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Abstract
Impaired cardiac filling in response to increased passive myocardial stiffness contributes to the pathophysiology of heart 
failure. By leveraging cardiac MRI data and ventricular pressure measurements, we can estimate in vivo passive myocardial 
stiffness using personalized inverse finite element models. While it is well-known that this approach is subject to uncertain-
ties, only few studies quantify the accuracy of these stiffness estimates. This lack of validation is, at least in part, due to the 
absence of ground truth in vivo passive myocardial stiffness values. Here, using 3D printing, we created soft, homogenous, 
isotropic, hyperelastic heart phantoms of varying geometry and stiffness and simulate diastolic filling by incorporating the 
phantoms into an MRI-compatible left ventricular inflation system. We estimate phantom stiffness from MRI and pressure 
data using inverse finite element analyses based on a Neo-Hookean model. We demonstrate that our identified softest and 
stiffest values of 215.7 and 512.3 kPa agree well with the ground truth of 226.2 and 526.4 kPa. Overall, our estimated stiff-
nesses revealed a good agreement with the ground truth ( < 5.8% error) across all models. Our results suggest that MRI-driven 
computational constitutive modeling can accurately estimate synthetic heart material stiffnesses in the range of 200–500 kPa.

Keywords Cardiac mechanics · Cardiac MRI · Heart failure · 3D printed phantom · In vitro MRI · Passive myocardial 
stiffness · Hyperelastic materials

Introduction

Impaired cardiac filling contributes to the pathophysiology 
of many cardiac  diseases22 which can eventually degener-
ate into heart failure. This multifaceted clinical syndrome 
is characterized by the heart’s inability to supply adequate 
blood to meet the metabolic demands of the body.8 Heart 

failure is a global public health issue with significant mortal-
ity and  morbidity29 and high socioeconomic burden.46 The 
high prevalence of heart  failure52 is also projected to con-
tinue increasing over the next decade.27

Diastolic dysfunction, which could be due to abnormal 
active  relaxation51 and/or diastolic chamber stiffness,62 is 
observed in nearly half of heart failure patients, who are 
said to have heart failure with preserved (i.e. relatively nor-
mal) ejection fraction (HFpEF).64 In these patients, though Associate Editor Jane Grande-Allen oversaw the review of this 
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ejection fraction is maintained, multiscale remodeling leads 
to impaired LV diastolic filling resulting in inadequate car-
diac output. Passive stiffness of myocardium, the cardiac 
muscle tissue, regulates diastolic  filling62 and increased pas-
sive myocardial stiffness is a significant remodeling mecha-
nism implicated in the etiology of HFpEF.44 To improve 
understanding and management of HFpEF, a clinical method 
to reliably identify changes in passive myocardial stiffness is 
a necessity.16 Moreover, other diseases where passive myo-
cardial stiffness is altered due to pathophysiological remod-
eling of the cardiomyocytes and extracellular matrix (e.g. 
hypertrophic cardiomyopathy) can benefit from a method for 
clinical estimation of passive myocardial stiffness.

Medical imaging-based computational constitutive mod-
eling enables estimation of patient-specific in vivo passive 
myocardial stiffness,38,56 a biomechanical metric with sig-
nificant prognostic value for HFpEF patients.58 Cardiac MRI 
sequences can be used to acquire data needed for computa-
tional modeling: high resolution cardiac geometry, cardiac 
motion and local displacements, and boundary conditions. 
While subject-specific cardiac microstructural organization 
can be obtained using in vivo cDTI,1,49 the method is still 
limited by issues such as low spatial resolution and signal-
to-noise ratio. Ventricular pressures, which are also neces-
sary for computational modeling can be acquired invasively 
through catheterization or estimated non-invasively through 
Doppler echocardiography.6,13

Numerous studies combine cardiac MRI, ventricular 
pressures, and inverse finite element modeling to estimate 
in vivo passive myocardial mechanical behavior and stiff-
ness in computational models.3,14,18,24,31,37,40,42,53,55,57,59,60 
Through these patient-specific simulations, certain metrics 
of cardiac function that are otherwise difficult to measure 
directly, such as wall stresses and strains, can be estimated. 
This personalized understanding of cardiac function can 
reveal disease mechanisms that can be therapeutic targets.45 
However, before these techniques for estimating in vivo pas-
sive myocardial stiffness can be adopted clinically, they need 
to be thoroughly validated.

Although the patient-specific data needed to estimate in 
vivo passive myocardial stiffness are unavoidably subject to 
uncertainty,25,41,43,50 we lack detailed studies evaluating the 
accuracy and precision of MRI-based in vivo passive myo-
cardial stiffness estimation. Moreover, the data acquisition 
and analysis techniques employed for MRI-driven stiffness 
estimation can vary significantly due to lack of a consensus. 
There is, however, a dearth of studies on the accuracy and 
precision of these MRI-based myocardial stiffness estima-
tion methods. This lack of validation is largely because of 
the absence of ground truth in vivo passive stiffness esti-
mates. Overcoming this validation gridlock necessitates 
the development of a highly controlled in vitro stiffness 

estimation framework that incorporates heart phantoms of 
known stiffness properties.

We addressed this unique validation challenge by devel-
oping soft, MRI-visible heart phantoms of known stiffness. 
The phantoms were incorporated within an in vitro MRI-
compatible flow loop to fill the phantom’s LV, simulating 
cardiac diastolic filling. Using MRI-driven computational 
modeling, the acquired MRI and ventricular pressure data of 
the phantom during inflation was used to estimate the mate-
rial stiffness of the phantom’s ventricular wall. To quantify 
the accuracy of our method, the estimated stiffness was then 
compared to ground truth measures of the phantom mate-
rial stiffness obtained through tensile testing. We used heart 
phantoms of varying stiffness to quantify our ability to iden-
tify stiffness changes. Phantoms of different geometries were 
also used to assess the identifiability of stiffness independent 
of geometry. In this work, we validate a material stiffness 
estimation framework in soft, homogenous, isotropic hyper-
elastic heart-like phantoms of varying stiffness and geomet-
rical complexity. In doing so, we demonstrate the feasibility 
and intrinsic challenges of using MRI-driven computational 
constitutive modeling for accurate identification of material 
stiffness in heart-like phantoms that resemble in vivo passive 
myocardial stiffness.

Materials and Methods

We describe the heart phantom development (“Phantom 
Development” section), the ground truth characterization 
of the phantom material’s mechanical properties (“Ground 
Truth Material Characterization” section), the in vitro ven-
tricular filling setup, acquisition of the heart phantom’s 
unloaded geometry, filling volumes and pressures (“Imag-
ing Experiments” section), the data analysis strategy (“Data 
Analysis” section), and lastly, the in silico calibration of 
material parameters using the experimentally derived LV 
pressure–volume relation (“In Silico Modeling and Stiffness 
Quantification” section).

Phantom Development

Our study used four different heart phantoms. Three of these 
had the same geometry ( gi ), but different material stiffness 
( sj ) (referred to as Mg1,s1 Mg1,s2 Mg1,s3 ), with model Mg1,s1 
being the softest and model Mg1,s3 being the stiffest. To 
understand the possible effects of geometry on the accuracy 
of the stiffness estimates, the final model ( Mg2,s1 ) was manu-
factured with material of a similar stiffness to model Mg1,s1 , 
but with a different geometry.

We generated 3D geometric heart models by segmenting 
(MITK v2018.04.2) high-resolution T1-weighted images 
from healthy ex vivo porcine subjects (restored to in vivo 
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mid-diastasis geometry)7 (Fig. 1a). The geometric models 
were designed to include basal ventricular ports and an 
apical anchor to facilitate loading and motion stabilization 
(Fusion 360, Autodesk) (Fig. 1b) The heart phantoms were 
designed to primarily be composed of the LV and RV, but 
some extent of the atrial myocardium was included to ease 
the addition of the basal ports needed for volume control 
and loading.

The heart phantoms were manufactured to match, as closely 
as feasible, both the mechanical and MRI relaxation properties 
of human ventricular myocardium. Direct 3D printing of suit-
ably soft materials is currently infeasible; therefore, the heart 
phantoms were cast using a combination of epicardial and 
endocardial molds. To develop the phantoms, we employed a 
lost-wax casting technique that has been used to manufacture 
anatomically detailed heart phantoms.9

A negative epicardial mold was created using the epi-
cardial surface of the 3D geometric heart models. The ven-
tricular blood pool segmentations were used to create left 
ventricle (LV) and right ventricle (RV) blood pool casts 
(endocardial molds). The epicardial and endocardial molds 
were converted into stereolithography files and 3D printed 
(Ultimaker 3 Extended) using tough polylactic acid and 
water-soluble polyvinyl alcohol, respectively. The “myo-
cardial” space between the nested molds was then injected 
with a blend of silicone elastomers (Sylgard 184 and 527, 
Dow Corning). The models were then left to cure in the 3D 
printed mold for 48 hours at room temperature (Fig. 1c), 
after which the mold parts were removed and the blood pool 
casts were dissolved in water. Finally, the heart phantoms 
were fitted with adapter parts (Fig. 2b) at the basal ventricu-
lar ports for attachment of tubing to connect the phantoms 
to the flow loop.

Using this technique, we produced subject-specific heart 
phantoms of high geometric fidelity and both passive stiff-
ness and MRI relaxation  properties23 that approximate ven-
tricular myocardium. The stiffness of Sylgard blends can be 
tuned by varying the mass composition of its constituents,36 
therefore we were also able to produce heart phantoms with 
a range of stiffness. Three silicone elastomer blends con-
taining a mass ratio of Sylgard 184 to Sylgard 527 of 20:80, 
25:75, and 30:70 respectively, were used to produce phan-
tom materials with increasing stiffness.

Ground Truth Material Characterization

The ground truth stiffness of the silicone elastomer blends 
used to manufacture the phantoms were assessed via uni-
axial tensile testing. Testing samples were produced in par-
allel with the phantom development and were subjected to 
identical curing conditions as the associated heart phantoms. 
Samples of uniform width (12 mm) were cut out from cured 
sheets of uniform thickness (3 mm) and were subsequently 
mechanically tested according to a modified ASTM D412 
standard using a material testing machine (Instron 5848 
Microtester, 100 N load cell). The samples were mounted 
by first clamping the specimen to the upper grip, zeroing 
the load cell, then clamping the specimen to the lower grip 
while taking care to avoid load application. The grip-to-
grip lengths of the mounted samples were used as the gauge 
lengths since the samples were attached such that the width 
and thickness in the grip-to-grip region was uniform. We 
did not directly measure the strains in the samples because 
clamping an extensometer onto these soft samples was found 
to appreciably affect the forces measured. Instead, to calcu-
late the principal stretch in each sample, the extension from 

Figure  1  Phantom manufacturing process: (a) ex vivo porcine 
T1-weighted images (at mid-diastasis) were segmented to develop the 
geometric heart model. (b) The model was fitted with basal ports for 
volume loading and an apical anchor was added to fix the apex during 
experiments. (c) The phantom was manufactured by curing a silicone 
elastomer blend in a 3D printed PLA/PVA mold for 48 h. The LV and 

RV blood pool casts were printed with water-soluble PVA. (d) The 
subject-specific phantom was fitted with 3D printed barbed connec-
tors and tubing for loading and pressure measurements. (e) Unloaded 
3D SPGR images of the 3D printed phantom shows high geometric 
agreement with porcine subject images.
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the tensile tester was used with the gauge length, which was 
set to 65 mm.

We considered the potential effects of viscoelasticity in 
our samples by assessing the effects of strain rates on the 
mechanical behavior and didn’t find significant strain rate 
effects which is consistent which previous work in literature 
that assessed strain rate effects on the mechanical behavior 
of Sylgard.17,20 Hence, we modeled the phantom materials as 
effectively hyperelastic. The test was performed at ambient 
conditions with a strain rate of 10%/s which was the clos-
est we could get to the maximum strain rate in the in vitro 
phantoms.

For each model, three separate samples were tested, and 
the averaged stress–stretch data across all three samples 
was used as the ground truth. All silicone elastomer blends 
were assumed to be nearly  incompressible20,54 and were 
modeled with an incompressible Neo-Hookean material 
model:

C1 is the Neo-Hookean material parameter, and I1 is the 
first invariant of the right Cauchy–Green deformation ten-
sor defined as � = �T� . The Lagrange multiplier (p) is 

(1)� = C1(I1 − 3) − p(J − 1).

Figure  2  Experimental setup schematic. (a) The heart phantom is 
connected to an MRI-compatible flow loop and fixed at the apex and 
basal ports. The programmable flow pump is used to inflate the phan-
tom’s left ventricle (LV), while the right ventricle (RV) is kept at con-
stant volume. Pressure transducers were used to record the intraven-

tricular filling pressures simultaneously. (b) The heart phantom was 
adapted with tubing for connection to the flow loop. The custom-built 
barbed adapter with inlets for the pressure transducer is highlighted. 
(c) Phantom inflation setup inside scanner. Inside of the phantom box 
is highlighted.
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introduced to enforce incompressibility. J = det(�) where � 
is the deformation gradient tensor. For incompressible mate-
rials, J = 1 . With the left Cauchy–Green deformation tensor 
defined as � = ��T , the Cauchy stress tensor reads:

For uniaxial extension of an incompressible material with 
stretch ratio �1 = � , it follows that the principal stress in the 
stretch direction is:

The phantom material stiffness can be represented as the 
tangent modulus, which is the derivative of the principal 
Cauchy stress with respect to the stretch.

The Neo-Hookean material parameter, C1 , was estimated 
using nonlinear regression of the experimentally measured 
principal Cauchy stress vs. stretch data and used to define 
the ground truth material stiffness.

We calculated the coefficient of variation (standard devia-
tion/mean ×100% ) in principal Cauchy stress to quantify the 
variation across the three samples tested for each model. We 
also calculated the coefficient of determination ( R2 ) between 
the Neo-Hookean model predicted principal Cauchy stress 
and the experimentally determined principal Cauchy stress 
to quantitatively assess the fit of the material model to the 
experimental data.

Imaging Experiments

We developed an MRI-compatible flow loop (Fig. 2) to sim-
ulate diastolic filling of the heart phantoms’ LV, to enable 
acquisition of each phantom’s filling kinematics using MRI, 
and to allow for measurement of ventricular filling pressures 
using pressure transducers. The phantoms were connected 
to the flow loop at the basal ports using custom-built, 3D 
printed barbed connectors designed with inlets for inserting 
pressure transducers (Fig. 2b). All models were fixed at the 
apical anchor and placed in a container filled with blood-
mimicking fluid of similar MRI relaxation properties, den-
sity, and viscosity to blood (40% glycerol, 60% water, 0.75 
mL/L ferumoxytol). The phantom box, which was adapted 
with flow ports to attach tubing was subsequently connected 
to an MRI-compatible, programmable flow pump (Cardi-
oFlow 5000 MR, Shelley Medical Imaging Technologies). 
The same blood-mimicking fluid was used to inflate the LV 
and fill the RV of the phantoms. A similar flow circuit was 
used in our lab to assess flow dynamics in synthetic aorta 
models using MRI.65

The flow pump was programmed to deliver square flow 
waveforms (peak flow rate = 300 mL/s) to inflate each heart 

(2)� =
2

J
F
��

�C
F
T = 2C1b − p.

(3)�11 = 2C1

(

�2 −
1

�

)

.

phantom’s LV. The phantoms’ RV was fluid filled at the start 
of the experiment and sealed such that its volume remained 
constant throughout the experiment. Filling pressures were 
acquired in the MRI scanner room during volumetric load-
ing, immediately prior to scanning because the pressure 
transducers, though MRI safe, can induce image artifacts 
if used during imaging and imaging can produce pressure 
signal artifacts.48 During the inflation experiment, both intra-
ventricular pressures were simultaneously acquired (Power-
Lab, LabChart 8, AD Instruments) using MRI-compatible 
pressure transducers (Micro-Tip SPR 350S, Millar). Pres-
sures for ten loading cycles were acquired, with the averaged 
pressure cycle used as the loading pressure. The coefficient 
of variation in the pressure waveform across the ten meas-
ured cycles was calculated for each experiment and was used 
to define the uncertainty in the pressure measurements.

All in vitro images were collected on a 3T MRI (Skyra, 
Siemens) using a 32-channel spine and 18-channel body 
matrix coil. The reference (unloaded) geometry of the 
phantom was acquired using a 3D spoiled gradient echo 
(3D SPGR) spanning the entire volume. Cine gradient echo 
(GRE) images were acquired during LV inflation to cap-
ture phantom motion and to obtain filling volumes. Imaging 
parameters are detailed in Table 1. Ventricular filling pres-
sures were synced with the image acquisition using a trigger.

Data Analysis

The myocardium was semi-automatically segmented from 
the 3D SPGR images of the unloaded phantom. First, a 
morphological  segmentation26,30 was performed in ImageJ 
(v1.53q), then the final segmentation was produced after a 
few morphological operations and some manual cleanup. 
The segmentation masks were then used to generate the ref-
erence geometric models that were used for in silico mod-
eling (Figs. 3a–3c).

The LV volumes during inflation were determined by 
semi-automatically segmenting the LV blood pool from 
the GRE cine images of the phantom during inflation using 
Otsu’s  method35 and manual cleanup (ImageJ). For each 
model, the segmentation was performed on the volumetric 
cine short axis image stack at different phases, then the LV 

Table 1  Imaging parameters for 3D SPGR and GRE Cine.

3D SPGR GRE Cine

��∕�� 2.17/5.5 ms 3.06/19.89 ms
FA 20◦ 12◦

Spatial resolution 1 × 1 × 1mm3 1 × 1 × 4mm3

Number of slices/phases 144/NA 30/75
Matrix 220 × 320 128 × 128
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volume at each inflation phase was extracted to determine 
the inflation volume over time (Figs. 3d–3f).

The synced measured pressures and filling volumes were 
used to obtain an LV pressure–volume relationship that was 
used for stiffness estimation.

In Silico Modeling and Stiffness Quantification

First, the geometric heart phantom models in the reference 
configuration (see “Data Analysis” section) were modified 
by virtually closing off the top surface of the ventricular 
basal ports. This was done to create enclosed cavities for 
efficient computation of the ventricular volume evolution. 
The 3D geometric models were meshed with standard quad-
ratic tetrahedral elements using  GMSH12 (Fig. 3c). Follow-
ing a mesh sensitivity study, final mesh characteristics for 

each model are detailed in Table 2. The finite element model 
was then built to be solved using FEBio.28

Based on our tensile testing experiments (see “Ground Truth 
Material Characterization” section), it was shown that the sili-
cone elastomer phantom materials can be adequately modeled 
using the Neo-Hookean strain energy function. Additionally, 
we assumed our simulated material to be nearly incompressible 

Figure 3  (a) 3D SPGR short-axis images. (b) Myocardium segmen-
tation is used to develop (c) the reference geometric models that are 
meshed with quadratic tetrahedral elements. In the finite element 
model, the LV endocardial surface was inflated with measured LV 
pressure (orange), the RV endocardial surface was inflated with meas-
ured RV pressure (green), the top surface of the basal ports were fixed 

in the longitudinal direction (purple), and the apical anchor was fixed 
in all directions (blue). (d) GRE Cine short axis image stack at an 
inflation phase. (e) The LV blood pool from each inflation phase of 
the GRE Cine images is segmented. (f) The volume at each inflation 
phase is extracted from the segmentation and is used to determine the 
LV injected volume at each cardiac phase.

Table 2  Mesh properties.

Mg1,s1 Mg1,s2 Mg1,s3 Mg2,s1

Number of nodes 221,714 227,874 228,105 243,540
Number of elements 134,309 138,415 138,446 150,475
Degrees of freedom 402,927 415,245 415,338 451,425
Average element volume 

(mm3)
1.89 1.90 1.86 1.94
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following prior mechanical characterization studies on Sylgard 
527 and 184.20,54 We enforced incompressibility in the simulation 
by setting the bulk modulus to be 100 times the Neo-Hookean 
material parameter. Across all the models, incompressibility was 
well enforced, with most elements having a relative element vol-
ume at peak inflation of 1.000 and the worst elements deviating 
from this peak inflation volume by a maximum of 0.003. The 
boundary and loading conditions of the computational heart 
phantoms were set to match the experimental conditions. The 
apical anchor was kinematically constrained in all directions, 
while the top surfaces of the ventricular basal ports were kin-
ematically constrained from moving in the longitudinal direc-
tion. The recorded LV and RV intraventricular pressures were 
measured simultaneously during the imaging experiment. Dur-
ing simulation, these pressures were applied to the LV and RV 
endocardial surfaces and the resulting phantom deformations 
were computed.

We set up a computational optimization scheme to deduce 
the phantom material stiffness from the MRI-derived LV 
volumes and catheter-based pressure measurements. More 
specifically, with FEBio as the forward solver, we used the 
constrained Levenberg–Marquardt optimization  algorithm21 
(Fig. 4) to find the appropriate constitutive parameter ( C1 ) 
that minimized the error between the simulated and experi-
mental LV volume evolution. The material parameter 
optimization algorithm minimizes an objective function 
( � ), which is the sum of the squared difference between 
the experimental and simulated LV volume at each infla-
tion phase. C1 is iteratively updated to minimize � until the 
reduction in � falls below a specified tolerance ( 1e−3 kPa).

For all models, the initial guess was set as C1 = 25 kPa. 
We placed constraints on the possible values of C1 to ensure 
it remained within reasonable limits ( 1 < C1 < 100 kPa). 
Inverse parameter estimates using the upper and lower 
bounds of the measured pressure uncertainty were also per-
formed to account for the uncertainty in material parameters 
due to pressure measurement.

The mesh size chosen for the inverse simulation was 
determined from a mesh convergence study and was found 
to lead to a variance of < 1% LV peak inflation volume 
with further mesh refinement, an accuracy that was deemed 
appropriate for our study.

Results

Ground Truth Material Characterization

Principal Cauchy stress vs. stretch for representative samples 
of the silicone elastomer blend used to cast models Mg1,s1 , 
Mg1,s2 , Mg1,s3 , and Mg2,s1 are shown in Fig. 5. The uncertainty 
arises from the standard deviation of the three samples sub-
jected to uniaxial tensile testing.

A Neo-Hookean material model was fit to the average 
(from three tests) stress–stretch data to obtain the ground 
truth material parameters. Ground truth stiffness at the peak 
simulated principal stretch in the in silico phantoms (stretch, 
� = �peak ) is reported for each model (Table 3). The coeffi-
cient of variation of the experimentally determined Cauchy 
stress at �peak across the three samples was 10.4, 4.3, 2.5 and 
2.8% for models Mg1,s1 , Mg1,s2 , Mg1,s3 , and Mg2,s1 , respec-
tively. The R2 between the Neo-Hookean model predicted 
principal Cauchy stress and the experimentally determined 
principal Cauchy stress was over 0.99 for all models tested 
(Fig. 5).

Inflation Pressure–Volume Relations

The measured LV inflation pressure and the LV inflation 
volumes obtained from segmenting the cine MRI images are 
shown in Fig. 6. The experimentally measured LV pressure 
vs. LV injected volume (inflation volume − initial volume) 
for all the models is shown in Fig. 6.

The peak LV inflation pressures were 31.6, 33.2, 78.7, 
and 24.1 mmHg and the peak LV injected volumes were 6.3, 
5.9, 8.5, and 8.1 mL for models Mg1,s1 , Mg1,s2 , Mg1,s3 , and 
Mg2,s1 , respectively. The peak RV measured pressures were 
2.1, 1.3, 1.5, and 0.9 mmHg for models Mg1,s1 , Mg1,s2 , Mg1,s3 , 
and Mg2,s1 , respectively.

Simulated Mechanical Behavior

The computed phantom deformation and the variation in dis-
placement magnitude at maximum inflation is shown for all 
four models (Fig. 7). �peak (Peak simulated principal stretch) 
in the phantoms were 1.11, 1.09, 1.13, and 1.10 for models 
Mg1,s1 , Mg1,s2 , Mg1,s3 , and Mg2,s1 , respectively.

Figure 6 (fourth row) shows that the calibrated LV pres-
sure–volume (dotted line) corresponds well with the experi-
mentally determined LV pressure–volume (points). Specifi-
cally, the calibrated LV pressure–volume is from a forward 
simulation using the optimized material parameters. The 
uncertain region around this simulated LV pressure–vol-
ume curve corresponds to the forward simulations using the 
optimized material parameters calibrated using the upper 
and lower uncertainty limits of the experimentally derived 
LV pressure–volume relationship.

The principal Cauchy stress vs. stretch from a simu-
lated tensile test using the optimized (simulated) material 
parameters is shown for all models (dotted line) (Fig. 8) 
and compared with the ground truth mechanical behavior 
in uniaxial tension (solid line). From Fig. 8, we see that 
there is good agreement in the simulated and ground truth 
mechanical behavior for all models with the percent differ-
ence in Cauchy stress at �peak being 5.2, −1.0, 3.3, and 4.7% 
for models Mg1,s1 , Mg1,s2 , Mg1,s3 , and Mg2,s1 , respectively. 



1581Validating MRI-Derived Myocardial Stiffness Estimates Using In Vitro Synthetic Heart Models  

1 3

Table 3 reports the ground truth and simulated stiffness 
(tangent modulus) at �peak for all models. The percentage 
difference between the simulated and ground truth stiffness 
is < 6% for all the models.

Discussion

Contributions

Increased passive myocardial stiffness is a cardiac remod-
eling mechanism associated with a significant structural 
change underlying the progression of HFpEF.44,62 There 
exist several studies leveraging cardiac MRI data and 
ventricular pressure measurements for the estimation of 
patient-specific passive myocardial stiffness. However, 

Figure  4  Material parameter optimization flowchart. The goal is to 
minimize the objective function ( � ), which is the sum of the squared 
difference between the experimental LV volume ( VLV

exp
 ) and simulated 

LV volume ( VLV
sim

 ) at each inflation phase (i). The parameter optimi-

zation algorithm iteratively updates the C1 Neo-Hookean material 
parameter to minimize � until the reduction in � ( Δ� ) falls below a 
specified tolerance which was set to 1e−3 kPa.
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Figure 5  Cauchy stress ( �11 ) vs. stretch ( � ) from the ground truth uniaxial tensile tests for (a) model Mg1,s1 (red); (b) model Mg1,s2 (blue); (c) 
model Mg1,s3 (green); and (d) model Mg2,s1 (purple). The standard deviation arises from tests across three samples.

Figure 6  Right ventricular (RV) pressure vs. time (first row), left ven-
tricular (LV) pressure vs. time (second row), LV volume over time 
(third row), and experimentally measured LV pressure–volume over-
layed with calibrated (optimized) LV pressure–volume (fourth row) 

for (a) model Mg1,s1 (red); (b) model Mg1,s2 (blue); (c) model Mg1,s3 
(green); and (d) model Mg2,s1 (purple). Uncertainty arises from the 
maximum coefficient of variation in measured pressures across all 
experiments.
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most of these studies have a common limitation—the 
estimated passive myocardial stiffness estimates were 
not comprehensively validated. This lack of validation is 
due, in part, to the lack of ground truth in vivo passive 
myocardial stiffness estimates available for comparison. 
Nevertheless, before computational models can be adopted 
as clinical prognostic tools, there is a need for thorough 
validation.

We quantitatively assessed the accuracy of MRI-driven 
computational modeling for myocardial stiffness estimation 
in four soft silicone phantoms with realistic cardiac mor-
phometry and known ground truth mechanical behavior 
and stiffness. In models Mg1,s1 , Mg1,s2 , Mg1,s3 , and Mg2,s1 , the 
stiffness estimation errors were 5.8, −1.0, 2.7, and 4.9%. 
These low errors demonstrate the feasibility of highly accu-
rate passive myocardial material stiffness estimation using 
an MRI-driven computational constitutive modeling frame-
work. Additionally, we developed a phantom manufacturing 

Figure 7  Computed phantom deformation at maximum inflation. Short-axis slices show the spatial variation in displacement magnitude for (a) 
model Mg1,s1; (b) model Mg1,s2; (c) model Mg1,s3; and (d) model Mg2,s1.

Figure 8  Cauchy stress ( �11 ) vs. stretch ( � ) from uniaxial tensile tests 
using simulated (optimized) material parameter (dotted lines) and 
ground truth material parameter obtained from tensile testing (solid 
lines) for (a) model Mg1,s1 (red); (b) model Mg1,s2 (blue); (c) model 

Mg1,s3 (green); and (d) model Mg2,s1 (purple). Uncertainty arises 
from the maximum coefficient of variation in the measured pressures 
across all experiments. The peak simulated principal stretch ( �peak ) in 
the models is indicated.

Table 3  Simulated vs. ground truth mechanical behavior.

C1 (kPa) Stiffness (kPa) �11 (kPa)
(� = �peak) (� = �peak)

Mg1,s1 Ground truth 40.9 ± 4.3 248.2 ± 26.2 27.3 ± 2.8
Simulation 43.3 ± 3.3 262.7 ± 20.1 28.7 ± 2.2
% Difference 5.9% 5.8% 5.2%

Mg1,s2 Ground truth 53.0 ± 2.1 320.2 ± 12.6 28.6 ± 1.2
Simulation 52.4 ± 4.0 316.9 ± 24.2 28.4 ± 2.2
% Difference −1.0% −1.0% −1.0%

Mg1,s3 Ground truth 84.2 ± 2.1 512.3 ± 12.7 65.6 ± 1.7
Simulation 86.5 ± 6.6 526.4 ± 40.2 67.8 ± 5.2
% Difference 2.7% 2.7% 3.3%

Mg2,s1 Ground truth 35.6 ± 1.0 215.7 ± 6.0 21.5 ± 0.6
Simulation 37.4 ± 2.9 226.2 ± 17.3 22.5 ± 1.7
% Difference 4.9% 4.9% 4.7%
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procedure that can reproduce phantoms of high geometric 
fidelity, myocardium mimicking stiffness, and heart-like 
MRI relaxation properties.23 For all models, the estimated 
ground truth material stiffnesses were consistent with pre-
vious work evaluating the stiffness of Sylgard  blends36 (see 
Supplementary Fig. S1). Additionally, across all samples 
subjected to uniaxial tensile testing, we were able to repro-
duce nearly identical principal stress vs. stretch relationships 
and reaction force vs. displacement curves in simulated ten-
sile tests (see Supplementary Figs. S2 and S3). We can also 
tune the material stiffness of the phantoms by manufacturing 
them with different silicone elastomer mass compositions 
(see “Phantom Development” section). We incorporated the 
heart phantoms within an MRI-compatible LV diastolic fill-
ing setup and acquired the MRI and pressure data necessary 
for estimating the phantoms’ LV myocardial stiffness using 
a finite element model. Through finite element modeling and 
material parameter optimization, we obtained the mechani-
cal (Neo-Hookean) behavior and stiffness of the phantoms 
and compared these simulated mechanical metrics with 
ground truth values obtained through tensile testing.

Augenstein et al.4 developed an experimental method 
for validating passive material properties of a cylindrical 
silicone gel phantom obtained through MRI-based compu-
tational constitutive modeling. Their simulated constitutive 
parameters were compared to parameters obtained indepen-
dently from rotational shear testing and showed very good 
agreement. We extend their study by using geometrically 
accurate biventricular heart phantoms for validation. Addi-
tionally, we perform the validation in heart phantoms of 
varying stiffnesses and geometries to understand the identifi-
ability across a range of stiffnesses independent of geometry. 
Our work also differs, in that Augenstein et al. used MRI 
tagging obtained displacements in their objective function, 
whereas we used the LV pressure–volume relationship for 
calibrating our computational model for material parameter 
optimization. Material parameter optimization using local 
displacements enables the construction of a richer objective 
function that incorporates more of the deformation kinemat-
ics, which better constrains the solution. However, MRI data 
for estimating local displacements (e.g., from MRI tagging 
or cine DENSE) is not always available in subjects or in 
experiments. While we used only the inflation pressure-
volume relationship to calibrate the computational models, 
we compared the simulated end-inflation shapes with the 
image-obtained end-inflation shapes and found good agree-
ment across all models (Supplementary Fig. S4).

Zhu et al.61 used an anatomically accurate biventricular 
heart phantom to validate the displacements obtained from 
a MRI-based computational phantom. They compared dis-
placements from a finite element forward simulation with 
a ground truth obtained from marker tracking using cam-
eras. Our study extends theirs by using more physiologically 

relevant loading conditions in that we applied pressures on 
the endocardial surface, whereas the phantom used in their 
study applies displacement boundary conditions on the apex 
to control the phantom motion. In addition, their work was 
focused on validating simulated displacements as opposed 
to material parameters or material stiffness.

Deviations of In Vitro System from In Vivo Heart

Our phantom materials are a practical approximation of 
myocardium, but lack some key biomechanical features.5 
Notably, unlike myocardium, which is anisotropic due to the 
underlying microstructure, our material is isotropic. Addi-
tionally, the phantom material’s nonlinearity in the relevant 
stretch range differs from that which is exhibited by myo-
cardium. Specifically, unlike myocardium which exhibits an 
exponential-like stress–strain relationship in uniaxial ten-
sion, our material more closely resembles a linearly elastic 
material in the stretch range considered.

Our phantom materials are also stiffer than healthy human 
ventricular myocardium. We sought to manufacture the 
softest heart phantom with a material of similar stiffness to 
healthy human myocardium. Emig et al.10 compiled myocar-
dial stiffness values from a range of studies and showed that 
the passive (diastolic) tangent stiffness of human adult hearts 
ranged from 8 to 70 kPa. However, caution should be taken 
when interpreting the stiffness values due to the wide range 
of estimation techniques used, myocardium constitutive laws 
employed, and the lack of standardization of the stretch at 
which the stiffnesses were estimated and reported across all 
studies. Nevertheless, the softest phantom we could produce 
demonstrated a stiffness of 215.7 kPa, which is significantly 
stiffer than healthy human ventricular myocardium. Our 
phantom manufacturing procedure can reproduce phantoms 
with stiffnesses closer to that of human myocardium ( ⪅ 100 
kPa), but the far inferior workability of the softer phantoms 
meant our choice of material was limited to phantoms with 
stiffness ⪆ 200 kPa. Wang et al.57 and Zile et al.63 showed 
that in HFpEF patients, there can be myocardial stiffness 
increases of two to three times that of a control group. Given 
the range of passive myocardial stiffness of human adults 
(8 to 70  kPa10), model Mg2,s1 , the softest phantom (stiffness 
215.7 kPa) has comparable stiffness to the passive myocar-
dial stiffness expected in HFpEF. The stiffest heart phantom 
(model Mg1,s3 ) had a stiffness of 512.3 kPa, which is closer 
to the stiffness of myocardial infarcts.2

The boundary conditions of the in vitro phantoms were 
modeled appropriately in the in silico phantoms, but some 
of the applied constraints differ from those which are seen 
in the in vivo heart. For example, the basal ports were fixed 
longitudinally whereas in vivo we expect some valve plane 
motion. Secondly, in all the models, the apex was kinemati-
cally constrained in all directions unlike in the in vivo heart, 
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where the apex freely rotates. Additionally, as the RV vol-
ume was kept constant due to the lack of a second MRI-
compatible pump to simultaneously inflate the phantom’s 
RV, the septal mechanics are different from that which is 
expected in vivo.

Some additional complexities that exist in the in vivo 
beating heart could not be modeled by our in vitro sys-
tem. For example, our system doesn’t include pericardial 
interactions, which have been shown to influence myocar-
dial mechanics.19,42 Moreover, through our manufacturing 
procedure, we are unable to replicate the prestresses which 
in vivo myocardium is known to exhibit.34 Inclusion of the 
influence of these myocardial prestresses which are thought 
to facilitate diastolic  filling11 and homogenize the ventricu-
lar wall  stresses34 can significantly impact passive myocar-
dial stiffness estimation.11,15,33 Due to these prestresses, the 
geometry obtained from medical images don’t represent an 
actual unstressed reference configuration for finite element 
analysis even though the images may represent an externally 
unloaded state. Though there exist inverse methods for iden-
tifying the truly unstressed configuration,39 full validation of 
these computational inverse prestress estimation procedures 
is still lacking.

Our heart phantoms do not replicate exactly, the in vivo 
heart. Nevertheless, we demonstrate our ability to use an 
MRI-driven computational constitutive modeling framework 
to identify the material parameters of soft heart-like phan-
toms of varying stiffness and different complex geometries. 
This is an important demonstration of feasibility before 
future in vivo passive myocardial stiffness estimation.

Computational Modeling Framework

Although there are many permutations of methods to acquire 
and analyze the input data needed for myocardial stiffness 
estimation, for our study, we considered only one MRI-based 
framework for myocardial stiffness estimation. Other meth-
ods may introduce uncertainties not considered in this study. 
Additionally, we acquired relatively high-resolution imaging 
data which may not be feasible in clinical settings. Future 
work could consider the effects of downsampling the data to 
more clinically relevant resolutions and assessing the effects 
of data resolution on the stiffness estimation.

Inflation Volumes

Our maximum inflation volumes in the phantoms were 6.3, 
5.9, 8.5, and 8.1 mL for models Mg1,s1 , Mg1,s2 , Mg1,s3 , and 
Mg2,s1 , respectively. We are interested in modeling the ven-
tricular passive filling which results from the atrial kick, 
responsible for 20%32 of total LV filling during diastole. The 
normal stroke volume of healthy humans is 50 to 100 mL,47 
therefore to accurately model passive filling, our injection 

volumes should be between 10 and 20 mL. We are only mod-
eling a part of the diastolic filling volume differences, due to 
the mechanical limitations of our inflation system. However, 
despite this fact, we show that even at these lower kinematic 
differences, we can already accurately estimate the stiffness 
of the heart phantoms at physiological stretch conditions.

Conclusion

We quantitatively evaluated the accuracy of MRI-driven 
computational modeling to estimate myocardial stiffness 
using personalized soft heart phantoms of varying stiffness 
and geometry. Our study obtained excellent agreement with 
an independently obtained ground truth stiffness and dem-
onstrates the utility of MRI-driven constitutive modeling 
to estimate myocardial stiffness in the beating heart, non-
invasively and in vivo.

Supplementary Information The online version of this article 
(doi:https:// doi. org/ 10. 1007/ s10439- 023- 03164-7) contains supple-
mentary material, which is available to authorized users.
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