la déformation principale et le volume de l’infarctus. De plus, bien
que pour la plupart des cas, l’erreur de prédiction soit assez faible par rapport aux
géométries originales du VG, nous observons qu’elles sont constamment élevées pour
certaines géométries de VG, en particulier pour les cas #1, #19 et #24 (comme le
montrent les points rouges de la Figure 12.7- droite). Ces observations sont en accord
avec la matrice d’affinité de la Figure 6.11. Les cas avec une erreur de prédiction
élevée et un faible volume d’infarctus correspondaient également aux cas présentant
une géométrie spécifique.

Figure 12.7: Performance de localisation de l’infarctus de la déformation principale.
Aucune relation claire ne peut être déduite entre l’erreur de prédiction et le volume de

l’infarctus (à gauche). Cependant, par rapport à la géométrie du VG à partir de laquelle
les cas d’infarctus étaient basés, les géométries de VG #1, #19 et #24 montrent

systématiquement de grandes erreurs (droite). Les points rouges indiquent les valeurs
médianes, tandis que les croix rouges indiquent les valeurs Q1 et Q3 pour chaque

géométrie de VG

Le tableau 12.4 résume l’erreur de prédiction pour chaque paramètre, en indi-
quant les valeurs moyenne, médiane, Q1 et Q3 pour tous les cas. Bien que tous
les paramètres aient démontré des statistiques très similaires, nous pouvons observer
que la déformation principale, la déformation effective, l’étirement normal aux feuil-
lets, la déformation circonférentielle et l’anisotropie fractionnelle ont généralement
la meilleure performance de localisation d’infarctus. D’autre part, la déformation
longitudinale peut être considérée comme le paramètre le plus défavorable d’après
notre étude et notre ensemble de données. La déformation circonférentielle est un
paramètre plus facilement disponible en condition clinique. On s’attendait à des
performances similaires entre la déformation principale, la déformation effective et
l’anisotropie fractionnelle, car ces paramètres sont indépendants de la direction, ce
qui les rend plus aptes à retranscrire la distribution générale de la déformation du

240



myocarde. La déformation radiale montre des performances légèrement inférieures,
mais restant assez précises. Les déformations longitudinales ont donné de moins bons
résultats que les deux autres déformations anatomiques classiques, ce qui pourrait
être dû à la contraction des myofibres qui sont orientées davantage dans les directions
circonférentielle et radiale que dans les autres directions. Bien que la déformation
longitudinale ait fait l’objet d’études approfondies en tant qu’indicateur de la fonc-
tion globale du VG (Jasaityte et al., 2013; Kalam et al., 2014), notre étude a montré
qu’elle conduit à de moins bonnes performances dans la localisation des infarctus sur
ce jeu de données.

Table 12.4: Performance de localisation de l’infarctus de tous les paramètres de
déformation en fonction des valeurs moyenne, médiane, Q1 et Q3 de l’erreur de prédiction

(n = 750)

Paramètres
Erreur de prédiction

Mean Median Q1 Q3
Déformation principale 0.48 0.35 0.21 0.81
Déformation effective 0.48 0.35 0.20 0.81
Déformation dans la direction de la fibre 0.49 0.40 0.24 0.70
Déformation dans la direction orthogonale à la fibre 0.51 0.40 0.24 0.79
Etirement normal aux feuillets 0.45 0.34 0.21 0.64
Déformation radiale 0.50 0.37 0.22 0.85
Déformation circonférentielle 0.47 0.39 0.24 0.63
Déformation longitudinale 0.54 0.48 0.28 0.82
Anisotropie fractionelle 0.47 0.38 0.25 0.65

Notre base de données synthétique est basée sur vingt-cinq géométries de VG
à partir d’images par RM, ce qui assure une variabilité importante en termes de
géométries et de motifs de déformation. Ces géométries proviennent d’examens par
IRM de volontaires sains, ce qui permet de s’assurer que les paramètres matériaux
sains personnalisés sont physiologiques. Cependant, il est bien connu que des altérations
géométriques du VG surviennent après l’IM, comme l’épaississement et l’amincissement
de la paroi ventriculaire autour du myocarde sain et de l’infarctus, ainsi que la di-
latation de la cavité du VG (Richardson et al., 2016). Étant donné que notre base
de données provient de volontaires sains, cet impact n’a pas été pris en compte. De
même, nous avons également supposé que les régions normales et les régions infarcies
ont la même rigidité, ce qui peut ne pas être le cas dans les cas cliniques réels. Enfin,
les combinaisons de paramètres de déformation n’ont pas été considérées dans cette
étude et est laissées pour des travaux futurs.

Il est certainement essentiel d’évaluer la performance de détection de l’infarctus des
paramètres basés sur la déformation sur des données cliniques de patients ischémiques.
Cependant, la complexité de l’acquisition, du traitement et de la détermination des
déformations à partir d’images de qualité clinique courante demeure difficile. Par
conséquent, la transposition de l’approche à des données cliniques est renvoyée à
de futures études. Le travail sur des données de synthèse nous a permis d’évaluer
les paramètres de déformation dans un cadre entièrement contrôlé. Notre étude a
également été limitée par l’approche de régression utilisée pour l’apprentissage, qui
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repose sur une distance globale entre les distributions de déformation traités comme
vecteurs colonnes et utilise une combinaison linéaire pour prédire l’emplacement des
infarctus. Bien que l’algorithme d’apprentissage ait été utilisé dans notre étude
comme un outil de détection d’infarctus du niveau de l’état de l’art pour évaluer
la performance des paramètres de déformation, d’autres approches de régression et
algorithmes d’apprentissage doivent être explorés.

12.4.2 Modéles VG pathologiques personnalisés

Nous avons introduit une approche intégrée qui combine la localisation de l’infarctus
basée sur l’apprentissage et la modélisation bio-mécanique inverse, afin d’extraire la
rigidité et la contractilité myocardiques spécifiques au patient. Nous avons étudié la
faisabilité de l’approche proposée en l’appliquant à vingt cas pathologiques obtenus
à partir d’une modélisation prospective de géométries de VG réelles.

Les paramètres matériels, rigidité passive C0 et contractilité Tmax, ont été opti-
misés avec succès et leurs valeurs sont présentées dans le Tableau 12.5, qui indique
également l’erreur quadratique moyenne point à point entre les déformations cir-
conférentielles prédites par la simulation personnalisée et les déformations de référence
obtenues par la modélisation directe des modèles pathologiques de VG. Des compara-
isons point à point ont été effectuées sur tous les points du modèle par éléments
finis, avec en moyenne 3 723,6 ±458, 7 points pour les vingt cas sélectionnés. Les
déformations circonférentielles montrent une très bonne concordance entre le modèle
personnalisé et la simulation de référence (voir les erreurs quadratiques moyennes
RMS dans le tableau 12.5). Les paramètres matériels trouvés grâce à l’optimisation
sont cohérents avec les valeurs de référence.

Il existe une certaine corrélation entre l’erreur quadratique moyenne et la précision
de la prédiction, bien qu’elle ne semble pas très significative (Figure 6.16, r2 = 0.23,
p = 0.04). Cette corrélation montre qu’une localisation précise de l’infarctus est
importante pour construire des modèles personnalisés de VG pathologique.

Pour approfondir notre approche, nous avons également optimisé le modèle avec
une contractilité homogène sur l’ensemble du VG, ce qui signifie que nous n’avons
pas préalablement partitionné la géométrie du VG pour la personnalisation. Les
résultats de cette identification homogène des paramètres actifs sont affichés dans le
Tableau 12.6. Les personnalisations partitionnées et non partitionnées ont donné lieu
à des erreurs quadratiques moyennes très faibles entre la référence et les déformations
circonférentielles prédites. Ceci est probablement dû à la contractilité partielle rela-
tivement élevée des régions d’infarctus (50,0-98,3% du myocarde sain). Cependant,
on peut observer que l’erreur RMS des personnalisations avec un paramètre actif ho-
mogène tend à augmenter à mesure que la gravité de l’infarctus augmente, ce qui
démontre l’importance de la partition de la géométrie du VG dans les cas où les
régions lésées ont peu ou pas de contractilité.

Plusieurs hypothèses ont été faites dans cette étude. La première hypothèse est
liée aux limites de la base de données pathologiques générée, telles que discutées dans
la section précédente. Ceci inclut les altérations géométriques possibles du VG qui
sont typiquement observées chez les patients ischémiques, la rigidité homogène du
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Table 12.5: Résultats de l’optimisation: paramètres homogènes passifs C0 et bf ,

paramètres actifs pour les régions saines (T healthymax ) et les régions d’infarctus (T infarctmax ), et
erreur quadratique moyenne (RMS) des déformations circonférentielles entre la référence

et la simulation

Cas C0 (kPa) bf Thealthymax (kPa) T infarctmax (kPa) Erreur RMS (%)

C1 0.12 10.72 122.83 66.93 2.17

C2 0.09 14.67 107.17 61.47 1.69

C3 0.1 14.5 149.92 65.32 3.51

C4 0.07 17.08 94.85 63.16 1.39

C5 0.1 14.19 115.83 75.68 0.19

C6 0.09 17.52 117.9 62.52 2.11

C7 0.1 13.44 106.89 64.48 1.17

C8 0.1 12.78 104.88 63.81 1.51

C9 0.08 16.38 114.41 62.84 2.49

C10 0.07 16.43 83.83 62.58 0.5

C11 0.06 21.15 86.2 64.06 1.21

C12 0.07 20.57 95.21 62.87 1.1

C13 0.07 22.94 118.89 65.79 2.43

C14 0.07 14.14 78.71 48.49 1.02

C15 0.07 17.82 85.62 64.45 1.18

C16 0.08 15.29 101.91 62.4 2.16

C17 0.07 18.58 82.54 55.65 0.89

C18 0.12 12.4 81.06 64.43 1.93

C19 0.12 15 87.7 76.55 2.11

C20 0.11 18.3 126.39 65.72 2.36
Moyenne (DS) 0.09 (0.02) 16.19 (3.11) 103.14 (18.85) 63.96 (5.79) 1.65 (0.78)
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Table 12.6: Résultats de l’optimisation systolique en l’absence de partitionnement de
l’infarctus : paramètre actif homogène (Tmax) et erreur quadratique moyenne (RMS) des
déformations circonférentielles point à point entre le modèle de référence et les modèles

personnalisés

Cas Tmax (kPa) Erruer RMS (%)

C1 121.35 0.06

C2 98.02 0.19

C3 115.6 0.1

C4 88.01 0.15

C5 115.37 0.11

C6 109.17 0.03

C7 98.82 0.41

C8 98.09 0.32

C9 89.52 0.85

C10 78.34 1.42

C11 78.71 0.45

C12 86.21 1.23

C13 96.67 0.51

C14 75.24 1.94

C15 79.59 1.23

C16 85.48 1.22

C17 78.29 2.63

C18 74.53 1.97

C19 81.53 2.24

C20 93.59 1.72
Moyenne (DS) 92.11 (14.33) 0.95 (0.83)
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Figure 12.8: Corrélation entre l’erreur de prédiction et l’erreur quadratique moyenne
quadratique (RMS) des déformations circonférentielles point à point entre le modèle de

référence et les modèles personnalisés

VG supposée dans nos cas pathologiques, et la définition binaire des régions lésées
sans considérer de zone de transition. Une autre limitation est due à la rigidité
homogène assignée à l’ensemble du VG dans notre base de données, qui pourrait
ne pas être réaliste là où les régions de nécrose sont généralement plus rigides avec
une contractilité partielle. Cependant, notre approche est facilement adaptable pour
optimiser deux régions de matériaux passifs, bien que la non-unicité des solutions
doive encore être étudiée. Les deux paramètres actifs pour les régions d’infarctus et
saine ont été identifiés simultanément dans cette étude, ce qui pourrait mener à la
non-unicité des paramètres. Néanmoins, nous avons montré l’application clinique po-
tentielle de l’approche proposée. En s’appuyant sur des cas synthétiques, nous avons
limité les incertitudes et imprécisions qui peuvent être introduites dans l’extraction
de la géométrie et les mesures de déformation cardiaques issues de l’imagerie.

12.5 Conclusion

Dans la première partie de ce chapitre, nous avons proposé une évaluation appro-
fondie de divers paramètres de déformation pour localiser l’infarctus du myocarde.
Nous avons exploité la modélisation par éléments finis pour générer une large base de
données de cœurs pathologiques et tester les limites d’un algorithme de localisation
dans une grande variété de configurations d’infarctus. Grâce à notre protocol de test
basé sur des modèles et de l’apprentissage, nous avons été en mesure d’évaluer la per-
formance de neuf paramètres pour la localisation des infarctus. L’un des paramètres
de déformation les plus performants de notre étude est la déformation circonférentielle,
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qui est une mesure relativement disponible dans un contexte clinique. Notre analyse
s’est appuyée sur une base de données synthétique, ce qui justifie maintenant des
études sur des données cliniques.

Dans la deuxième partie de ce chapitre, nous avons étudié la faisabilité de combiner
la localisation de l’infarctus et la personnalisation de modèles de VG pathologiques.
L’approche repose sur des données cardiaques telles qu’elles sont acquises en imagerie
par résonance magnétique de routine, notamment des géométries reconstruites du VG
et les distributions des déformations myocardiques qui peuvent être calculées par une
technique de suivi des primitives. Notre étude montre des résultats très prometteurs.
L’approche proposée devra être expérimentée sur un plus grand nombre de données
réelles afin d’envisager son utilisation dans le cadre d’un diagnostic et d’un pronostic
plus précis et personnalisés des maladies cardiaques.

246



Conclusion et perspectives

Conclusion générale

Les travaux de thèse présentés dans ce rapport ont porté sur la personnalisation de
modèles bio-mécaniques du ventricule gauche normal et pathologique. Plus précisément,
en combinant des données issues de l’imagerie cardiaque, algorithme d’apprentissage
et modélisation personnalisée du ventricule gauche, nous visons à fournir aux clini-
ciens de nouvelles informations - qui ne sont pas disponibles dans la pratique clin-
ique actuelle - afin d’améliorer le diagnostic, le traitement et le suivi des patients
ischémiques.

Dans le premier chapitre, un aperçu général de la structure et de la fonction car-
diaques a été présenté, suivi d’une description détaillée de la cardiopathie ischémique.
Ce chapitre soulignait principalement l’importance d’un diagnostic et d’un pronos-
tic précis de la maladie cardiaque après un infarctus aigu du myocarde. Certains
paramètres de la mécanique cardiaque, comme la rigidité et la contractilité du my-
ocarde, sont capables de caractériser plus finement les pathologies. Cependant, ces
mesures sont encore très difficiles à estimer dans la pratique clinique. Les progrès
de la modélisation numérique permettent aujourd’hui d’estimer ces paramètres. Au
chapitre 2, nous avons discuté plusieurs modèles récents qui ont été élaborés à di-
verses fins. Malgré leur potentiel, l’identification et la validation de la plupart de
ces modèles nécessitent des séquences d’imagerie multiples et des acquisitions rela-
tivement longues, qui peuvent ne pas être adaptés à la routine clinique. Ainsi, ce
travail de thèse vise à extraire de nouveaux biomarqueurs mécaniques basés sur des
informations strictement cliniques acquises chez des sujets sains et pathologiques.

Le chapitre 3 décrit l’implémentation de notre modèle de coeur dans le logiciel
d’éléments finis commercial Abaqus. Nous l’avons validé par rapport à des problèmes
de référence et à un modèle publié, ce qui est une étape essentielle pour vérifier
l’exactitude de notre mise en œuvre. Notre première contribution est la définition et
l’estimation de biomarqueurs in vivo spécifiques au sujet qui soient capables de car-
actériser l’état fonctionnel mécanique du ventricule gauche, que nous appelons indice
de rigidité SI et indice de contractilité CI . Cette approche est basée uniquement
sur une acquisition de routine en IRM cardiaque et a été évaluée sur 21 volontaires
sains, préparant ainsi son application potentielle en condition clinique. Les modèles
personnalisés obtenus ont montré une précision suffisante.

Notre deuxième contribution concerne l’étude du potentiel pronostique des indices
biomécaniques susmentionnés pour prédire la progression des lésions myocardiques
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chez les patients atteints de cardiopathie ischémique. L’étude a porté sur 25 pa-
tients souffrant d’un premier infarctus du myocarde, qui ont bénéficié d’acquisitions
d’images par résonance magnétique cardiaque 5 jours (D5) et 12 mois (M12) après
l’infarctus. Les indices bio-mécaniques ont été extraits à partir de modèles person-
nalisés de VG basés sur les données d’imagerie à D5. Nous avons évalué la corrélation
des indices et l’évolution clinique des patients à M12. Notre dernière contribution
était une évaluation préliminaire de notre approche de modélisation pour estimer SI
et CI uniquement basée sur la géométrie du VG, la déformation myocardique, les
volumes et la pression du VG, donc avec aucune information préalable sur la présence
et la localisation de lésions d’infarctus. Dans cet objectif, nous avons : 1) élaboré
un protocol pour évaluer la performance de divers paramètres de déformation pour
la localisation d’infarctus à partir d’une grande base de données de cas pathologiques
réalistes et d’un algorithme d’apprentissage par régression ; et 2) testé la faisabilité
de l’ensemble de la chaine de personnalisation des paramètres bio-mécaniques en con-
dition réelles.

Limites actuelles

Les principales limites de nos trois contributions sont principalement dues aux hy-
pothèses qui sous-tendent notre modèle de VG. Premièrement, la simplification géométrique
de ne pas inclure le ventricule droit, les muscles papillaires ou de ne pas inclure les
oreillettes affecte certainement la précision du modèle de VG. Nous avons également
négligé les aspects multiphysiques d’un cœur fonctionnel, c’est-à-dire la dynamique
du flux sanguin et l’électrophysiologie. Il en est de même de la distribution homogène
de la tension active dans notre modèle. Néanmoins, nous pensons qu’ajouter de la
complexité à notre modèle peut ne pas systématiquement aboutir à un modèle plus
précis. Le fait de nous concentrer uniquement sur la mécanique cardiaque nous a per-
mis d’éviter d’introduire des incertitudes inutiles et des hypothèses supplémentaires
dans notre modèle.

Dans le présent rapport, notre approche de personnalisation était basée sur les
pressions normales en télé-diastole et en télé-systole de la littérature. Comme nous
l’avons vu aux chapitres 4 et 5, cette hypothèse peut ne pas être déterminante pour la
personnalisation des données de volontaires sains, mais elle l’est certainement pour la
modélisation des cœurs pathologiques, car les pressions du VG des patients cardiaques
pourraient être significativement modifiées. Notre approche de personnalisation est
également limitée par l’identification non unique des deux paramètres passifs de la loi
transversalement anisotrope que nous avons utilisée. Nous avons également supposé
que les segmentations et les mesures issues de l’IRM étaient précises. L’exactitude de
nos modèles repose donc en grande partie sur la précision d’estimation de ces mesures.
Ceci est particulièrement vrai pour les travaux relatés dans le chapitre 5.

Relativement au chapitre 5, l’une des limites est liée à l’affectation des car-
actéristiques matérielles dans les régions fonctionnelles et les régions d’infarctus.
Nous avons supposé des relations fixes entre ces régions en termes de rigidité et
de contractilité, ce qui n’est pas le cas dans la réalité. De plus, notre étude a
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porté sur un ensemble de cas plutôt restreint, ce qui pourrait rendre la corrélation
entre les indices bio-mécaniques personnalisés et la progression fonctionnelle my-
ocardique pas immédiatement apparente. Concernant le chapitre 6, la base de données
pathologiques ne tient pas compte des altérations géométriques globales et locales qui
peuvent survenir après un infarctus du myocarde. Nous avons également assigné une
rigidité unique à l’ensemble du VG et une contractilité partielle dans la région de
l’infarctus sans définir de zones de transition. Idéalement, il s’agirait de re-conduire
cette étude directement sur les données cliniques.

Perspectives

Les approches de modélisation abordée dans cette thèse pourrait être explorée beau-
coup plus avant. Sur le plan de la géométrie, comme on l’a dit précédemment, les
effets de l’inclusion de diverses structures myocardiques dans les modèles devraient
être analysés. De plus, l’orientation des fibres spécifique au patient doit être étudiée
pour déterminer si elle a un effet significatif sur la précision du modèle. D’autres
conditions limites et différentes lois constitutives devraient également être explorées.
Idéalement, des études futures dans ces directions permettraient d’obtenir une com-
binaison de composantes du modèle capable d’assurer une précision suffisante et un
coût de calcul acceptable.

Des études sur davantage de données cliniques peuvent certainement être une
prochaine étape. Il serait intéressant de refaire l’analyse du chapitre 5 sur une plus
vaste série de données. Au lieu de prédire la progression fonctionnelle du myocarde, il
serait intéressant d’étudier la corrélation entre les paramètres bio-mécaniques person-
nalisés et l’impact de certains médicaments et traitements. Si l’ensemble de données
est suffisamment important, il pourrait devenir possible d’évaluer la faisabilité de
réduction des coûts de calcul en exploitant des techniques basées sur l’apprentissage
pour prédire la progression fonctionnelle myocardique ou les résultats d’un traitement.

Malgré ses limites, nous pensons que nos travaux contribuent à l’effort actuel
de déploiement de modèles computationnels dans la pratique clinique dans un avenir
proche, car les données considérées dans nos travaux étaient constituées d’informations
cliniques limités obtenus en imagerie cardiaque de routine. L’approche proposée per-
met d’extraire des informations mécaniques complémentaires sur la structure et la
fonction des cœurs sains et pathologiques. Étant donné que la puissance de calcul et
l’imagerie médicale progressent de pair, on peut envisager l’exploitation d’approches
fondées sur des modèles relativement rapidement en vue d’améliorer substantiellement
le diagnostic et le pronostic des patients atteints d’une maladie cardiaque.
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