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1. Introduction

Cardiovascular diseases are the leading 
cause of death worldwide.[1,2] In particular, 
coronary artery disease is a major con-
tributor to mortality, with ≈935 000 people 
per year in the United States experiencing 
acute myocardial infarction (MI).[3] The 
underlying pathology of MI is associated 
with blockage of a coronary artery, leading 
to reduced blood flow to the heart and ulti-
mately necrosis of heart tissues and cells. 
During MI, seminal structural and func-
tional changes in the heart occur. These 
ischemic changes can result in life-
threatening complications, such as wall 
thinning and rupture, disrupted vascula-
ture, fibrosis, and development of heart 
failure.[4] Given the limited proliferative 
capacity of mature cardiomyocytes, effec-
tive healing from self-regeneration is rare, 
if not impossible. The only definitive treat-
ment currently available for heart failure 
resulting from MI is organ transplantation. 
However, the prohibitive costs of organ 
transplantation, immune response by the 
organ transplant, and the limited supply of 

suitable organ donors remain difficult to overcome. Therefore, 
other innovative and effective treatments are highly desirable.

Engineered tissue grafts have been extensively explored as 
an alternative therapy to replace damaged or diseased tissues.[5] 
In particular, engineered cardiac tissues of various sizes and 
shapes are emerging as promising therapies to treat acute MI, 
augment contractile function, and promote vascularization. 
Various engineered cardiac tissues have been developed using 
acellular biomaterials,[6] cell–biomaterial hybrids,[7] or scaffold-
free tissues.[8] Although engineered cardiac tissues have been 
implanted in animal models, clinical application remains 
tremendously challenging, because there is no standardized 
method to evaluate the primary function of cardiac tissues 
before implantation. In anticipation of the future clinical appli-
cation, at least three aspects of the engineered cardiac tissues 
are required to be evaluated to ensure the feasibility and safety. 
First, cardiac patches should be fabricated with the appropriate 
dimensions, shape and cell contents for optimal repairing 
efficacy.[9] Second, given that contractile force and beating 
frequency have been shown to be a good indicator whether 
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postimplantation integration between the engineered tissue and 
the patient’s heart is likely,[8,10] the contractile forces and fre-
quencies should be evaluated to ensure proper cardiac function 
upon integration with the damaged heart.[11–14] Third, given that 
the intrinsic mechanical properties of the engineered cardiac 
tissues can be used to predict whether the tissues can sustain 
the stress during heart contraction[6] during the implant-heart 
integration process, the parameters such as elastic modulus, 
viscosity, shear modulus, bulk modulus, and dynamic stress 
distribution should be assessed to verify structural integrity.[15]

Though force measurement techniques such as tissue con-
traction force microscopy[11] or tissue gauge[16] have been devel-
oped previously, mapping of mechanical forces and/or stress 
in contractile tissues in 3D and in arbitrary shapes is yet to be 
established. Given that cardiac tissues are heterogeneous in 
nature,[17,18] the lack of precise force mapping imposes uncer-
tainty when predicting whether a specific engineered cardiac 
tissue is suitable for clinical use. Such uncertainty is particu-
larly impactful given that stress and force are correlated with 
the pathology of the tissues or organs.[19] For example, tissue 
gauge does not provide spatial information in local stress expe-
rienced by the tissue, and a structurally vulnerable spot in the 
engineered tissue might be overlooked. In addition, unlike the 
cardiac tissues in vivo or cardiac organoids formed by mixing 
cells with substantial extracellular matrix (ECM) proteins, it 
might be clinically beneficial not to add external ECM in order 
to minimize the immunogenicity after implantation.[20–24] For 
example, it was reported that patients treated with Zyderm, 
one of the most commonly used collagen implanting mate-
rials, developed susceptibility to abscess formation and local 
necrosis,[25] because of undesired immune responses. In addi-
tion, it is possible that some patients are predisposed of col-
lagen allergy or zoonotic disease transmission.[26] However, the 
exclusion of the external ECM results in much softer and more 
fragile tissues before maturation, since the structural support is 
negligible to reinforce the tissue integrity by the ECM during 
the fabrication. The tensile strengths of the engineered cardiac 
tissues were low relative to the real cardiac tissues in the heart. 
We have observed that occasionally the engineered tissues 
would disintegrate spontaneously during the contraction; occa-
sionally external strain more than 30% would also disintegrate 
the engineered tissues into smaller pieces (data not shown). 
It is designed that the mechanical property of the engineered 
cardiac tissues will continue to evolve and become comparable 
to healthy in vivo cardiac tissues after the implantation. As a 
result, few, if any, existing mechanical measurement tech-
niques established for cardiac tissues can be used to examine 
these hypo-immunogenic engineered tissues at the desired res-
olution prior to implantation. Methods such as tissue gauges[16] 
and micro-indentation[27] cannot be used in this context. It also 
should be noted that although previously developed optical 
flow–based methods can be used to track the contractile motion 
the cardiac tissues, they cannot measure the local contractile 
forces over the tissues.

To overcome this challenge, we developed a force/stress 
measurement technique as the basis to assess the properties 
critical to cardiac function as described above. Engineered car-
diac tissues in the form of spheroids or patches were labeled 
with particles conjugated with appropriate antibodies and 

subjected to a series of measurements. The particle displace-
ment during contraction of the cardiac tissues was quantified 
using single particle tracking (SPT) or particle image veloci-
metry (PIV). Based on the particle displacement, contractility 
parameters were estimated. We validated our techniques by 
testing tissues treated with Y-27632, a drug known to reduce 
contractile forces, as a benchmark. Viscoelastic properties, 
namely the elastic modulus and viscous friction, were also 
measured using magnetic tweezers. The measurement results 
were used to compute the force and stress distribution over 
the engineered tissue by finite element method (FEM). To run 
the simulation, we utilized two mechanical models, an elastic 
model and a viscoelastic model, and subsequently compared 
deformation and stress. We found that elasticity predominantly 
governs the mechanical behaviors of the tissue more than 
viscosity. Overall, we demonstrate that the quality of engineered 
cardiac tissues can be assessed by a series of mechanical meas-
urements, and the data generated will inform a better design 
for future fabrication of engineered tissues.

2. Results

2.1. Fabrication of Personalized Engineered Cardiac Tissues 
Derived from Human Induced Pluripotent Stem Cells (hiPSCs)

To fabricate cardiac tissues applicable to treat patients with 
various heart diseases including myocardial infarction,[28] con-
gestive heart failure,[29] and cardiomyopathy,[30] hiPSC-derived 
cardiomyocytes, human cardiac fibroblasts, and human umbil-
ical vein endothelial cells were combined to form spheroids 
with the average diameter of 500–600 µm as the basic unit of 
the engineered cardiac tissue (Figure 1a). It should be noted 
that unlike other fabrication methods, our cardiac spheroids 
were formed without the addition of ECM, such as Matrigel or 
collagen I, which is derived from sources other than the donors 
of the hiPSCs. This is to improve cell–cell contact, thereby 
maintaining cellular function. For cases where a larger area 
of engineered tissue is needed, the cardiac spheroids are com-
bined into patches of the desired dimension.[8,31] In this study, 
we tested the functionality and mechanical properties of the 
cardiac tissues consisting one or more spheroids. The patches 
containing multiple spheroids (n = 16) were constructed using 
a needle array–based 3D bioprinter, which is equipped with 
custom-built software so that individual spheroids can be pat-
terned via vacuum suction and precision placement. Sphe-
roids were placed into the predesignated needle positions 
(Figure 1b), and form a patch-like structure upon coalescence 
after appropriate an incubation period. After decannulation 
from the needle array, the newly formed patches were cultured 
for additional time to allow the gaps in the patch to be filled 
with cells and cell-secreted molecules (Figure 1c).

2.2. Extraction of Contractile Profiles of the Engineered  
Cardiac Tissues by Particle Tracking

To test the contractility with detailed spatial information within 
the engineered cardiac tissues, we implemented a particle-based  
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approach. The engineered cardiac tissues were graded by 
visual inspection performed by a cardiac surgeon based on 
the imperial and qualitative standards obtained from the pre-
vious studies.[8,31] The tissues deemed suitable for implantation 
were used for the measurement. 40 µm sized particles were 
coated with antifibronectin antibody which targets the ECM of 
the tissue, and subsequently used to label the engineered car-
diac tissues (Figure 2a). Particle displacement (Movie S1, Sup-
porting Information) was measured by a SPT algorithm. Based 
on the particle displacement, three parameters representing the 
mechanical behavior of cardiac tissues were obtained: defor-
mation rate or velocity, frequency, and contraction force. The 
deformation rate was obtained by dividing the displacement of 
particles by the time interval (∆t = 50 ms). The frequency was 
evaluated by direct calculation of the peak-to-peak duration or by 
thresholding in Fourier domain, where the dominant frequen-
cies corresponding to the magnitudes above 80% of maximum 
amplitudes were identified and averaged (Figure S1, Supporting 
Information). The values obtained from both methods agreed 
with each other. The beating rate of both cardiac spheroids 
and patches is 0.61 ± 0.13 Hz, agreeing with the physiological 

heart rate.[32] Our measurements showed that cardiac spheroids 
and patches exhibit comparable beating frequency.

Because of the relative slow motion of the particles, resulting 
in low Reynolds number (Rep << 1), the contraction force gen-
erated by the cardiomyocytes, which overcomes the drag force 
exerted on the particles, can be approximated by the modified 
Stokes’ equation[33]

6π µ=F a uC  (1)

where a, µ, u, and C represent the particle radius, the dynamic 
viscosity of the medium, particle velocity, and correction factor, 
respectively.

Particle drag forces vary at the interface between the fluid and 
the cardiac tissue. Therefore, we adopted the modified Stokes 
equation where the surface effects were taken into account by 
introducing the correction factor C. In creeping flow, the drag 
coefficient of particles moving perpendicular to the surface can 
be given by the first order[34]
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where d is 40 µm, and h is the distance between surface 
and particle center. C┴ and C┴ are calculated as 1.99 and 2.23, 
respectively. For an approximation, the correction factor C is set 
at 2.

We primarily used SPT to track particle movement. But to 
demonstrate that our platform of tissue characterization is 
modular and robust, we also tested the result using another 
algorithm, PIV for verification. PIV compared two successive 
images by cross-correlation to determine the displacement 
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Figure 1. The fabrication steps of printing implantable cardiac tissues. a) hiPSC-derived cardiomyocytes, endothelial cells, and fibroblasts are combined 
to form spheroids in U-bottom, 96-well plates. The spheroid is used as a basic building block for patch construction. b) Individual spheroids are 
picked up by the 3D bioprinting tip and transferred onto needle arrays to form the patch. c) After spheroids are fused together, the cardiac patch 
is decannulated and cultured under the needle-free condition to allow maturation. Insets: a cardiac patch and a spheroid are shown in blue- and  
red-framed images.

Figure 2. Schematic illustration of the principle of particle drag force–
based contractility measurements. a) The fiduciary marker for force 
measurement is fabricated using fluorescent particles conjugated 
with antibodies binding specifically to the cardiomyocytes. b) The 
contractile motions of the cardiac tissue can be recorded to detail locally 
variable information by tracking particle displacement over time. Three 
parameters: particle drag force, deformation rate, and frequency can be 
extracted from the particle tracking.



www.adv-biosys.comwww.advancedsciencenews.com

1800251 (4 of 11) © 2018 WILEY-VCH Verlag GmbH & Co. KGaA, Weinheim

and velocity of the field. We compared the results obtained 
by SPT and PIV (Figure 3a,b). The mean peak displacement 
of SPT and PIV is 4.3 ± 0.3 and 4.6 ± 0.3 µm, respectively. 
The mean peak velocity of SPT and PIV is 86.0 ± 5.6 and 
91.1 ± 6.8 µm s−1, respectively. No significant differences were 
observed in the velocity magnitudes and beating profiles over 
time estimated by SPT and PIV by Student’s t-test (Figure 3b).

The particle drag forces were then calculated using 
Equation (1). The average maximal contraction force of single 
spheroids was calculated as 330 ± 5.3 pN, resulting in the max-
imal compression pressure of 0.203 ± 0.003 Pa. We also tested 
the maximal contraction force of the cardiac patches, where 
four spheroids coalesced, which was calculated as 452 ± 215 pN, 
resulting in the maximal compression of 0.595 ± 0.283 Pa. 
Our measurement showed that cardiac spheroids and patches 
exhibit comparable contractility.

2.3. Mapping Dynamic Contractile Forces in the Engineered  
Tissue

Next, we set to create force maps in the cardiac tissues (Figure 4). 
Local velocity was extracted by SPT, followed by mesh genera-
tion through the Delaunay algorithm where particle locations 

serve as coordinates of the nodes (Figure 4a–c for spheroid and 
Figure 4e–g for patch). Drag forces were calculated based on 
Equation (1) by inputting the particle velocity and implementing 
linear interpolation throughout the mesh (Figure 4d,h).

To validate our methods, we treated the engineered cardiac 
tissues with Y-27632 prior to the measurement. Y-27632 is a 
Rho-associated protein kinase (ROCK) inhibitor with known 
effects on cardiac contractility.[36] ROCK inhibition results in 
decreased myosin light chain phosphorylation, required for 
contraction force generation. By comparing the mean contrac-
tion forces, mean peak forces (Figure 5a,b) and force maps 
(Figure 6) between the Y-27632-treated cardiac tissues and the 
control, it was confirmed that our platform could detect the 
reduction in contractility. In particular, we found Y-27632-treated 
cardiac tissues exhibited an ≈2.2-fold decrease in mean peak 
contraction forces compared to the control (Figure 5b). How-
ever, no significant difference in frequency between the control 
(0.61 ± 0.13 Hz) and the Y-27632-treated tissues (0.71 ± 0.14 Hz) 
was observed (Figure 5c), consistent with the previous studies 
where ROCK inhibitor has been reported to affect force genera-
tion but not beating rate when a modest dosage is applied.[37]

It should be noted that the force maps and velocity field 
maps of the cardiac tissues revealed that the contraction 
occurred in a propagating manner with varied local forces 
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Figure 3. The spatial beating pattern of the engineered cardiac tissue can be extracted by tracking the particles labeling the tissue. a) Particle 
displacement and velocity measurement can be implemented by two tracking algorithms SPT and PIV. b) The mean velocity is quantified by SPT, 
which agrees with results obtained by PIV. Scale bar: 500 µm.

Figure 4. The local contractile forces can be mapped using particle drag force measurement. a,e) The cardiac spheorid and patch are labeled with 40 µm 
polystyrene particles conjugated with antifibronectin antibody. b,f) Particle displacement is tracked over time with the sampling rate of 20 frames s−1 
for 10 s. c,g) The triangular mesh is generated based on the particle coordinates using the Delaunay algorithm. d,h) Particle drag forces are calculated 
using the measured particle velocity, and subsequently a force map is created through linear interpolation. Scale bar: 500 µm.
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(Figure 6 and Figure S2, Supporting Information). In other 
words, nonuniform forces with unsynchronized local contrac-
tions were observed in the engineered cardiac tissue, resem-
bling the spatially variable contraction forces in terms of phase 
and magnitude exhibited by the heart.

Closer inspection of the dynamic force maps of 
Y-27632-treated and control cardiac tissues (Figure 6) revealed 
that despite the differences in local force magnitude, the 
beating patterns were similar. It is consistent in both groups 

that the highest forces were constantly observed in the center of 
the tissues, while the periphery showed maximal contraction at 
1.38 ± 0.36 and 1.12 ± 0.17 s in control and Y-27632-treated tis-
sues, respectively, after reaching the relaxation state of the pre-
vious beating cycle. The periphery of the tissue then gradually 
relaxed to the resting state until the next cycle. Furthermore, we 
observed that the beating pattern of the same tissue remained 
consistent between different cycles in both groups, indicating 
unimpaired self-pacing in the engineered cardiac tissues.

Adv. Biosys. 2018, 2, 1800251

Figure 5. Particle drag force measurement can detect the known effects of ROCK inhibiton on cardiac contractility. a,b) The mean contraction force of 
the untreated cardiac tissue (black) exhibits approximately two to three times higher force generation compared to the cardiac tissue treated with ROCK 
inhibitor Y-27632. c) Y-27632 nonetheless does not affect the frequency and maximum force (not shown here). *p-Value <0.05. n.s.: not significant (n = 3).

Figure 6. Dynamic force maps of the hiPSC-derived cardiac tissues reveal a consistent beating pattern regardless of the drug treatment and the 
resulting differential contractile force magnitude. a) A map of the contractile force distribution over an untreated cardiac tissue is compiled for the 
first and second observed contraction during the recording time. b) A map of the contractile force distribution over a Y-27632-treated cardiac tissue is 
compiled for the first and second detected contraction during the recording time. It should be noted that the contractile forces are heterogeneous in 
terms of the phase and magnitude within the tissue, The beating patterns (i.e., frequency and maximum force) between the two groups show similarity 
despite the drug treatment.
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2.4. Characterization of the Tissue Viscoelasticity Using  
Magnetic Tweezers

Next, we set to standardize the process to evaluate the viscoe-
lastic properties of the engineered cardiac tissues to ensure 
the integrity of the engineered cardiac tissues. It should be 
noted that viscoelasticity might not be the dominant effect in 
the mature cardiac tissue in vivo. However, unlike the func-
tional and fully mature heart tissues, viscoelasticity might 
dictate the strain–stress response in premature engineered 
cardiac tissues containing only trace amount of ECM,[38–42] 
which contributes to the elasticity of the tissue significantly. 
The elastic modulus and viscous friction of the cardiac 
patches thereby were surveyed using magnetic tweezers 
(Figure 7a) and extracted based on the Kelvin–Voigt four-
element model (Figure 7b,c). The four-element Kelvin–Voigt 
model was previously shown to be appropriate to characterize 
the mechanical properties of the tissues or cells.[43,44] The 
external magnetic field was applied using a pencil-shaped 
416 steel probe magnetized by a Neodymium magnet with 
a surface field of 0.4 Tesla. The field gradient produced by 
the magnetic tweezers drove the movement of the antifi-
bronectin-coated paramagnetic particles bound to the cardiac 
tissues. The tissue-bound particles were tracked by SPT, and 
the displacement of the particles was calculated and plotted 
over time (Figure 7d).

The transient compliance (J(t)) of the tissue, proportional to 
the transient displacement response (X(t)) and inversely propor-
tional to Force (F), were computed based on the measurement 
results and the magnetic field gradient calibration. The calculated 
values were then fitted to Equation (4) describing the Kelvin–Voigt 

four-element model to obtain the effective elastic moduli (E0 and 
E1), viscous frictions (µ0 and µ1), and relaxation time (τ).[45]
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The experimental data and the fitted curve showed good 
agreement (R2 > 0.9) (Figure 7d). The elastic modulus and the 
viscous friction were computed, yielding the result E0 and E1 of 
144 ± 24 and 612 ± 510 Pa, respectively; µ0 and µ1 of 1151 ± 33 
and 71 ± 69 Pa s−1, respectively (Figure 7e–g). The relaxation 
time (τ) was determined to be 0.49 ± 0.33 s (Figure 7h). These 
measurement results were then used as the input values to con-
struct the computational model for 3D force maps described in 
the following section.

2.5. Building a 3D Stress Map of the Engineered Cardiac 
Tissues Implementing FEM

Some engineered cardiac tissues were observed to break into 
small pieces during contraction, indicating the mechanical 
properties of those tissues were not sufficient to withstand 
the stress imposed by the spontaneous contraction. There-
fore, evaluating the stress distribution in 3D over the engi-
neered tissue during the contraction provides the information 
regarding the minimum stress tolerance of the tissue. FEM was 
implemented to construct the 3D stress map computationally. 

Adv. Biosys. 2018, 2, 1800251

Figure 7. Magnetic tweezers are utilized for viscoelastic measurement. a) A pair of magnetic tweezers driven by neodymium magnets is mounted onto 
the inverted microscope. The 103 µm paramagnetic particles conjugated with antifibronectin antibody are used to bind to the surface of cardiac tissue 
indicated by the pink circle in the inset. b,c) The Kelvin–Voigt four-element model used to describe the viscoelastic response of the engineered cardiac 
tissues consists of two spring elements and two dashpot elements, representing two effective elastic moduli and two viscous frictions. d) The particle 
is tracked over time, and the measured displacement (blue squares) shows typical behaviors of the cardiac tissue, which is known to be viscoelastic 
and is fit to a Kelvin–Voigt model (red line). The resulting elastic modulus e), viscous friction f,g), and relaxation time h) are extracted and used for 
computational modeling. Five engineered cardiac tissues were independently measured, with size ranging from 0.283 mm2 (n = 1) and 8.82 mm2 
(n = 4). Scale bar: 200 µm.
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The measurement results obtained in the experiments, 
including the deformation, the contractile velocity, the elastic 
modulus, the viscous friction and the beating frequency were 
incorporated in the model (Figure 8). Additionally, the dynamic 
shape and size changes during the deformation are also 
required for the simulation. The spheroids used in this work 
were ≈600 µm in diameter (Figure 8). The contraction of the 
spheroids universally exhibited unsynchronized deforma-
tion based on time-lapse images (Figure 8a,b), which can be 
described as follows: a relatively large deformation was first 
observed (Figure 8a), followed by a second, smaller deforma-
tion at the opposite side of the spheroid (Figure 8b). Taking 
advantage of similarities among the cardiac spheroids, in terms 
of size and deformation dynamics, we assigned a simple con-
traction pattern for simulation (Figure 8c). Based on the des-
ignated pattern, the virtual cardiac spheroid was constructed 
and segmented into eight different parts (Figure 8d). Two meas-
ured displacement values, 15 and 6 µm, were used as inputs at 

the bottom left and top surfaces with 0.1 s of time delay as the 
boundary conditions.

To emulate the dynamic viscoelastic behavior, we converted 
the Kelvin–Voigt four-element model into a Prony series.[46] 
A constitutive equation of Kelvin–Voigt model is given by
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Figure 8. The computation model maps of the 3D deformation and stress over the cardiac spheroid. a,b) Two unsynchronized deformation events 
can be observed in the cardiac spheroid during a contraction cycle. The first deformation (t0) occurred at the bottom left side of the spheroid shown 
here and the second one (t0 + ∆t) occurred at the top. c) A simplified contractile cycle was devised based on the experimental observation. The 
red dotted and straight blue lines indicate the boundaries of deformed and relaxed states of the spheroid respectively. d) To simulate the dynamic 
behavior, the spheroid was segmented into eight parts. Two different displacement values are applied at the bottom left (15 µm) and top surfaces 
(6 µm) as the boundary conditions. e,f). The simulation demonstrated that that maximal deformation at the cross-section was located at the sur-
face where the boundary condition was assigned. g,h). Maximum principal stress at the cross-section reveals varying stress distribution over time. 
∆t is 0.05 s.
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By transforming Equation (6) into the form of a Prony series 
with the following form

0 1
0 1( ) = +τ τ

−





−



g t g e g e

t t

 
(6)

we obtained parameters of g0, g1, τ0, and τ1 as 0.169, 0.831, 
8.492, and 0.109 s, respectively where gi is the relative shear 
modulus, and τi is the relaxation time (see the Supporting 
Information for details).

The simulation demonstrated that the maximal deforma-
tions of the viscoelastic model for both the first and second 
contractions were located at the surface, which was desig-
nated as the boundary condition because of the sudden force 
changes (Figure 8e,f and Figure S3a, Supporting Information). 
Maximum principal stresses were found to be 609.48 Pa at t0 
and 64.42 Pa at t0 + 2∆t, respectively (Figure 8g,h). Overall the 
deformation and stress distribution of elastic and viscoelastic 
models are comparable (Figure S3a, Supporting Information). 
Similar to the viscoelastic model, the maximal deformations 
and stress of the elastic model were found at the outer sur-
face of the spheroid. The magnitude of maximal deformation 
(16.46 µm) for the viscoelastic model is comparable to, though 
slightly larger than, that obtained from the elastic model 
(16.03 µm). The surface average stress magnitudes in the 
elastic model, ranging from 17.36 Pa at t0 + 2∆t to 44.95 Pa at 
t0, are also similar to values of the viscoelastic model, ranging 
from 16.22 Pa at t0 + 2∆t to 42.60 Pa at t0. The stress maps 
generated by the computational model exhibit the spatially 
variable pattern in magnitudes comparable to our experimental 
observations in the engineered cardiac tissues.

3. Discussion and Conclusion

In this study, we developed a suite of methods to evaluate 
the mechanical properties of engineered cardiac tissues. The 
contractility and the mechanical properties of the tissue were 
measured by particle tracking and magnetic tweezers, and the 
3D stress map of the tissues was generated by simulation with 
measured values as inputs. We observed that the viable engi-
neered cardiac tissues fit for successful implantation had the 
following properties: the beating pattern of the same tissue 
remained consistent between different cycles; the maximal 
contraction force was 452 ± 215 pN with maximal compression 
of 0.595 ± 0.283 Pa; elastic moduli were 144 ± 24 Pa (E0) 
and 612 ± 510 Pa (E1), and the viscous frictions were 
1151 ± 33 Pa s−1 (µ0) and 71 ± 69 Pa s−1 (µ1), respectively, with 
the relaxation time (τ) 0.49 ± 0.33 s. Multiple methods have 
been developed to measure the contractility of the cardiomyo-
cytes or cardiac organoids,[47–49] such as tissue contraction force 
microscopy[11] and tissue gauges.[16,50] However, most of these 
methods are intended for characterizing the contractility under 
different treatments, in order to gain more in-depth knowledge 
of cardiac biology. For example, the deformation during con-
traction of the cardiac monolayers or 2D thin tissues, cultured 
on elastic substrates, were measured; and the stress experi-
enced by the tissues was calculated, assuming the thin tissues 

or monolayers were hyperelastic.[51–54] As for 3D engineered 
tissues, tissue gauges were developed to measure the con-
tractility of the cardiac organoid consisting of cardiomyocytes 
and externally added ECM proteins. The cardiac organoid is 
fabricated in a tailored fashion, with a rectangular shape that 
can be easily mounted onto the two posts of the tissue gauge 
for contractile force measurement in 1D. The rectangular orga-
noid is used to probe how contractility changes upon drug 
treatment,[55] genetic manipulation,[49] as well as electrical and/
or mechanical stimuli.[48] The cardiac organoids fabricated 
for the tissue gauge measurement are not created for clinical 
applications, and the tissue gauge is not a tool to accomplish 
quality assurance of the engineered cardiac tissue for future 
clinical application. Notably, Zimmerman and co-workers have 
extended the principles of tissue gauges to measure the con-
tractile forces of the engineered human myocardium, where 
the engineered tissues were matured and remained mounted 
on the flexible posts to facilitate direct force measurement by 
assessing the bending of the posts.[56] This method might be 
problematic if a direct assessment of the contractile forces 
cannot be performed in the engineered tissues without holes 
to accommodate the posts. Our methods, on the other hand, 
can serve as a standardized nondisruptive framework that 
measures the contractility, viscoelasticity and beating patterns 
of the implantable cardiac tissues intended to repair damaged 
heart tissues,[8] and is distinctly designed to be integrated as 
part of the “quality control” workflow to ensure the safety of 
the patients. The mechanical behaviors of the engineered tis-
sues often vary from batch to batch. We envision that our suite 
of methods can be used to examine a number of randomly 
selected samples to monitor the quality of the batch.

As the technology of engineered tissue fabrication for 
clinical application matures,[6,7,57,58] a systematic framework 
is imperative to examine the integrity and functionality of 
the engineered cardiac tissue. Currently, only visual inspec-
tion is performed prior to attempted implantation in animal 
studies. Visually, the engineered tissues exhibiting sponta-
neous and regular beating, and appearing to be mechanically 
resilient (i.e., no signs of tearing), are selected to be implanted 
in animals.[8] More rigorous and objective standards will be 
required when the engineered tissues are transitioned to clin-
ical application. The framework established in this study can 
form the basis of such standards for quality control. Given that 
the primary function of the heart is to generate adequate forces 
for blood circulation while withstanding the mechanical stress 
during the contraction, it is rational to incorporate parameters 
including cardiac contractile forces and mechanical proper-
ties in the workflow in addition to the beating frequency. Such 
rationale is exemplified in the Y-27632 treatment, where the 
treated cardiac tissues exhibited comparable beating frequency 
but significantly less contractile force relative to the control 
group (Figures 5 and 6). Therefore, frequency alone is not a 
sufficient metric to evaluate the cardiac functionality. Further-
more, the 3D stress map constructed by our computational 
model can provide helpful predictions about the integrity of the 
engineered cardiac tissue during contraction, which is critical 
for the healing process of the damaged heart, as well as iden-
tifying areas of weakness or defects. We envision the frame-
work developed here to be applied to an array of cellularized 
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engineered cardiac tissues, not only restricted to a specific fabri-
cation procedure. Because different fabrication protocols might 
result in varied degrees of tissue maturation, and subsequently 
varied mechanical properties which can be considered suitable 
for implantation in different clinical scenarios, it is necessary to 
perform in vivo tests in animals to determine the critical value 
of each parameter for different fabrication procedures, below 
which the engineered cardiac tissues are considered unsafe or 
ineffective to be used for treatment. The critical values estab-
lished in the animal models can be used as starting reference 
points when applying our framework to engineered cardiac 
tissues for clinical application.

In this study, we characterized the mechanical behaviors 
of the engineered cardiac tissues fabricated by 3D bioprinting 
suitable for implantation, and built a computational model 
to visualize the dynamic 3D stress distribution accordingly. 
Visualizing the 3D stress distribution provides information 
about the mechanical reliability of the implantable tissues. The 
mechanical reliability is critical to ensure that the engineered 
tissue can sustain the mechanical stress without disintegrating, 
after being implanted onto a beating heart. To our best 
knowledge, there have been no studies reporting methods to 
calculate the 3D stress map of the engineered tissues. Further-
more, our methods can be applied to screen for clinical-grade 
tissues fabricated by other techniques. Moreover, our workflow 
may be adopted in drug screening to minimize cardiotoxicity. 
The changes detected in the contractile forces and mechanical 
properties of the cardiac tissue may indicate cardiotoxicity, 
which is one of the leading causes of heart failure caused by 
medication.[59]

4. Experimental Section
Cell Culture, Differentiation, and Preparation: Human induced 

pluripotent stem cells were generated from the peripheral blood 
mononuclear cells of a healthy donor that were obtained with 
informed consent. They were maintained on Geltrex (Invitrogen, 
cat.# A1413202) coated plates in chemically defined E8 medium 
(Life Technologies, cat.# A1517001). The medium was changed 
daily, with passage every 4 d. The hiPSCs were differentiated into 
cardiomyocytes by a small molecule–based method utilizing the Wnt 
signaling pathway (CHIR99021, Tocris, R&D Systems, cat.# 4423; 
IWR-1, Sigma-Aldrich, cat.# I0161) as previously described.[60] After 
differentiation, the iPSC-derived cardiomyocytes were maintained with 
RPMI-1640 (Life Technologies, cat.# 11875-093) with B27 supplement 
(Life Technology, cat.# 17504044) changed every 2 d. Human cardiac 
fibroblasts (FBs) were obtained from ScienCell (cat.# 6310) and 
maintained with FM-2 medium (ScienCell, cat.#2331) changed every 
2–3 d. Human umbilical vein endothelial cells (HUVECs) were obtained 
from Lonza (cat.# CC-2935) and maintained with EGM-Plus medium 
(Lonza, cat.# CC-5036) supplemented with the EGM-Plus BulletKit 
(Lonza, cat.# CC-5035) changed every 2 d. FBs and HUVECs were 
maintained between passages two and ten.

Between 20 and 25 d after differentiation, the hiPSC derived 
cardiomyocytes were suspended using TrypLE (Gibco, cat.# 12604013). 
They were combined with suspended FBs and HUVECs to create a cell 
suspension consisting of 70% cardiomyocytes, 15% fibroblasts, and 
15% endothelial cells. The suspension was transferred to 96-well plates 
such that each well contained 33 000 cells. After 3 d in culture, beating 
spheroids of ≈500–600 µm in diameter spontaneously formed.

Creation of 3D Cardiac Tissues: A 3D bioprinter (Regenova, Cyfuse 
Biomedical K.K., Tokyo, Japan) was used to design and create a precise 

3D cardiac tissue. The design of the tissue was specified using the 3D 
design software of the printer. The 3D bioprinter subsequently identified 
the location of the spheroids in each well, and used a calibrated amount 
of vacuum suction at a nozzle tip to lift the spheroid out of the well 
and place the spheroid in the predesignated design on a stainless steel 
needle array. After printing, the cardiac tissue was allowed to mature for 
72 h on the needle array in the incubator prior to being removed from 
the needle array.

Coating Particles with Specific Antibodies: Protein G-coated fluorescent 
particles (38–44 µm in diameter, polystyrene, Spherotech Inc., 
PGFP-40052-5), and protein A-coated fluorescent magnetic particles 
(90–105 µm in diameter, Spherotech Inc., FPAM-100052-4) were washed 
and resuspended in phosphate buffered saline (PBS) to reach particle 
density of 0.01%, w/v and 0.001%, w/v, respectively. Antifibronectin 
antibody (Biolegend, 919801) was added to the particles solution to achieve 
5 µg mL−1 for final concentration. After 1 h shaking at room temperature, 
particles were washed twice and then resuspended in PBS to remove 
unbound antibodies. The particles were separated from the unbound 
antibodies by centrifuging at 10 000 × g for 1 min and then resuspended in 
PBS. Antibody-conjugated particles were stored at 4 °C for later use.

Labeling Cardiac Tissues with Fluorescent Particles: hiPSC-Derived 
engineered cardiac tissues were labeled with the antibody-conjugated 
40 or 103 µm particles at the density of 0.001%, w/v and 0.0001, w/v, 
respectively. The mixture of the particles and the tissues were first gently 
shaken for 3 min to evenly distribute the particles over the tissues, and 
subsequently incubated at 37 °C for 15 min before imaging.

Imaging: The particle-decorated engineered cardiac tissues of 
various sizes as indicated in the text were imaged using a fluorescence 
microscope (Leica TCS SP8) with a 5× objective at 20 frames s−1. The 
image acquisition was performed with the pixel density of 1392 × 1040 
pixels per frame.

Particle Tracking: Particles were tracked by the ImageJ plugin 
TrackMate. Particle were detected in difference of Gaussian mode, and 
the detected particles were linked using either a nearest neighbor or 
linear assignment problem algorithm.[61] The particle velocity was also 
quantified by PIV using the software PIVlab (Version 1.43).[62]

Measuring Contraction Forces: Contraction forces of the engineered 
cardiac tissues were calculated by substituting the estimated particle 
velocity into the modified Stokes Equation (Equation (1)). The 
interfacial effects were factored into Equation (1) with the correction 
factors 2.23 and 1.99, respectively, which were calculated using 
Equations (2) and (3).

Constructing Dynamic Force Maps: To create the dynamic force map, 
the coordinates marking the centroids of the particle were assigned as 
the node coordinates, followed by triangular meshing over the tissue 
using Delaunay algorithm (MATLAB 2017b).[63] The forces generated 
by the engineered cardiac tissues to overcome the drag forces were 
evaluated at the nodes based on the motion of the particles. The forces 
generated by the tissue other than the locations of the particles were 
computed using linear interpolation to produce a continuous force map.

Magnetic Tweezers: The 103 µm, antifibronectin-conjugated, 
fluorescent paramagnetic particles were attached to the engineered 
cardiac tissues. The 416-steel pole tip powerd by Neodymium magnets 
(0.4-T surface field, K&J Magnets) was then positioned close to a 
paramagnetic particle bound to the tissue. The particle motion induced 
by the magnetic field gradient was tracked over time. To calibrate the 
force field, unbound, free-moving particles in the image field were 
tracked. The magnetic forces were assumed equal to the drag forces 
experienced by the particle, which could be calculated by the modified 
Stokes equation.

Assessment of Viscoelasticity Measurement: The measured displacement 
of the particles and the magnetic forces estimated at the specific 
locations were fit to a Kelvin–Voigt four-element model, consisting of 
two spring elements and two dashpot elements.[44] The experimental 
data and the fitted curve showed good agreement (R2 > 0.9) and the 
elastic moduli, viscous friction, and relaxation time were estimated.

Development of a Computational Model: For the development of 
a computational model, a finite element analysis (FEA) commercial 
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package (ANSYS version 14.5) was utilized to simulate the cardiac 
spheroid motion. Appropriate values of the size, shape, and beating 
patterns were adopted based on the experimental results to construct 
the cardiac tissue in the shape of a spheroid. The cardiac tissue was 
then segmented into eight parts. Two displacement boundary conditions 
normal to the surface, with a 0.1 s time delay, were successively applied 
at the top and bottom left of the spheroid as described in the Results 
section. The rest of the area was set to be a fixed boundary condition.

Since the Kelvin–Voigt four-element model was not provided in any 
commercially available FEA software, the Kelvin–Voigt four-element 
model was converted into a Prony series in ANSYS,[64] which was 
characterized with the parameters including shear modulus and 
relaxation time. Details on the derivation of mathematical equations and 
used parameters are provided in the Supporting Information.

Statistical Analysis: Experimental data were presented in the form 
of mean ± SEM. The sample size of each experiment was indicated in 
the text and/or figure legends. For the comparison of two experimental 
conditions, paired Student’s t-tests were performed. p-Values less than 
0.05 were considered significant.

Supporting Information
Supporting Information is available from the Wiley Online Library or 
from the author.

Acknowledgements
W.J., D.M., and C.S.O. contributed equally to this work. S.P., N.H., and 
Y.C. formulated the concepts and designed the experiments. S.P., Y.C., 
W.J. performed the experiments. S.P. performed the data analysis. S.P. 
and Y.C. wrote the manuscript. C.L. and C.S.O. fabricated hiPSC-derived 
cardiac tissues. S.P. and D.M. performed the simulation. J.B. and V.M. 
designed and built the magnetic tweezers.

Conflict of Interest
The authors declare no conflict of interest.

Keywords
engineered cardiac tissues, hiPSCs, implantation, mechanical 
measurement

Received: August 22, 2018
Revised: September 26, 2018

Published online: October 24, 2018

[1] GBD 2013 Mortality and Causes of Death Collaborators, Lancet 
2015, 385, 117.

[2] P. Bhatnagar, K. Wickramasinghe, J. Williams, M. Rayner, 
N. Townsend, Heart 2015, 101, 1182.

[3] M. A. Daubert, A. Jeremias, Vasc. Health Risk Manage. 2010, 6, 691.
[4] Z. Q. Li, J. J. Guan, Polymers 2011, 3, 740.
[5] S. Pedron, S. van Lierop, P. Horstman, R. Penterman, D. J. Broer, 

E. Peeters, Adv. Funct. Mater. 2011, 21, 1624.
[6] V. Serpooshan, M. Zhao, S. A. Metzler, K. Wei, P. B. Shah, 

A. Wang, M. Mahmoudi, A. V Malkovskiy, J. Rajadas, M. J. Butte, 
D. Bernstein, P. Ruiz-Lozano, Biomaterials 2013, 34, 9048.

[7] J. Jang, H. J. Park, S. W. Kim, H. Kim, J. Y. Park, S. J. Na, H. J. Kim, 
M. N. Park, S. H. Choi, S. H. Park, S. W. Kim, S. M. Kwon, P. J. Kim, 
D. W. Cho, Biomaterials 2017, 112, 264.

[8] C. S. Ong, T. Fukunishi, H. T. Zhang, C. Y. Huang, A. Nashed, 
A. Blazeski, D. DiSilvestre, L. Vricella, J. Conte, L. Tung, 
G. F. Tomaselli, N. Hibino, Sci. Rep. 2017, 7, 4566.

[9] G. C. Engelmayr, M. Y. Cheng, C. J. Bettinger, J. T. Borenstein, 
R. Langer, L. E. Freed, Nat. Mater. 2008, 7, 1003.

[10] R. Noguchi, K. Nakayama, M. Itoh, K. Kamohara, K. Furukawa, 
J. Oyama, K. Node, S. Morita, J. Heart Lung Transplant. 2016, 35, 137.

[11] J. A. Schaefer, R. T. Tranquillo, Tissue Eng., Part C 2016, 22, 76.
[12] S. Rajasingh, J. Thangavel, A. Czirok, S. Samanta, K. F. Roby, 

B. Dawn, J. Rajasingh, PLoS Onee0134093,  2015, 10.
[13] H. Lapp, T. Bruegmann, D. Malan, S. Friedrichs, C. Kilgus, 

A. Heidsieck, P. Sasse, Sci. Rep. 2017, 7, 9629.
[14] Y. Wang, W. K. Lin, W. Crawford, H. Ni, E. L. Bolton, H. Khan, 

J. Shanks, G. Bub, X. Wang, D. J. Paterson, H. Zhang, A. Galione, 
S. N. Ebert, D. A. Terrar, M. Lei, Sci. Rep. 2017, 7, 40687.

[15] M. Yang, L. A. Taber, J. Biomech. 1991, 24, 587.
[16] W. R. Legant, A. Pathak, M. T. Yang, V. S. Deshpande, 

R. M. McMeeking, C. S. Chen, Proc. Natl. Acad. Sci. USA 2009, 106, 
10097.

[17] V. S. Markhasin, O. Solovyova, L. B. Katsnelson, Y. Protsenko, 
P. Kohl, D. Noble, Prog. Biophys. Mol. Biol. 2003, 82, 207.

[18] A. T. Smoliuk, L. T. Smoliuk, L. Protsenko Iu, Biofizika 2012, 57, 
1029.

[19] H. T. Nia, H. Liu, G. Seano, M. Datta, D. Jones, N. Rahbari, J. Incio, 
V. P. Chauhan, K. Jung, J. D. Martin, V. Askoxylakis, T. P. Padera, 
D. Fukumura, Y. Boucher, F. J. Hornicek, A. J. Grodzinsky, 
J. W. Baish, L. L. Munn, R. K. Jain, Nat. Biomed. Eng. 2017, 1, 0004.

[20] J. M. Kelm, V. Lorber, J. G. Snedeker, D. Schmidt, A. Broggini-Tenzer, 
M. Weisstanner, B. Odermatt, A. Mol, G. Zünd, S. P. Hoerstrup, 
J. Biotechnol. 2010, 148, 46.

[21] J. M. Aamodt, D. W. Grainger, Biomaterials 2016, 86, 68.
[22] C. Yang, P. J. Hillas, J. A. Báez, M. Nokelainen, J. Balan, J. Tang, 

R. Spiro, J. W. Polarek, BioDrugs 2004, 18, 103.
[23] M. J. Martin, A. Muotri, F. Gage, A. Varki, Nat. Med. 2005, 11, 228.
[24] K. Shimomura, W. Ando, H. Fujie, D. A. Hart, H. Yoshikawa, 

N. Nakamura, J. Exp. Orthop. 2018, 5, 2.
[25] C. W. Hanke, H. R. Higley, D. M. Jolivette, N. A. Swanson, 

S. J. Stegman, J. Am. Acad. Dermatol. 1991, 25, 319.
[26] A. K. Lynn, I. V. Yannas, W. Bonfield, J. Biomed. Mater. Res. 2004, 

71B, 343.
[27] C. T. McKee, J. A. Last, P. Russell, C. J. Murphy, Tissue Eng., Part B 

2011, 17, 155.
[28] H. B. Wang, J. Zhou, Z. Q. Liu, C. Y. Wang, J. Cell. Mol. Med. 2010, 

14, 1044.
[29] F. Wang, J. J. Guan, Adv. Drug Delivery Rev. 2010, 62, 784.
[30] M. Yanamandala, W. Q. Zhu, D. J. Garry, T. J. Kamp, J. M. Hare, 

H. W. Jun, Y. S. Yoon, N. Bursac, S. D. Prabhu, G. W. Dorn, R. Bolli, 
R. N. Kitsis, J. Y. Zhang, J. Am. Coll. Cardiol. 2017, 70, 766.

[31] C. S. Ong, T. Fukunishi, A. Nashed, A. Blazeski, H. T. Zhang, 
S. Hardy, D. DiSilvestre, L. Vricella, J. Conte, L. Tung, G. Tomaselli, 
N. Hibino, J. Visualized Exp. 2017, https://doi.org/ARTN 
e5543810.3791/55438.

[32] J. M. Clarke, J. Hamer, J. R. Shelton, S. Taylor, G. R. Venning, Lancet 
1976, 308, 508.

[33] E. Schaffer, S. F. Norrelykke, J. Howard, Langmuir 2007, 23, 3654.
[34] H. Brenner, Chem. Eng. Sci. 1961, 16, 242.
[35] J. Zakrisson, K. Wiklund, O. Axner, M. Andersson, Biophys. J. 2013, 

104, 2137.
[36] Z. Y. Zhao, S. A. Rivkees, Dev. Dyn. 2003, 226, 24.
[37] M. Lohn, O. Plettenburg, Y. Ivashchenko, A. Kannt, A. Hofmeister, 

D. Kadereit, M. Schaefer, W. Linz, M. Kohlmann, J. M. Herbert, 
P. Janiak, S. E. O’Connor, H. Ruetten, Hypertension 2009, 54, 676.

https://doi.org/ARTNe5543810.3791/55438
https://doi.org/ARTNe5543810.3791/55438


www.adv-biosys.comwww.advancedsciencenews.com

1800251 (11 of 11) © 2018 WILEY-VCH Verlag GmbH & Co. KGaA, WeinheimAdv. Biosys. 2018, 2, 1800251

[38] L. B. Katsnelson, T. Sulman, O. Solovyova, V. S. Markhasin, 
J. Theor. Biol. 2011, 272, 83.

[39] H. R. C. Screen, J. Mech. Behav. Biomed. Mater. 2008, 1, 51.
[40] A. Quarteroni, T. Lassila, S. Rossi, R. Ruiz-Baier, Comput. Methods 

Appl. Mech. Eng. 2017, 314, 345.
[41] C. S. Apstein, W. Grossman, J. Mol. Cell. Cardiol. 1987, 19, 119.
[42] C. Pislaru, M. W. Urban, S. V. Pislaru, R. R. Kinnick, J. F. Greenleaf, 

Ultrasound Med. Biol. 2014, 40, 1785.
[43] S. Park, A. Seawright, S. Park, J. Craig Dutton, F. Grinnell, B. Han, 

J. Mech. Behav. Biomed. Mater. 2015, 45, 32.
[44] A. R. Bausch, W. Moller, E. Sackmann, Biophys. J. 1999, 76, 573.
[45] A. R. Bausch, F. Ziemann, A. A. Boulbitch, K. Jacobson, 

E. Sackmann, Biophys. J. 1998, 75, 2038.
[46] F. Xie, D. Zhang, A. Zhou, B. Ji, L. Chen, Adv. Mater. Sci. Eng. 2017, 

2017, 1.
[47] Z. Ma, S. Koo, M. A. Finnegan, P. Loskill, N. Huebsch, N. C. Marks, 

B. R. Conklin, C. P. Grigoropoulos, K. E. Healy, Biomaterials 2014, 
35, 1367.

[48] T. Boudou, W. R. Legant, A. Mu, M. A. Borochin, N. Thavandiran, 
M. Radisic, P. W. Zandstra, J. A. Epstein, K. B. Margulies, 
C. S. Chen, Tissue Eng., Part A 2012, 18, 910.

[49] S. A. Thompson, A. Blazeski, C. R. Copeland, D. M. Cohen, 
C. S. Chen, D. M. Reich, L. Tung, J. Mol. Cell. Cardiol. 2014, 68, 29.

[50] M. S. Sakar, J. Eyckmans, R. Pieters, D. Eberli, B. J. Nelson, 
C. S. Chen, Nat. Commun. 2016, 7, 11036.

[51] R. Frotscher, J.-P. Koch, M. Staat, J. Biomech. Eng. 2015, 137, 
071002.

[52] R. Frotscher, D. Muanghong, G. Dursun, M. Goßmann, 
A. Temiz-Artmann, M. Staat, J. Biomech. 2016, 49, 2428.

[53] P. W. Alford, A. W. Feinberg, S. P. Sheehy, K. K. Parker, Biomaterials 
2010, 31, 3613.

[54] J. Shim, A. Grosberg, J. C. Nawroth, K. Kit Parker, K. Bertoldi, 
J. Biomech. 2012, 45, 832.

[55] N. Thavandiran, N. Dubois, A. Mikryukov, S. Massé, B. Beca, 
C. A. Simmons, V. S. Deshpande, J. P. McGarry, C. S. Chen, 
K. Nanthakumar, G. M. Keller, M. Radisic, P. W. Zandstra, 
Proc. Natl. Acad. Sci. USA 2013, 110, E4698.

[56] M. Tiburcy, J. E. Hudson, P. Balfanz, S. Schlick, T. Meyer, 
M.-L. Chang Liao, E. Levent, F. Raad, S. Zeidler, E. Wingender, 
J. Riegler, M. Wang, J. D. Gold, I. Kehat, E. Wettwer, U. Ravens, 
P. Dierickx, L. W. van Laake, M. J. Goumans, S. Khadjeh, K. Toischer, 
G. Hasenfuss, L. A. Couture, A. Unger, W. A. Linke, T. Araki, B. Neel, 
G. Keller, L. Gepstein, J. C. Wu, W.-H. Zimmermann, Circulation 
2017, 135, 1832.

[57] R. Feiner, L. Engel, S. Fleischer, M. Malki, I. Gal, A. Shapira, 
Y. Shacham-Diamand, T. Dvir, Nat. Mater. 2016, 15,  
679.

[58] D. Zhang, I. Y. Shadrin, J. Lam, H. Q. Xian, H. R. Snodgrass, 
N. Bursac, Biomaterials 2013, 34, 5813.

[59] X. Li, R. Zhang, B. Zhao, C. Lossin, Z. Cao, Arch. Toxicol. 2016, 90, 
1803.

[60] P. W. Burridge, E. Matsa, P. Shukla, Z. C. Lin, J. M. Churko, 
A. D. Ebert, F. Lan, S. Diecke, B. Huber, N. M. Mordwinkin, 
J. R. Plews, O. J. Abilez, B. Cui, J. D. Gold, J. C. Wu, Nat. Methods 
2014, 11, 855.

[61] K. Jaqaman, D. Loerke, M. Mettlen, H. Kuwata, S. Grinstein, 
S. L. Schmid, G. Danuser, Nat. Methods 2008, 5, 695.

[62] W. Thielicke, E. Stamhuis, J. Open Res. Software 2014, 2, 30.
[63] H. Borouchaki, P. L. George, B. Mohammadi, Finite Elem. Anal. 

Des. 1997, 25, 85.
[64] S. H. Chae, J. H. Zhao, D. R. Edwards, P. S. Ho, J. Electron. Mater. 

2010, 39, 419.


