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Abstract
An emerging therapy to limit adverse heart remodelling following myocardial
infarction is the injection of polymers into the infarcted left ventricle (LV). In the few
numerical studies performed in this field, the definition and distribution of the hydrogel
in the infarcted myocardium was simplified. In this computational study, a more
realistic biomaterial distribution was simulated after which the effect on cardiac
function and mechanics was studied. A validated FE heart model was employed in
which an antero-apical (AA) infarct was defined. Four infarct models were created
representing different temporal phases in the progression of a myocardial infarction.
Hydrogel layers were simulated in the infarcted myocardium in each model.
Biomechanical and functional improvement of the LV was found after hydrogel
inclusion in the ischemic models representing the early phases of myocardial infarction.
In contrast, only functional but no mechanical restitution was shown in the scar model
due to hydrogel presence.
Keywords: myocardial infarction; injection therapy; hydrogel; FE model.

1. Introduction
Cardiovascular diseases are the world’s largest killers, claiming 17.1 million lives a year. By
2030, it is expected that almost 23.6 million people will die from cardiovascular diseases,
mainly from heart disease and stroke (Cardiovascular diseases (CVDs) - Key Facts 2011). A
dramatic increase in cardiovascular disease incidences is expected in Africa, in conjunction
with improvement of economic wealth and social environment and the emergence of obesity,
diabetes and uncontrolled hypertension (Steyn et al. 2005).
Of all cardiovascular pathologies, myocardial infarction has been presented as the
most common cause of heart failure (Heart disease 2008). Myocardial infarction (MI) is the
death of myocardium caused by the occlusion of the coronary artery which supplies oxygen
and nutrients to the infarcted region. Immediately after occlusion, the infarcted myocardium
converts from an active, contractile tissue to a passive non-contractile material. This results in
an increase in loading of the heart that induces a unique pattern of remodelling of the
infarcted and non-infarcted myocardium. A cascade of biochemical intracellular signalling
processes is triggered that initiates and, subsequently, regulates reparative changes which
include dilatation, hypertrophy and the formation of a discrete collagen scar (Sutton and
Sharpe 2000; Holmes et al. 2005). Ventricular remodelling may continue for weeks or
months but since these intrinsic mechanisms of repair often fail to fully restore the heart
function, they may lead to a downward spiral into end-stage heart failure. Ventricular dilation
is strongly related to poor outcomes following myocardial infarction (Tischler et al. 1993;
White et al. 1987) and is propagated by a positive feedback loop with LV wall stress (Pfeffer
and Pfeffer 1987; Pfeffer and Braunwald 1990).
Many therapies try to limit the adverse remodelling of the heart by using mechanical
approaches to attenuate cardiac dilation, restore geometry and decrease heart wall stress.
These treatments can be divided into highly invasive surgical procedures which have shown
some clinical efficacy even in chronic heart failure patients (Guccione et al. 2003; Klodell Jr
et al. 2008), and into the use of injectable biomaterials whose application and research have
grown over the past decade (Nelson et al. 2011; Kawamoto et al. 2003). Intra-myocardial
biomaterial injection therapy has been inferred to have acute functional benefits on cardiac
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function and myocardial wall stress (Nelson et al. 2011). Nevertheless, to elucidate the
specific mechanisms behind these functional improvements and to increase the potential of
this therapy, more research is needed. The optimization of biomaterial properties, such as
mechanical properties and biodegradability, and the number of injections, volume, location
and the timing of delivery after infarction seem to be most in need of investigation.
The finite element (FE) method is well suited to address these issues. It has been
shown to be the perfect tool to capture many aspects of LV mechanics with a representative
3-dimensional geometry and the definition of both contractile and passive material properties.
Previous FE studies have validated computational predictions by indicating good agreement
with myocardial strains measured with implanted markers or tagged magnetic resonance
imaging (MRI) (Bovendeerd et al. 1996; Guccione et al. 1991; Omens et al. 1993). However,
only a few computational studies have been performed in which the short-term mechanical
effects of post-infarct biomaterial injection into the myocardium were investigated.
Wall et al. (2006) investigated single and multiple border zone injections and single
injection into the infarct zone with a range of injection volumes and various mechanical
properties of the injected material. A validated FE model of an ovine LV with an anteroapical (AA) infarct was used which was previously proposed by Walker et al. (2005).
Material injection was represented by local adjustment of the FE mesh. Biomaterial
properties were not defined independently but by applying a volume-mixing rule to alter the
overall mechanical properties and contractility of the myocardium due to biomaterial
incorporation. Results showed that material injection in the infarct border zone reduced endsystolic LV fibre stresses. This attenuating effect on wall stress increased with the fractional
volume added and the stiffness of the injected material. Furthermore, material injection
resulted in a slight increase in ejection fraction (EF), but another indicator of cardiac
function, stroke volume divided by LV end diastolic pressure, was unchanged. Wenk et al.
(2009) developed a finite element (FE) based method to optimize the injection pattern of
spherical polymeric inclusions according to a specific objective function. Both myofibre
stress and stroke volume were incorporated into the objective function with different weights.
Material properties were defined by a pseudo-elastic strain energy function and a timevarying elastance model of active contraction (Guccione et al. 1991, 1995). Infarcted tissue
was not defined in the model with the diseased state of the heart being represented only by its
dilated geometry. Results indicated that as the number of inclusions increased, the mean
myofibre stress in the LV decreased both at end-diastole and end-systole. However, the
incorporation of both stress and stroke volume together in the objective function led to a
result that deviated from the maximum number of inclusions. The main limitation of both FE
studies is that the biomaterials injected into the myocardium were modelled in a simplified
fashion that was not based on experimental work and did not provide a micro-structural
representation of the distribution of the material in the myocardium.
Hence, the objective of this study is to model a more realistic distribution of the
incorporated hydrogel in the infarcted LV heart wall, and to investigate the effect of the
included hydrogel on cardiac functionality and myofibre mechanics. To reach this goal, a
previously developed canine FE model was used in which large LV antero-apical (AA)
infarcts were simulated. Different infarct models were created by changing the mechanical
properties of the infarcted tissue according to the development of a myocardial infarction in
time (Holmes et al. 2005). In this way, four models were developed representing three
ischemic infarct stages and one scarred infarct. Biomaterial dispersion in the infarcted wall
was simulated as multiple thin layers to approximate the layered distribution of the injected
biomaterial observed in previous experimental studies (Dobner et al. 2009; Ifkovits et al.
2010). Cardiac functional parameters, myofibre stresses and strains were calculated and
evaluated for each infarct model with and without incorporation of the hydrogel layers.
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2. Materials & Methods
To study the effect of hydrogel inclusion in the infarcted LV wall, the software package
Continuity®6.3b (University of California in San Diego, CA, USA) was used in which a 3D
finite element (FE) ventricular model is coupled to a lumped parameter systems model of the
circulation (Kerckhoffs et al. 2007). A pre-existing canine heart model was employed that
featured a left and right ventricular geometry including the 3D myofibre angle distribution
(Nielsen et al. 1991). The FE mesh was created from the unloaded, resting heart and cavity
volumes were equal to 26.1 and 22.3 ml for the left and right ventricle, respectively. The
initial mesh consisted of 48 tricubic Hermite elements in a 4x3x4 grid (circumferential x
longitudinal x transmural). For the purpose of the current study, the initial mesh described
above was refined in the transmural direction to increase the number of element layers
between the left ventricle endocardium and the epicardium.
2.1 Constitutive models
Passive myocardium (during diastolic filling) was modelled using a nearly incompressible,
transversely isotropic strain energy function W:

1
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where Eff is the fibre strain, Ecc is cross-fibre in-plane strain, Ess is the radial strain transverse
to the fibre, Ecs is the shear strain in the transverse plane, and Efc and Efs are shear strain in
fibre – cross-fibre and fibre – radial coordinate planes, respectively. The diastolic myocardial
material parameters; stress-scaling coefficient C = 0.88 kPa, bff = 18.5, bcc = 3.58 and bfc =
1.63 were determined previously for healthy canine myocardium (Guccione et al. 1991). The
last term of the strain energy function W, Equation (1) represents the penalty function to
model the passive myocardium as nearly incompressible. Ccompr is the bulk modulus of the
tissue and was set to 100 kPa, while I3 represents the volume ratio (determinant) of the stretch
tensor U (Usyk et al. 2000).
Active myocardium (during systolic contraction) was modelled as the sum of the
passive stress derived from the strain energy function, Equation (1), and an active fibre
directional component (T0). The latter is a function of time (t), peak intracellular calcium
concentration (Ca0), sarcomere length at which no active tension develops (l0), stress-free
sarcomere length (lR), and maximum isometric tension achieved at the longest sarcomere
length (Tmax). The material constants for active contraction were set to the following values as
previously described; Ca0=4.35 mol/ l, l0=1.58 m, lR = 1.85 m, and Tmax = 135.7 kPa
(Guccione et al. 1993).
2.2 Infarct models & hydrogel inclusion
To study the effect of myocardial infarction and hydrogel injection on cardiac performance
and biomechanics, a reference model of the healthy heart and models of a heart with anteroapical (AA) myocardial infarct (Figure 1) with different constitutive properties of the infarct
region were generated. The infarct models were classified according to the chronological
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development of a healing myocardial infarct after occlusion of the left anterior descending
(LAD) artery supplying the AA region of the heart. AA ischemic infarct model 1 (II1)
represents the time period immediately after occlusion of the coronary artery. In this phase of
the healing process, the mechanics of the infarcted region are dominated by the conversion of
the myocardium from active, force-generating material to a passive non-contractile tissue
(Holmes et al. 2005). As a result, an acute ischemic infarct model was created by disabling
active contraction in the AA region of the heart. The intracellular calcium concentration in
the infarcted tissue was set to zero (Ca0 = 0 mol/ l) to shut down active contraction. The
passive mechanical properties of the cardiac tissue (stress-scaling coefficient C) and the fibre
directions were not altered compared to the healthy model. AA ischemic infarct models 2
(II2) and 3 (II3) simulate the phase of the infarct healing process in which necrosis (cell death)
and degradation of structural proteins result in a decrease in passive mechanical properties of
the infarcted myocardium (Holmes et al. 2005). Consequently, the tissue stiffness was set at
50% and 25% of the healthy value by decreasing the stress scaling coefficient C to 0.44 kPa
and 0.22 kPa for models 2 and 3, respectively. The AA region was defined as non-contractile
(Ca0 = 0 mol/ l), while all other parameters including the wall thickness were identical to the
healthy model. Lastly, the AA scarred infarct model (SI) mimics the scar formation in the
infarcted region which results in a large increase in tissue stiffness and thinning of the wall
(Holmes et al. 2005). The AA scarred infarct was modelled as non-contractile and stiff by
increasing the stress scaling coefficient C, 10-fold to 8.8 kPa (Sun et al. 2009). Moreover, the
thickness of the AA infarcted wall was reduced from both the endo- and epicardial side
corresponding to a total volume of 9.4 ml to simulate wall thinning due to scar formation
(Holmes et al 2005). Active contraction of the infarcted tissue was shut down (Ca0 = 0 mol/
l) while all other parameters were not different from the healthy heart model (Dang et al.
2004, 2005; Guccione et al. 2001).
[figure 1]
The hydrogel inclusions were described as a structure of four alternating thin layers into the
wall of the AA infarct (Figure 2). This biomaterial configuration was chosen to approximate
the multi-layered distribution of the injected biomaterial observed in previous experimental
studies (Dobner et al. 2009; Ifkovits et al. 2010). The total volume of the incorporated
hydrogel was set at 9.4 ml. This was the same in all models and was added to the volume of
the AA infarcted region leading to wall thickening in the infarct models with hydrogel
inclusion. Thickness of the AA infarcted wall was increased from both the endo- and
epicardial side. The hydrogel volume of 9.4 ml on a total heart wall volume of 141.2 ml in
the three ischemic models and 131.8 ml in the scarred model indicated a hydrogel content of
6.7% and 7.1%, respectively.
Mechanical properties of the hydrogel were defined as isotropic. Isotropic material
properties were modelled by choosing the same value, 18.5, for the strain and shear
coefficients bff, bcc and bfc, in the strain energy function. The stiffness of the hydrogel was
based on a previous study in which a non-degradable biomaterial, polyethylene glycol (PEG)
was injected in a rat infarct model (Dobner et al. 2009). Mechanical testing of this gel
indicated that the stiffness of the gel was 50% of the stiffness of healthy myocardium
(unpublished results). So, the stress scaling coefficient C for healthy myocardium; C=0.88
kPa, was reduced with 50% for the hydrogel; C=0.44 kPa. Lastly, the hydrogel was modelled
as non-contractile (Ca0 = 0 mol/l). To investigate the effect of a particular AA infarct with
or without hydrogel inclusions on the cardiac function, simulations were run for every model,
and global cardiac hemodynamics and regional mechanics were investigated.
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[figure 2]
2.3 Cardiac hemodynamics

Cardiac hemodynamics were analyzed by computing the pressure-volume relationships of the
left ventricle (LV) for the systolic and diastolic phase of the cardiac cycle. The diastolic
compliance or passive filling of the LV is represented by the end-diastolic pressure volume
relation (EDPVR), while the systolic elastance or contractility of the LV is defined by the
end-systolic pressure volume relation (ESPVR). Systolic contractility or elastance (Emax) is
one of the cardiac functional parameters and is obtained by determining the slope of the
ESPVR curve. The dead space volume (V0) is the volume inside the ventricle which is not
able to be ejected and is defined by the volume intercept of the ESPVR curve. The other
cardiac functional parameters, stroke volume and ejection fraction were calculated from the
pressure – volume (PV) relations by the following equations:
SV  VED - VES
EF 

SV

(3)
(4)

VED

in which SV is the stroke volume (ml), VED is the end-diastolic volume (ml) determined at
the end-diastolic pressure of 1.33 kPa (10 mmHg), VES is the end-systolic volume (ml)
assessed at the end-systolic pressure of 13.3 kPa (100 mmHg), and EF is the ejection fraction
(-) of the left ventricle.
2.4 Myocardial mechanics

Myofibre stresses in reference to the local muscle fibre orientation were calculated in the left
ventricle for the healthy control and the infarct models. Stress values were obtained at the
Gaussian points of each element and the average value per element was weighted by the
element volume. Myofibre stresses were computed and averaged at end-diastole (P=10
mmHg = 1.33 kPa) and end-systole (P=100 mmHg = 13.33 kPa). To study the effect of
hydrogel injection on extreme stress and strain values in the (infarcted) AA region of the left
ventricle, maximum end-diastolic and end-systolic myofibre strains and stresses were
calculated for the different models.

3. Results
3.1 Cardiac hemodynamics; Pressure Volume (PV) relationships & cardiac
functional parameters

The cardiac hemodynamics of the different heart models were studied by obtaining the enddiastolic and end-systolic PV relationships of each model and calculating the cardiac
functional parameters. The PV relationships for the healthy and different infarct models with
and without hydrogel layer incorporation in the infarcted wall are shown in figure 3. The
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cardiac functional parameters of the healthy and all infarct models were calculated from the
PV relationships and are shown in table 1.
[figure 3]
[table 1]
In comparison to the healthy case, a decrease in contractility (Emax) of 32%, 37% and
40% is seen in models II1, II2 and II3, respectively. A reduction of 20% in contractility is
shown in the SI model, relative to the healthy reference. An increase in V0 of 19%, 19%, 21%
and 12% is observed in the II1, II2, II3 and SI models, respectively, when compared to the
healthy model. The decrease in stroke volume (SV) is similar as seen for the contractility in
models II1, II2, II3 and SI; 52%, 50%, 48% and 59%, respectively. The ejection fraction (EF)
is reduced by 52% in models II1, II2 and II3, and by 53% in the SI model compared to the
healthy model.
Improvement of cardiac contractility of 14%, 21% 25% and 8%in the II1G, II2G, II3G,
and SIG models, respectively, is shown after incorporation of hydrogel in the AA infarcted
wall. A decrease of V0 of 6.5%, 6.0% and 7.4% is seen in the II1G, II2G and II3G models,
respectively after hydrogel inclusion in the myocardial wall. In the SIG model, a small
increase in V0 of 1.2% is even observed. Stroke volume values are recovered by 2.0%, 1.3%
and 14%, respectively, in the II1G, II2G and SIG models. However, no improvement of the
stroke volume but a decrease of 1.1% is found in the II3G model compared to the II3 model.
The ejection fraction of the left ventricle is raised by 10% in II1G, 12% in II2G, 12% in II3G
and 14% in SIG, as a result of the hydrogel layer presence in the heart wall.

3.2 Myocardial mechanics; LV myofibre stresses & maximum infarct myofibre
stresses and strains

Left ventricular myofibre stresses were calculated and averaged at the end-diastolic (ED) and
end-systolic (ES) phases of the cardiac cycle in the different cardiac models. Results are
represented in table 2. A decrease of 16%, 22%, 25% and 3.0% in average ED LV myofibre
stresses is observed in models II1G, II2G, II3G and SIG respectively, compared to the models
without hydrogel. The same phenomenon is seen in the mean ES LV myofibre stresses; a
stress reduction of 21%, 27%, 29 % and 2.1% in the II1G, II2G, II3G and SIG models,
respectively. In the ischemic models without hydrogel, average ED LV myofibre stresses are
indicated which are equal (II1) and larger (II2 and II3) than in the healthy control model. After
hydrogel addition, smaller mean ED LV myofibre stresses are found in the ischemic models
compared to the healthy control. The same observation is made for the average ES LV
myofibre stresses. In the ischemic models without hydrogel, average ES LV myofibre
stresses are larger than in the healthy control model. Additionally, smaller mean ES LV
myofibre stresses are found in the ischemic models with hydrogel inclusion compared to the
healthy control.
[table 2]
The maximum ED and ES myofibre stresses and strains in the AA region of the heart
are represented in figure 4. The positive effect of hydrogel inclusion is clearly observed in all
three ischemic models. Maximum ED myofibre stress values are decreased with 27%, 45%
and 48% respectively in models II1G, II2G and II3G. Moreover, maximum ES myofibre
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stresses are reduced with 43%, 54% and 56% respectively in models II1G, II2G and II3G. The
same trend is seen for the maximum myofibre strain values in the infarcted tissue in ED but
not in ES. A decrease of 5.6%, 4.8% and 8.3% of the maximum ED myofibre strains is
observed while maximum ES myofibre strains are increased with 8.0%, 3.4% and 3.0% in the
II1G, II2G and II3G models, respectively. In contrast, maximum stresses and ED strain in the
infarct region in the SIG model are found to be higher instead of lower due to hydrogel
injection; maximum stresses are grown with 53% and 57% and maximum ED strain with
44% while the maximum ES strain is reduced with 14%.
[figure 4]
4. Discussion

Despite the growing literature of experimental research in which biomaterial injection has
been applied to improve cardiac functionality after myocardial infarction (Nelson et al. 2011)
only a limited number of numerical studies have been performed (Wall et al. 2006, Wenk et
al. 2009). In these studies, the definition and distribution of the simulated hydrogel in the
infarcted LV wall was simplified and needed to be improved towards in vivo data. Therefore,
the objective of this computational study was to examine the effect of a more realistic
biomaterial distribution in the infacrted LV wall, on cardiac function and heart wall
mechanics.
A validated canine FE heart model was employed in which an antero-apical (AA)
infarct was defined. Four infarct models were created representing different temporal phases
in the development of a myocardial infarction from the onset of the infarct towards the
formation of scar tissue. Multiple hydrogel layers of which the distribution was based on
experimental studies were simulated in the infarcted myocardium of each model.
Biomechanical and functional improvement of the infarcted LV was found after hydrogel
inclusion in the infarct models representing the early phases of myocardial infarction. Only
functional improvement was shown in the scar model due to hydrogel presence.
4.1 Cardiac hemodynamics

The pressure-volume diagrams and the derived cardiac functional parameters indicated
enhancement of LV functionality due to hydrogel incorporation in the infarcted myocardium
in the three ischemic models and in the scar model.
In general, cardiac function is affected by the mechanical properties of the
myocardium. A change in mechanical properties of the infarcted myocardium due to
hydrogel injection can lead to an improvement in ventricular performance. The mechanical
behaviour of the infarcted tissue has a different influence during both phases of the cardiac
cycle. During systole, a compliant infarct region hinders contraction as the tissue is stretched,
energy of the healthy non-infarcted myocardium is dissipated and the ventricular pump
function is reduced (Bogen et al. 1980; Laird and Vellekoop 1977). In contrast, little negative
effects of a stiff infarct on cardiac contraction have been found. During diastole, however, a
stiff infarct impairs diastolic filling by enlarging the overall ventricular stiffness (Smith et al.
1974). These mechanisms also apply when mechanical properties of the myocardium are
changed by injection of biomaterials into the myocardium.
The pressure-volume diagram is commonly used to assess cardiac (LV) functionality.
Myocardial infarction affects both the systolic and diastolic functions of the ventricle which
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are visualized in the diagram. An increase in stiffness of the LV due to scarring of the
myocardium following an infarct, leads to an increase in the slope of the EDPVR requiring
increased pressure to enlarge and fill the less-compliant ventricle. In addition, a decrease in
LV stiffness leads to a decline in the EDPVR-slope. In the II2 and II3 models, a reduced
stiffness was defined in the infarcted region and, therefore, the slopes of the EDPVR curves
were smaller than that of the healthy control. In model II1, the same diastolic behaviour as in
the healthy control model was obtained since the passive properties of both models were
identical. After addition of the hydrogel layers in these models, the stiffness of the infarcted
region was increased and the slopes of the EDPVR curves were augmented. An inverse effect
should have been seen in the SIG model, an increase in compliance of the myocardium due to
addition of a less stiff biomaterial. However, this effect was very small probably due to the
relatively small volume of hydrogel included in the LV wall.
The effect of regional infarction on the systolic ventricular function, indicated by the
ESPVR curves is less straightforward. The slope of the ESPVR curve representing
contractility (Emax), not only reflect the contractile state of the non-infarcted muscle, it is also
a measure of the net elastance of both infarcted and normal myocardium (Kass et al. 1990). In
all infarcted models, active contraction was disabled in the AA region of the heart and,
therefore, contractility (Emax) of the LV was smaller than in the healthy model. In the II1, II2
and II3 models, the stiffness of the infarcted tissue was equal, 50% and 25%, respectively, of
the stiffness of the infarct region in the healthy model. Therefore, ventricular contractility
was highest in model II1 and lowest in II3. After incorporation of the biomaterial layers, the
wall thickness, mechanical properties and, consequently, contractility of the myocardium
were increased. The relative increase in contractility was largest for model II3G and smallest
for II1G. For all three ischemic models the contractility after hydrogel layer inclusion in the
myocardial wall seemed to be similar despite the different mechanical properties of the
infarct region. This could suggest that independent of the time point of injection but before
scar formation, hydrogel layer inclusion would lead to the same improved LV contractility.
However, the formation of a layered hydrogel distribution in the infarcted LV wall was only
reported to occur in vivo after immediate biomaterial injection following myocardial
infarction (Dobner et al 2009; Ifkovits et al. 2010). Consequently, more research is required
to investigate if multi-layered gel formation would also result from biomaterial injection in
the infarcted cardiac tissue at different time points after the onset of infarction.
In the scar model, the contractility of the ventricular myocardium was in between the
contractility values found in the healthy and ischemic models. Of all models, stiffness of the
infarct region was highest in the scar model and this resulted in the smallest reduction in
contractility compared to the healthy model. In the scar model, the effect of hydrogel layer
inclusion in the LV wall was smaller than in the ischemic models, but it still led to an
increase in contractility. The substitution of a part of the scarred infarct region by a less stiff
material would have lowered the overall stiffness and contractility of the ventricular wall.
However, the hydrogel inclusion was responsible for an increase in wall thickness resulting in
a rise in overall stiffness and, consequently, a larger contractility in the scarred infarct model.
In the ischemic models, the positive effect of hydrogel layer incorporation in the LV
wall on dead space volume (Vo) was clearly visible, while in the SIG model a slightly adverse
effect was observed. From literature it is known that the effect of regional infarction on the
PV diagram results in a rightward shift of the ESPVR curves due to an increase in V0 along
the volume axis (Kass et al. 1990; Sunagawa et al. 1983). This shift is explained by the
passive stretching of the infarcted tissue when active contraction is disabled. It leads to an
enlarged dead space volume due to regional bulging within the ventricle wall. This volume is
displaced inside the ventricle but is not able to be ejected. The magnitude of the rightward
shift of the ESPVR curve correlates with the proportion of ventricle that has become
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infarcted. Since the size of the infarcted region was identical in the ischemic infarct models
(II1, II2 and II3), the difference in the rightward shift of V0 for these models resulted from the
difference in mechanical properties of the infarcted region. When the mechanical properties
of the myocardial infarct are lower, stretching of the ventricular wall is larger resulting in a
larger rightward shift of V0.
The presented leftward shift of the V0 curves of all infarct models after hydrogel
inclusion seemed to be dominated by the geometric change of the LV due to the hydrogel
layer incorporation, which led to an increase in LV wall volume and a decrease in LV cavity
volume. The effect of the change in mechanical properties due to the hydrogel, appeared to
be less since the dead space volumes were similar in the three ischemic models with hydrogel
addition.
4.2 Myocardial mechanics

The mechanical analyses showed that the inclusion of hydrogel layers into the infarcted
myocardial wall led to a decline in mean LV myofibre stresses and maximum myofibre
stresses in all ischemic cardiac models. This is a positive effect since high stresses in the
heart wall can lead to progressive structural and functional changes in the heart muscle
predisposing towards the end stage of cardiac failure (Baig et al. 1999). In contrast to the
results with regard to ventricular performance, the addition of hydrogel layers in the scar
model did not positively affect the cardiac mechanics.
The mean LV myofibre stress level reduction due to hydrogel incorporation was 21 29% for ES and 16 - 25% for ED in the ischemic infarct models. This reduction was larger as
seen in a previous FE study in which the most optimal pattern of polymer inclusions in the
LV wall led to a decrease in mean LV myofibre stress of 5% and 15%, respectively, for ES
and ED when compared with the model without inclusions (Wenk et al. 2009). While the
dimensions of the LV geometry in both studies were similar (in both cases a dog model was
used), the amount and distribution of the hydrogel inclusions were considerably different. In
this study, a layered hydrogel configuration with a total volume of 9.4 ml was modelled
whereas in the previous FE study, the biomaterial incorporation was simulated by spherical
polymers having an overall volume of 5.2 ml (Wenk et al. 2009). It has been shown before
that the mean myofibre stress in the LV reduces as the injected biomaterial volume is larger
(Wall et al. 2006; Wenk et al. 2009). This may be the reason for the larger stress reduction
due to hydrogel addition seen in this study.
The stress results showed that the presence of an AA infarct into the LV wall led to an overall
increase in mean LV myofibre stress in all infarct models, i.e. the mean LV myofibre stress in
the healthy model was smaller than in the infarct models. This was in correspondence with
previous studies (Walker et al. 2005; Dang et al. 2005; Wenk et al. 2011). Moreover, the
incorporation of hydrogel layers in the infarcted LV wall resulted in strongly reduced mean
LV myofibre stresses in the three ischemic infarct models, while the decrease in stresses was
relatively small in the scarred infarct model. Generally, an increase in wall volume is known
to reduce mean wall stresses. However, since the amount of hydrogel added to the infarcted
LV wall was identical in all infarct models, it does not explain the difference in stress level
reduction. This difference was caused by the difference in mechanical properties between the
hydrogel and the infarcted regions in the varying models. When the stiffness of the added
hydrogel is relatively large compared to the stiffness of the surrounding myocardial tissue,
the hydrogel will bear a larger extent of the force exerted to the LV wall resulting in a larger
drop of the stress levels in the LV myocardium.
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Maximum myofibre stresses and strains in the infarcted region in the ischemic models
were generally found to be lowered due to hydrogel incorporation. Both the calculated
maximum stresses and strains give an indication of the risk of infarct rupture since this is
characterized by thinning and bulging of the ventricular wall (Schuster and Bulkley 1979). It
accounts for 10–20% of all in-hospital deaths due to acute myocardial infarction (Becker et
al. 1996; Lopez-Sendon et al. 1992). Within the first week after the onset of infarction, the
risk of heart wall rupture is highest (Birnbaum et al. 2003; Wehrens and Doevendans 2004).
Since the ischemic models represented this time period, the results suggested that hydrogel
layer incorporation in the cardiac wall reduced the risk of rupture of the infarcted
myocardium.
4.3 Cardiac and myocardial modelling

In the ischemic models II1, II2 and II3, the wall thickness of the infarcted zone was set equal
to the myocardial wall thickness in the healthy model. In literature, wall thinning of the
infarcted region was observed after myocardial infarction (Holmes et al. 2005). However, the
ischemic models represented the relatively short time period of one week after the onset of
infarction in which reduction in infarcted wall thickness was limited [unpublished results]. In
contrast, a myocardial infarction of at least three weeks old was simulated in the SI model.
The presence of a thinner infarct wall in this scar model was according to literature (Fujimoto
et al. 2009; Jiang et al. 2009; Yoon et al. 2009).
In the infarct models, the direction and magnitude of the fibre angles in the healthy
tissue were unaltered in the ischemic or scar tissue. This was based on previous
computational studies in which the fibre direction and the magnitude of the fibre strain, crossfibre strain and shear coefficients were kept constant for healthy, border zone and aneurysmal
tissue in the myocardial infarct models (Dang et al. 2004; Guccione et al. 2001, 2005; Wenk
et al. 2010). In other FE studies, the material coefficients representing the magnitude of the
fibre angle were determined with an iterative process from experimental data (tagged MRI
measurements). At the aneurysm region, fibre angles were set to zero degrees in order to use
experimentally determined infarct material parameters with respect to this direction. Results
showed different values of the material parameters indicating anisotropy in the infarcted
myocardium dissimilar to the healthy tissue (Walker et al. 2005, 2008). In experimental
studies, consistency has not been found about the structure and mechanics of a myocardial
infarction and, thus, about the direction and magnitude of fibre angles in infarcted tissue. In a
rat model, healing infarcts appeared to be structurally and mechanically isotropic at 1, 2, 3
and 6 weeks after coronary ligation (Fomovsky and Holmes 2010). On the contrary,
quantitative structural analysis of healing pig (Holmes and Covell 1996) and dog (Whittaker
et al. 1989) scars showed a high degree of collagen fibre alignment, with mean orientation in
the circumferential direction. In addition, sheep scars were found to be mechanically
anisotropic, with a degree and direction of anisotropy that changed over time (Gupta et al.
1994). Overall, it seems that more research is needed into the structure and mechanics of a
myocardial infarction developing in time. With this information it would be possible to get a
better insight in the effect of infarct properties on ventricular performance.
The dispersion of the hydrogel in the infarcted heart wall was modelled as multiple
thin layers. This distribution was based on experimental work in which the injection of a nondegradable gel resulted in a layered hydrogel structure in the infarcted cardiac region after 4
and 13 weeks in rats (Dobner et al. 2009), and after 8 weeks in sheep (Ifkovits et al. 2010) In
previous FE studies, the hydrogel injection in the infarcted LV was modelled as somewhat
unrealistic spherical inclusions (Wenk et al. 2009) or without any specific geometry or
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distribution (Wall et al. 2006). The current FE study is the first one, to our knowledge, in
which the hydrogel configuration in the LV infarcted wall was directly based on experimental
work. However, the representation of the experimentally observed layered hydrogel
distribution was simplified in the model, and further improvement would still be possible and
desired to optimize the coupling between experimental and numerical work.
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Table 1:
Cardiac functional parameters contractility (Emax), dead space volume (V0),
stroke volume (SV) and ejection fraction (EF) for the different models.
Model

Cardiac functional parameters

Healthy Control

H

Emax (kPa/ml)
1.158

V0 (ml)
15.5

SV (ml)
15.7

EF (-)
0.368

Ischemic Infarct 1
Ischemic Infarct 1 + Hydrogel

II1
II1G

0.787
0.898

18.4
17.2

7.48
7.63

0.175
0.192

Ischemic Infarct 2
Ischemic Infarct 2 + Hydrogel

II2
II2G

0.724
0.874

18.4
17.3

7.82
7.92

0.175
0.196

Ischemic Infarct 3
Ischemic Infarct 3 + Hydrogel

II3
II3G

0.693
0.863

18.8
17.4

8.19
8.10

0.177
0.198

Scarred Infarct
Scarred Infarct + Hydrogel

SI
SIG

0.930
1.011

17.3
17.5

6.50
7.41

0.171
0.195
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Table 2:
Mean left ventricle myofibre stresses (kPa) calculated at the end-diastolic
(ED) and end-systolic (ES) time points of the cardiac cycle for the different models.
Model

Mean LV myofibre stress (kPa)

Healthy Control

H

ED
1.71

ES
16.54

Ischemic Infarct 1
Ischemic Infarct 1 + Hydrogel

II1
II1G

1.71
1.43

19.45
15.46

Ischemic Infarct 2
Ischemic Infarct 2 + Hydrogel

II2
II2G

1.81
1.42

21.20
15.58

Ischemic Infarct 3
Ischemic Infarct 3 + Hydrogel

II3
II3G

1.90
1.42

22.19
15.70

Scarred Infarct
Scarred Infarct + Hydrogel

SI
SIG

1.67
1.62

18.76
18.36

.
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Figure 1: 3D mesh of the canine heart model, a) healthy heart, b) heart with antero-apical
(AA) infarct showing the infarct region in black (from a different viewpoint).

Figure 2: 3D mesh of the canine heart model showing the four alternating thin hydrogel
layers (in white) incorporated in the AA infarct wall (in black) in the scarred infarct model
(SIG).
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Figure 3: Pressure (kPa) – volume (ml) relationship for the healthy and different infarct
models with and without hydrogel layer inclusion. The curves on the left represent the
systolic elastance or contractility and the curves on the right, the diastolic compliance of the
left ventricle.

Figure 4: Maximum ED and ES myofibre stresses and strains in the AA region of the heart
for the healthy and different infarct models with and without hydrogel layer inclusion, a)
maximum ED myofibre stresses, b) maximum ED myofibre strains, c) maximum ES
myofibre stresses, d) maximum ES myofibre strains.

