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Method for Calibration of Left
Ventricle Material Properties
Using Three-Dimensional
Echocardiography
Endocardial Strains
We sought to calibrate mechanical properties of left ventricle (LV) based on three-
dimensional (3D) speckle tracking echocardiographic imaging data recorded from 16
segments defined by American Heart Association (AHA). The in vivo data were used to
create finite element (FE) LV and biventricular (BV) models. The orientation of the fibers
in the LV model was rule based, but diffusion tensor magnetic resonance imaging (MRI)
data were used for the fiber directions in the BV model. A nonlinear fiber-reinforced con-
stitutive equation was used to describe the passive behavior of the myocardium, whereas
the active tension was described by a model based on tissue contraction (Tmax). ISIGHT

was used for optimization, which used ABAQUS as the forward solver (Simulia, Providence,
RI). The calibration of passive properties based on the end diastolic pressure volume
relation (EDPVR) curve resulted in relatively good agreement (mean error¼�0.04 ml).
The difference between the experimental and computational strains decreased after seg-
mental strain metrics, rather than global metrics, were used for calibration: for the
LV model, the mean difference reduced from 0.129 to 0.046 (circumferential) and from
0.076 to 0.059 (longitudinal); for the BV model, the mean difference nearly did not
change in the circumferential direction (0.061) but reduced in the longitudinal direction
from 0.076 to 0.055. The calibration of mechanical properties for myocardium can be
improved using segmental strain metrics. The importance of realistic fiber orientation
and geometry for modeling of the LV was shown. [DOI: 10.1115/1.4044215]

Introduction

Heart disease is the leading cause of death in the US and world-
wide [1]. Nearly 6.2 million adults had heart failure (HF) between

2013 and 2016 [2]. The cost and prevalence of heart disease is on
the rise. Between 2014 and 2015 (average annual), the estimated
costs (direct and indirect) of heart diseases were $218.7 billion
[2]. The cost of HF was estimated to be $31 billion in 2012 in US
alone and is projected to be $70 billion by 2030 [3]. The number
of people with HF in the US is projected to increase from more
than 5 million in 2012 to more than 8 million in 2030 [3].
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Therefore, there is an absolute need for efficient methods for pre-
vention and treatment of heart disease.

Characterization of myocardial material properties has important
clinical applications [4–6]. Mechanical stress has a key role in
understanding the mechanics of myocardium [7]. Myocardium
stress can be evaluated if the mechanical properties of the tissue are
quantified. The stress distribution within myocardium affects blood
flow in coronary arteries [8] and also oxygen consumption within
the myocardial tissue [9]. Abnormal myocardial stress leads to
hypertrophy of the left ventricle (LV) [10]. However, experimental
invasive determination of myocardial stress is not currently a reli-
able option because errors inherent to the experimental methods are
so large that they make the measurements unreliable [11,12].

Computational modeling has been used to estimate myocardial
mechanical properties noninvasively. We previously used tagged
magnetic resonance imaging (MRI) to calibrate mechanical properties
[4]. Recently, we used ex vivo MRI data to reconstruct an anatomi-
cally accurate geometry of the heart with high resolution [13]. How-
ever, the material properties were estimated based on global LV
metrics, namely stroke volume and longitudinal strain. The computa-
tional circumferential and longitudinal strains were generally in agree-
ment with experimental strains obtained from three-dimensional (3D)
speckle tracking echocardiography, but the level of agreement, partic-
ularly for longitudinal strain, needs improvement [13].

The goals of this study were threefold. First, to validate our cal-
ibration method based on ISIGHT (Simulia, Providence, RI) and
ABAQUS (Simulia, Providence, RI) by testing this method for LV
models in which calibrated material parameters are known. Sec-
ond, to explore the capability of ISIGHT to improve state-of-the-art
material calibration for a porcine biventricular (BV) model based
on segmental strain metrics [13]. Third, to compare the BV ex
vivo MRI-based models [13] to the in vivo 3D echo-based LV
models. Using an anatomically accurate geometry of the LV, we
estimated LV mechanical properties to minimize the difference
between the computational and experimental strain metrics.
Unlike the previous studies that used global LV metrics such as
stroke volume and global longitudinal strain, we used the segmen-
tal strain metrics from 16 segments according to American Heart
Association (AHA) guidelines. The experimental strain metrics in
these segments were used to define and minimize the objective
function. Moreover, we used strains provided by speckle tracking
echocardiography of the heart. The ABAQUS living heart framework
[14–16] was used to find computational strains using finite ele-
ment (FE) modeling, whereas the whole optimization algorithm
was conducted by ISIGHT. One of the possible applications of this
project would be to quantify myocardial contractility after treat-
ments with cardiac devices such as the left ventricle assistive

device (LVAD) or MitraClip. For example, after patients with HF
receive an LVAD, the methodology presented in this study can be
used to determine when their LV function has recovered suffi-
ciently for explant of the LVAD [17–19]. By providing a more
realistic approach to the calibration of the mechanical properties
of the LV, the findings of this paper should lead to more realistic
cardiac models.

2 Methods

2.1 Animal Experiment. The animal experiment was per-
formed in accordance with national and local ethical guidelines,
including the Guide for the Care and Use of Laboratory Animals,
the Public Health Service Policy on Humane Care and Use of
Laboratory Animals, and the Animal Welfare Act, and an
approved California Medical Innovations Institute IACUC proto-
col regarding the use of animals in research.

One Yorkshire domestic swine was used in this study. The ani-
mal was sedated with TKX (Telazol 10 mg/kg, Ketamine 5 mg/kg,
and Xylazine 5 mg/kg, intramuscular (IM)), intubated, and main-
tained on surgical anesthesia with isoflurane (1–2%) and oxygen
while on the ventilator. The neck and the right inguinal area were
shaved and scrubbed with nolvasan, alcohol, and betadine. A 5Fr
introducer sheath was placed percutaneously in the right jugular
vein to administer fluids and drugs. Heparin 100 international
units (IU)/kg body weight was administered intravenously before
further instrumentation. A 6Fr introducer sheath was placed per-
cutaneously into the right femoral artery. A hockey-stick guiding
catheter was advanced over a 0.035 in. guide wire through the
introducer sheath toward the LV to measure pressure. The geome-
try of the LV was measured using 3D echocardiography using a
Philips (iE33) transesophageal probe (X7-2t). Strain was meas-
ured using speckle tracking (TomTec, Unterschleissheim, Ger-
many) at 16 segments of the AHA segmentation. The LV pressure
was recorded at the time of echo acquisition. After the procedures,
the animal was euthanized with a bolus injection (60 mL) of
potassium chloride under deep anesthesia (Isoflurane 5%).

2.2 Computational Modeling

2.2.1 Geometry Reconstruction. The geometry of the LV in
early diastole was reconstructed from echocardiography images
using QLAB 10 (Philips, Andover, MA) after the echocardiogra-
phy data were acquired [20]. The reconstructed geometry was
meshed using TrueGrid (XYZ Scientific Applications, Inc., Pleas-
ant Hill, CA). An example echocardiography image and the mesh
are shown in Fig. 1.

Fig. 1 The echo image (a) and the reconstructed geometry and the mesh for the LV (b). We also used a BV
geometry described by Sack et al. [13]
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In addition to a single LV model, we analyzed our previously
described BV model [13]. The LV and BV models are from the
same animal. We used the Simulia Living Heart Project frame-
work for the single LV model [14,15]. In the BV model, atria
were excluded but their effects were considered via lumped
parameter models [13].

During diastole, the end-diastolic pressure (EDP) was applied.
During systole, the myocardium contracted, and the interaction
between the LV and the circulation system was considered using a
Windkessel model [21,22]. Systolic blood flow between the LV
and the circulation system was modeled by applying an initial
pressure of 80 mmHg, and unidirectional fluid exchange was
enforced.

The passive tissue behavior was based on a fiber-reinforced
constitutive equation in the literature [23,24]
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a
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eb I1�3ð Þ þ

X
i¼f ;s
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2bi
ebi I4i�1ð Þ2 � 1
� �
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I1 :¼ trðCÞ
I4i :¼ C : ði0 � i0Þ
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It was assumed that the myofibers deviated from the circumfer-
ential direction smoothly, changing in direction from �60 deg in
epicardium, aligned circumferentially at the midwall, and orien-
tated to þ60 deg in endocardium [25,26]. In line with experimen-
tal [27,28] and computational studies [24,29], we assumed sheet
direction is normal to the epicardial and endocardial surfaces
where the fiber directions are located.

To determine the passive material constants, we used the ana-
lytical end-diastolic pressure volume relation (EDPVR) curve
reported by Klotz and colleagues [30]. For this purpose, we used
end-diastolic volume (EDV) (57.8 ml) and EDP (13.5 mmHg) to
create the analytical curve, and then, determined the passive con-
stants such that the difference between the numerical and analyti-
cal volumes was minimized at multiple points along the EDPVR
curve (see Results section, Fig. 2).

Full cardiac cycle (diastole and systole) was simulated. The
active stress in the myocardium was calculated from calcium con-
centration as follows [26,31,32]:
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The active fiber stress is partially transferred to the sheet by a
parameter called ns [13,33]. The total stress was the sum of active
and passive stresses.

The center of aortic endocardial annulus was fixed, and the
average translational and rotational motions of the nodes at the
endocardial annulus were coupled to the fixed point. The blood
pressure was applied at the endocardial surface as the loading con-
dition. The optimization was done in ISIGHT (Simulia, Providence,
RI), which used ABAQUS Explicit (Simulia, Providence, RI) as the
forward solver (Fig. 3). The element types in the LV and BV mod-
els were C3D8 (eight-node linear brick) and C3D10M (ten-node
modified tetrahedron, with hourglass control), respectively (ABA-

QUS Analysis User’s manual).

2.2.2 Computational Strains. The calculation of computa-
tional strains for the BV model has been described in another
paper from our group [13].

The reference configuration at which the model was initialized
was assumed to be at the start of filling, when the ventricle cavity
is both the smallest and the least loaded. The echo-based strain
measurements were most accurate at the endocardium, especially
the values in the longitudinal and in the circumferential directions
[34,35]. These measurements were obtained as relative strains
between two time points in the cardiac cycle and reported as nom-
inal strains (relative changes in length). Since neither of the two
time points corresponded to the reference configuration, to obtain

Fig. 2 The experimental and computational EDV PVRs were in
close agreement

Fig. 3 The block diagram of the ISIGHT model with ABAQUS

component
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the strain values equivalent to experimental strains, a tool had to
be developed. The two measuring points in the FE model corre-
spond to the end of diastole (ED) and the point right after the end
of ejection, i.e., end systole (ES).

The single LV cavity model was coated with membrane ele-
ments that share their nodes with the solid model. These mem-
branes are very thin, such that they do not interfere with the
mechanics of the rest of the model. Rather, they are there as strain
measuring devices, as they inherit the deformations of the parent
surface. The material behavior of these membranes was modeled
via an ABAQUS VUMAT user subroutine, which represents an iso-
tropic hyperelastic material (we have chosen the simplest Neo-
Hookean material). The most important aspect of the process is
that the deformation gradient F is available to the VUMAT user
subroutine. Local orientations were defined in cylindrical coordi-
nate systems (spherical for the apex segments) such that deforma-
tions would be represented roughly in the circumferential and
longitudinal directions.

Consider the start of strain measurement configuration at time
ts to which corresponds a deformation gradient Fs. From that time
on, the deformation gradient can be decomposed as F ¼ Frel Fs,
where Frel is the deformation gradient of the relative deformation
between the current configuration (ES) and the start configuration
(ED). We then compute the relative left Cauchy–Green strain ten-

sor Brel ¼ Frel FT
rel from which we extract the principal values and

directions. The principal values being the square of principal rela-

tive stretches k2
rel allow the determination of the principal nominal

strains krel � 1 followed by a projection back into the deformed
configuration of the global coordinate system. We then have the
relative nominal strains in the tangential and longitudinal direc-
tions. These strains are carried in the analysis database as state
variables (ABAQUS User Subroutines Reference manual) and can be
postprocessed. These computational radial and circumferential
strains are defined on the endocardial surface. There were three
components of strain but we used the two more accurate
components [35].

We wrote scripts to monitor the minimum ventricle volume in
order to select the end time-point that produces the frame from
which the relative strains are obtained. These strains are integra-
tion point values. Therefore, the script averages the relative strain

values over each one of the 16 AHA segments (Fig. 4) and feeds
such averages to the optimization algorithm for comparison with
measurements. The 16 AHA segments are consistent with those
used by TOMTEC software (as described in TomTec-ArenaTM 1.1
Operating Manual). It should be noted that the current recommen-
dation from the AHA is to segment the LV into 17 segments, but
16 AHA segments in our paper refers to the TOMTEC
convention.

2.2.3 Optimization Scenarios. The optimization was con-
ducted for either LV or BV model, for either homogeneous
or heterogeneous contractility. In all optimization scenarios, the
downhill simplex optimization method was used to minimize the
differences between the computational and experimental (target)
strains [36,37]. The objective function was the sum of the differ-
ence between the experimental (target) and computational strains.
Since the set of target experimental strains was different in the
scenarios, different objective functions were used in each scenario
(Table 1). To assess the reliability of the optimization process, in
scenarios #3 and #4, the values of Tmax were altered and the opti-
mization was repeated.

3 Results

3.1 Calibration of Passive Properties for Left Ventricle
Model. Calibration of passive material properties was based on
the end-diastolic pressure–volume relationship or EDPVR, and
led to the passive properties (Table 2). The optimization scheme
provided the EDPVR curve in agreement with the analytical curve
(Fig. 2). The mean difference (the sum of the differences between
the experimental and computational results at the points shown in
Fig. 2 divided by the number of points) between the analytical and
experimental LV volumes was approximately �0.04 ml. The com-
putational and experimental LV EDVs were 57.1 and 57.8 ml,
respectively (computational EDV 1.2% lower).

3.2 Calibration of Active Properties for the Left Ventricle
Model. The experimental circumferential and longitudinal strains
for 16 segments changed from segment to segment (Figs. 5
and 6). The two strains had different patterns in basal (segments
1–6), midwall (segments 7–12), and apical (segments 13–16)
segments.

The segmental values for Tmax in 16 segments were altered in
the optimization process to calibrate mechanical properties based
on segmental strain metrics (Table 2). The difference between the
mean Tmax and segmental Tmax values changed for each segment
(Fig. 7, Table 2). The largest difference occurred at midwall seg-
ment 9, where Tmax (680.4 kPa) was 352.1% larger than the mean
Tmax (150.5 kPa) (the sum of Tmax values at all 16 regions divided
by number of regions¼ 150.5 kPa). The computational and exper-
imental circumferential strains were in correspondence; the mean

Fig. 4 The experimental strains were measured at 16 segments
in two directions: circumferential and longitudinal

Table 1 Different models were simulated to assess the role of segmental parameters on active material calibration. The passive
material properties were also calculated by the material calibration platform (Fig. 2). In scenario 6, the contraction in segments 3–6
was separately determined because the differences between the longitudinal and experimental strains were higher in segments
3–6.

# Model Optimization variable Optimization target

1 LV One single value of Tmax ESV

2 LV 16 values of Tmax at each AHA segment 32 strain components at 16 segments, including 16 circumferential
and 16 longitudinal strains

3 LV 16 values of Tmax at each AHA segment 16 circumferential strains at 16 AHA segments

4 LV 16 values of Tmax at each AHA segment 16 longitudinal strains at 16 AHA segments

5 Biventricular One single value of Tmax ESV and global longitudinal strain

6 Biventricular One single value of Tmax at segments 1, 2, 7–10, 12–16
and segmental values of Tmax at segments 3, 4, 5, 6, 11
(different value at each segment)

32 strain components at 16 segments, including 16 circumferential
and 16 longitudinal strains

091007-4 / Vol. 141, SEPTEMBER 2019 Transactions of the ASME



difference between them in 16 segments was 0.046. The largest
difference occurred at apical segment, segment 14 (0.182, 295.7%
higher relative to the mean value). The computational and experi-
mental longitudinal strains were generally in agreement. The
mean difference (the sum of the difference between the

computational and experimental strains at target regions divided
by number of target regions) between them in 16 segments was
0.059. The maximum difference was at midmyocardium at seg-
ment 13 (0.169 and 186.4% higher relative to the mean value).

When only circumferential strains were used in the calibration
process (Fig. 8), the agreement between the computational and
experimental strains was better than when both circumferential
and longitudinal strains were used. The mean difference between
the computational and experimental strains was 0.040, and the
maximum difference occurred at apical segment 14 (0.169 and
323.0% higher relative to the mean value).

Similarly, the agreement between the computational and exper-
imental longitudinal strains improved when only longitudinal
strains were used in the calibration process (Fig. 9). The mean dif-
ference at 16 segments between the two strains was 0.043, and the
maximum difference occurred at midwall segment 8 (0.125 and
190.7% higher relative to the mean value).

3.3 Calibration of Active Properties for the Biventricular
Model. The calibration of material properties for the BV model
led to converged objective function. The mean and maximum dif-
ferences between the experimental and computational circumfer-
ential strains were 0.061 and 0.120 (segment 9, 100% higher
relative to the mean value), respectively. Similarly, the mean and
maximum differences between the computational and experimen-
tal longitudinal strains were 0.076 and 0.133 (segment 3, 75%
higher relative to the mean value), respectively. The agreement
between the experimental and computational strains improved
after material properties were altered segmentally at segments 3–6
(Table 3, Figs. 10–13).

The differences between the experimental and computational
strains were higher when uniform Tmax values were used. The
mean differences for the LV model with uniform Tmax were 0.129
and 0.076 for the circumferential and longitudinal strains, respec-
tively (Table 3; Figs. 5 and 6). For the BV model, the mean differen-
ces for the circumferential and longitudinal strains were 0.061 and
0.076, respectively, with uniform Tmax (Table 3, Figs. 10 and 11).
After segmental Tmax calibration, these differences were 0.046 (LV,
circumferential), 0.059 (LV, longitudinal), 0.061 (BV, circumferen-
tial), and 0.055 (BV, longitudinal).

After the segmental values for Tmax for models #2 and 3 were
calculated, the starting values for the optimization were changed
to ascertain the optimized values that are not those associated
with a local minimum. The time to reach convergence was
affected by the starting values for the parameters (segmental
Tmax), but the calibration results did not change when the starting
values were altered.

4 Discussion

In this study, we used LV ED (EDV and EDP) and speckle
tracking 3D echocardiography segmental strains from beating

Table 2 The material properties for LV (#2) and BV (#6) models with highest heterogeneous regional contraction (Tmax). For the LV
model (model #2 in Table 1), Tmax values at regions 1–16 were 36.2, 345.3, 175.5, 108.3, 71.7, 90.4, 41, 177.1, 680.4, 46.1, 60.9, 55.1,
23.6, 426.9, 37.2, and 31.5 kPa. For the BV mode (model #6 in Table 1), Tmax values at regions 1–16 were 113.0, 113.0, 400.0, 400.0,
400.0, 400.0, 113.0, 113.0, 113.0, 113.0, 280.0, 113.0, 113.0, 113.0, 113.0, and 113.0 kPa. The results from a previous report are pro-
vided for comparison. For models 2 and 3, the regional contractions were calculated in a way similar to model 1.

Parameters

Model a; MPa b af ; MPa bf as, MPa bs afs; MPa bfs Tmax MPa

1 5.913� 10�4 7.899 1.949� 10�3 15.157 2.707� 10�4 13.142 1.590� 10�4 3.235 0.075
2 5.913� 10�4 7.899 1.949� 10�3 15.157 2.707� 10�4 13.142 1.590� 10�4 3.235 Caption
3 5.913� 10�4 7.899 1.949� 10�3 15.157 2.707� 10�4 13.142 1.590� 10�4 3.235 Caption
4 5.913� 10�4 7.899 1.949� 10�3 15.157 2.707� 10�4 13.142 1.590� 10�4 3.235 Caption
5 [13] 1.704� 10�4 5.517 5.618� 10�4 10.586 7.803� 10�5 9.179 4.584� 10�5 2.259 0.113
6 1.704� 10�4 5.517 5.618� 10�4 10.586 7.803� 10�5 9.179 4.584� 10�5 2.259 Caption
Dabiri et al. [6] 6.832� 10�4 7.541 2.252� 10�3 14.471 3.127� 10�4 12.548 1.837� 10�4 3.088 0.086

Fig. 5 The experimental and computational circumferential
strains at 16 AHA segments. The blue curve shows FE model
with segmental values for Tmax, whereas the brown curve
shows the FE model with uniform Tmax. The direction of strain
is shown in Fig. 4.

Fig. 6 The experimental and computational longitudinal
strains at 16 AHA segments. The blue curve shows FE model
with segmental values for Tmax, whereas the brown curve
shows the FE model with a uniform Tmax. The direction of strain
is shown in Fig. 4.
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hearts to calibrate passive and active mechanical properties of the
LV. Our results show that ISIGHT can be used as a platform to
improve the state-of-the-art calibration of the LV mechanical
properties [13]. The calibration results were in line with the previ-
ous reports (Table 2, rows 1 and 7). The optimization algorithm
was stable because the results did not change by altering starting
Tmax values. The selection of segments where strains are measured
affects the calibration accuracy. When circumferential and longi-
tudinal strains were both used, the average difference between the
predicted and experimental circumferential and longitudinal
strains was higher (0.046 and 0.059, respectively) than when only
circumferential (0.040) or longitudinal (0.043) strains were used
(Table 3). The LV volume in our calibrated model was close to

the experimental value. Although we did not use end systolic vol-
ume (ESV) as a calibration criterion, the predicted and experimen-
tal ESVs were close (29.9 versus 30.9 ml).

4.1 Rationale for Using ABAQUS and ISIGHT. In a previous
study, LS-DYNA and LS-OPT (Livermore Software Technology
Corporation, Livermore, CA) were used to calibrate material
properties of LV based on segmental strain metrics [4]. Here, we
used ABAQUS and ISIGHT for the same purpose. This study extends
the work seen in our previous study [4], by utilizing more sophis-
ticated methods, incorporating more modern strain tracking infor-
mation, advanced cardiac modelling techniques (i.e., FE and

Fig. 7 The segmental and mean Tmax in the LV model. In the basal segments, the largest deviation
from mean Tmax occurred at segment 2; in the mid LV, the largest deviation from mean Tmax

occurred at segment 9. In the apical segments, the largest deviation from mean Tmax occurred at
segment 14.

Fig. 8 The experimental and computational longitudinal
strains at 16 AHA segments. Only 16 circumferential strains
were used in the optimization process. The direction of strain is
shown in Fig. 4.

Fig. 9 The experimental and computational longitudinal
strains at 16 AHA segments. Only 16 longitudinal strains were
used in the calibration. The direction of strain is shown in
Fig. 4.

091007-6 / Vol. 141, SEPTEMBER 2019 Transactions of the ASME



coupled lumped circulatory models) and sophisticated models
(i.e., realistic fiber orientations and biventricular modelling).

4.2 Global Versus Segmental Calibration Metrics. The cal-
ibration of the mechanical properties of myocardium can be based
on global or segmental metrics. From a mathematical perspective,
using global metrics is more straightforward than using segmental
metrics. Here, we used 16 circumferential and 16 longitudinal
strains at 16 AHA segments to calibrate the myocardium. The
convergence of the objective function took longer than when we
used global metrics, or when we used 16 circumferential or 16
longitudinal strains. These findings indicate that the selection of
calibration parameters plays a key role in an efficient calibration
process.

The optimization platform presented here was used to improve
the state-of-the-art calibration process [13]. Our results showed
that the agreement between the computational strains and the
experimental strains improved after segmental variations in
mechanical properties were implemented (Table 3, Figs. 12
and 13). The mean differences for the circumferential strains were
reduced in the LV model (0.129 versus 0.046) and were nearly

unchanged for the BV models (0.061 versus 0.061). Similarly,
mean differences between experimental longitudinal strains
decreased in the LV model (0.076 versus 0.059) and the BV
model (0.076 versus 0.055).

4.3 Rationale for Segmental Variation of Tmax in the Left
Ventricle Model. The rationale behind segmental variations in
values of Tmax could be limitations in geometry, fiber directions,
and constitutive equations. Our results demonstrate the impor-
tance of muscle fiber orientation in the mechanics of LV. The sin-
gle LV and BV models produced results that were in agreement
with experimental data. However, the BV model used a simpler
approach for calibration of mechanical properties than the single
LV model, and had a more realistic geometry and fiber direction.
Also, the reference configuration between the LV and the BV was
different because of differences in fiber orientations, geometries,
loads, and boundary conditions. This reference configuration dif-
ference also makes the BV model more realistic compared to the
LV model. We suspect that if, for the single LV model, the LV
geometry is reconstructed from MRI and it includes the diffusion

Fig. 10 The experimental and computational circumferential
strains at 16 AHA segments for the BV model. The parameter
Tmax was uniform at all segments. This result is the same as
that reported by Sack et al. [13].

Fig. 13 The experimental and computational longitudinal
strains at 16 AHA segments for the BV model. The parameter
Tmax was altered at segments 3–6.

Fig. 11 The experimental and computational longitudinal
strains at 16 AHA segments for the BV model. The parameter
Tmax was uniform at all segments. This result is the same as
that reported by Sack et al. [13].

Fig. 12 The experimental and computational circumferential
strains at 16 AHA segments for the BV model. The parameter
Tmax was altered at segments 3–6.

Journal of Biomechanical Engineering SEPTEMBER 2019, Vol. 141 / 091007-7



tensor magnetic resonance imaging fiber data, the results will be
closer to those of the BV model.

The values of Tmax at 16 segments deviated from mean value of
Tmax (Fig. 7). Within the basal segments (1–6), the largest differ-
ence between the mean Tmax and the segmental Tmax happened at
segment 2. Within the midwall segments (7–12), the largest differ-
ence was at segment 9, and within apical segments (13–16), the
largest difference was at segment 14. It seems that at these seg-
ments (2, 9, and 14) larger errors happen in geometry approxima-
tion and fiber orientations in the LV model. It should be noted that
the scenarios presented here for LV are complicated as we consid-
ered all 16 AHA segments. If a smaller number of LV regions are
considered for calibration, the optimization will be faster, and the
computational results will be closer to target strains (in calibrated
regions).

4.4 Model Reconstruction From Echocardiography Versus
Magnetic Resonance Imaging. In this study, we did material cal-
ibration based on two types of imaging methods. The BV model
was based on ex vivo MRI data, whereas the LV model was cre-
ated from in vivo echocardiography data. The accuracy of the
geometry and fiber orientation obtained from MRI was better than
that from echocardiography data. However, processing MRI data
needs more manual work and is more challenging than processing
echocardiography images. Nevertheless, the LV model created
from echocardiography images can provide rough information
about the material properties of the LV. Although for an accurate
material calibration, MRI is more suitable, echocardiography can
be used to assess alterations in material properties (not to deter-
mine exact values of the material constants). In particular, for
applications related to effectiveness of treatment strategies for
HF, echocardiography may be a better choice because it is less
challenging to analyze and can be used for patients who use car-
diac implants such as devices (LVAD) and stents.

4.5 Clinical Translation. Our methodology could have
applications in monitoring the recovery of myocardium contractil-
ity in patients with HF after treatment with cardiac devices such
as LVADs. Although the calibration time was relatively long
(on order of 24 h for LV and on order of 14 days for BV model),
when linked to machine learning techniques, the material calibra-
tion could be achieved on the order of seconds. There are
machine-learning finite element studies that successfully applied
time-consuming computations into fast applied outcomes [38] that
could be used in a clinical setup. In this project, we used echocar-
diography imaging data. As noted above, unlike tagged MRI,
speckle tracking echocardiography can be used for patients with
LVADs, stents, or other cardiac implants. Also, echocardiography
data can be automated by software, whereas tagged MRI requires
more manual operations. There are echocardiography-based hand-
held devices that can be used by physicians to monitor cardiac
conditions [39]. We plan to implement machine learning algo-
rithms that use our calibration methodology in a hand-held device
that could be used by physicians. Such a device can be used to

find information about the health conditions of the heart in a more
convenient, less expensive, and faster way than echo and MRI
machines. Moreover, if required, the methodology presented in
this paper works for MRI-based strain measurements.

4.6 Model Limitations. Some of the differences between the
model-predicted strains and the experimental strains were notice-
ably large (Table 3). The calibration of mechanical properties
depends on several factors including Tmax, ns, and fiber orienta-
tion. The fiber orientation could be approximated from diffusion
tensor magnetic resonance imaging data, and ns is mostly related
to physiological data from cardiac muscle multiaxial stretching
data [33]. That is why in this work, we used Tmax in 16 segments
to calibrate the model. Another parameter that has a profound role
in the calibration process is variations of muscle contraction in the
transmural direction, which was not considered in this study. In
fact, a more realistic modeling approach would consider the elec-
trical activity and link it to the transmural variation in the onset of
muscle contraction and relaxation. Moreover, atrial contraction
which was not considered in this study could noticeably affect the
model-predicted strains.

The constitutive equations play a crucial role in calibration of
the mechanical properties. In the LV model, we assumed that the
parameters of active contraction in the longitudinal and circumfer-
ential directions are only determined by fiber directions. The seg-
mental strains vary from segment to segment, but the trend in the
strain from segment to segment is different for the longitudinal
and circumferential directions (Figs. 5 and 6). This observation
suggests that the muscle fiber activation is likely affected by other
tissue characteristics, which cause different strain patterns in the
circumferential and longitudinal directions. If the constitutive
equation includes parameters that reflect these different trends in
the circumferential and longitudinal strains, the calibration will be
improved noticeably.

The discrepancies in experimental and computational strains in
the LV model could be partly due to not taking into account the
right ventricle (RV) pressure on the epicardial surface of the LV
septum. A more realistic model would have a different transmural
pressure for the LV septum that is less than that for the LV free
wall (to take into account RV pressure).

5 Conclusions and Future Directions

A noninvasive solution to determine mechanical properties of
myocardium may serve as a diagnostic or treatment tool for HF.
The properties of myocardium change in the infarcted region.
Moreover, stress, which may be the stimulus for remodeling in
pathological conditions like HF, can be determined if mechanical
properties are known. This study presented a methodology to
determine mechanical properties of myocardium in beating hearts
using ISIGHT. This methodology may lead to more accurate
mechanical properties as it is based on segmental metrics (such as
strains), rather than global metrics such as ESV and longitudinal
strain. Our methodology could be implemented in assessing the
effects of other parameters on the calibration outcome. For exam-
ple, the distal boundary conditions representing circulation, the
effects of RV on LV, the effects of errors introduced during recon-
struction of geometry, and other modeling parameters could be
studied using the methodology introduced in this paper.
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Table 3 The mean and maximum difference between the com-
putational and experimental strains for different models
described in Table 1

Model

Mean
difference

circumferential

Max
difference

circumferential

Mean
difference

longitudinal

Max
difference

longitudinal

1 0.129 0.270 0.076 0.183
2 0.046 0.182 0.059 0.169
3 0.040 0.169 N/A N/A
4 N/A N/A 0.043 0.125
5 0.061 0.120 0.076 0.133
6 0.061 0.122 0.055 0.139
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Nomenclature

a and b ¼ isotropic stiffness material parameters
AHA ¼ American Heart Association

B ¼ a constant
Brel ¼ the relative left Cauchy–Green strain

tensor
C ¼ the right Cauchy–Green tensor

Ca0 ¼ the peak intracellular calcium
concentration

ðCa0Þmax ¼ the maximum intracellular calcium
concentration

D ¼ 2/bulk modulus
Eff ¼ the Lagrangian strain in the myofiber

direction
EDP ¼ end diastolic pressure

EDPVR ¼ end diastolic pressure volume relation
ESV ¼ end systolic volume

F ¼ the deformation gradient
Frel ¼ the deformation gradient of the relative

deformation between the current
configuration and the start configuration

Fs ¼ the deformation gradient at start of strain
measurement

f 0 and s0 ¼ vectors for the local myofiber and sheet
directions, respectively

HF ¼ heart failure
I1 ; I4i, and I8fs ¼ the invariants of C

J ¼ determinant of the deformation gradient
lR ¼ the sarcomere length with the stress-free

condition
l0 ¼ the sarcomere length with no active stress

LV ¼ left ventricle
LVAD ¼ left ventricle assistive device

ns ¼ used to partially transfer fiber stress to the
sheet

subscripts f , s, and fs ¼ material parameters associated with
additional stiffness in the myofiber
direction, sheet direction, and the
connection between the myofiber and
sheet directions

Tmax ¼ the isometric tension at the longest sarco-
mere length and highest calcium
concentration

t0 ¼ time to arrive at peak tension
krel ¼ the principal relative stretch
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