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Background: Direct cardiac compression (DCC) is a promising approach to long-term circulatory support,
but new evaluative methods are needed to guide development of DCC devices that optimize hemodynamic
benefits without damaging the heart. As a first step toward that end, computational simulations were used
to predict the hemodynamic and biomechanical effects produced by changing the timing and pattern of
compressions applied to a failing heart.

Methods: Multiscale finite element software was used to create a patient-specific beating heart model
for in silico testing. Uniform cardiac compressions were simulated and then altered by either applying a
sequential compression pattern (apex to base) or shifting the start of uniform compressions earlier and later
in the cardiac cycle. Hemodynamics, principal strain, and fiber components were then analyzed for each
compression pattern studied.

Results: Hemodynamics did not vary significantly among the various compression methods tested.
However, the maximum principal strain and fiber components differed substantially. Specifically, sequential
apex to base compressions nearly doubled the principal strain on the posterior epicardial surface without
improving hemodynamics. Likewise, shifting compression start times by +50 ms increased principal strain
values in this same area, albeit to a lesser degree.

Conclusions: Despite the similar hemodynamics seen across the parametric space in these experiments,
myocardial biomechanics differed greatly. These results confirm the supposition that hemodynamic
measurements alone are not sufficient to fully capture the clinically significant effects of DCC, which can

profoundly influence long-term outcomes.

Keywords: Cardiac biomechanics; cardiac finite element analysis (cardiac FEA); direct cardiac compression (DCC);

mechanical circulatory device; temporal analysis

Received: 28 September 2021; Accepted: 06 December 2021; Published: 30 January 2022.
doi: 10.21037/shc-21-24
View this article at: https://dx.doi.org/10.21037/shc-21-24

Introduction treating the underlying disease processes that lead to HE,

the number of cases continues to rise at an alarming rate
Heart failure (HF) is a highly debilitating and progressive as the population ages. Indeed, among Americans 18 years
condition that afflicts tens of millions of people worldwide. and older, HF cases are projected to increase 46% from

Despite decades of research aimed at preventing and/or 2012 to 2030, with the total percentage of the population
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with HF expected to reach 2.97% (>8 million) in that same
timeframe (1).

While medical therapies do exist, heart transplantation
remains the only definitive treatment for end stage heart
failure (2). Unfortunately, the donor pool has been—and
continues to be—extremely shallow, limiting the number of
patients who can receive this therapy to just a few thousand
per year (3). Left ventricular assist devices (LVADs) can be
used to help bridge the gap between donors and recipients.
While useful, LVADs are not without their complications,
with one of the most common and devastating being
thromboembolic events (4,5). To address this problem,
several groups have started to explore direct cardiac
compression (DCC), a method of applying compression to
the epicardial surface of the heart to augment cardiac output
while avoiding blood contact (6-8). While LVADs treat
the heart as a passive reservoir for blood, DCC interacts
directly with the heart tissue. Thus, a key consideration in
evaluating DCC performance are the myocardial mechanics
caused by ventricular compression. These factors have
not been examined to any significant extent to date due to
the immense difficulty in measuring and calculating these
metrics.

Our group has previously developed a framework for
simulating and evaluating hemodynamic and biomechanical
effects of DCC in a patient-specific beating heart model of
heart failure (9-11). The aim of this study is to use this same
modeling platform to simulate changes in compression
patterns and timing for comparison with previous uniform
compression simulations. These experiments represent the
initial efforts to analyze the biomechanical effects of DCC.

Methods

Building upon our previous work, beating-heart simulations
were created using a multiscale finite element analysis (FEA)
software package (Continuity Pro, Insilicomed, La Jolla,
CA) developed specifically for dynamic cardiac modeling.
An in-depth description of software specifics has been
published elsewhere (9,11). The essential elements of this
in silico model and the methods used to simulate uniform
and distributed cardiac compression profiles are summarized
below.

Continuity Pro (CPro) is a multiscale cardiac modeling
software package that combines cardiac geometry, cardiac
fiber direction, calcium excitation-force coupling dynamics,
and a lumped parameter circulatory model to simulate the
action of a beating heart pumping blood through both
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systemic and pulmonary circulatory systems.

In this application, CPro was used to create a beating
heart simulation unique to a specific patient, whose
anatomic dimensions were deemed most typical (12,13).
Note that patient specific models have been validated against
the physiologic data that they were derived from (13).
Simulated compressions were applied to this model as
force boundary conditions that change as a function of
time at the epicardial surface. Fixed boundary conditions
at the epicardial base of the heart were applied to simulate
the fibrous cardiac skeleton and valvular plain while also
minimizing artifacts in the ventricular free walls. As with
all previous studies, simulations were run at a constant
heart rate of 80 beats per minute, with the aortic valve
opening 146 ms after the start of the cardiac cycle. The
timing of the cardiac phases is as follows: Isovolumetric
contraction—0 to 146 ms, systolic ejection—146 ms to 300
seconds, isovolumetric relaxion—300 to 454 ms, diastolic
filling—454 to 750 ms. Cardiac cycles were run until left
and right ventricular stroke volumes (SVs) were within 5%
of each other, indicating stable circulatory dynamics.

There are two experimental scenarios explored in this
paper: (I) changing the compression from uniform to
sequential from the apex to the base, and (II) applying
uniform compression but changing its starting time
with respect to the cardiac cycle. The maximum applied
pressure to the left ventricle (LV) is 2.9 kPa and for the
right ventricle (RV) is 0.46 kPa, consistent with our
prior work (11). When percentages of the maximum
load are described in the paper, it is with regards to the
maximum applied pressure (e.g., a 50% maximum load
corresponds to 1.45 and 0.23 kPa applied to the left and
right ventricles respectively). A general outline of the two
simulations is shown in Figure 1. Compression is applied
during the systolic phases of the cardiac cycle. The general
cadence for both is a parametric simulation followed by an
analysis of the resulting hemodynamics, principal strain
renderings, and regional fiber mechanical analysis. The
fiber coordinates are relative to the starting orientation of
the fibers, which changes transmurally. The three axes for
the fiber components are the fiber direction (f), cross fiber
direction (c), and transmural direction (t). These three
directions give rise to the normal (ff, cc, tt) and shear (fc, ft,
cf) strains.

It is important to emphasize that these simulations
build upon a previous parametric analysis of DCC (11).
All prior simulations, as well as the ones presented here,
apply DCC on the same initial heart failure model and take
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Figure 1 Overview of Simulations. (A) Example of going from uniform to a sequential compression of 75% overlap. (B) Rendering of the

cardiac model showing the circumferences that correlate with the sequential compression (note these are color coordinated with A). (C) The

parametric design space from changing the start of uniform compression compared to the ventricular pressure (green) and flow through the

aortic valve (orange). Blue is the earliest compression profile and red is the latest.

compressions from the parametric analysis and explore
them temporally. This base failure model has a starting
left and right ventricular ejection fraction of 15.3% and
24.8% respectively; all hemodynamics presented here are
improvements from this initial starting point.

Sequential compression

Sequential compression is explored as the apex to base
compression mimics how surgeons would apply manual
cardiac compression (14). Moving from the initial uniform
sinusoidal compression (Figure 1A), the circumferences of
the model are sequentially compressed from the apex to
the base of the heart (Figure 14,1B). Uniform would entail
compressing all four circumferences at once (blue, purple,
yellow, and orange) whereas sequential would compress
blue first and then purple, followed by yellow and finally
orange. The compression profile for each circumference
starts as a sinusoid but when the maximum force is reached,
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the force at that circumference is held constant. This occurs
for each circumference until the most basal circumference
reaches max force, at which point the applied force on all
circumferences decreases sinusoidally, mimicking manual
cardiac compression. The degree of how sequential the
compressions are applied is determined by the overlap of
the sinusoids. It is important to note that this overlap is
based purely on time to max compression, such that time
delays between circumferences is 30, 40, and 50 ms for
75%, 50%, and 25% overlap respectively. Simulations
were run at 50% of the maximum load for 75%, 50%, and
25% overlap. The hemodynamic results for each degree of
overlap were analyzed. From our past work, we found that
applying normalized forces greater than 70% elicited unique
fiber dynamics in which an exponential increase in principal
strain occurred once forces exceeded 70% of the maximum
load. To probe this effect here, the 75% overlap case was
run at 90% applied load. Maximum principal strains were
rendered for the posterior epicardial surface and regions
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Figure 2 Hemodynamics of sequential compression. (A) Ejection fraction, (B) stroke volume, (C) end diastolic volume, and (D) peak

pressure are plotted for each overlap (25%, 50%, 75%, and 100%) for the 50% force simulations.

of strain concentration were identified. The max principal
strain, as well as contributing fiber components, was plotted
as a function of time for these cases.

Changing compression initiation

A range of changes in the start time of applied uniform
compressions was simulated to gauge the effects on the
overall system. The base compression profile is the previous
sinusoidal profile, with all circumferences compressing
at the same time. Starting from the original 154 ms time,
compression profiles were shifted by 10, 20, and 50 ms
earlier and later in the cardiac cycle (Figure 1C). Thus, the
earliest simulated compression started at 104 ms and the
latest began at 204 ms. All these time points were run at
50% and 80% of the maximum load. 80% load was chosen
to still interrogate the fiber dynamics above the 70%
threshold previously established while also being more
sensitive to the large timing changes investigated in these
simulations. The hemodynamics for each force load were
plotted for each start change. The maximum principal strain
for each 80% load was rendered and displayed, along with
the time that the maximum strain occurred and its value.
Time series of the maximum principal strain and relevant
fiber components were plotted for the two extremes of this
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parametric series.

Statistical analysis

Due to these experiments being a FEA, there are not
statistical analysis that was done. Instead, error criterions are
assigned to ensure convergence of the simulations. There
criteria are: (I) the determinant of the deformation gradient,
does not decrease past 0.95, ensuring an isochoric material,
(II) the calculated volume change in the ventricular model
and the lumped parameter model are less than epsilon, and
(IIT) the left and right ventricular stroke volumes are within
5% of each other.

Results
Sequential compression

Hemodynamics
Four main hemodynamic metrics were analyzed for the
sequential compressions: ejection fraction (EF), stroke
volume (SV), peak pressure (PP), and end diastolic volume
(EDV). These values were plotted for the 50% load case for
each of the overlaps (25%, 50%, 75%, and 100%) (Figure 2).
Across all hemodynamic parameters, there is very little
change with the degree of overlap. Left and right ventricle
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Figure 3 Maximum principal renderings for the sequential
compression. Maximum principal strain values are rendered for the
posterior epicardial surface for each of the load and compression

cases for the 264 and 303 ms time points.

ejection fractions maintained values between 19-20% and
32-33% respectively (Figure 2A). Similarly, stroke volume
remained relatively unchanged with left and right ventricle
values of 45-46 and 47 mL respectively (Figure 2B). Left
ventricular (LV) diastolic volume decreased slightly with
increasing overlap with 233.5 mL at 25% overlap and
230.6 mL at 100% overlap while right ventricular (RV)
end diastolic volume ranged between 143 and 144 mL
(Figure 2C). Peak pressure had the largest trend, with
values increasing as the overlaps got larger. The LV peak
pressure went from 115.1 to 123.5 mmHg while the RV
followed suit, rising from 59.4 to 62.0 mmHg as the overlap
increased from 25% to 100% (Figure 2D).

Surface renderings

The uniform compression and 75% overlap sequential
compression, both at 90% load, were analyzed throughout
the cardiac cycle to find the maximum epicardial principal
strain. 90% load was selected as it gave the maximum
increase in hemodynamics while achieving convergence
of the simulations. This occurred at 264 and 303 ms for
the uniform and sequential compression respectively. For
both time points, epicardial strain renderings are shown
for the 90% load uniform compression, 50% load 75%
overlap sequential compression, and 90% load 75% overlap
sequential compression (Figure 3).

The 50% load has no visible strain concentrations
at either of the time points. At the time point for the
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maximum strain in the uniform compression case (264 ms),
there is a significant strain concentration near the posterior
septum with a value around 0.32 Lagrange-Green strain
(LG). This is maximum at node 214. At this same time
point, the 90% load sequential simulation developed
some strain concentration but not to the same extent or
magnitude as the uniform compression. However, at time of
maximum strain for the 90% load sequential compression
(303 ms), there is a significant strain concentration in the
same posterior location which affects more epicardium and
has a much larger magnitude (around 0.58 LG) than the
maximum strain in the uniform case. Moreover, the uniform
case at 303 ms has no discernible strain concentrations.

Time series

Node 214, the location of the maximum strain for the
uniform compression and the 75% overlap sequential
compression at 90% load, were analyzed for the maximum
principal strain and all fiber component strains throughout
the last converged cardiac cycle (Figure 4).

There is a substantial increase in the maximum principal
strain going from uniform compression to sequential
compression (0.32 vs. 0.58 LG) (Figure 4A). For uniform
compression, the principal strain is primarily made up
by the transmural strain during the applied compression.
Before and after the compression, the principal strain
mainly comprises the normal and cross-fiber strains.
Additionally, there are substantial compressive strains in the
fiber and cross fiber directions that occur with the applied
compression (Figure 4B). This same situation is mirrored
for the 90% load 75% overlap sequential simulation
(Figure 4C). The main difference is the larger magnitudes
for the principal and fiber components for the sequential
compression compared to the uniform compression.

Changing compression initiation timing

Hemodynamics

The same four hemodynamic metrics that were examined
for sequential compressions were also examined when
applying uniform compression at differing starting points:
ejection fraction, stroke volume, end diastolic volume, and
peak pressure. These values are plotted against the change
in start time for the 50% and 80% load cases (Figure 5).
The decrease in end-diastolic volume with increased
compression is expected as compression improves cardiac
output with a set time for diastolic filling, given the set
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uniform compression.

heart rate, and the compliance elements in the circulatory
model.

Across both loads (50% and 80%) the ejection fraction,
stroke volume, and end diastolic volume are relatively
unchanged as the start time changes. Peak pressure is the
only parameter that has some discernable (albeit subtle)
trend with start time change, decreasing as compressions
start later (+50 ms) and increasing with earlier onset times
(=50 ms). As the applied load increases from 50% to 80%,
there are increases in ejection fraction, stroke volume, and
peak pressure across all start time changes. Inversely, end
diastolic volume decreases as the load increases across all
changes in compression start times.

Left ventricle ejection fraction varied between 19-20%
and 21-22% for the 50% and 80% loads respectively
(Figure 5A). Similarly, the right ventricle ejection fraction
ranged between 31-33% and 35-36% for the same loads.
Stroke volume at 50% load ranged between 47.1-47.9
and 45.4-46.8mL for the RV and LV respectively. At 80%
load, the stroke volumes were nearly identical between
the LV and RV, with both ranging between 49.1-50.7 mL
(Figure 5B). End diastolic volume ranged between 145-152
and 231-234 mL for the RV and LV respectively for the

© Shanghai Chest. All rights reserved.

50% load case (Figure 5C). Similarly, for the 80% load
case, the EDV ranged between 137-142 and 220-226 mL
for the RV and LV respectively. Peak pressure is the only
metric that varied linearly with change in the start time.
For the 50% load, peak pressure increased from 56.5-65.8
and 114.6-122.9 mmHg as the start time changed from +
50 to =50 ms, for the RV and LV respectively (Figure 5D).
This trend was maintained for the 80% load case, with
peak pressures increasing from 59.7-70.3 and 125.4
-134.2 mmHg across the same change in start for the RV
and LV respectively.

Surface renderings

Maximum principal strain is rendered for the posterior
epicardial surface for each change in compression start
time (x50, 20, 10, and baseline) for the 80% load case
(Figure 6). The time of each rendering is displayed above
each image and was chosen based on when the maximum
principal strain occurred in node 265, where the strain
was concentrated. There is a trend between shifting the
start of compression and the time of peak strain, with peak
strain occurring earlier in the cardiac cycle as the start of
compression shifts earlier. The time that peak strain occurs
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Figure 6 Maximum principal strain surface renderings for changes in compression start time. Posterior epicardial surface strain is rendered

for each change in start time for the 80% load case. The time of the rendering was selected for the maximum strain throughout the cardiac

cycle. The value of the maximum principal strain is shown for node 265 for each simulation at the time of maximum strain.

decreases from 312 to 186 ms as the start of compression
shifts from +50 to -50 ms. From the epicardial renderings,
there is a strain concentration on the posterior septum
towards the apex, indicated by node 265. Progressing from
-50 to +50 ms, a more basal concentration point develops
above node 265. This strain concentration fully develops at
+50 ms, with a vertical band of strain concentration on the
posterior septum, with the two focal points at node 214 and
265. The maximum principal strain for node 265 is shown
for all renderings. There is a parabolic trend with this
strain. A minimum value of 0.285 LG exists at the baseline
compression (0 ms). From this point, the strain increases
as the start of compression is shifted earlier or later, with
maximum values of 0.368 LG and 0.399 LG at -50 and
+50 ms respectively.

Time series

The maximum principal strain as well as all relevant fiber
components are plotted for the last converged cardiac cycle
for node 265 for the -50 ms case and for nodes 214 and 265
for the +50 ms case (Figure 7). Examining node 265 for the
-50 ms case, the cross-fiber normal strain dominates the
principal strain before and after compression (Figure 74).
During compression, the cross fiber normal strain, fiber-
cross fiber shear, and fiber-transmural shear strain all
tend to compressive strain. The fiber-cross fiber and fiber
transmural shear strains are neutral outside of compression
whereas the cross-fiber normal strain reaches 0 strain
during compression. Contrasting this, the transmural
normal strain trends to extension strain, also reaching 0
during compression.

When examining node 265 for the +50 ms case, a starkly
different dynamic is present (Figure 7B). The principal
strain is mainly dominated by the cross fiber normal strain
before and after the applied compression. However, during

© Shanghai Chest. All rights reserved.

compression, the cross fiber normal strain as well as the
fiber-cross fiber and fiber-transmural shear strains all
become compressive while the transmural normal strain
increases. All these contribute to the max principal strain
during compression.

For node 214, there are substantial differences compared
with node 265, despite them being both in the +50 ms case
and in the same general area of strain concentration on
the posterior epicardial surface (Figure 7C). The maximum
principal strain is dominated by the transmural normal
strain during compression. Before and after the applied
compression, however, the maximum principal strain is
comprised mostly of the fiber and cross fiber normal strains.
Additionally, during the applied compression the fiber and
cross fiber normal strains as well as the fiber- cross fiber
shear strains become compressive.

Discussion

In this manuscript, we expand upon our group’s previous
work and investigate the hemodynamic and regional
mechanical responses of a patient-specific beating heart
model to temporal and conformational changes in epicardial
compression. We investigated this via two experiments: (I)
changing the compression from uniform (all circumferences
compressed at the same time) to sequential (compressing
from the apex to the base) and (II) shifting the start of
compression to be earlier or later in a set cardiac cycle at
80 beats per minute. While each experiment revealed
unique dynamics, the overarching point to be made is as
follows: while various compression schemes result in nearly
identical hemodynamics, regional mechanics can differ
substantially.

In the sequential compression simulations,
circumferential compressions were timed so that the

Shangbai Chest 2022;6:1 | https://dx.doi.org/10.21037/shc-21-24
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rendered from the uniform and sequential compression cases.

apex would compress first followed by the next basal
circumference and so on (Video I). There was no significant
change in the hemodynamics for any of these delays for
the 50% load case. This would imply that, clinically, any
of these compression schemes would result in the same
hemodynamics since there is natural variation from one
heartbeat to the next in patients. The lack of difference in
the hemodynamics is at odds with the taught method of
manual cardiac compression, which is aimed at maximizing
cardiac output. However, the main distinction between the
two cases is that manual cardiac compression is reserved for
cardiac arrest, with no actively contracting myocardium.
As such, the fibers are not generating any force. In
these simulations, the fibers are actively contracting and
generating force, becoming stiffer as the more basal
circumferences are compressed. Overall, the results for this
patient-specific model suggest that changing compressions
from uniform to sequential does not yield hemodynamic
improvement, but significantly increased myocardial
strain, suggesting that uniform compression would be the
compression scheme of choice when dealing with active
myocardium.

From a circulatory support perspective, shifting the start
of uniform compressions has a similar affect as applying
sequential compression profiles, with global hemodynamics
being relatively unchanged across all tested start times.
However, when the range of compression start times is
analyzed, considerable differences in the resulting regional
mechanics exist. Starting compression later or earlier in
the cardiac cycle results in an increase in the principal
strain, suggesting that a local minimum for the timing of
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cardiac compression exists. More interestingly, the fiber
component dynamics change considerably. Between the
earliest (=50 ms) and latest (+50 ms) compressions at node
265, there are similar magnitudes for the principal strains
but differing component strains, altering the component
makeup of the principal strain. In the -50 ms case, no
one component is completely determining the principal
strain during compression, were as in the +50 ms case, the
transmural strain contributes significantly to the principal
strain. Moreover, the differing fiber components show
that compressing later in the cardiac cycle increases the
magnitudes of strain, both compressive and extensive, in key
components that are not the fiber strain. This is likely due
to the interplay between the active state of the fibers and
well as in the ventricular pressure during this compression.

Even more interesting are the different dynamics in
the +50 ms case between nodes 214 and 265. While these
are at the same start of compression and same time in the
cardiac cycle, there are considerable differences: (I) in node
214, the principal strain during compression is primarily
dominated by the transmural strain and (II) the principal
strain before and after compression in node 214 are
composed of the cross fiber and fiber strain. These results
emphasize the importance of considering the topography
of the compression. Additionally, the maximum principal
strain is largely determined by the transmural strain for
node 214 whereas in node 265, no specific component
dominates. This suggests that if designing a compression
profile for this patient’s heart, the applied compression node
214, and perhaps this circumference, should be decreased to
avoid a substantial increase in the transmural strain, as the
myocardium is much less stiff in this direction. This shows
that even with similar maximum principal strains, the fiber
components can differ significantly between locations in the
myocardium.

All these results demonstrate the importance of timing
DCC. Due to the changing stiffness of the actin-myosin
interactions throughout the cardiac cycle, the transforming
myocardial geometry, and the ventricular pressure, the
resulting myocardial strain can change dramatically
despite no commensurate change in the hemodynamic
improvement. This points to the necessity of computational
analysis for DCC.

Limitations

First and foremost, the main limitation in the study is a
lack of validation of the simulations. While the baseline
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simulations have been validated against physiologic data,
the intervention of DCC has not. Therefore, the results
should be taken within this context. Moreover, there are
three other limitations in this current study. The first is
that a single patient specific model is used. As such, while
specific recommendations can be made for compression
profiles, larger overall considerations can only be suggested
until more patient models are analyzed in a similar fashion
and trends drawn. Further work is necessary to examine
the robustness of these findings. The second limitation is
the boundary conditions employed in this model. Fixed
boundary conditions can heighten the biomechanics
(stress/strain) and affect the overall hemodynamics of the
simulations. Nevertheless, these effects would be unlikely to
show such substantial differences as seen in this manuscript
due to two reasons. The first is that the boundary
conditions that are applied are similar the valvular plane and
the fibrous skeleton of the heart in that movement is more
restricted at that base. This would provide similar dynamics
in-vivo as compared to in-silico. The second is that there
is a visible decrease to the stain, to almost 0, before the
strain concentration appears. in both experiments given
that there is no overriding strain with a concentration near
a fixed boundary condition. Moreover, a lack of any valves
(e.g., mitral, aortic) and blood flow could also cause errors
in the biomechanical assessment. While the lack of detailed
valvular dynamics can lead to errors in the hemodynamic
results, previous comparisons of these models to their
human counterparts show good agreement with the
ventricle hemodynamics (13). Lastly, these simulations
were run for a single heart rate and future work will need
to be done to analyze the effects of changing the timing of
compressions in tandem with differing heart rates.

Conclusions

These simulation studies were performed to investigate the
hemodynamic and biomechanical consequences of changing
the temporal and conformational aspects of DCC. This
was accomplished by changing compression profiles from
uniform to sequential from apex to base as well as shifting
the start of uniform compression earlier and later in the
cardiac cycle. For both these conditions, we have shown
that while global hemodynamics did not significantly vary
throughout both experiments, the maximum principal strain
concentrations and their respective fiber components did.
"This underscores the need for computational simulations of
cardiac compression to help guide the design of customized
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compressive devices by quantifying the hemodynamic
benefits and biomechanical consequences of DCC on a
case-by-case basis.
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