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Abstract

Engineered heart tissues (EHTs) from human induced
pluripotent stem cell-derived cardiomyocytes (hiPSC-
CMs) represent novel alternatives to repair damaged car-
diac tissue after myocardial infarction (MI). However,
their associated slow conduction and prolonged action po-
tential duration (APD) can favor proarrhythmicity.

We coupled biventricular (BiV) and EHT in silico elec-
trophysiological models. The BiV model, defined from
magnetic resonance imaging, included an MI region. The
EHT model was deformed to follow the epicardial surface.
Different values of EHT electrical conductivity (EHTc) and
degree of myocardial attachment (EHTa) were tested.

Results showed that even a minimum degree of EHTa in-
hibited EHT automaticity. Activation time and APD were
driven by myocardial tissue when engrafted. Importantly,
higher EHTc and EHTa led to lower repolarization gradi-
ents (RTGs), considered as a surrogate of arrhythmic risk.
Maximum RTG decreased by 52.3 ms/mm when EHTa var-
ied from 25 % to 100 % under low EHTc and decreased by
98.8 ms/mm when EHTc raised to 90 % of the myocardium
conductivity under low EHTa.

Proarrhythmicity in cardiac tissue engineering highly
depends on EHT conductivity and degree of engraftment
on the myocardium.

1. Introduction

Tissue engineering techniques have been proposed to
heal damaged cardiac tissue. In particular, remuscular-
ization with human induced pluripotent stem cell-derived
cardiomyocytes (hiPSC-CMs) has been suggested as a
promising approach to restore cardiac pumping function
after myocardial infarction (MI) [1].

Bio-printed scaffolds favor hiPSC-CMs maturation and

improve cell organization and mechanical function of en-
gineered heart tissues (EHTs) [2], but are still unable to
mimic adult-like electrophysiological characteristics such
as cell-to-cell connectivity and anisotropic cell alignment.
Besides, EHT transplantation is a complex surgical pro-
cedure. Incomplete EHT engraftment on the myocardium
frequently occurs due to formation of air bubbles, poor glu-
ing or stitching, the need to control for cardiac relaxation-
contraction cycles and the presence of fibrosis [1, 3].

Slow conductivity and prolonged action potential (AP)
duration (APD), like those found in immature and poorly
on-myocardium engrafted EHTs, increase proarrhythmic
risk [4,5]. To avoid expensive and time consuming experi-
mental and clinical risk assessment studies, computational
simulation studies using biophysically detailed cellular AP
models and realistic biventricular (BiV) geometries have
been published recently [3, 5–7].

We present an in silico electrophysiological investiga-
tion in which we assess post-MI remuscularization with
EHTs in terms of activation, repolarization and arrhythmic
risk. The impact of concomitantly varying the EHT elec-
trical conductivity (EHTc) and the degree of attachment on
the myocardium (EHTa) is quantified and conclusions on
the suitability for cardiac tissue engineering are drawn.

2. Materials and methods

2.1. Generation of in silico models

BiV segmentation was performed from a late-gadolinium
enhanced magnetic resonance image (LGE-MRI), as illus-
trated in Figure 1a. The segmentation was discretized us-
ing a mean tetrahedral edge length of 800 µm. Affected
(AZ) and healthy (HZ) zones were defined in the seg-
mented ventricles based on the high and low intensity of
the voxels, respectively. The AZ was divided into bor-
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Figure 1: (a) LGE-MRI segmentation: healthy (green), af-
fected (yellow) and remote healthy (brown) regions. (b)
Histogram of AZ intensities, with thresholds Sbz−(green)
and Sbz+ (red). BiV tissue types (c) and fiber field (d).

der (BZ) and scar (SZ) zones according to the full-width
half-maximum method described in [8]. Specifically, two
thresholds were defined as shown in Figure 1b, with Sbz+

corresponding to 50% of the AZ maximum signal inten-
sity and Sbz− to the maximum signal intensity in a remote
HZ. SZ was selected as the part of AZ whose signal in-
tensity was above Sbz+ and BZ as the part of AZ whose
signal intensity lied in [Sbz−, Sbz+]. The obtained BZ and
SZ were interpolated to the BiV mesh using radial basis
functions. A rule-based fiber field was computed as in [9].

Next, we proposed a pipeline, depicted in Figure 2, to
define EHT models and couple them to the BiV model.
A 4x4x1 mm3 squared superficial mesh was generated for
the EHT. A rigid transformation was used to bring the EHT
closer to the MI region of the BiV mesh (Figure 2a). EHT
contact nodes were defined as those in the face closest to
the epicardial surface. Displacement vectors were com-
puted from the differences between the positions of the
EHT contact nodes and the nearest epicardial nodes. EHT
imposed deformations based on this node-wise contact dis-
placement resulted in an EHT deformation that followed
the epicardial BiV surface (Figure 2b). Subsequently, ap-
proximately half of the EHT thickness was embedded into
the BiV model and merged with it using an XOR operation
between both triangular meshes. Irregular triangles lead-
ing to bad quality tetrahedralizations were cleaned with
an isotropic explicit remeshing [10] of the BiV-EHT in-
terface. The EHT part located inside the heart (blue region
in Figure 2c) was deleted. The BiV-EHT mesh was dis-
cretized with maximum tetrahedral volumes of 1mm3 for
the BiV and 1 µm3 for the EHT, respectively, producing
in total 2 077 367 tetrahedrons and 349 322 nodes. Ven-
tricular region definitions and fiber orientations were in-
terpolated from the initial BiV model (Figure 2f and 2g).
Random cell orientation was assigned to the EHT.

2.2. Electrophysiological simulations

The BiV endocardial conduction system (CS) and the
transmural heterogeneity in HZ were defined as in [11].

Figure 2: BiV-EHT model generation pipeline. (a) EHT
and epicardial meshes (contact nodes in red). (b) Contact-
ing BiV and EHT meshes. (c) Integrated BiV-EHT mesh
with distinct regions and irregular triangles. (d) Cleaned
BiV-EHT mesh. (e) Tetrahedral mesh with BiV (blue) and
EHT (red) zones. BiV-EHT regions (f) and fiber field (g).

Tissue electrical propagation was computed by numeri-
cally integrating the monodomain model with the in-house
developed software ELECTRA [12]. Ventricular, hiPSC-
CM and CS cellular APs were described by the O’Hara
et al. ventricular myocyte model [13], the Paci et al.
ventricular-like hiPSC-CM model [14] and the Stewart et
al. Purkinje cell model [15], respectively. The BZ cellu-
lar AP model was defined by modulating some of the ionic
current conductances in the O’Hara et al. model, as de-
scribed in [16], in such a way that the APD was increased
and the maximum AP amplitude was decreased. Cellu-
lar models were paced to steady-state by running 1000-
second simulations. Each organ level simulation consisted
of three cardiac cycles at 1Hz pacing, with the last cycle
being used for analysis. Stimuli of 80mA-magnitude and
1ms-duration were applied at the atrioventricular node.
CS-activated ventricular nodes were located at a maximum
distance of 1mm from CS endpoints.

Orthotropic conductivity with transverse isotropy was
considered. HZ and BZ longitudinal diffusivities were
set to 0.0013 and 0.00095 cm2/ms (equivalent to 0.13
and 0.095 S/m for a membrane surface-to-volume ratio
of 1000 cm−1 and capacitance per unit area of 1 µF/cm2),
respectively. The CS longitudinal diffusivity was set to
0.01 cm2/ms (1 S/m) and reduced near the CS endpoints
to match ventricular diffusion as in [11]. The SZ was de-
fined as non-conductive. Transverse-to-longitudinal diffu-
sion ratios were set to 0.25 for HZ and EHT and to 0.32 for
BZ, similarly to previous studies modeling healthy cardiac
conduction anisotropy and post-MI alterations [11, 16].

2.3. EHT conductivity and engraftment

EHTc values equivalent to 10%, 50% and 90% of that
in healthy tissue were tested. Discontinuous meshes were
created by duplicating the mesh nodes and edges in the
BiV-EHT interface to model 0%, 25%, 50% and 75% of
EHTa, as can be seen in Figure 3. The initially defined con-
tiguous BiV-EHT mesh represented 100% EHT engraft-
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Figure 3: BiV-EHT model for different EHTa values.
Unattached regions are shown in red.

ment. Non-engrafted regions were set as non-conductive
by blocking the sodium current, INa, and by setting the lon-
gitudinal diffusivity to zero.

We evaluated the EHT activation time (AT), APD at
90% repolarization (APD90), conduction velocity (CV)
and repolarization time gradients (RTGs) from the numer-
ically integrated transmembrane voltage. Briefly, AT was
computed as the time elapsed from a fixed time reference
to the time when the AP upstroke crossed 0mV. APD90
was calculated as the time difference between the time
points of maximum voltage derivative in the AP upstroke
and when 90% repolarization from AP peak to diastolic
membrane potential was reached. The repolarization time
(RT) was measured by summing AT and APD90. To com-
pute the spatial (RTG) or temporal (CV) gradients node-
wisely, the vector vab between two nodes na and nb was
defined. In the case of RTG, vab magnitude was equal to
the ratio of the difference between na and nb RTs and their
Euclidean distance. For CV, vab was equal to the ratio of
the Euclidean distance between na and nb and their AT dif-
ference. Next, the mean gradient vector between a central
node and its neighbouring nodes within a radius of 500 µm
was calculated, with the radius value chosen to approxi-
mately cover the EHT thickness.

3. Results and discussion

Figure 4 shows the statistical distributions of AT, APD90
and RTG calculated over the EHT. As can be observed,
if the EHT was fully unattached to the myocardium, the
hiPSC-CMs retained their automaticity and high AT val-
ues were measured. In this case, the higher the EHTc, the
more delayed the AT in absolute terms and the faster the
CV within the EHT. With only minimum EHTa, a large
decrement in AT and loss of automaticity in the EHT could
be observed. As an example, for 10% EHTc, the entire
EHT depolarization took 262ms when the EHT was fully
unattached, while it took around 140ms when the EHT
was engrafted even if minimally. For variations in EHTa

Figure 4: AT, APD90 and RTG versus EHTc and EHTa.

from 25% to 100%, AT barely changed. Thus, with any
level of attachment, even if low, the EHT depolarization
seemed to be driven by the host myocardium, as EHTc-
related AT variability practically vanished, in agreement
with previous studies [3,5]. CV at the EHT was practically
unchanged when varying EHTa, whereas higher EHTc in-
creased the CV. Mean CVs of 7.8, 20.4 and 25.8 cm/s
were measured for 10%, 50% and 90% EHTc.

For 0% EHTa, median APD90 was reduced from 383
to 219 ms for 10% and 90% EHTc, respectively. Thus,
higher EHTc accelerated hiPSC-CMs repolarization due to
a source-sink mismatch leading to more adult-like APD90.
Also, APD90 slightly reduced with increasing EHTa. Me-
dian values of 402, 399, 396 and 394 ms were computed
when EHTa was 25%, 50%, 75% and 100%, respec-
tively. In this study, EHT mostly covered BZ and not
HZ. Thus, APD90 reduction with EHTc when the EHT
was unattached was attenuated for minimal EHTa, possi-
bly due to the higher BZ-to-EHT exerted electrotonic load.
On the other hand, EHT APD90 reduction with increasing
EHTa could be due to a higher HZ-to-EHT electrotonic
load, which drags APD90 in the EHT to lower values, as
observed in [6, 17].

As expected, RTG was almost null for fully unattached
EHT. Median RTGs were similar for all EHTa values,
as RTG was measured in the whole EHT. For the mini-
mum EHTa of 25%, the maximum RTG was decreased by
98.8ms/mm when EHTc increased from 10% to 90%.
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Thus, arrhythmic risk attenuation was found for high
EHTc in association with smooth electrophysiological in-
tegration. Further arrhythmic risk reduction was found for
high EHTa, as maximum RTG was reduced by as much as
52.3ms/mm from minimum to complete EHTa when the
minimum 10% EHTc was set. Maximum RTGs, even for
the highest EHTc and EHTa (28.5ms/mm), were remark-
ably above the RTG thresholds experimentally reported
to lead to unidirectional blocks (3.2ms/mm) [4]. Thus,
biomimetic EHTc and high EHTa seem vital to lower ar-
rhythmic vulnerability.

4. Conclusion

Increased EHT electrical conductivity and degree of en-
graftment on the myocardium decrease proarrhythmic risk
in cardiac tissue engineering.
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