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MEDICAL ROBOTS
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The heart’s intricate myocardial architecture has been called the Gordian knot of anatomy, an impossible tangle
of intricate muscle fibers. This complexity dictates equally complex cardiac motions that are difficult to mimic in
physical systems. If these motions could be generated by a robotic system, then cardiac device testing, cardiovas-
cular disease studies, and surgical procedure training could reduce their reliance on animal models, saving time,
costs, and lives. This work introduces a bioinspired soft robotic left ventricle simulator capable of reproducing the
minutiae of cardiac motion while providing physiological pressures. This device uses thin-filament artificial mus-
cles to mimic the multilayered myocardial architecture. To demonstrate the device’s ability to follow the cardiac
motions observed in the literature, we used canine myocardial strain data as input signals that were subsequently
applied to each artificial myocardial layer. The device’s ability to reproduce physiological volume and pressure
under healthy and heart failure conditions, as well as effective simulation of a cardiac support device, were ex-
perimentally demonstrated in a left-sided mock circulation loop. This work also has the potential to deliver faithful
simulated cardiac motion for preclinical device and surgical procedure testing, with the potential to simulate patient-

specific myocardial architecture and motion.

INTRODUCTION

Development of cardiac devices, as well as training for surgical tech-
niques, still relies heavily on the use of ex vivo and in vivo animal
models (1). More recently, there has been a push to develop high-
fidelity simulators that replicate the functions of the human heart.
Such benchtop simulators have the potential to reduce our reliance
on animal models and reduce the ethical, financial, and time costs
associated with preclinical trials (1). Surgical training also greatly
benefits from these kinds of models, improving procedure-specific
skills and reducing adverse outcomes (2-4).

Although several static synthetic heart simulators have been devel-
oped in the past (5, 6), such models have very limited usefulness where
complex dynamics are desired. Dynamic heart models are a very at-
tractive product for the simulation of different cardiac conditions and
diseases, for preclinical cardiac device testing, and for surgical procedure
training. Several cardiac simulators created from ex vivo heart models
have been developed. However, unless they are artificially paced (7), their
musculature is passive. Some use compliant membranes that expand
and contract inside the chambers of the heart (8, 9), whereas others use
pulsatile pumps that either apply pressure to the outer surface of the
heart (10, 11) or force blood directly into the heart (12, 13); all of these
simulators produce either inverse or nonbiomimetic function. A more
detailed comparison of similar existing devices can be found in the Sup-
plementary Materials and table S1. A smaller proportion of these dynamic
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heart simulators are based on soft robotic mechanisms. Soft robotic ac-
tuators have the unique potential to mimic bodily musculature in both
form and material properties. Roche et al. (14) successfully designed a
McKibben muscle-based soft robotic analog of the heart’s epicardial
muscle layer, creating a device capable of ventricular shortening and
twisting but no notable radial motion due to the omission of other
myocardial layers. This device was then extended to a soft robotic
sleeve that was wrapped around the failing heart and included both an
epicardial and a transmural McKibben muscle layer (15). Although
this device was presented as a ventricular assist device and not a simu-
lator, it may be capable of reproducing some, but not all, of the complex
motions of the native heart. Critically, this device cannot decouple ven-
tricular twist from ventricular shortening, meaning that it is incapable
of achieving true biomimetic function.

Recently, Park et al. (16) introduced a computational model of a
soft robotic left ventricular myocardium. However, this system was
unable to integrate a three-layered artificial muscle myocardium (epi-
cardium, transmural, and endocardium) to recapitulate the minuti-
ae of the cardiac cycle. The authors removed one layer of the muscle
and reconfigured another, abstracting it from physiology to achieve
physiological torsional motion. Further abstraction from physiology
can be seen in the device’s ventricular lengthening during all phases
of systole, which should only occur during isovolumetric contrac-
tion (IVC). Conversely, the native heart shortens directly after IVC,
contributing to 60% of the ejection fraction (EF) (17). In a later work,
Park et al. (18) also developed a soft robotic organosynthetic dy-
namic cardiac simulator, which could be used as an in vitro testing
platform or a surgical training tool. To maintain the internal
structure of the real heart, the authors fixed an ex vivo heart with
formalin, removed its ventricular musculature, and then integrated a
bioinspired soft robotic musculature to provide semibiomimetic mo-
tion. Although this fabrication concept is groundbreaking, neither
hemodynamic data nor torsional motion data were reported, apart
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from a physiologically appropriate EE. Furthermore, its soft robotic
musculature was designed on the basis of helical ventricular myo-
cardial band (HVMB) theory, which is inconsistent with recent re-
search findings (19-21), as admitted by the authors. Park et al. (22)
have since constructed a version of this device using McKibben muscles
in the same nonphysiological arrangement as their in silico work de-
scribed previously (16). This device was successfully used to simulate
mitral valve function and dysfunction as well as surgical intervention
and could produce physiological volume and pressure changes. This
work is a great example of the utility of benchtop simulators and their
potential influence on device development and surgical procedures.
However, no data were presented on the longitudinal and torsional
motion of the device.

Singh et al. (23) used the same organosynthetic approach to de-
velop an artificial right ventricular simulator, actuated by McKibben
muscles. This work is an important step toward the construction of
a biventricular cardiac model. This device could produce physiolog-
ical pressure and volume changes, as well as pathophysiological con-
ditions, and could be used as a platform for training of valve repair
surgery. However, the longitudinal and torsional motion of the na-
tive right ventricle (24, 25) was not considered in the placement of
the circumferential artificial muscle fibers. In this way, the device
does not faithfully capture native right ventricular mechanics.

Furthermore, in recent years, works by Rosalia et al. (26, 27) have
explored the use of soft robotic simulators that use patient-specific in-
ternal cardiac structures that are 3D printed to provide patient-specific
hemodynamics and predicted responses to cardiac device implantation.
Although this work demonstrates the potential influence of the devel-
opment of benchtop simulators, the authors’ current actuation method
is not truly biomimetic and only provides radial volume change, limit-
ing its application to simulations upstream or downstream from the left
ventricle (LV).

Currently, no synthetic artificial heart models can faithfully mimic
complex three-dimensional (3D) twisting and compressive motions
of the native myocardium. Addressing these unmet needs, this paper
introduces a soft artificial LV, leveraging the currently accepted con-
tinuum model of cardiac musculature (Fig. 1), which is explained in
the next section. Instead of using pneumatic artificial muscles (PAMs)
such as McKibben muscles, which have previously struggled to repro-
duce biomimetic motion, we looked to the closest analog of a native
myofibril, namely, the hydraulic filament artificial muscle (HFAM),
which was previously developed by our team (28, 29). Distinct from
the PAMs, this type of soft robotic artificial muscle is scalable with
high aspect ratios and high elongation, meaning that we can tune fi-
ber density to provide the appropriate resolution for motion recapitu-
lation. Furthermore, because this muscle operates in depressurization,
the material properties can be tuned to provide the desired maximum
forces and remove the possibility of causing damage through exces-
sive force generation.

As seen in Fig. 1 (A and B), we used a three-layer simplification of
the continuum model of cardiac fiber arrangement as the inspiration
for our artificial muscle architecture. We stabilized these three mus-
cle layers using a removable 3D pinboard, with its associated pins
directly linking the muscle layers and fixing their fiber angles, similar
to the native heart’s extracellular matrix (ECM) elastin/collagen net-
works (30, 31). Both the ventricular shape and its fiber angles can be
tuned to simulate patient-specific or disease-specific data. We set
these parameters to closely match those of a healthy heart. We then
actuated its muscle layers with input that mimics measured canine
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myocardial strains and evaluated the output motion and function.
The results demonstrate this system’s ability to faithfully reproduce
biomimetic motion and function in a left-sided mock circulation loop
(MCL) (Fig. 1D). We also characterized the simulator’s ability to re-
produce performance consistent with heart failure and simulated the
performance of a cardiac support device. Although we have not re-
produced all cardiac anatomical features, research by Park et al. (18)
shows that integration of soft robotic musculature with ex vivo struc-
tures is possible. Future development in this direction could produce
high-fidelity simulators with anatomical structures and the ability to
completely replicate motion and function in both healthy and dis-
eased states (Fig. 1D), potentially reducing the reliance on expensive
and time-consuming ex vivo or in vivo preclinical testing for cardiac
devices and surgical training.

RESULTS
Biomimetic requirements
To mimic the complex motion and function of the native heart in a
high-fidelity cardiac simulator, an understanding of the heart’s com-
plex structures and motions is necessary. Five centuries of anatomi-
cal study have been spent attempting to unravel the Gordian knot of
anatomy, as described by Pettigrew (32), likening the heart to the
legendary knot cut by Alexander the Great, which was so intricately
tied that it was impossible to decipher. Although a great deal of at-
tention has been given to the HVMB theory of myocardial architec-
ture in the past (33, 34), many contradictions have emerged in recent
research (19-21). Currently, the most consistent model of myocar-
dial architecture is the continuum model.

Conceived of and popularized by the likes of Pettigrew (32), Rushmer
et al. (35), and Streeter (36), this muscle fiber continuum across the LV
myocardial wall is visualized in Fig. 2A. As evidenced by diftusion ten-
sor magnetic resonance imaging data (37, 38), if we take a section of the
LV wall, there will exist a continuum of fiber angles with respect to the
heart horizontal axis ranging from e = 60’ at the outer layer (epicar-
dium), to Oyans = 0 at the middle layer (transmural), to Oepgo =—60 at
the inner layer (endocardium). Here, we simplified this continuum
structure to a three-layer model, taking the epicardial (Epi), transmural
(Trans), and endocardial (Endo) layers of the native LV myocardium.

Looking at Fig. 2B, we can see that, in systole, the Epi helical
layer provides ventricular shortening and counterclockwise twisting
of the LV. The Trans layer provides ventricular narrowing, which can
lengthen the ventricle through a scissoring action between the two
oppositely wound Endo and Epi helices. This will be explained fur-
ther, but it is a key function in early systole. Last, the Endo helical
layer provides ventricular shortening and clockwise twisting of the
base of the LV. Although this clockwise twisting function is largely
overpowered by the Epi layer, it is seen in early systole before the
epicardium has contracted. During diastole, in general, these mo-
tions are reversed as previously compressed tissues recoil elastically.

Figure 2C describes a more detailed set of LV motions as they
occur through the four phases of the cardiac cycle, the first three of
which occur during systole, and Fig. 2D shows the ventricular pres-
sure throughout the four phases. The complexity of these motions is
dictated by the asynchronous contraction and relaxation of the three
simplified layers, stemming from the sequential patterns of electrical
conduction through the LV myocardium. More detail can be found
in the Supplementary Materials, along with a list of physiological
targets for LV motion (table S2).
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Fig. 1. Overview of device concept and its potential application. (A) Simplification of native cardiac musculature into three layers of differently angled muscle fibers
(heart model from cadnav.com). (B) Inspiration for our artificial LV from a simplified native architecture. (C) Biological fiber layer strain data adapted from Ashikaga et al.
(39) are input into each of the three simplified layers of the artificial myocardium. (D) Potential use as a test platform for in vitro cardiac device development such as heart
pumps, heart valves, or endovascular catheters.

Biomimetic design, fabrication, and control function. As shown in Fig. 1 (A and B), we took the simplified three-
With these requirements, we have designed and fabricated a new layer myocardial model and replaced each layer’s biological cardiac
soft robotic device capable of replicating biomimetic motion and  muscle fibers with HFAMs (28, 29). We selected this actuator because
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Fig. 2. Overview of native heart form and function. (A) Visualization of the muscle fiber arrangement across a section of the native LV myocardial wall from the epicar-
dium to the endocardium. (B) Visualization of the general systolic and diastolic functions and contributions of each simplified muscle layer (Epi, Trans, and Endo). (C) More
detailed visualization of LV motion through the four phases of the cardiac cycle. (D) LVP through the four phases of the cardiac cycle.

of its scalability and extremely high aspect ratio capabilities. These
muscles can be fabricated at the meter scale, meaning that one single
cardiac layer could consist of only one muscle fiber and be con-
trolled by one hydraulic input. The scalability of these muscles also
means that the density of fiber lengths in each myocardial layer can
be tuned to provide the desired mechanical properties. This type of
artificial muscle is inherently safe because it operates in contraction
through depressurization (unlike McKibben muscles, which contract
upon pressurization), and its force is directly linked to the elastic
properties of its components. Thus, we can tune the elastic modulus
and spring constant of the inner elastomeric tube and outer helical
coil to limit the pumping pressure. Using a hydraulic fluid as the
pressurization medium also has advantages over pneumatics, includ-
ing linearity, sensitivity, and response time.

Davies et al., Sci. Robot. 9, eado4553 (2024) 25 September 2024

With this actuation choice, the simplified three-layer LV model
can feasibly be replicated in a biomimetic soft robotic system, as
shown by the conceptualization in Fig. 1 (A and B). As previously
highlighted, if we apply biomimetic input strains to these biomimetic
muscle layers, we should see biomimetic output function. Figure 1
(A to C) provides an overview of this biomimetic approach, begin-
ning with the extraction of physiological fiber angles and strains (39)
for each of the three muscle layers. The measured fiber angles were
then programmed into the fabrication process such that our artifi-
cial muscle fibers were oriented in the same way. This fabrication pro-
cess is described in greater depth in Materials and Methods. Then, as
seen in Fig. 1C, we drove the muscle layers by pumping in a hydraulic
input proportional to the measured physiological fiber strains. Given
the linearity of the artificial muscle strain in response to input volume,
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this physiologically proportional input causes the LV to move in a
physiologically similar manner.

For the purposes of this paper, we set the Epi and Endo fiber an-
gles to those of a typical healthy human heart (+ 60°) and set the
Trans fiber angle to ~0°. However, these angles and this fiber density
can be set to almost any desired angle as determined by patient or
disease data.

Range of motion analysis

Our analysis began with the characterization of the range of motions
and pressures that the artificial LV musculature could perform. With
the apex fixed in place, we used image processing techniques to
track the motion of the outer surface of the artificial LV and the
twist angle. Figure 3A shows the device as it contracts from its end-
diastolic state to its end-systolic state, and Fig. 3B shows the outer
surface motion tracking results for the prototype in Fig. 3A in the
long- and short-axis plane. This analysis was performed with simul-
taneous contraction of all three layers from their pressurized end-
diastolic state. We observed a 25-mm reduction in diameter of the
outer surface at the base of the LV and a 12-mm reduction in its long
axis or height.

Figure 3 (D and E) shows this LV volume (LVV) and LV twist,
respectively, as they relate to all combinations of input volume to the
muscle layers; the Endo, Trans, and Epi muscle layer input volumes
form the three spatial axes, and the color axis refers to LVV and LV
twist, respectively. The volume and twist results for the simultane-
ous contraction testing in Fig. 3 (A and B) can be seen in the diago-
nalline labeled with the three active muscle layers. This simultaneous
contraction of all three layers produced the largest stroke volume
(SV) of ~100 ml, contracting from an end-diastolic volume (EDV)
of 140 ml to an end-systolic volume (ESV) of 40 ml, which equates
to an ~70% EE Figure 3D shows the importance of the Trans layer
(the z axis) in generating volume displacement, and the Epi and
Endo layers have some, but relatively little, effect. Figure 3E reveals
that close to zero LV twist occurs during simultaneous contraction
of all three muscle layers but also during pure Trans contraction and
in combined Epi/Endo contraction. This demonstrates that the ex-
pected torsional mechanics of the device given co-contraction, or
no contraction, of the helical Epi/Endo muscle layers should not
produce any twist. As expected, whenever the Epi or Endo layers
were contracted in isolation, with or without Trans contraction, we
saw a large degree of twist. When only the Epi or Endo layers were
contracted independently, we achieved 34° and —29° twist, respec-
tively, where counterclockwise twist is positive and clockwise twist
is negative. However, when we contracted the Epi or Endo layers in
conjunction with the Trans layer, we achieved 49° and —52° twist,
respectively. Further data for all combinations of layer contraction
can be seen in figs. S1 to S6.

In addition, we characterized the LV’s blocked-volume pressure
performance for several blocked volumes from the EDV to ESV, as
can be seen in Fig. 3F. This testing demonstrates the LV’s ability to
provide supraphysiological pressures throughout most of its cardiac
cycle. This is by no means a characterization of the maximum pres-
sures the LV can produce at each of these blocked volumes. To per-
form this testing, we lined the inner surface of the LV with a nonstretch
plastic bag with a pressure probe and attached a fluid reservoir
(valved) to allow for volume adjustments. Starting near the EDV,
we inflated all muscle layers to give an internal LVV of 120 ml and
then withdrew a set amount of volume from each muscle layer in a
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simultaneous, sinusoidal manner while measuring the pressure in-
side the LV. We repeated this for several blocked volumes toward the
ESV. Figure 3G reveals the extracted peak pressures generated at each
of these volumes. The maximum pressure generated was 317 mmHg,
ata 120-ml LVV, greater than 2.5 times typical systolic pressures. We
were still able to achieve a peak of 169 mmHg at a 60-ml LVV, which
is greater than typical systolic pressures, showing that our device is
more than strong enough to simulate physiological pressures. There
is also an approximately linear relationship between the peak LV
pressure (LVP) and blocked LVV.

We also developed a simplified model of our LV simulator, which
is described in detail in the Supplementary Materials and fig. S7 and
was used as a predictive design tool. Figure 3C reveals that the simu-
lated LV motion is similar to the physical prototype motion in Fig. 3
(A and D). The model’s agreement with experimental data for the
range of motion analysis can be seen in figs. S2 and S4 to S6.

Biomimetic motion analysis

Without access to human studies, we adapted the strain data from the
layers of a canine heart that correspond to the layers in our device.
The work done by Ashikaga et al. (39) gave us a good starting point
in building the input signal. Their study provides myocardial fiber
strain data for 10 muscle layer divisions from the endocardium to the
epicardium of a canine heart. To adapt these data to a control signal
for our muscles, we first identified patterns and features in each of the
four stages of the cardiac cycle: IVC, ejection, isovolumetric relax-
ation (IVR), and filling. With the necessary relationships between the
Endo, Trans, and Epi layers identified, we rebuilt the signals using
smoothing splines in MATLAB. We performed Fourier analysis on
these signals to formulate a continuous, time-domain function of
the cardiac cycle with adjustable amplitude, frequency, and phase.
Each function was reconstructed using the eight most powerful fre-
quencies. Figure 4F reveals the normalized input volume signals for
each of our three muscle layers for one cardiac period. Also seen
here is a magnified section of the signals during IVC, with a com-
parison to Ashikaga’s measured data, highlighting the similarities
between the two.

From Fig. 4 (A and B), we can see a total LV long-axis shortening
of ~14 mm, and the outer surface of the device reduces ~22 mm in
diameter in the short axis, from ~82 to ~60 mm. This 14-mm long-
axis shortening is close to the atrioventricular plane displacement
of 16 mm reported by Carlsson et al. (40). The short-axis end-diastolic
and end-systolic diameters of the inner surface are estimated to be
~56 and ~33 mm, which are close to the respective 50.2 + 4.1- and
32.4 + 3.7-mm native heart averages (41). These end-diastolic and
end-systolic diameters calculated from our image processing were
validated against ultrasound imaging of the inner surface (Fig. 4, D
and E), with reported diameters of ~57 and 33 mm, respectively.

Figure 4B shows the expected lengthening and narrowing of the
ventricle in the IVC phase, as discussed in the Supplementary Materi-
als. The adapted biomimetic input also gave rise to the ~4° clockwise
twist of the base of the LV with respect to the apex (Fig. 4H), which
can be seen in the physiological data traced from Ingels et al. (42)
and Sengupta et al. (43) in Fig. 4 (I and J), respectively. After this
torsion in IVC, the ventricle then twisted counterclockwise ~17°,
which is similar to the peak torsion observed in the study by Sengupta
et al. (43). Then, in IVR, this twist reversed by ~4° before forming
a secondary peak, as seen in the region highlighted in blue in
Fig. 4H. This pattern is well matched in Sengupta’s data (Fig. 4]).
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Fig. 3. Range of motion analysis of the artificial LV. (A) In vitro motion of the physical prototype from end diastole to end systole. (B) Outer surface motion from end
diastole (blue) to end systole (red), taken from (A). (C) In silico simulated LVV from end diastole to end systole. (D) In vitro LVV as it relates to all combinations of muscle
layer input volume. The Endo, Trans, and Epi icons indicate which layers are active during each of the seven input combinations. If an icon is bolded, then it is active, and
if it is faded, then it is inactive. (E) In vitro LV twist as it relates to all combinations of muscle layer input volume. (F) In vitro LV blocked-volume pressure, or pressure gen-
eration capabilities at a given internal LVV, as it relates to the sum of input volume to all layers of muscle. (G) In vitro peak blocked-volume LVP with respect to the blocked
LVV with first-order line of best fit. (H) Input pressure versus volume for each artificial muscle layer.

There is also a brief notch in ventricular twist just as untwisting approaches  in both Figs. 4H and 4J. These idiosyncratic biological motions can be
completion in the filling phase, which matches well with data from  replicated and tuned through the bioinspired structure-input approach
Sengupta et al. (43), as seen in the second region highlighted in blue ~ we have taken.
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Fig. 4. Biomimetic input and motion analysis results. (A) Prototype motion with biomimetic input through the four phases of the cardiac cycle. (B) Outer surface motion
of the LV from end diastole (blue) to end systole (red). (C) Human LV motion with a key indicating the active layers during each phase. (D and E) Ultrasound imaging of the
LV inner surface at end diastole and end systole, respectively. (F) Normalized input volume to each muscle layer inspired by canine data from Ashikaga et al. (39). (G) EF
over three cardiac cycles with the native heart’s peak EF range and mean. (H) LVV and LV twist over three cardiac cycles. Overlaid are two red bands that correspond to the
ranges of average male and female EDV (top) and ESV (bottom). (I) LV twist versus time data from Ingels et al. (42). (J) LV twist versus time data from Sengupta et al. (43).
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In terms of volume characterization, Fig. 4G demonstrates very
close agreement between the peak EF from our device and that of
the physiological literature, with a peak EF of ~71% compared with
a 69 + 6% average (44). The instantaneous LVV data in Fig. 4H also
reveal an EDV of ~146 ml and an ESV of ~42 ml compared with
physiological averages of 160 ml (male)/135 ml (female) and 50 ml
(male)/42 ml (female), respectively (44).

Given the simplifications in the design of our simulator and the
use of canine strain data for control, this input signal needed to be
tuned to reproduce the motion of a human LV. Thus, although the
device is capable of a wide range of motions (figs. S2 to S7), we tuned
our input signal to produce motion matching that of healthy
hearts observed in the literature. Although these results were taken
from an unloaded LV, through appropriate input tuning, such mo-
tions may be achievable.

As described in the Supplementary Materials, before physical ex-
perimentation, we applied this biomimetic input signal to our com-
putational LV model to predict the motion of our physical prototype.
Using the model as a predictive tool here aided us in the efficient
construction of the biomimetic input signal. The comparison of those
simulation results with subsequent prototype motion can be seen in
fig. S8.

Mock circulation results

We then demonstrated the device’s performance under physiologi-
cally relevant pressures using a simple MCL (Fig. 5A). The healthy
LV pressure-volume (PV) loop in Fig. 5C shows that the device can
replicate the four stages of the cardiac cycle, with four distinct phases
in the loop. We also demonstrated our device’s ability to simulate sys-
tolic dysfunction by limiting the contraction of the artificial muscles,
mimicking decreasing inotropy or contractility. Figure 5 (B to E) re-
veals the results of this demonstration, with a decrease in SV and EF
but an increase in both the EDV and ESV, paired with decreased end-
systolic pressure (ESP) and increased end-diastolic pressure as inot-
ropy was decreased. The “healthy” LV produced an ~69% EF with an
SV of ~90 ml, and the first decrease in inotropy resulted in an EF of
~48%, putting this LV state in the heart failure with mid-range EF
category (EFE, 40 to 49%). The third case, with the largest reduction in
inotropy, resulted in an ~28% EF putting this LV state in the heart
failure with reduced EF (HFrEF) category (EF, <40%).

We also investigated the effect of increasing the preload (filling
pressure) on the LV’s performance to see whether it has a natural,
or passive, Starling response. With respect to the preload, the
Frank-Starling law in a native heart describes the stretching of
the myocardium to accommodate for increased venous return
through increased diastolic filling pressure. This stretching of the
myocardium then causes a stronger contraction during the follow-
ing systole, increasing the SV. This law is one of the native heart’s
methods of autoregulation of cardiac output during periods of in-
creased venous return, such as during exercise. From Fig. 5G, we
can see that, when we increased the preload, there was an increase
in EDV, which generated an increased SV and therefore an in-
creased ESP. Unlike the native heart, the ESV remained constant for
every increase in preload. This is evidence of the strength of our
artificial muscles. Because we did not change the input to the mus-
cle layers throughout this testing, the strength of our muscles brings
the LV back to the same ESV after each ejection, no matter the
ESP. Figure 5 (H and I) reveals the relationship of the EF and
SV, respectively, to preload pressure. With an overall increase in
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preload of 12 mmHg, we saw a 14-ml increase in SV. Last, we
tested the effect of increased afterload on the LV’s SV (fig. S9). With
a constant input actuation signal to the artificial muscles, we in-
creased systemic arterial resistance in the MCL in incremental steps
and observed a nonlinear decrease in SV with respect to end-
diastolic aortic pressure (EDAOP) (the pressure required by the LV
to open the aortic valve). This afterload sensitivity was small at nor-
mal EDAOPs (~80 mmHg) but became notable above 112 mmHg
EDAOP. There was an 8-ml drop in SV (from 97 to 89 ml) when the
EDAOP was increased from 78 to 112 mmHg. The SV then de-
creased a further 10 ml when the EDAOP was increased to 155 mmHg
and decreased a further 18 ml when the EDAOP was increased to
191 mmHg. Although increasing the EDAOP above 120 mmHg is
excessive, it was done to demonstrate the limitations of the muscles
we used.

We then demonstrated our device’s ability to assess the perfor-
mance of a simple cardiac support device, the intra-aortic balloon
pump (IABP). Figure 6A illustrates the IABP’s integration into the
mock loop. Figure 6B demonstrates the use of the IABP in the hu-
man body. This device is inflated during diastole to increase the
systemic pressure and therefore perfusion in the coronary arteries,
delivering more oxygen to cardiac tissue. The subsequent rapid de-
flation of the IABP causes a suction event that reduces the AOP be-
fore the next systole. This reduction in EDAOP or afterload gives
relief to the heart, making pumping easier (producing a reduction in
ESP) and reducing its myocardial oxygen demand. Figure 6D shows
the IABP’s operation within our mock loop through a simple syringe
pump. Figure 6C reveals the pressure data from our mock loop
before, during, and after IABP operation. Before operation, both the
ESP and EDAOP were constant at ~133 and ~81 mmHg, respectively.
We then actuated the IABP a total of four times (seen in AOP during
the green region). This resulted in a reduction in ESP and EDAOP
of ~8 and ~12 mmHg, respectively, as highlighted in Fig. 6 (E and
F) and then returned to its original state upon cessation of IABP
intervention. This reduction in both ESP and EDAOP is indicative
of the expected IABP performance and evidences our device’s ability
to conduct in vitro simulations on cardiac support devices.

Predicting LV motion with changing the helix angle and
cardiac geometry and strain

Last, we used the COMSOL model of our artificial LV to investigate
the predicted effects of adjusting the helix angles of the fibers in the
Endo and Epi layers on LV motion. We also combined this with
changes to LV geometry and changes to the strain applied to the
fibers in each layer. Our model’s ability to change these parameters
gives us predictive power over the LV device’s function when de-
signed to simulate various cardiomyopathic states, such as dilated
cardiomyopathy (DCM) and HFrEE Patients with DCM have an
enlarged, weakened LV (45), meaning a reduced SV and reduced
supply of oxygen to bodily tissues. This gradual dilation of the ven-
tricle is caused by geometric remodeling of the myocardium, which
becomes more spherical as remodeling progresses, and the wall
thickness of the myocardium also reduces. The result is a ventricle
with a greater sphericity index and reduced contractility. The fiber
helix angles in each layer of the myocardium also change with ge-
ometry during this process. Although there is debate over the ori-
entation of these angle changes, recent studies suggest that a large
proportion of the fibers in both the Endo and Epi layers become
steeper (46-48).
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Our in silico model of the artificial LV can be used to predict the fiber angle of each muscle layer. Figure 7A visualizes changes in
the effects of changing various design and actuation parameters. the fiber helix angles of each muscle layer. We modeled Endo/Epi
These can include ventricular geometry, muscle layer strain, and angle pairs of +0° to +90° for all scenarios at 10° increments. We
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also investigated changes in LV geometry and muscle layer strain, as
shown in Fig. 7B.

Figure 7 (C to K) includes data from four different LV states:
healthy geometry with healthy layer strains, healthy geometry with
diseased layer strains, dilated geometry with healthy layer strains, and
lastly dilated geometry with diseased layer strains. The first case rep-
resents a healthy heart, whereas the last case represents a heart with
DCM. Diseased layer strain simply means a reduction in contraction
strain applied to each layer of the myocardium by 60% compared
with healthy strain, as detailed in Fig. 7B. We investigated changes in
LV height, diameter, twist, and volume for each LV state case with all
Endo/Epi helix angle pairs. More details can be found in fig. S10.

Davies et al., Sci. Robot. 9, eado4553 (2024) 25 September 2024

Figure 7 (C and D) reveals that, in all cases, there was a general
trend toward greater shortening of the LV as the helix angle increased
in steepness. Both healthy strain input cases (for healthy and dilated
geometry) were closely related. Similarly, both diseased strain input
cases (for healthy and dilated geometry) were also closely related.
This coupling suggests that contraction strain was a main driver of
height change when compared with LV geometry or sphericity. Natu-
rally, greater layer contraction strains amplified the height change and
seem to be the dominant factor when compared with the helix angle.
These trends were replicated for both the LV diameter change and
twist, as shown in Fig. 7 (E to H). Here, greater contraction produced
greater diameter change and twist, almost independent of LV geometry.
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Fig. 7. Modeling of LV motion with varying myocardial layer helix angle and cardiac geometry. (A) Visualization of muscle fiber angles in simulated artificial LV.
(B) Visualization of healthy and dilated LV geometry used in this modeling, accompanied by a table describing the short- and long-axis dimensions, along with the peak
strains applied to muscle fibers in each layer for both geometries. (C) Change in height through one cardiac cycle for Endo and Epi helix angles from +0° to +90°. (D) Peak
change in height during the cardiac cycle with respect to the helix angle. (E) Change in diameter through one cardiac cycle. (F) Peak change in diameter during the car-
diac cycle with respect to the helix angle. (G) Change in twist through one cardiac cycle. (H) Peak change in twist during the cardiac cycle with respect to the helix angle.
(1) Change in volume through one cardiac cycle. (J) Peak change in SV during the cardiac cycle with respect to the helix angle. (K) Peak change in EF during the cardiac
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For all cases, although helix steepening generally resulted in a de-
crease in diameter change, LV twist peaked at an approximately +40°
helix angle and dropped oft as the helix angle increased or decreased
from this point. Figure 7 (I and J) shows that the change in volume of
the LV was dependent on both contraction strain and geometry. Re-
duced contraction strain naturally reduced volume change, and dilated
initial diastolic geometry amplified volume change for any level of
strain. The SV for cases with healthy strain was negatively affected by
increasing the helix angle and positively affected in cases with dis-
eased strain. When looking at the EF (Fig. 7K), we saw the same cou-
pling between cases with the same contraction strain, regardless of
geometry. There was also a general decrease in EF with increasing the
helix angle for cases with healthy strain, and the opposite was true for
cases with diseased strain.

Both the healthy geometry/strain and dilated/diseased geometry/
strain cases showed good agreement with the literature in terms of
volume and EE This agreement can be seen in Table 1, where model-
ing predictions are given against observed physiological values. Where
large/healthy strain was applied, LV twist was very sensitive to the
helix angle, and as can be seen in fig. S8C, our model slightly over-
predicted LV twist when compared with the physical device. This
overprediction was likely due to differences in the mechanics between
the model and the device because simplifications were necessary. The
same overprediction can be seen in Table 1, where the peak twist of
the device was modeled with healthy strain, geometry, and helix an-
gles and compared with physiological values. However, this healthy
physiological range is much wider than the reported physiological
DCM LV twist range (49) (Fig. 7H and Table 1). This could suggest
that the same simulated twist sensitivity to fiber angle with large/healthy
contraction strain exists in the native heart. We also saw a similar longi-
tudinal strain sensitivity to helix fiber angle where large/healthy con-
traction strain was applied in Fig. 7D. Again, here, the physiological
range is wide in the healthy case and narrow in the DCM case, as
shown in Fig. 7D and Table 1. Good agreement with physiological
observations of longitudinal strain in the healthy LV case with +60°
fiber angles can be seen in Fig. 7D and Table 1. The longitudinal
strain data for our DCM case matched well with physiological obser-
vations of helix fiber angles from +50° to +90° (Fig. 7D and Table 1),
which could help to support recent suggestions that a greater pro-
portion of steep fiber angles exist in hearts with DCM. LV longitudi-
nal strain may hold more weight clinically than other parameters
because it may be a particularly good prognostic indicator of DCM
and recovery (50).

DISCUSSION

In this work, we introduce a method for the design, fabrication, and
control of a biomimetic artificial LV, which has the potential to be
used as a high-fidelity benchtop simulator for in vitro cardiac device
testing and surgical training. Current simulators, both ex vivo and
soft robotic, are not able to fully recapitulate cardiac motion, espe-
cially not while maintaining hemodynamic performance. Here, we
present an artificial left ventricular musculature that can produce both
biomimetic motion and physiological PV performance. We also dem-
onstrate the device’s ability to simulate varying degrees of systolic
dysfunction consistent with systolic LV heart failure.

We used a three-layer simplification of the continuous fiber model
of the heart, replicating the Endo, Trans, and Epi layers using an ar-
tificial myocardial muscle analog. This cardiac simulator uses these
hydraulically driven inverse PAMS, with other devices having relied
on positive pressure PAMs. We believe that our choice of actuation
is the key to achieving the unmatched biomimetic motion we have
reported, even down to small idiosyncratic torsional motions that
have been observed in the literature. This choice of actuation allowed
close physical adherence to the continuous fiber model of the heart,

the most widely accepted myocardial model. The combination of

appropriate actuators and biomimetic structure, paired with biomi-

metic input signals, necessitates biomimetic motion. In the case of

this device, we mimicked the structure of a healthy heart and gave it
a healthy input signal. However, our design approach has the poten-
tial to facilitate patient-specific or disease-specific muscle fiber ar-
rangements. Pairing this with patient-specific or disease-specific fiber
strain input could allow for specific simulations for training, research,
or device testing. The biomimetic motion analysis results we have
presented indicate the potential for the device’s use in applications
where high-fidelity simulation is essential for positive outcomes, includ-
ing surgical procedure training and cardiac device development.

We integrated this artificial LV, with its biomimetic input, into a
simple left-sided MCL to demonstrate its ability to mimic physiologi-
cal hemodynamic performance. The device was able to pump against
physiological pressures with an appropriate SV and EE. We were also
able to demonstrate its ability to limit contraction to simulate systolic
dysfunction to varying degrees. This demonstrates the device’s poten-
tial to simulate varying disease-specific or patient-specific conditions
for diverse purposes, including in vitro cardiac device development.

One of the most obvious limitations for the device in its current
form is the lack of myocardial wall thickening upon contraction be-
cause of the current fabrication process. This constant-thickness LV

Table 1. Comparison of device motion predictions and physiological observations.

Healthy geometry and strain

Diseased geometry and strain

Metric Device prediction

Native LV

Device prediction Native LV

EDV (ml)

—11.9+6.8 (45)

Longitudinal strain (%)

133.6 + 12.6 (45)
5

693+68 (4

298.4 + 128.8 (45)

) .-

45)

—43+1.8(45)

*Depending on the helix angle. tEndo/Epi helix angles at +60°.
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wall dictates that the outer surface of the device must move in the
same way as the inner surface to achieve the appropriate volumetric
performance. Native cardiac muscle fibers thicken upon contraction,
which means that they can create a greater level of LV chamber vol-
ume change (~69%) with relatively little fiber strain [<20% (51)]. The
native heart’s outer surface volume only reduces by 8% during systole
(52). In the future, we aim to integrate our muscle fibers into an in-
compressible matrix, like the native heart's ECM (31), which will al-
low wall thickening and potentially close to 100% biomimetic motion.
Such a compliant stabilizing structure would not only reduce the nec-
essary operating strain of our muscle fibers but also provide the ad-
ditional compliance that our device currently lacks. We also plan for
this ECM to include the internal and external biological structures
that our current musculature omits to increase its suitability for the
simulation of surgical procedures. The Starling response results, while
promising, are perhaps less sensitive to the preload than biological ex-
amples. Currently, this increase in SV with increasing preload is made
possible by the slight stretchability of the thin blood-contacting mem-
brane that lines the musculature. If this membrane was replaced by a
more compliant ECM tissue surrounding the muscle fibers, then this
Starling response would likely be amplified. The Starling response re-
sults also revealed the nonbiomimetic behavior of a constant ESV with
increasing ESP. However, with this occurring because of the strength
of our muscles, we believe that we may be able to directly tune and
control the increase in ESV in response to ESP. In the native heart,
this relationship is indicative of its contractile state. Our device could
potentially include this as a control parameter.

Another limitation of this research lies in the speed of actuation
applied to the artificial myocardium during characterization. This is
not a limitation of the artificial muscles used but of the actuation
system used to drive them. At the time of characterization, our avail-
able hydraulic pumping equipment did not have the power to drive
the system at a high speed. We therefore characterized the device at
about 1 beat per minute (bpm), which allowed high-resolution mo-
tion and performance analysis. We have since begun work to develop
a more powerful drive system and used it to demonstrate device ac-
tuation at 30 bpm (see movie S1). Future work will include further
optimization of the drive system to allow actuation exceeding 60 bpm.
Although this actuation speed may affect the system’s utility for cer-
tain applications, our simple IABP demonstration suggests that it may
be possible to assess certain circulatory support device working prin-
ciples, including those at the first stages of development, at slow ac-
tuation speeds. Thatbeingsaid, apart from drive system improvements,
there are adjustments that can be made to the muscles used in our
system to help approach faster speeds. These include using more, shorter-
diameter, and/or larger-diameter muscle fibers, which offer less re-
sistance to hydraulic input and therefore less cavitation potential. As
seen in fig. S11, we used long meandered muscles to form the vari-
ous helices, and these can be divided into shorter individual fi-
bers. Although this paper serves as a proof of concept for the design,
fabrication, and control of a biomimetic artificial LV, future work
will be directed at improving its clinical utility, including actua-
tion speed.

Our developed computational model of the device also offers us
predictive power in the investigation of altered design parameters. For
example, we can potentially use it to predict the motion of a failing
heart whose ventricular musculature has been remodeled. All of these
geometric parameters, combined with altered muscle activation, can
be simulated using this model, all before a physical prototype has been
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fabricated. This was demonstrated in the previous section. Further-
more, our model has the capability to include wall thickening, as de-
scribed above. Therefore, we can potentially model this future device
development and use it to inform design choices. This will be an im-
portant tool to speed progress toward 100% biomimetic motion.

Along with these limitations, it is important to note the possibil-
ity of the addition of more muscle fiber layers (+30° fibers, for ex-
ample). The continuum model and recent cardiac imaging suggest
the existence of a continuum of incremental fiber angles across the
myocardial wall. Although our simplification of this model to three
fiber layers is sufficient to replicate cardiac motions, it necessitates
tuning the measured biological strain data of the heart to achieve
the precise measured range of motion. Although this tuning process
is straightforward because of the simplicity of our device, less tuning
would be required with a more anatomically accurate model. In
other words, the closer our model is to the native heart, the easier it
becomes to directly use biological strain measurements for control.

We are also encouraged by continued advances in multimaterial
additive manufacturing, which will improve the speed and reliabil-
ity of the fabrication of our LV device. The current fabrication meth-
od is very hands-on and requires some skill, which is sufficient for
small-scale production but needs to be improved to reach the scale
required by the industry. For example, Buchner et al. (53) have in-
troduced a method of 3D-printing complex multimaterial soft ro-
botic structures, which could be adopted here to materialize the
entire passive LV structure, with its supportive pins, membrane, and
valves, leaving only the manual insertion of the artificial muscles.
Our work in this paper serves as a proof of concept for the design,
fabrication, and control of a biomimetic artificial LV, and in combi-
nation with advances in additive manufacturing, this could make
for reliable, fast, patient-specific device construction.

Our biomimetic artificial LV musculature, with its biomimetic input,
has the potential to be used as a high-fidelity cardiac simulator, replacing
early ex vivo and in vivo testing of surgical procedures and cardiac assist
devices. These ex vivo and in vivo trials are time-consuming and expen-
sive, and biological models have a limited lifetime. The device may also
be able to provide a wide range of functional and dysfunctional states,
including the integration of patient-specific data. There is also potential
to extend this device to include a right ventricle, designed and actuated
in the same biomimetic manner, which would aid in simulating the
complex interplay between left and right ventricular function, especially
under MCS. With the future developments discussed above, this device
has the potential to become a truly biomimetic, tunable left ventricu-
lar model.

MATERIALS AND METHODS

Fabrication and control of the left ventricular musculature
For the purposes of this paper, we set the Epi and Endo fiber angles
to those of a typical healthy human heart (+60°) and set the Trans
fiber angle to ~0°. These fiber angles were programmed into a 3D-
printed pinboard (Prusa MK3S+, Prusa Research; PolyMax PLA,
Polymaker) and its associated pins. Holes were printed into the pin-
board to accept the 3D-printed pins (Prusa MK3S+, Prusa Research;
PolyMax PLA, Polymaker) at the desired fiber density and angle.
Here, we used a simplified bullet shape as the morphology of the
pinboard, which represents the end-systolic LV chamber dimensions
(diameter of 34 mm; length of 60 mm), but this shape can be altered
to simulate failing, remodeled ventricles. After manually inserting
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the pins into the pinboard, we manually threaded long HFAM fibers
through the holes in the pins. We started with the bottom Endo layer
before threading the Trans layer and lastly the outer Epi layer. We
then fixed the ends of the muscle fibers and the joints between the
muscle fibers and the pins with cyanoacrylate (UHU GmbH & Co.
KG) before pressurizing the muscles, which expanded the artificial
LV, allowing the removal of the pinboard. This process is also visual-
ized in movie S6. At this stage, the pin shafts were trimmed, leaving
only the pin bodies, which stabilized the muscle fibers in the de-
sired orientations, completing the artificial LV musculature (fig. S12).
Further details on the fabrication of the device and its musculature,
control, and actuation can be seen in fig. S11. Here, we show that
each layer of the muscle consisted of two individual, long muscle fi-
bers, which were both connected to the same hydraulic piston pump
via a shared fluid transmission line. For each of the three layers, the
two constituent muscle fibers were of equal lengths (fig. S11), mean-
ing that they each shared half of the input volume from the piston pump.

Each muscle layer was formed using HFAM muscles (28) con-
sisting of natural latex rubber inner tubes [1.6-mm inner diameter
(ID), 3.2-mm outer diameter (OD), Uxcell] and external spring coils
[36 inches (91.44 cm) long, 0.125-inch (0.3175-cm) OD, 0.014-inch
(0.0356-cm) wire diameter, spring constant of 0.02 psi (137.9 Pa),
McMaster-Carr]. Material properties of the components used with-
in the LV device can be found in Table 2. More details of material
properties can be found in fig. S13.

The actuation of each layer was controlled using DC (direct cur-
rent) motor-controlled syringe pumps (BD Luer-Lok). Using a QPIDe
Data Acquisition Device (QUANSER, Canada) and MATLAB Simu-
link (MathWorks Inc., United States), we devised a closed loop con-
troller, which applied the periodic basic or biomimetic inputs with
adjustable amplitude, frequency, and phase. The average power con-
sumption at 30 bpm for the Epi, Trans, and Endo layers during actua-
tion was 34, 32, and 34 W, respectively (Epi and Endo power draw was
estimated to be equal). This equated to an average power consump-
tion of 100 W for the entire system, which is equivalent to 0.1 kilowatt-
hour. The power and current draw for the Epi and Trans layers can be
seen in fig. S14.

Range of motion and biomimetic motion analysis

Both the range of motion and biomimetic motion analyses were
performed using image processing through the image processing
and computer vision toolbox in MATLAB. We extracted the short-
long axes plane motion by placing a greenscreen behind our proto-
type (with its apex fixed and base free to move) and capturing a
front-view video (fig. S15). Through thresholding, we recorded the
silhouette of the device as it moved because of our input signal. We
used a visual marker to track the effective height of the LV for volume

and shape calculations. Assuming axisymmetric movement, we tracked
one edge of the LV, rotating this around its axis of symmetry (found
by calculating the centroid of the LV silhouette) for volume and
shape calculations. To extrapolate from the outer surface motion to
the inner surface (“blood-contacting” surface), we subtracted the
length of the rigid 3D-printed pins (13.4 mm) that form the thick-
ness of the LV wall. This assumption of constant wall thickness is
reasonable under the unloaded conditions of this motion analysis.
To extract the LV twist data, we placed a visual marker across the top
surface of the LV and recorded a top-view video as the device moved
because of our input signal (fig. S15). Through thresholding, we
measured the angle of this marker through the cardiac cycle.

For the range of motion testing, we performed motion analysis
for every permutation of muscle layer contractions. We set the dia-
stolic state of the LV by inputting ~3 ml into both the Epi and Endo
muscle layers and inputting ~2.75 ml into the Trans layer. Then, for
every permutation of layer contractions, we withdrew all this vol-
ume at peak systole and inputted it again at peak diastole in a sinu-
soidal manner. This sinusoidal contraction and dilation completed
one cardiac cycle. For each permutation of layer contraction, we
performed three cardiac cycles (n = 3).

For the biomimetic motion testing, we set the diastolic state of
the LV by inputting ~4.11, ~4.11, and ~3.43 ml into the Endo, Epi,
and Trans layers, respectively. We then applied the contraction of
these layers by withdrawing water according to the biomimetic
periodic function we reconstructed from the canine heart strain
data. We set the amplitude of contraction to withdraw ~2.11, ~2.94,
and ~2.86 ml from the Endo, Epi, and Trans layers, respectively. This
input signal is visualized in fig. S16. We conducted motion testing
on three cardiac cycles (n = 3).

Mock circulation loop

For both the inotropy and Starling testing, the MCL (fig. S17) was
set up such that two fluid reservoirs, or fluid columns, and their
fluid levels controlled both the AOP and the LV filling pressure. Wa-
ter was pumped out of the LV, raising the water level in the small-
diameter outlet reservoir (10-mm ID), thus raising the AOP. This
drained into a large-diameter LV inlet reservoir (meaning a near-
constant water level) [6-inch (15.24-cm) standard wall clear polyvinyl
chloride (PVC) pipe, McMaster-Carr], which controlled the filling
pressure of the LV. Both fluid columns were supported by adjustable-
height aluminum frames and connected by soft tubing [7/8-inch
(2.22-cm) ID, 1- and 1/8-inch (2.86-cm) OD, Tygon PVC soft plastic
tubing, McMaster-Carr] to each other and to the LV. An ultrasonic
flow meter was placed in series with the inlet of the LV and another
at the outlet (Atrato Series Ultrasonic Flow Meter, 0.1 to 20 liter/min,
Atrato). A 3D-printed aperture (Prusa MK3S+, Prusa Research;

Table 2. Material properties of components used in the device. N/A, not applicable.

Shear modulus Burst pressure/failure

Component Elastic modulus
Artificial muscle 0.96 MPa @ 60%
Inner tube 0.62 MPa @ 60%
Outer coil 0.02 pounds/inch (0.0069 MPa) for a

1-inch (2.54-cm) segment

LV inner membrane 132 MPa @ 5%

Davies et al., Sci. Robot. 9, eado4553 (2024) 25 September 2024

N/A 1.88 MPa
0.22 MPa 039 MPa
N/A N/A
""""""""""""" N/A N/A
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PolyMax PLA, Polymaker) was fixed to a polyethylene bag, which
formed the blood-contacting membrane within the artificial mus-
culature. A fluid transmission line was then integrated into the bag
and attached to a pressure sensor (40PC Series Sensor, Honeywell,
United States), which monitored the ventricular pressure. This aper-
ture was then fixed to the artificial musculature such that the bag
was inside the musculature. The outlet to the aperture was bifurcat-
ed, with each opening fixed to a one-way valve, forming an inlet and
an outlet to the LV chamber. At the LV outlet, past the outlet valve,
another fluid transmission line was then integrated into the tubing,
which monitored the effective AOP (40PC Series Sensor, Honeywell,
United States). A resistance valve was placed between the outlet of
the aortic fluid column and the inlet of the atrial filling reservoir to
control the draining rate from the aortic fluid column, ensuring no
accumulation over consecutive cardiac cycles.

The data from the pressure sensors were decoded by a QPIDe Data
Acquisition Device (QUANSER, Canada) and MATLAB Simulink
(MathWorks Inc., United States), and the flow meter data were read
using Atrato’s proprietary software. To synchronize these two data
acquisition methods, we used index events where both the pressure
and flow were altered simultaneously. The flow data were resampled
to match those of the pressure data using MATLAB.

For the inotropy testing, we set the healthy diastolic state of the
LV by inputting 4.12 ml of water into both the Epi and Endo muscle
layers and 2.85 ml into the Trans layer. We then set the biomimetic
input volume functions such that they withdrew all this volume
from the muscles at peak systole. For the first decrease in inotropy,
we set the diastolic state of the LV by inputting 4.12 ml of water into
both the Epi and Endo muscle layers and 4 ml into the Trans layer.
We then withdrew 3.06 ml from both the Epi and Endo muscle lay-
ers and 2.86 ml from the Trans layer at peak systole. For the second
decrease in inotropy, we set the diastolic state of the LV by input-
ting 4.12 ml of water into both the Epi and Endo muscle layers and
3.43 ml into the Trans layer. We then withdrew 2.12 ml from both
the Epi and Endo muscle layers and 1.71 ml from the Trans layer at
peak systole. For each decrease in inotropy, we ran five cardiac cycles
(n=>5).

For the preload/Starling response testing, we set an arbitrary dia-
stolic state of the LV by inputting 4.12 ml of water into both the Epi
and Endo muscle layers and 3.2 ml into the Trans layer. We then set
the biomimetic input volume functions such that they withdrew all
this volume from the muscles at peak systole. For the first preload
test, we set the filling pressure to 28.17 mmHg. For the second, third,
and fourth preload tests, we set the filling pressure to 31.20, 34.58,
and 40.17 mmHg, respectively. For each trial, we ran three cardiac
cycles (n = 3). The afterload sensitivity testing (fig. S9) was done us-
ing the same LV control signal as above but varying the systemic arte-
rial resistance and keeping the arterial compliance and preload constant.
Initially, the resistance was set low, producing an EDAOP of 78 mmHg,
and the SV over nine cardiac cycles was recorded. We then increased
the resistance three more times to produce EDAOPs of 112, 155, and
191 mmHg and recorded the SV over nine, four, and four cardiac
cycles, respectively.

The IABP and afterload testing was conducted using the same LV
control parameters as above but using the MCL, as shown in fig. S18.
This MCL differs from the one outlined above in that it uses com-
pliance chambers and resistance valves to build and dissipate the
pressure. These compliance and resistance values were determined
experimentally to achieve the desired output.

Davies et al., Sci. Robot. 9, eado4553 (2024) 25 September 2024

Statistical analysis

The linear fitting in Fig. 3G and fig. S13E was calculated and plotted
using MATLAB and its curve fitting toolbox. The SDs and subse-
quent error bars in Fig. 5 (D, E, H, and I) were calculated using n =5
and n = 3, respectively. The nonlinear fitting in fig. S9B was calcu-
lated and plotted using MATLAB and its curve fitting toolbox. The
SDs and subsequent error bars in fig. S9B were calculated usingn =9,
n=29,n=4,and n =4, from left to right, respectively.
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Editor’'s summary

Cardiac devices and interventions are often dependent on the use of animal models and ex vivo tissue for testing and
development. Moreover, surgical training for procedure-specific skills also relies on animal tissue. Davies et al. have
developed a soft robotic device that can mimic the left ventricle of the heart and reproduce cardiac motion as well as
physiological hemodynamic conditions. They demonstrated the ability to simulate conditions of healthy and diseased
heart states, with the potential to counter the need for animal models to develop cardiac devices. —Amos Matsiko
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