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SUMMARY

Myocardial infarction therapies involving biomaterial injections have shown benefits in
inhibiting progression towards heart failure. However, the underlying mechanisms remain
unclear. A finite element model of the human left ventricle (LV) was developed from magnetic
resonance images. An antero-apical infarct was represented at acute (Al) and fibrotic (FI) stage.
Hydrogel injections in the infarct region were modelled with layered (L) and bulk (B)
distribution. In the FI, injectates reduced end-systolic myofibre stresses from 291.6% to 117.6%
(FI-L) and 115.3% (FI-B) of the healthy value whereas all acute infarct models exhibited sub-
healthy stress levels (Al: 90.9%, Al-L: 20.9%, Al-B: 30.5%). Reduction in end-diastolic infarct
stress were less pronounced for both fibrotic (FI: 294.1%, FI-L: 176.5%, FI-B: 188.2%) and
acute infarct (Al: 94.1%, Al-L: 35.3%, Al-B: 41.2%). In the border zone, injectates reduced end-
systolic fibre stress by 8-10% and strain from positive (Al) and zero (FI) to negative. Layered
and bulk injectates increased ejection fraction by 7.4% and 8.4% in Al and 14.1% and 13.7% in
FI. The layered injectate had a greater impact on infarct stress and strain at acute stage whereas
the bulk injectate exhibited greater benefits at fibrotic stage. These findings were confirmed by

our previous in vivo results.
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1 INTRODUCTION

In 2002, 16.7 million people died from cardiovascular diseases worldwide, of which nearly half
were attributed to coronary heart disease [1]. An estimated 80.7 million American adults (one in
three) had one or more types of cardiovascular disease in 2005. Of 16 million people that
suffered from coronary heart disease, about half (8.1 million) were recuperating from a
myocardial infarction (MI). Up to one third of MI patients develop heart failure (HF) making Ml
the most common cause of HF[2].After an Ml event, a process of remodelling of healthy and
ischaemic tissue is initiated in an effort to restore cardiac function. The remodelling involves
structural changes such as cavity dilation, hypertrophy and scar formation affecting the left
ventricle (LV) [3, 4]. Although these changes occur in an attempt to maintain stroke volume
(SV) and cardiac output, the LV dilation leads to an elevation of the wall stress that is postulated
to be a major cause of the initial positive adaptation of the heart to turn pathological [5, 6].

Most MI therapies aim to reduce pathological remodelling that could potentially lead to HF.
Substantial research has been devoted towards developing cell therapies for MI with the aim of
promoting growth of new cardiomyocytes in the infarcted region. In many cell therapy
approaches that rely on delivery of cells with a carrier medium, restoration or improvement of
the pump function of the LV was observed [7-10]. It is, however, not well understood whether
the beneficial effects of cell delivery treatments have been a result of cellular signalling, causing
myocardial regeneration or decreased apoptosis, mechanical effects of increasing the infarct wall
thickness due to the added carrier material or a combination of both [11].Recent research has
been aimed at determining solely the mechanical effect of biological or synthetic intra-
myocardial injectates on LV mechanics. Acellular biomaterial injections have been shown to
reduce stresses in the infarcted ventricular wall in vivo [12]. Although positive results have been
observed when injecting biological materials such as alginate, fibrin and decelluarised matrices,

synthetic biomaterials allow for greater control of material characteristics such as elasticity and



permeability [12]. Despite positive results from in vivo studies, underlying mechanisms behind
biomaterial injection therapy remain largely unknown.

Computational modelling has been beneficial in providing meaningful information on various
cardiac pathologies including MI and HF complementary to in vivo research [13-20].However,
only few computational studies have focussed on biomaterial injection therapies for MI. Wall et
al. [21] investigated a single injection into the anterior border zone (BZ), multiple BZ injections
and single injection into the infarct zone with various injection volumes and a range of
mechanical properties of the injectable biomaterial. A three-dimensional finite element (FE)
method for large elastic deformation of ventricular myocardium and a constitutive model
representing passive and contractile anisotropic mechanical properties of healthy and impaired
myocardium were implemented in a validated FE model of the LV. Material injections were
represented by local adjustment of the FE mesh. Results indicated that small amounts of injected
biomaterial (0.5-5% of total myocardial volume including all four chambers) reduced wall stress
and improved cardiac function. This was also the first computational study to show that
improvement in long-term ventricular mechanics may be achieved by passive reduction in local
stress rather than adding contractile material in the infarct zone. Wenk et al. [22]
computationally studied the number and placement of spherical hydrogel injections within the
LV infarcted myocardium. Regular patterns of 3 x 10, 2 x1 and 3 x6 injections, respectively,
were found as optimal for minimising the myofibre stress, maximising the LV stroke volume
(SV) and a combination of both. In another study, Wenk et al. [23] developed two LV ovine FE
models to investigate the injection of a calcium hydroxyapatite-based tissue filler in an antero-
apical infarct. The injection treatment was represented as a change in stiffness of the infarcted
wall and the stiffness was optimised until the infarct region was entirely akinetic. Results showed
an increase in ejection fraction (EF) and a reduction in end-diastolic and end-systolic myofibre

stresses in infarct and remote regions as effects of the injection treatment.



Pre-clinical in vivo studies [11, 24, 25] indicated that the hydrogel injectates resemble a multi-
layer structure when injected during acute ischemia and a bolus when injected during the fibrotic
stage of ventricular remodelling. The current study was motivated by the question of the role of
these distinctly different injectate distributions on the therapeutic effects on myocardial
mechanics and function of the infarcted heart which has not been addressed before. In a previous
study, we investigated layered biomaterial injectates using a canine cardiac geometry [26]. In the
current study, a human LV FE model was developed from MRI data. An antero-apical infarct
was simulated by locally adjusting the geometry and constitutive myocardial properties of the
LV. Polyethylene glycol (PEG) hydrogel injectates were represented as either multiple thin
layers or a single thick layer within the infarct region and their effects investigated in an acutely

and a fibrotic infarct, respectively.

2 METHODS

2.1  Finite element model generation from cardiac MRI

A cardiac magnetic resonance imaging (MRI) data set of a healthy human heart, comprising
stacks of 11 cine short-axis slices (slice thickness: 7mm, slice gap: 3mm) from base to apex at 17
time points throughout one cardiac cycle, was obtained from the Department of Human Biology,
University of Cape Town. At the end-systolic time point, endocardial and epicardial contours of
the LV were identified using Segment 1.8 [27, 28]. Following minor manual adjustments to omit
valve openings and papillary muscles, coordinate pairs (X, y) of contours, were exported for each
slice. The long-axis coordinate, z, of each slice was determined from slice thickness and slice
gap extracted from the MRI file header information and a scaling factor computed from
Segment. The data were shifted and rotated to align the z-axis with the longitudinal axis of the
LV cavity. The data were imported into Continuity 6 (National Biomedical Computation

Resource, University of California, San Diego, CA, USA). Prolate-spheroidal surface meshes



were fit to the endocardial and epicardial coordinates using a least-squares method, avoiding
unrealistically large curvature gradients through subsequent smoothing. A small hole was
included to eliminate redundant nodes at the apex. From the endocardial and epicardial surface
meshes, a three-dimensional mesh was obtained to represent the LV wall. After refining the
mesh to attain six radial layers, the mesh comprised of 96 hexahedral elements described with
tri-cubic Hermite basis functions in Cartesian coordinates. Nodal derivates used for interpolation
were based on arc lengths. Myofibre angles [29], defined with respect to a mutually orthogonal
curvilinear coordinate system, implemented throughout the LV are summarised in Table 1.
Similar to the nodal coordinates, the myofibre angles were described by tri-cubic Hermite basis
functions. For systolic and diastolic simulations, axisymmetric boundary conditions were applied
at the epicardial basal and apical nodes. Nodal coordinates at the epicardial base as well as their
circumferential and transmural derivatives were fixed. In this way, expansion of the epicardial
basal contour was restricted in order to simulate the effects of stiff annuli of the valves. At the
apex, nodal derivatives in the longitudinal and circumferential direction were fixed to prevent
unrealistic deformations around the small apical hole [30]. Figure 1(a) illustrates the geometry

and finite element mesh of the healthy LV.

2.2  Constitutive models

Passive constitutive properties of the LV myocardium was described using a transversely
isotropic exponential function of Lagrangian strains that models the material as nearly

incompressible [31]:
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Where C is the stress scaling coefficient; Ceompr IS the prescribed bulk modulus; J is the
determinant of the deformation gradient; by, byxx and bs are fibre strain, cross-fibre strain
coefficient and shear strain coefficient; E is fibre strain, E is cross-fibre in-plane strain, Eg is
radial strain transverse to the fibre, E is shear strain in the transverse plane, Ex. is shear strain in
fibre — cross-fibre plane, and Es is fibre — radial coordinate plane. The second right-hand side
term of the strain energy density function W represents a penalty function to model the passive

myocardium as nearly incompressible [32].

Active contraction was modelled as the sum of passive stress derived from Eqg. 1 and an active
fibre directional stress component Ty, which is the Second Piola-Kirchhoff stress. The latter was
defined by a time-varying elastance model which, between peak tension and the end of

relaxation, can be described as:
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where m and b, are the slope and time-intercept, respectively, of the linear relaxation duration-

sarcomere length relation, with m = 1.0489 s/um and b =-1.429 s, and t,, is the time to peak
tension and Tmax IS the isometric tension achieved at the longest sarcomere length and maximum
peak intracellular calcium concentration Cag max [33]. The calcium sensitivity, ECasg is

formulated as:
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where B= 4.75 um™ governs the shape of the peak isometric tension-sarcomere length relation,
Cap max IS the maximum peak intracellular calcium concentration, I, is the stress-free sarcomere
length,lo is the sarcomere length at which no tension is developed and Ej; is fibre strain [33].The
values of the material constants for active contraction were Cag= Cagmax = 4.35 pmol/l [34], Ip=

1.58 um [35], I; = 1.85 um and Trax= 135.7 kPa[33].



2.3  Implementation of infarcts and hydrogel injectates

A transmural infarct of 16% of the total LV wall volume was defined in an array of 24 elements
(6 radial x 2 longitudinal x 2 circumferential) in the antero-apical region of the LV. To
investigate the effects of Ml on ventricular pump function at two time points during infarct
healing, namely acute ischemia and fibrosis, the stress scaling coefficient C and infarct geometry
were adjusted for the infarcted area. Cell death and degradation of structural proteins cause a
decrease of the passive stiffness in the acutely infarcted myocardium [4]. Hence, the infarct
stiffness was modelled as 50% (C = 0.26 kPa) of the healthy myocardium. As the collagen
replaces the necrotic cardiomyocytes and the scar forms at the later fibrotic healing stage, the
tissue stiffness increases approximately 10-fold compared to the healthy myocardium [36],
represented in the models by C = 5.2 kPa. Non-contractility of the infarcted myocardium was
implemented by setting the calcium concentration to zero in the active tension model, Eq. 3. The
finite element mesh was altered to account for local wall thinning in the infarct region in the
fibrotic model with an associated reduction in LV wall volume of 11.12 mL compared to the
models of the healthy LV and acute infarct.

In vivo studies showed that gel injectates resemble a multi-layer, striated, structure when
delivered during acute ischemia and a bolus when delivered during the fibrotic stage of infarct
healing [11, 25]. Due to the striations in myocardium, the injected gel disperses in a similar
pattern, aligning between myofibres [25] and spreading primarily in the longitudinal and
circumferential directions. To approximate these two distinctly different distributions, the
hydrogel injectates were modelled with a layered and bulk distribution, respectively. For the
layered distribution, transmural element layers 2 and 5 represented hydrogel whereas layers 1, 3,
4 and 6 represented infarcted myocardium, see Figure 2. In the bulk distribution, layers 3 and 4

represented hydrogel and layers 1, 2, 5 and 6 represented infarcted myocardium. The hydrogel



was modelled as isotropic (bs = by = 18.5, by = 1.63), non-contractile (Cap = 0 umol/L) material
utilising the constitutive model implemented for the myocardium. The stiffness of the hydrogel
was set to 50% of the value for healthy myocardium based on experimental tests [unpublished
data].
To account for the additional volume of the injectate at the acute infarct stage, the FE mesh of
the acute infarct model was adjusted to locally increase the wall thickness in the infarct region.
For the fibrotic infarct, the injectate-based increase in infarct wall thickness compared to the
thinned infarct geometry without injectate was represented by employing the geometry of the
acute infarct model. Table 2 provides cavity and wall volume for the LV, and where applicable
the wall volume of the infarct region and the injectate volume for the various models.
Differences in volumes between models are associated with wall thickening and thinning, and
were equivalent in the corresponding models with and without injectate to ensure comparable
injectate volumes.
Seven FE models were generated:

e Healthy LV (H),

e LV with acute infarct (Al),

e LV with acute infarct and layered injectate (Al-L),

e LV with acute infarct and bulk injectate (Al-B),

e LV with fibrotic infarct (FI),

e LV with fibrotic infarct and layered injectate (FI-L), and

e LV with fibrotic infarct and bulk injectate (FI-B).

2.4  Cardiac haemodynamics

Diastole was simulated by applying an increasing pressure from 0 to 1.35 kPa (10.1 mmHg) to

the endocardial surface of the LV model with passive tissue properties. To calibrate the model,
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the stress scaling coefficient C of the strain energy density function, Eq. 1, was optimised until
the end-diastolic volume (EDV) approximately matched the EDV value obtained from the MRI
dataset. The end-diastolic pressure volume relationship (EDPVR) was generated from
incremental LV pressure and volume data during diastole. Subsequently, the end-systolic
pressure volume relationship (ESPVR) was developed by adding active contraction to the
passive constitutive model. Systolic simulations were performed with a prescribed initial LV
pressure and volume. Active contraction was initiated with constant LV volume until a desired
peak pressure of approximately 13.5 kPa (100 mmHg) was reached. This simulation was
repeated twice to obtain two bracketing peak pressure values and the ESPVR determined from
the three resulting LV pressure—cavity volume pairs. The number and size of time steps for the
numerical simulations varied for each model in order to achieve convergence in minimal

computational time.

2.5 Data analysis

The functional parameters EDV, ESV (end-systolic volume), SV, EF and Ena.x were determined
from the EDPVR and ESPVR for each model. The fibre directional component of the Cauchy
stress and Green-Lagrangian strain tensors were averaged over all Gauss points for each element.
The maximum and mean fibre directional components of stress and strain were reported for the
infarct region. Mean fibre stress and strain in the infarct region and the BZ were reported as

volume-weighted mean element values according to Eq. 5 (given for strain):
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where E1t is the mean fibre strain,Eayj is the fibre strain value at Gauss point j of element n, k is

the number of Gauss points per element, V; is the volume of element i,V is the mean element



11

volume and n is the number of elements in the region of interest, i.e. infarct and BZ,

respectively.

3 RESULTS

3.1  Myocardial mechanics

Figure 3 illustrates end-diastolic stress and strain in myofibre directions for the infarct region and
BZ of the LV for all models whereas end-systolic myofibre stress and strain measures are

presented in Figure 4.

End-diastolic myofibre stress and strain

Compared to the healthy LV, the mean fibre stress in the antero-apical infarct region decreased
slightly for the Al case and considerably for the Al with injectates, seeFigure 3(a). In contrast,
the FI case exhibited a 2.9 fold increase in end-diastolic stress compared to the healthy case. A
slightly larger stress reduction of 38.7% was indicated for the layered injectate than for the bulk
injectate (35.6%) compared to the non-injected FI. However, these reduced levels remained
larger than the stress reported for antero-apical region of the healthy LV. Whereas the same
trends were observed for the maximum fibre stress in the infarct region (Figure 3b), the increase
between healthy LV and FI (1.7 fold) and decrease between FI without and with injectate (FI-L.:
28.3% and FI-B: 5.2%) were smaller. The mean end-diastolic fibre stress in the BZ increased
slightly (6.2%) for the Al case but decreased by 16.9%in the FI compared to the healthy LV
(Figure 3c). The reduction in BZ fibre stress in the infarct models was small for both the Al and
FI cases with injected hydrogel (Al-L: 6.8%, Al-B: 4.2%, FI-L: 3.2%, FI-B: 3.4%).
Supra-healthy levels of mean fibre strain were predicted in the Al region (Al: 27.2%), see Figure
3(d). Conversely, the mean infarct fibre strain was substantially lower (58.8%) in the FI case

than in the same region of the healthy LV; whereas differences in the strain observed without
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and with injectate were negligible. The maximum fibre strain in the infarct region (Figure 3e)
showed the same trend as the mean strain: An increase for the Al case and a decrease for the FI.
In the BZ, the mean fibre strain exhibited only minimal variation between the healthy, Al and FI
models (Figure 3f). However, the infarct models with hydrogel injectate showed lower end-

diastolic BZ fibre strain values.

End-systolic myofibre stress and strain

At the end of systole, differences in stress between the various cases were larger than at the end-
diastolic time point. The mean fibre stress in the infarct region decreased by 10.0% in the Al
model but increased by 191.6% in the FI case compared to the healthy LV (Figure 4a). In both
the acute and fibrotic cases, the models with hydrogel injectate exhibited lower mean stress
values in the infarct region than models without injectate where reductions were 74.3% (Al-L)
and 66.0% (Al-B) for Al and 59.7% (FI-L) and 60.6% (FI-B) for FI. Opposite from mean stress,
the maximum end-systolic fibre stress in the acutely infarcted region increased dramatically from
the healthy case (Figure 4b). Maximum fibre stress in the Al decreased with inclusion of
injectate. For the FI, the maximum fibre stress in the infarct region was larger than in the healthy
LV with substantial stress reduction in the FI models with injectate. For the mean fibre stress in
the BZ, elevated levels were reported in all infarct models compared to the healthy LV (Figure
4c) with stress values being comparable in the Al and FI models without injectate (Al 45.3% and
F1 34.9%) as well as amongst the four infarct models with injectate (Al-L 31.0%, Al-B 23.4%,

FI-L 33.7%, FI-B 23.5%).

The mean fibre strain in the antero-apical region was negative for the healthy LV, indicating
contraction, whereas it was positive in the non-contractile antero-apical region for all infarct
models, see Figure 4(d). Al and FI fibre strain increased by 107.0% and 99.3% in the BZ,
respectively. Addition of injectates caused a decrease in mean fibre strain (Al-L 26.5%, Al-B

28.5%, FI-L 35.1%, FI-B 36%). Maximum end-systolic infarct fibre strain showed similar
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trends. However, the injectate had a smaller effect on reducing maximum strain. In the BZ, mean
fibre strain was negative in all models, although of low magnitude compared to the healthy LV,

except for the Al without injectate (Figure 4f).

3.2  Cardiac haemodynamics

The EDPV and ESPV relationships are shown inFigure 5 and Figure 6, respectively. The cardiac
functional parameters are summarised in Table 3. The EDV increased from 111.65 mL in the
healthy LV to 113.46 mL for the Al case but decreased to 108.39 mL for the FI model. For both
the acute and fibrotic cases, the models of the infarct with hydrogel injection exhibited lower
EDV values than their counterpart without injectate and the healthy case. While a discernibly
lower EDV was predicted for the layered gel compared to the bulk gel in the Al, the EDV was
nearly the same for both gel distributions in the FI, see Table 3. SV decreased from the healthy
case with 46.0 mL to the Al and FI case with 32.4 mL and 29.3 mL, respectively. The SV for
each hydrogel case were comparable, only varying slightly between 32.3 mL and 32.9mL.EF in
the healthy LV was 41.2% and decreased for both the Al and FI cases, to 28.5% and 27.0%,
respectively. The models with hydrogel injectate exhibited improved EF of 30.6% (Al-L), 30.9%

(Al-B), 30.8% (FI-L) and 30.7% (FI-B).

4 DISCUSSION

A set of FE models of a human LV was developed and employed to investigate the effects of
therapeutic hydrogel injectates in the infarct region on myocardial mechanics and ventricular
function. The investigations focussed on the comparison of layered and bulk distribution of the
injectate at two time points after coronary occlusion namely acute ischemia and after scar
formation in the fibrotic infarct. Whereas all previous computational studies on therapeutic

injectates used canine [26] and ovine [21, 23] cardiac geometries, the present study employed a
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human LV. The representation of layered and bulk injectate distributions were a first step to
consider distinctly different distributions of biomaterials observed pre-clinically in vivo [11, 24,

25].

The injectates caused a marked reduction of end-systolic and end-diastolic fibre stress and strain
in infarct and BZ regions. The layered hydrogel distribution had a greater impact, i.e. reduction
in infarct stress and strain, at the acute stage whereas the bulk gel distribution exhibited greater
benefits at the fibrotic stage. The latter agrees with our in vivo findings in the rat model showing
significant increase in fractional shortening, as well as reduction in end-systolic diameter, for
bulk hydrogel injectates compared to striated hydrogel injectates [25].Overall, the reduction in
wall stress and infarct stretching facilitated through the therapeutic injectates has potential to

alleviate adverse remodelling of the LV post-infarction towards heart failure.

After geometric reconstruction, there was less than 2% difference in LV wall volume and less
than 1% difference in LV cavity volume between the model and MRI. Therefore, it was
concluded that the final mesh accurately represented the geometry of the LV. The passive
mechanics of the healthy LV model, on which all other models in this study were based, was
validated by comparing LV cardiac principal strains at end-diastole to results from previous
computational studies using the same transversely isotropic exponential strain energy density
function. The passive material model was previously validated with experimental data [37]. The
magnitude of circumferential and radial strains agreed well with results of a model by Guccione
et al. modelling passive strains in a dog heart [30] with differences not exceeding 8%.
Predictions of contractile mechanics, i.e. end-systolic fibre stress, were also in close agreement
with predictions from computational studies using the same active stress model [30, 38, 39].
Disregarding the small stress values around the apical hole due to imposed boundary conditions,

mean end-systolic healthy tissue fibre stress in the LV was 32.1kPa compared to 32.25kPa
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(healthy tissue end-systolic fibre stress averaged between two models) predicted by Wenk et al.
[38].

Substantially elevated myofibre stress in the infarct region was shown for the FI at both end-
diastole and end-systole compared to the healthy LV. By decreasing this elevated infarct stress
by up to 36%, the hydrogel injectate may contribute markedly to limiting further remodelling of
the heart. Whereas the efficacy of layered and bulk injectate was very similar for mean infarct
stress, the layered injectate was found to be superior with regard to reducing maximum stress
both at the acute and fibrotic infarct stage.

Systolic infarct stretching, associated with wasting energy generated by healthy myocardium and
reducing LV pump function [4], was indicated for both the Al and FI models. The stretching of
the infarct was reduced, although not inhibited entirely, with hydrogel injectates thereby
potentially recovering some systolic functionality of the LV and slowing the progression towards
HF. In the acute infarct, the layered distribution appeared to be slightly more efficient than the
bulk distribution.

Limited deformation of myocardium in the BZ through coupling to the infarct [4] was most
apparent at end-systole with elevated mean fibre stresses and strains in the BZ of both Al and FI
models compared to the healthy control. With hydrogel injectate, the end-systolic BZ fibre
stresses decreased by 8-10%. End-systolic BZ fibre strain was reduced from positive (stretching)
to negative (contracting) for the Al, and from zero to negative contractile in the FI case.
Although stresses and strains did not return to normal levels of the healthy LV, the changes
signify that hydrogel injection could help to preserve function of healthy adjacent myocardium.
The increase in wall thickness associated with the inclusion of hydrogel caused the beneficial
reduction in EDV and increase in EF. This result can be attributed to the reduction in end-
diastolic strain, i.e. tissue stretching, in the infarct region compared to the infarcts without
injectate. Physiologically, the EDV in a Fl is greater than a healthy LV due to the dilation that

occurs as a result of ventricular remodelling [4, 5]. This model, however, did not account for



16

ventricular dilation and so does not reflect the appropriate changes in EDV as a result of a
fibrotic infarct. A similar study has incorporated ventricular dilation as well as wall thinning to

realistically model the post-infarct structural changes [40, 41].

EF for the healthy LV model was below the normal EF for an average human [42] and below the
EF measured from MRI LV volumes. The discrepancy between modelled and physiologic EF is
due to the fact that the constitutive parameters of the active tension model are based on values
obtained for a canine under anaesthesia which lowers the contractility of the LV [43].As
expected, the infarct models exhibited a reduction in EF compared to the healthy LV. Hydrogel
injectates caused an increase in EF by 7.4% and 8.4% (layered and bulk distribution) in the Al

models and by 14.1% and 13.7% in the FI models.

Although the models provide a foundation for analysis of cardiac mechanics resulting from the
injection of a polymeric biomaterial, there are some limitations. In this study, the end-systolic
LV configuration was used as the reference state. Since the LV is continually loaded in vivo, a
mesh of the unloaded state is ideal for simulating diastolic filling and systolic contraction in
order to approximate accurate stresses and strains at any point in the cardiac cycle. However,
end-systolic [44] or mid-diastolic [45] configurations have been used previously as reference

geometry since the ventricular volumes are closer to the expected unloaded diastolic volume.

Additionally, material parameters in the constitutive model were based on canine rather than
human myocardium. This paper was a preliminary study where cardiac MRI of a human patient
was readily available. The stress and strain results were validated against myofibre stress and
strain results which used similar constitutive and active stress models. The models provide a

good basis for qualitative analysis of the effect of hydrogel injectate.

Due to the geometrical adjustments of the models for wall thinning and thickening, respectively,
in the infarct region, is was not possible to keep the volume of the injectate identical in the

different models. However, the differences, in particular between corresponding layered and
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bulk injectate representing the same infarct stage were smaller than those between the different
infarct stages. Whereas effects of the volume differences cannot be excluded, it is assumed that

these were secondary to the effects if the different injectate distributions.

5 CONCLUSIONS

The set of human left ventricular finite element models developed proved feasible to explore the
mechanical effects involved in intra-myocardial injection therapy for myocardial infarction. The
variation of the effects that different injectate distributions have at early and at late infarct stage
predicted with these models agrees with our preclinical in vivo findings. The models can serve as
a numerical framework for extended investigations of biomaterial injections for acellular

treatment of myocardial infarction and potentially also as part of cell therapies.
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Tables

Table 1. LV myofibre angles applied to various locations of the reconstructed LV geometry [29]

Radial Location Longitudinal Location

Basal Equatorial Apical

Epicardial -30.45° -28.16° -25.88°
Midwall 9.55° 10.11° 10.67°

Endocardial 49.55° 48.38° 47.21°
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Table 2. LV cavity volume, wall volume of LV and infarct region and volume of the injectate for

the different models

Model Volume
LV cavity LV wall Infarcted Injectate
(mL) (mL) wall (mL) (mL)

Healthy (H) 53.4 129.3 - -
Acute Infarct (Al) 53.4 129.3 20.6 -
Acute Infarct + Layered Gel (Al-L) 50.1 137.5 18.4 9.0
Acute Infarct + Bulk Gel (Al-B) 50.1 137.5 19.2 8.2
Fibrotic Infarct (FI) 55.9 118.2 13.8 -
Fibrotic Infarct + Layered Gel (FI-L) 53.4 129.3 13.7 6.9
Fibrotic Infarct + Bulk Gel (FI-B) 53.4 129.3 13.8 6.8
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Table 3. Cardiac functional parameters for all models: End-diastolic volume (EDV), end-systolic

volume (ESV), stroke volume (SV) and ejection fraction (EF)

Model EDV (mL) ESV SV (mL) EF

(mL) (%)
Healthy (H) 111.7 65.6 46.0 41.2
Acute Infarct (Al) 113.5 81.1 32.4 28.5
Acute Infarct + Layered Gel (Al-L) 105.8 73.5 32.3 30.6
Acute Infarct + Bulk Gel (Al-B) 106.6 73.7 32.9 30.9
Fibrotic Infarct (FI) 108.4 79.1 29.3 27.0
Fibrotic Infarct + Layered Gel (FI-L) 105.6 73.1 32.5 30.8

Fibrotic Infarct + Bulk Gel (FI-B) 105.7 73.2 32.4 30.7
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Figures

a)
Figure 1. Geometry and finite element mesh of the non-infarcted LV (a) and two different views

of LV with antero-apical infarct (b).

Figure 2. Cross-sectional apical view of infarcted region with different injectate distributions: a)
Layered gel injectate in Al represented as transmural layers 2 and 5,b) Bulk injectate in Al
represented as transmural layers 3 and 4, ¢) Layered injectate in FI represented as transmural

layers 2 and 5, and d) Bulk injectate in FI represented as transmural layers 3 and 4.
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Figure 3. End-diastolic myofibre stresses and strains: a) Mean stress in the region of the infarct,

b) maximum stress in the region of the infarct, ¢) mean stress in the border zone, d) mean strain

in the region of the infarct, e) maximum strain in the region of the infarct, and f) mean strain in

the border zone.
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b) maximum stress in the region of the infarct, c) mean stress in the border zone, d) mean strain

in the region of the infarct, e) maximum strain in the region of the infarct, and f) mean strain in

the border

Zone.
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Figure 5. Comparison of end-diastolic pressure-volume relationships for: a) Healthy LV and LV
with acute and fibrotic infarcts, b) LV with acute infarct without injectate, with layered injectate
and with bulk injectate, and ¢) LV with fibrotic infarct without injectate, with layered injectate

and with bulk injectate. (Note: In diagram c, the EDPVR for FI-L and FI-B are nearly identical

and the two curves coincide.)
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Figure 6. Comparison of end-systolic pressure-volume relationships for: a) Healthy LV and LV

with acute and fibrotic infarcts, b) LV with acute infarct without injectate, with layered injectate

and with bulk injectate and c) LV with fibrotic infarct without injectate, with layered injectate

and with bulk injectate.



