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ABSTRACT

This study compares the physiological responses of systemic-to-
pulmonary shunted single ventricle patients to pulsatile and continuous flow
ventricular assist devices (VADs). Performance differences between pulsatile
and continuous flow VADs have been clinically observed, but the underlying
mechanism remains poorly understood. Six systemic-to-pulmonary shunted
single ventricle patients (mean BSA=0.30 m?) were computationally simulated
using a lumped-parameter network tuned to match patient specific clinical data.
A first set of simulations compared current clinical implementation of VADs in
single ventricle patients. A second set modified pulsatile flow VAD settings with
the goal to optimize cardiac output (CO). For all patients, the best-case
continuous flow VAD CO was at least 0.99 L/min greater than the optimized
pulsatile flow VAD CO (p=0.001). The 25 and 50 mL pulsatile flow VADs
exhibited incomplete filling at higher heart rates that reduced CO as much as
9.7% and 37.3% below expectations respectively. Optimization of pulsatile flow
VAD settings did not achieve statistically significant (p<0.05) improvement to CO.
Results corroborate clinical experience that continuous flow VADs produce
higher CO and superior ventricular unloading in single ventricle patients.
Impaired filling leads to performance degradation of pulsatile flow VADs in the
single ventricle circulation.
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1. Introduction

Children born with single ventricle congenital heart defects require staged
surgical intervention to enable survival. The first of three stages involves
insertion of a systemic-to-pulmonary shunt that provides the infant’s only source
of pulmonary blood flow. However, patients remain at risk of heart failure (HF)
due to increased volume loading on the single working ventricle (Gewillig, 2005).
A ventricular assist device (VAD) can be used as mechanical bridge support for
these patients. VADs have been used in single ventricle circulations (Calvaruso
et al., 2007; Cardarelli et al., 2009; Chu et al., 2007) and normal circulations
(Adachi and Fraser, 2011; Hetzer et al., 2006b; Stiller et al., 2003), but survival
rates for pediatric patients with congenital heart defects remain approximately
25% lower than those without (Morales et al., 2010) and outcomes worsen
further in single ventricle cases. Therefore, increased knowledge of mechanisms
affecting VAD performance in single ventricle circulations is needed to improve
clinical outcomes for these patients.

VADs can be categorized as either pulsatile or continuous flow. Pulsatile
flow VADs emulate the heart’s distinct phases of diastole and systole. The Berlin
Heart EXCOR VAD remains the only such FDA approved device for infants.
VAD blood flow is driven via membrane, and valves are located at the inlet and
outlet of this “ventricle.” Membrane motion is controlled by an air chamber
connected to an external air compressor. By contrast, continuous flow VADs use
rotors to produce a pressure rise for a particular flow and rotational speed
(Moazami et al., 2013). Continuous flow designs generally have better reliability
and smaller size while reducing risk of infection, bleeding, trauma, and thrombus
(Cheng et al., 2014; Drews et al., 2008; Feller et al., 2007; Kato et al., 2011).
While continuous flow devices are now used extensively in adults and older
children, none are specifically designed for long-term use in infants. Successful
bridge treatment of pediatric patients with continuous flow VADs has been
demonstrated (Miera et al., 2011), however further experience is needed in
single ventricle circulations. Studies have suggested pulsatile flow VADs may
promote better ventricular unloading and more natural physiology (Cheng et al.,
2014; Drews et al., 2008; Klotz et al., 2004), however continuous flow VADs may
encourage faster recovery of myocardial tissue due to less pulsatile trauma on
the heart tissue (Frazier et al., 2004; Frazier and Myers, 1999).

Computational simulations of the cardiovascular system can model the
interaction of VADs and other devices with circulatory physiology and predict
hemodynamics. Lumped-parameter networks (LPN) and state space models
offer a reduced-order modeling approach by making an analogy to electrical
circuits and forming a system of ordinary differential equations (ODEs) solved by
numerical integration (Ferreira et al., 2005; Kung et al., 2014). In this study, we
will use an LPN model to assess VAD performance for our patient cohort. Three
dimensional computational fluid dynamics (CFD) methods can obtain greater
hemodynamic detail (Migliavacca et al., 2006; Peng et al., 2012), but coupling of
VAD CFD simulations to physiologic models has only recently been
accomplished (Neidlin et al., 2016). This study improves over the previous work
by incorporating a model describing ventricular suction induced by a VAD.
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This study aims to understand physiological responses of stage 1 single
ventricle patients to pulsatile and continuous flow VADs and to identify
mechanistic explanations for differences in performance. This will be evaluated
on cohort and patient specific levels. Recommendations for achieving optimal
VAD performance in single ventricle patients will be provided within operational
limitations of the VADs.

2. Methods
2.1. Overview of Study

The LPN used in this study (Fig. 1) was based on our previous work (Kung
et al., 2014). To simulate VAD support, the inflow and outflow cannulas were
connected to the ventricle and aorta respectively. In clinical practice, the outflow
cannula could be attached to one of several locations near the aorta, such as the
neoaorta or innominate artery. In the LPN, which is a simplified representation of
vasculature, these locations each correspond to the aortic node. A connection
between the aorta and pulmonary arteries represented the systemic-to-
pulmonary shunt. Respiration effects were assumed negligible.

Clinical measurements from six stage 1 single ventricle patients (cohort
body surface area (BSA) range 0.26-0.34 m?; mean 0.30 m?) were obtained from
the Great Ormond Street Hospital, Medical University of South Carolina, and
University of Michigan. For the LPN simulations to accurately replicate each
patient’s unique physiology, the LPN element values were tuned using a process
similar to our previous works (Corsini et al., 2015, 2014; Kung et al., 2013) to
match individual patient’s clinical measurements. Once tuning was complete,
ventricular contractility was set to zero to simulate HF.

2.2. Simulation Setup and Protocol

We have previously reported a clinical case of extracorporeal
implementation of the Revolution VAD (Sorin Group, Italy) in a stage 1 single
ventricle patient via 9 mm inner diameter (ID) Berlin Heart cannulas (Lal et al.,
2014). However, insufficient data existed to construct a computational model for
the Revolution VAD. Therefore, we constructed a HeartWare VAD (HeartWare
Inc., Framingham, Massachusetts) model for this study to resemble the
continuous flow VAD scenarios similar to our previous clinical experience. Due
to the similar continuous flow centrifugal designs of the HeartWare and
Revolution VADs, they would produce the same hemodynamics when generating
the same pressure head. The only variable setting for the continuous flow VAD
was revolutions per minute (RPM).

We modeled the Berlin Heart EXCOR VAD (Berlin Heart GmbH, Berlin,
Germany) for the pulsatile flow scenarios in this study. Variable VAD settings for
the Berlin Heart were the device size, “heart rate” (HR), peak filling (Ppia) and
ejection (Psys) pressures, and diastolic filling ratio (DFR), which is the time ratio
of diastole to the total VAD period.

Two primary sets of simulations were done. The first emulated current
clinical implementation of VADs specific to stage 1 single ventricle patients. The
pulsatile flow VAD was simulated with the following ranges of settings: HR (15-
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105 BPM for 10 and 25 mL, 15-75 BPM for 50 mL), Ppia (40 mmHg), Psys (mean
aortic pressure+100 mmHg), and DFR (60%). The continuous flow VAD was
simulated with rotor speeds from 1800-3400 RPM. Cannula dimensions (Table
1) specified by the manufacturers were used. The second set of simulations
investigated changes to pulsatile flow peak pressure and DFR settings to
optimize cardiac output.

The system of ODEs describing the LPN were solved with a fourth order
Runge-Kutta time-integration method using FORTRAN (IBM Corp., Armonk, New
York), and data were analyzed using MATLAB (MathWorks Inc., Natick,
Massachusetts). After simulations reached periodicity, data from the last cardiac
period were used in the analyses.

2.3. Statistics

To determine statistical significance, hypothesis testing with p-values was
done assuming a normal distribution. For this study, the null hypothesis was that
there is no difference in results between two samples. The threshold for
statistical significance was 0.05. The t-statistic was used, and the probability for
a two-tailed distribution was calculated.

2.4. Ventricular Assist Device Modeling
2.4.1. Pulsatile Flow VAD

The Berlin Heart comes in several sizes ranging from 10 to 80 mL. The
10 and 25 mL sizes are common for pediatric use (Hetzer et al., 2006a; Stiller et
al., 2003), and the 50 mL size is also occasionally used to achieve higher CO.
Since the Berlin Heart is controlled by the external air compressor, the model
prescribed VAD pressure, Pcowmp, as a sinusoidal function (Fig. A1)

. t+1T 0.1

Psys (sm (m)) systole
Ppi4sin ((t (1D?£ft)VZ‘;AD ) ")
where tvap is the time of one VAD period and DFR is the diastolic filling ratio (a
number between zero and one). The air compressor is limited to HRs up to
approximately 110, 100, and 60 BPM for the 10, 25, and 50 mL sizes
respectively.

(1)

Peomp =
diastole

2.4.2. Continuous Flow VAD

For continuous flow VADs, little pulsatility exists once equilibrium occurs
between the VAD and the patient’s physiology. We used experimental data from
literature for the HeartWare VAD to create trendlines (Fig. A2) in the form
APy4p = AQyap + BQyap + C (2)
where APvap is the pressure rise across the VAD, Quap is the flowrate through
the VAD, and A, B, and C are constants dependent on the VAD RPM (Moazami
et al., 2013).

2.5. Ventricular Suction Caused by VAD Operation
We define resistance due to ventricular collapse induced by a VAD as the
ventricular suction resistance, Rsuc (mmHg.s/mL). If the VAD attempts to draw
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blood from the ventricle below its reference volume, which results in a negative
ventricular pressure, the ventricle begins to collapse. When this occurs, tissue
may be drawn into the cannula or the septum may be drawn closer to the
cannula (Salamonsen et al., 2015), both of which can inhibit blood flow. Several
models have been proposed in literature (Choi, 1998; Lim et al., 2010; Schima et
al., 1990; Yu and Porter, 2006) to describe ventricular suction resistance induced
by VADs in various animal experiments.

The ventricular suction models from these previous studies did not
produce suction responses during continuous flow VAD simulations consistent
with our clinical observations. Therefore, we developed a new model containing
two components that improve its realism (Appendix B). We first developed an
allometric scaling law relating Rsuc to BSA to generalize the model. Second, we
combined experimental data from several prior works to create a ventricular
suction model (R?=0.72) suitable for our cohort

(0 Psy > Pry
Rsyc = {0.2623(0.9787PCAN — 1)BSA™0:3492 Psy < Pry (3)
where Pcan is the inflow cannula pressure, Psy is the ventricular pressure, and
Pt is the threshold pressure set to 0 mmHg. If complete flow obstruction (when
the inflow cannula attaches to the collapsed ventricular wall) occurs, the value of
P is set to the positive ventricular pressure needed to overcome the negative
cannula pressure and “pop off” the cannula from the wall. In this scenario P+ is
calculated as

P D 2
Py = HE “
where Dcan is the inflow cannula ID in mm. After complete flow obstruction ends,

P4 is reset to 0 mmHg. The complete developments of equations 3 and 4 are
described in Appendix B.

2.6. Passive Ventricular Pressure-Volume Relationship During Suction

To properly utilize equation 3, we require a passive ventricular pressure-
volume relationship to replicate a physiologically appropriate trend at negative
pressures. This has been investigated by several studies (Burkhoff et al., 2005;
Gilbert and Glantz, 1989; Nikoli¢ et al., 1988). We adopted the results of Nikoli¢
et al. since they presented sufficient supporting data to reconstruct a usable
model

\%4
PSV = Sn ln (VLOV) (5)
where S, is a stiffness property, Vsv is the ventricular volume, and Vo is the

reference volume for which pressure is zero. S, was independent of body mass,

therefore the mean value from the study was used.

3. Results
3.1. LPN Tuning

All pre-HF simulation results (Table C2) matched clinical measurements
within £10% except for atrial pressure (up to £30.6%) in three patients,
pulmonary flow (up to £19.8%) in two patients, and pulmonary pressure (+11.6%)
in one patient. However, clinical measurements of pulmonary flow were subject
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to fluctuations from turbulence in some patients, therefore we felt confident that
convergence of other parameters to clinical measurements was sufficient to
demonstrate the LPN represented patient physiologies well.

3.2. Simulation of VAD Implementation in Clinical Practice
3.2.1. Pulsatile Flow VAD

For a pulsatile flow VAD, the expected cardiac output (CO) is the VAD
volume times VAD HR when flow through the aortic valve is zero. At very low
HRs for the 10 and 25 mL sizes, additional flow through the aortic valve
produced by atrial contraction resulted in CO greater than the expected CO;
these scenarios would not be observed in reality since such low HR settings
would not be used clinically. Expected CO was achieved for the 10 mL Berlin
Heart at all HRs (Fig. 2). However, reductions from expected CO occurred at
higher HRs for the 25 and 50 mL sizes (Figs. 2 and 3a).

Decreases in CO from expected with the 25 and 50 mL sizes were
examined more closely by investigating the VAD’s filling and ejection
performance. For a pulsatile flow VAD to attain the expected CO, it must both fill
and eject blood completely in each cardiac period. Stroke volumes (SV) of the
25 and 50 mL size VAD both showed decreases from expected at higher HRs
(Fig. 4). Vmin was 0 mL for all VAD sizes at all HRs, which implied that
incomplete ejection never occurred. Therefore, the drops in SV were solely due
to incomplete filling. We investigated several approaches to modifying VAD
settings in order to reduce incomplete filling and optimize CO, however, no
statistically significant improvement in CO was achieved (Appendix E).

3.2.2. Continuous Flow VAD

For the continuous flow VAD, RPM was the only variable setting. CO of
the HeartWare VAD increased steadily with RPM until reaching a maximum of
3.10 L/min at 3000 RPM (Fig. 3b). Beyond 3000 RPM, temporary periods of
complete flow obstruction occurred and resulted in alternating periods of flow and
no flow. This increased Rsuc and decreased CO. Ventricular and atrial
pressures both decreased steadily as unloading improved until reaching
minimums of -2.83 and -0.47 mmHg at 3000 RPM. The reduction in Psa
occurred due to propagation of volume unloading upstream from the ventricle
and demonstrated the VAD'’s ability to alleviate congestion. We also note the
phasic suction response (Fig. 5) occurring in simulations of three patients at high
RPMs with the continuous flow VAD. In those patients, Pcan approached
negative pressures low enough (e.g. -200 mmHg) to result in complete flow
obstruction where the ventricular wall was sucked onto the opening of the inflow
cannula.

3.3. Patient Specific Results

Patient specific results were investigated to identify patient specific factors
affecting outcomes and the differences between pulsatile and continuous flow
VAD support at an individual level (Table 2). Detailed physiological results of
these simulations are in Table D2.
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Due to volume loading from the pulmonary shunt, significant CO is desired
in order to produce favorable clinical outcomes. The target CO for these
pediatric patients is BSA*Cltarget, Where Cltarget is 6 L/min/m?. The target CO was
attained for all patients with both pulsatile and continuous flow. For all six
patients, the continuous flow VAD CO was at least 0.99 L/min greater than the
optimized pulsatile flow VAD CO. Optimizing the settings of the pulsatile flow
VAD increased CO for four patients, but the largest individual increase was only
0.07 L/min (3.0%). Therefore, the current clinical protocol for pulsatile flow VAD
settings is close to optimum as-is.

Pre-HF CO was the best predictor of VAD supported CO for both VAD
types. This was true for each patient in the cohort except for patient E. Patient E
had an atrial reference volume of 14.1 mL compared to a mean of 1.4 mL for the
other five patients. This reduced the VAD CO for patient E because patient E
required a larger atrial volume than those of other patients to maintain the same
atrial pressure needed to drive ventricular filling.

For pulsatile flow, the 25 mL size produced greater CO than the 50 mL
size in three patients. Two of these patients (A and C) possessed the lowest pre-
HF CO and the other was patient E, who possessed the larger atrial reference
volume. Since the 25 mL size requires half as much filling per VAD period
compared to the 50 mL size, the likelihood of incomplete filling is reduced. This
suggests using a smaller size pulsatile flow VAD for patients with low pre-HF CO.

Phasic complete flow obstruction occurred in simulations of three patients
with the HeartWare VAD. These patients had three of the four lowest pre-HF
CO. This indicates that optimal outcomes for patients with low pre-HF CO will
occur at lower VAD RPM settings.

4. Discussion

It is dominantly observed in anecdotal clinical experiences of VAD support
in single ventricle patients that continuous flow results in superior outcomes.
However, these clinical experiences are rare and have not been well
documented or published. This computational study provides crucial data as an
important first step to understand the physiological impacts of continuous versus
pulsatile flow VAD support to the single ventricle circulation and to illustrate the
potential underlying mechanisms leading to these impacts. Since stage 1
patients have parallel systemic and pulmonary circulations, greater CO is
needed. Therefore, these results should not be generalized to Fontan or double
ventricle patients.

Following clinical protocol, the maximum cohort mean CO were 2.23 and
3.10 L/min with the Berlin Heart and HeartWare VAD respectively. The mean
atrial and ventricular pressures decreased to Psa=1.90 mmHg and Psy=0.29
mmHg (Berlin Heart) and Psa=-0.47 mmHg and Psv=-2.83 mmHg (HeartWare
VAD) from unsupported heart failure pressures (Table D1). These results
demonstrated that, while congestion was alleviated with both pulsatile and
continuous flow VAD support, the continuous flow VAD produced superior
maximum CO (p=0.001). These findings corroborate current clinical experience
of VAD implementation in single ventricle patients.
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Reduction of SV at higher HRs for the pulsatile flow VAD occurred due to
incomplete filling. For the 50 mL size from 45 to 75 BPM, Vuax decreased from
47.5 to 33.2 mL despite fairly constant Rsuc. This implied incomplete filling
resulted from a combination of ventricular suction and reduced VAD diastolic
time as HR increased.

The concept of duty cycle can explain why continuous flow produced
superior CO. The continuous flow VAD effectively has a 100% duty cycle since
filling and ejection are synonymous. The pulsatile flow VAD has a reduced duty
cycle since it can only fill or eject at any given time. Other challenges to attaining
expected CO for pulsatile flow in clinical practice can also be identified. For the
25 and 50 mL Berlin Heart, incomplete filling presented at higher HRs because
time for filling was reduced. Producing a high CO with a pulsatile flow VAD
necessitates using a high HR, which then results in incomplete filling. Despite
optimizing VAD peak pressure and DFR settings, the VAD’s increased demand
for blood during filling only tended to increase suction resistance rather than CO.
Incomplete ejection is another potential limiting factor to CO. However, since
ejection occurs separately from filling, Psys can be increased to eliminate
incomplete ejection with no adverse effect on filling performance. This was
successfully demonstrated during the simulations of modified pulsatile flow VAD
settings when Psys was increased by 100 mmHg from clinical recommendation to
prevent incomplete ejection (case 5, Table E1). Therefore, incomplete ejection
should generally not be a limiting factor of CO for a pulsatile flow VAD.

In several patients, simulating the continuous flow VAD at high RPMs
produced a phasic flow obstruction response. During the obstruction, no flow
exited from the ventricle to the VAD or aorta, and ventricular pressure increased
as blood returned from the atrium until a pressure sufficient to “pop off” the
cannula was reached and flow resumed. This resulted in the alternating behavior
between flow and complete flow obstruction (Fig. 5).

4.1. Limitations and Future Work

Since there is a lack of ventricular suction data specific to pediatric, single
ventricle patients, equation 3 will require experimental validation in future studies.
Despite this, results from suction model simulation testing (Table B1) provided
confidence the model we developed improved over existing models at producing
physiologically realistic results. Additionally, the new model accounted for the
possibility of complete flow obstruction, which prior models did not. Even though
equation 3 was developed from an amalgam of data applicable to various
anatomies, it is strongly recommended that future computational studies employ
a similar validation process as described in Appendix B.

There remains a need for improvement to models describing ventricular
suction resistance and the passive pressure-volume relationship at negative
ventricular pressures. The majority of existing work has focused on animal
experiments, and it remains unknown how well these translate to humans. It
could be beneficial to explore in-vivo experiments and human data. This would
provide much needed advancements to critical components of simulations
involving VADs. While in-vitro experiments with postmortem hearts could be
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orchestrated more easily, the lack of muscle tone and tissue would not be
representative of a clinical situation. Additionally, it would be beneficial for future
computational studies to incorporate cardiovascular feedback mechanisms to
simulate a patient’s long-term response to VAD treatment.

Since ventricular contractility may be partially present during HF,
synchronization of the VAD to the patient’s native heart can impact the efficacy of
filling and ejection and consequently CO. Simulations of co- and counter-
pulsation methods for pulsatile and pseudo-pulsatile continuous flow VADs show
small physiological differences among syncing schemes (Neidlin et al., 2016; Shi
et al., 2007), but incorporating our improved suction model may alter these
previous findings.

4.2. Conclusion

In summary, our results predict VAD treatment outcomes for stage 1
single ventricle patients by comparing performance between the pulsatile flow
Berlin Heart EXCOR VAD and continuous flow HeartWare VAD. We first
developed an improved model for ventricular suction resistance using data from
prior literature. We then showed the continuous flow VAD produced greater CO
by at least 0.99 L/min (p=0.001) for all patients. The CO produced by the 50 mL
Berlin Heart was as much as 1.4 L/min (37.3%) below expected due to
incomplete filling caused by ventricular suction and shorter diastolic time at high
HRs. Optimizing VAD peak pressure and DFR settings from clinical
recommendations increased CO by at most 0.07 L/min for each patient and failed
to produce a statistically significant (p<0.05) improvement. The Berlin Heart’s
ability to produce CO ultimately remained filling limited. Further work is needed
to validate these findings over a broader population. This study elucidates
underlying mechanisms affecting outcomes of pulsatile and continuous flow VAD
support in single ventricle patients and quantifies the impacts of ventricular
suction, ventricular collapse, and incomplete filling on VAD supported
physiologies.
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Table and Figure Captions

Fig. 1. Lumped-parameter network for a stage 1 single ventricle circulation on

VAD support. Psusscript, pressure; Qsusscript, volumetric flowrate; Lsusscripr,
inductance; Csusscript, capacitance; Rsusscript, linear resistance; Ksusscripr,

quadratic resistance; Esusscript, elastance.

Table 1. Cannula parameters for the Berlin Heart and HeartWare VAD
simulations. Values given are from manufacturer specifications when available.
* Cannula dimensions simulated for HeartWare VAD were based on Revolution
VAD case study (Lal et al., 2014) that used Berlin Heart cannulas. A dash
indicates the value was not provided or not applicable (i.e. head ID is same as
body ID). ID, inner diameter.

Fig. 2. Expected (VAD stroke volume * VAD heart rate) versus simulated cardiac
output of 10 and 25 mL Berlin Heart. Data points represent cohort mean values.

Fig. 3. Resulting physiologies for the (a) 50 mL Berlin Heart and (b) HeartWare
VAD. Data points represent cohort mean values. CO, cardiac output; Rsuc,
suction resistance; Psa, atrial pressure; Psv, ventricular pressure.

Fig. 4. Mean stroke volume (SV) and suction resistance (Rsuc) versus VAD
heart rate for the 25 and 50 mL Berlin Heart using clinical recommended VAD
settings. Data points represent cohort mean values.

Table 2. Patient specific results for pulsatile and continuous flow VADs. CO are
mean values for the last cardiac period and are in units of L/min. NI, “no
improvement” from clinical recommended VAD settings. Poia, peak filling
pressure; Psys, peak ejection pressure; Pao, aortic pressure DFR, diastolic filling
ratio.

Fig. 5. Demonstration of phasic complete flow obstruction in one patient during
continuous flow VAD support. VAD flow (Qvab) dropped to zero when the
cannula pressure (Pcan) decreased rapidly, which represented the start of a
complete flow obstruction event. During complete flow obstruction, ventricular
volume (not shown) steadily increased with flow from the atrium to the ventricle
(Qav). Ventricular pressure (Psv) was slower to increase since ventricular
volume started close to zero in the “flat” region of the passive pressure-volume
curve.
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612 Tables
613 Table 1.
Inflow Cannula Outflow Cannula
Head Body Body Head Body Body
VAD Hgﬁfn')D Length ID  Length H(ea‘r’n')D Length ID  Length
(mm) (mm) (mm) (mm) (mm) (mm)
10 mL Berlin Heart 6 18 6 232 6 - 6 250
25 mL Berlin Heart 9 28 12 242 12 - 12 280
50 mL Berlin Heart 9 28 12 242 12 - 12 280
HeartWare VAD* 9 28 12 242 12 - 12 280
614
615 Table 2.
Patient A B C D E F
Pre-HF CO 1.29 1.55 1.42 1.60 1.87 1.75
Target VAD CO 1.80 1.56 2.04 1.68 2.04 1.62
Pulsatile Flow
Control CO 1.92 2.30 2.14 2.24 2.21 2.79
Control Settings 25.ML 50 mL 25 mL 50 mL 2598“L 50 mL
95 90 BPM 60 BPM 90 BPM 45 BPM BPM 60 BPM
Optimized CO 1.94 2.37 NI 2.26 NI 2.86
50 mL 50 mL 50 mL
25 mL 60 BPM 60 BPM 60 BPM
Optimized 90 BPM Psys = 200+Pao NI Psys = 200+Pao NI Psys = 200+Pao
Settings 80% mmHg mmHg mmHg
DFR Poia=-100 mmHg Ppia = -100 mmHg Poia =-100 mmHg
80% DFR 80% DFR 80% DFR
Continuous Flow
Control CO 3.1 3.36 3.35 3.50 3.31 4.08
Rotor RPM 3400 3200 3000 3200 3400 3400
616
617
618
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Supplemental Digital Content
Appendix A
For an LPN, there were two fundamental equations used to calculate the
pressure and volumetric flowrate. The general form of the differential equation

for pressure was

a _Q (A1)

dat C

and for volumetric flowrate was

L_r (A2)

dat L

Pressure and flowrate were related to resistance by

AP = QR (A3)
Atrial and ventricular contraction was represented by an active-passive

model. With this model, the pressure can be calculated based on volume and

the time in the cardiac period. Two components were present. a passive curve

and an active curve for contraction. The passive pressure-volume equation for

positive pressures is

Py

assive,p = C[ed(V_VO) - 1] (A4)
where ¢ and d are patient specific parameters and V, is the reference volume.

The passive pressure-volume equation for negative pressures is

Ppassive,n =SpIn (VK) (A5)

0

where S, is a property describing tissue stiffness. The active pressure-volume

equation is
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where C is another patient specific parameter.

An activation function describes the period of active contraction for the
heart tissue. When contraction occurs, AA(t) takes on a value between zero and
one. This is multiplied by Pacive and adds to the passive pressure. In cases for
which atrial pressure was negative, the activation function was set to zero. This
was to prevent adding a negative pressure predicted by equation A6 for atrial

volumes less than V,. The general activation function was

%[1 — cos (Zn %)] t=<t
AA(t) = %[1 — cos (Zn%)] Lttt <t<t (A7)
0 else

where {4, ts, ty, and t; are the time at end of contraction, total time for systole, total
time for diastole, and total time for one cardiac cycle respectively. The equation

for calculating the overall pressure is

Pyctive AA(L) + Pyyssi V=0
P(V, t) _ {Pactw'e ( ) passive,p V=0 (A8)
passiven

The pressure drop through the systemic-to-pulmonary shunt was

calculated with a model by Migliavacca et al. (Migliavacca et al., 2000) and is

APsy = RsyQsy + K5y Qéy (A9)
where Rsy and Ksy were patient specific parameters. Similarly, flow through the
heart valves was calculated as

Psy < Pgyand Quy <0
dQav

dt

2
= \Psa—Psy—KavQav

else (A10)

Lay

for the atrial-ventricular valve, where Ky is a patient specific parameter, and
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0 PSV<PAO

Qa0 = \/RIZVIYO+4KAO(PSV_PAO)_RMYO (A11)
Pgy = Pgy

2K 40
for the aortic valve where Ryyo, Kao are patient specific parameters.
For the pulsatile flow VAD model to represent a physical system, domain
limits on volume were imposed. The volume must remain between zero and the
VAD size inclusive. The volume of blood in the VAD was calculated at each

iteration as the difference in the time rate of change of volume entering and

leaving by
dVvap _ @Vvapin _ 4Vvapour (A12)
dt dat dt

The time derivative of volume is volumetric flowrate, so a more convenient form
is

dVyap
dt

= QVAD,IN - QVAD,OUT (A13)

Since flow in the VAD cannulas may become turbulent due to high
flowrates through a small ID cannula, we use the Darcy-Weisbach equation to

model the pressure drop for both laminar and turbulent flow

AP = (W_DP) Q2 (A14)

w2D5
where AP is the pressure drop, [ is the pipe length, fp is the dimensionless Darcy
friction factor, p is the fluid density, and D is the pipe diameter. Equation A14
can be directly applied to the VAD cannulas since size dimensions and fluid
properties are known. The friction factor is a function of relative roughness,
which is the quotient of absolute roughness to pipe diameter, and the Reynolds

number. The absolute roughness for Berlin Heart cannulas was assumed a
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conservative value representative of plastic tubing since no literature was
available.

For equation A14 to be valid, flow in the cannulas must be incompressible
and fully developed. Blood is typically considered incompressible at
physiological pressures. Fully developed fluid flow for turbulent Reynolds
numbers can occur by 10 diameters of pipe length (Bergman et al., 2011), which
occurs for the length majority for cannulas tested in this study.

The friction factor, fp, for the VAD cannulas was calculated using two
different equations depending on the flow regime. For laminar flow (Re<2300),

the equation was

_ 64
Re

fo (A15)

and for turbulent flow (Re>2300), the Haaland equation was used

fo = (‘1-810810 ((ﬁ)llll + %)) (A16)

where ¢ is the absolute roughness of the cannula material. The units of ¢ and D
must match to form a dimensionless ratio.

A separate term for the dynamic pressure loss was also included for the
inflow and outflow cannulas. This is calculated by
P = 0.5k, pV? (A17)
where k; is a minor loss factor dependent on geometry and is reported in
introductory fluid mechanics textbooks. In practice, it was found that this
pressure loss was usually 5 mmHg or less. For example, a k; of unity with a
flowrate of 5 L/min and 12 mm ID cannula would result in a pressure loss of

approximately 2.2 mmHg.
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The pressure, Pcoup, of the pulsatile flow VAD was prescribed explicitly as

a function of time by

Py (sin (t*—n))o'l systole

(1—DFR)*tVAD
. (t—(1—DFR)xt *TT
Ppis Sln( )*ty ap)

DFRxty ap

Pcomp =

(A18)

diastole

where tyap is the time of one VAD period and DFR is the diastolic filling ratio (a
number between zero and one). An example waveform of equation 1 is shown in

Fig. A1,

140
120

Pressure (mmHg)
foN
S

07 ~ o

0 0.1 02 03 04 05 06 07 08 09 1
Time (s)

Fig. A1. Equation A18 waveform for settings of Psys = 150 mmHg, Ppa = -40

mmHg, DFR = 0.60, and tyap = 1 sec.

We used experimental data from literature for the HeartWare VAD to
reconstruct several trendlines in the general form of
APyap = AQfap + BQyap + C (A19)
where APyap is the pressure rise across the VAD, Quap is the flowrate through
the VAD, and A, B, and C are constants dependent on the RPM of the VAD

(Moazami et al., 2013).
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Appendix B
The models from literature for ventricular resistance most suitable for use
in our LPN were tested for validity in the pediatric patient circulation under study.
The original concept of suction resistance is traceable to Schima et al.
(Schima et al., 1990). Results from that study were later expressed
mathematically (Choi, 1998) as

R {0 Pgy > Pry
suc _B'SPSA + 3'5PTH PSA S PTH

(B1)
where Rsyc was the suction resistance, Psa was the atrial pressure, and Pry was
the threshold pressure for suction to occur. Values of -1 and 0 mmHg have been
used for Pry by later studies (Ochsner et al., 2013; Yu and Porter, 2006).

Two previous studies have presented models developed from least
squares regression analysis of experimental data from animal experiments. The
development of these models was done retrospectively by finding the resistance
that best recreated the experimental pressure and flowrate data based on the
studied anatomy and physiology.

The first of the two regression models was developed by Yu and Porter
(Yu and Porter, 2006) and was
Rsyc = k + Xiz1235a;Péan + Xioq biP§y + ¢ |% PSV| (B2)
where k is the constant resistance of the VAD cannula itself, Pcay is the pressure
in the inflow cannula, Psy is the ventricular pressure, and a, b, and ¢ are
constants determined from the regression analysis. Though not explicitly stated
by the authors, Rsyc was assumed zero for any negative values since a negative

resistance has no physical meaning.
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The second of the regression models was developed by Lim et al. (Lim et

al., 2010) and was

dRsyc _ —RsuctRsuceo (B3)
dt

TRsuc

where 1. Was a time constant from the regression analysis. Rgyc .. Was
modeled by

ksl(eksz (VSV—VTH)) Vor < Vry

(B4)
0 Vsy 2 Vry

Rsuc,oo = {

where ks; and ks were constants determined from the regression analysis and
Vrnwas the threshold volume for suction to occur. We assumed a zero initial
condition for Rsyc. The threshold volume originally used by Lim et al. was
arbitrarily chosen as the volume at which the left ventricular pressure was equal
to 5 mmHg. For consistency with the other suction models tested, we instead
chose the ventricular reference volume (for which Psy=0 mmHg) as the threshold
volume.

Simulations with these models were done for each patient using the 50 mL
Berlin Heart at 75 BPM and the HeartWare VAD at 3400 RPM since these
settings would have the greatest tendency for ventricular suction to occur (Table
B1).

Each suction model produced similar results for pulsatile flow, but results
varied for continuous flow. For the continuous flow case, the models of Schima
and Lim predicted mean pressure drops of approximately 50 mmHg at ventricular
pressures close to -1 mmHg. This rapid suction response was unrealistic and

these two models were not considered any further. Conversely, the model by Yu
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and Porter predicted a pressure drop of only 3.14 mmHg for a ventricular
pressure of -7.67 mmHg. This slow suction response was also unrealistic and
this model was abandoned as well. It was also expected that complete flow
obstruction due to ventricular collapse could occur for the HeartWare VAD by
3400 RPM. This was another reason for dismissing these three models. As a
caveat, these models were derived at least in part from animal experiments.
Therefore, they may be fairly accurate for circulations more similar to those of the
original tests, but they did not appear well suited for pediatric human circulations.
We therefore propose a new model to describe the ventricular suction
resistance, Rsuc, at negative ventricular pressures. To make the model valid for
any BSA, an allometric scaling law between Rsyc and anatomical parameters
was desired. We define a parameter called the skweeesh factor, A, which is
expressed as
A= Dgy + hgy — I (BS)
where Dsy is the ventricular diameter, hsy is the ventricular wall thickness, and /5
is the cannula head length. If the skweeesh factor equals zero, then the cannula
head length equals the ventricular diameter and thickness. In such a situation,
the suction resistance would be infinite since no flow can enter the cannula.

Therefore, a general relation is established
Rgyc « % (B6)
The scale factor of A with BSA was obtained by using equation B6 for several

BSA values with corresponding ventricular diameter and thickness (Dawson,
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2014) and cannula specifications from Berlin Heart. A scaled with BSA%**%?, and
so Rsyc scaled with BSA 03492,

The experimental data during suction events from several studies (Lim et
al., 2010; Salamonsen et al., 2015; Schima et al., 1990) was normalized by BSA
to recast ventricular suction resistance independent of body size (Fig. B1). A
trendline equation (R?=0.72) was created by doing a best fit for a power model.
This model was expressed as

Rsuc = {0.2623(0.9787PCAN — 1)BSA™0-3492 Psy < Pry (B7)

o
1

m  Literature Data
New Model

(o]
T

Normalized R (mmHg.s/mL/BSA'O'3492)

-150 -100 -50 0

P CAN (mmHg)

Fig. B1. Experimental suction resistance (Rsuyc) data obtained from prior studies

and normalized by body surface area (BSA).

Additionally, we developed a method to dynamically calculate the

threshold pressure for VAD flow to resume. This was derived from a force

equilibrium between the negative force caused by cannula suction and the

10
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positive force generated by ventricular pressure. In other words, once a
complete flow obstruction occurred, a sufficient positive pressure must build up in
the ventricle to “pop off” the inflow cannula from the ventricular wall. The force
balance starts with

Fsy = Fean (B8)
which can be expressed in terms of pressure by

PryAgsy = PeanAcan (B9)

and then ventricular surface area and cannula inner area by

Pry(4m18,) = Peay (3D2an) (810)
The ventricular radius can be related to BSA by using clinical data (Troy et al.,

1972) to obtain
roy = (224035 ™) VBSA (B11)
Substituting this expression into the force balance simplifies to

— [PCAN(DéAN)] (B12)

Pric = Gos1msa
where Dcan is in mm. Values for the threshold pressure after a complete flow
obstruction event typically range from 1-7 mmHg. For reference, a cannula
pressure of -100 mmHg, cannula diameter of 12 mm, and BSA of 0.30 m?
produces a ventricular pressure threshold of 6.0 mmHg.

Using the same suction model testing process, the new model was
compared to existing models with respect to its ability to produce realistic

physiology for the patients in this study. The new model proposed in this study is

named “Proposed” and produced realistic results for both test cases (Table B1).
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Although the mean value for Rsyc is 43.6 mmHg.s/mL for Psyof 0.45 mmHg, this
is because three patients experienced complete flow obstruction. In these cases,
Rsuc was set arbitrarily to 100 mmHg.s/mL for numerical stability and VAD flow
was set to zero until Psyreached Pry. This new model requires further validation
from experimentation in future work. Obtaining clinical data in human circulations
is difficult since ventricular suction is undesirable in the clinical setting, but this
remains an important task to improve accuracy of computational simulation of

VAD treatment.
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Appendix C

Table C1. Patient specific clinical measurements. Values are expressed as mean

for last cardiac period. Qug, upper body flow; Q,z, lower body flow; Q_py, left

pulmonary vein flow; Qgpy, right pulmonary vein flow; CO, cardiac output; Pgsa,

atrial pressure; Pao, aortic pressure; Ppa, pulmonary artery pressure; Qp/Qs, ratio

of pulmonary to systemic flow.

Patient A B C D E F
Qus (ML/s) 56 100 11.2 11.0 80 8.3
Qs(ml/s)y 57 50 57 40 30 6.0
Qv (ml/s) 45 40 27 65 90 8.1
Qrev(mL/s) 52 80 48 55 110 85
CO(mL/s) 21.0 27.0 244 27.0 31.0 29.8
Psa(mmHg) 60 7.0 50 54 40 6.0
Pao(mmHg) 52.0 53.0 43.0 53.0 72.0 51.0
Pea (MmHg) 12.0 155 13.0 12.7 135 11.0
Qp/Qs 09 08 04 08 18 1.1

13
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Table C2. Absolute percent differences between clinical measurements and pre-

HF LPN results for each patient. Qug, upper body flow; Q.g, lower body flow;

Qvpv, left pulmonary vein flow; Qrpy, right pulmonary vein flow; CO, cardiac

output; Psa, atrial pressure; Pao, aortic pressure; Ppa, pulmonary artery pressure;

Qp/Qs, ratio of pulmonary to systemic flow.

Patient A B C D E F

Qus 23 72 41 13 0.7 4.7
Qi 1.2 14 26 20 10 15
Qupv 49 198 15 20 48 14
Qrpv 88 173 1.7 49 0.2 125
CO 19 44 29 15 05 20
Psa 120 01 306 185 48 6.0
Pro 03 22 19 02 03 0.2
Ppa 25 21 116 98 1.7 28
Qr/lQs 35 38 23 50 83 73

14
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Table D1. Patient specific data for zero ventricular contractility and no VAD
support. Values are expressed as mean for last cardiac period. CO, cardiac
output; Vsa, atrial volume; Vgsy, ventricular volume; Psp, atrial pressure; Psy,

ventricular pressure; Pao, aortic pressure; Ppa, pulmonary artery pressure;

Appendix D

Qp/Qs, ratio of pulmonary to systemic flow.

Patient A B C D E F

O (L/min) 020 012 004 021 045 0.16
VSA(mL) 10.11 2017 11.13 22.84 37.61 21.99
Vsv (mL) 3729 41.01 22.82 4871 4959 34.15
Psa (MmHg) 977 1355 1552 1231 671 10.27
Psy (mmHg) 13.83 1540 1629 15.95 15.45 12.08
Paro (MmHg) 1368 1530 16.26 1578 15.14 11.95
Pea (MmHg) 11.26 1454 1596 13.8 9.66 10.93
Qp/Qs 253 263 127 212 439 391
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Table D2. Optimal patient specific outcomes for pulsatile flow (higher of either

clinical or modified settings) and continuous flow VADs. Values are expressed

as mean for last cardiac period. Patients with Vyax equal to 25 mL had optimal

results with 25 mL size Berlin Heart. The settings used to obtain these data are

reported in Table E1. CO, cardiac output; Vsa, atrial volume; Vsy, ventricular

volume; Psa, atrial pressure; Psy, ventricular pressure; Pao, aortic pressure; Ppa,

pulmonary artery pressure; Qp/Qs, ratio of pulmonary to systemic flow; Rsyc,

suction resistance; Vi, minimum VAD volume; Vyax, maximum VAD volume.

Pulsatile Flow

Patient A B C D E F
CO (L/min) 1.94 2.37 2.14 2.26 2.21 2.86
Vsa (ML) 4.05 9.66 4.33 10.72 25.28 12.59
Vsv (ML) 4.29 4.00 6.45 3.95 8.84 7.02
Psa (mmHg) 1.36 1.74 1.06 1.99 2.61 2.32
Psv (mmHg) 0.09 0.10 0.00 0.06 0.52 0.02
Pao (MmHgQ) 80.83 82.03 60.67 76.74 89.39 87.25
Ppa (MmHg) 9.68 12.56 11.40 11.59 13.34 9.08
Qpr/Qs 0.73 0.61 0.37 0.68 1.61 0.80
Rsuc (mmHg.s/mL) 0.10 0.16 0.06 0.16 0.05 0.16
Vuin (ML) 0.00 0.00 0.00 0.00 0.00 0.00
Vwmax (mL) 24.76 39.92 25.00 43.70 25.00 48.14
Continuous Flow
Patient A B C D E F
CO (L/min) 3.11 3.36 3.35 3.50 3.31 4.08
Vsa (ML) 0.85 1.10 0.81 1.15 15.14 6.17
Vsv (ML) 1.55 1.81 1.47 1.90 3.05 4.10
Psa (mmHg) -4.68 -1.34 -6.06 -1.48 0.20 0.69
Psv (mmHg) -6.86 -4.38 -8.25 -4.50 -1.93 -3.58
Pao (MmHgQ) 133.80 118.60 92.50 117.40 143.01 128.45
Ppa (MmHg) 6.90 12.52 8.06 11.45 15.48 9.51
Qpr/Qs 0.57 0.53 0.31 0.53 1.33 0.69
Rsuc (mmHg.s/mL) 0.14 0.10 0.20 0.11 0.03 0.12
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Appendix E

We investigated several pulsatile flow VAD settings different from current
clinical implementation with the goal of optimizing CO. Investigations were done
with the 50 mL Berlin Heart only since mean CO was as much as 37.3% below
expected (compared to 0% and 9.7% for the 10 and 25 mL sizes). Since
incomplete filling was the limiting factor to CO, adjustments were made to peak
VAD pressures and DFR, which are also adjustable in clinical practice. Although
flow resistance could be reduced with a larger ID cannula, we chose not model
such cases since surgical limitations of the pediatric ventricle would not
accommodate cannula ID larger than the 12 mm already modeled. These
modifications and combinations of VAD settings were simulated for all patients.
Results at 60 BPM produced the highest cardiac index (Cl) in all cases while
remaining within the limits of the air compressor.

None of the modifications to pulsatile flow VAD settings (Table E1)
produced statistically significant differences from clinical implementation
simulations (case 1) with respect to Cl, and the best result (case 6) produced
only a 2.4% increase in Cl. When combining the Pp;s = -100 mmHg and DFR =
65% settings (case 4), filling improved enough to result in nonzero Vi, which
signaled incomplete ejection, thus we further increased Psys to improve ejection
(case 5). Next, we increased DFR to 80% to further increase time for filling,
which produced another 1.0% increase to Cl (case 6). Statistically significant
increases in Rsyc did occur in most cases since improved filling increased the

VAD’s demand for blood from the ventricle.
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278

279  Table E1. Modifications to VAD settings for 50 mL Berlin Heart to improve filling.
280 Values are expressed as cohort mean (standard deviation). * denotes statistical
281  significance for p<0.05. ClI, cardiac index; Rsuc, suction resistance; Ppja, peak
282  filling pressure; Psys, peak ejection pressure; Pao, aortic pressure DFR, diastolic
283  filling ratio.
, . Cl Rsuc Cl Rsuc
Case VAD Setting Change Rationale (L/min/mz) (mmHg.s/mL) p-Value p-Value
1 Control 7.63(1.72)  0.06 (0.01)
_ Larger pressure B
2 Ppa=-100 mmHg gradient for filing 7.63(1.72) 0.12(0.01) 1.0000 1.940.10
3 DFR=65% Increased time for filing 7.64 (1.74)  0.07 (0.01) 0.9854 0.1902
4 B%gi‘;g&,mm'*g Combine cases 2and 3 7.65 (1.74)  0.13 (0.01) 0.9707 3.706.10°*
_ Incomplete ejection
Psys = Pao+200 mmHg .
5 Po=-100 mmHg occurred in case 4, thus 25 4 77y 13(0.01) 0.8777 8.992.107*
DFR = 65% increased peak ejection
pressure
Psys = Pao+200 mmHg . .
6 Pon=-100 mmHg fi)ﬂr}imfr:g'”creased ime  781(178) 0.16(0.01) 0.7729 6.018.10°*
DFR = 80%
284
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