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Abstract

Introduction: A last-resort treatment option for cardiogenic shock (CS) is mechanical
circulatory support (MCS). MCS has existed for over five decades and has therefore led to
development of several MCS devices. Four examples of these devices are the intra arterial
balloon pump (IABP), the Impella 2.5, the PulseCath iVAC 3l and the TandemHeart. Each of
these devices give support in a different way, leading to support of the cardiovascular system
in different ways.

In order to compare different MCS devices, in vivo animal tests studies are normally used.
Animal tests may give a good indication of MCS performance in patients, but differences
between human and animal anatomy can cause differences in results. Furthermore, results
of these animal tests are also subject to variance, since bodies are never truly identical.
Alternative testing methods may therefore be preferred.

Two alternative testing methods are simulation tests, based on lumped parameter models
and experimental set-ups known as mock-loops. This study attempted to compare the men-
tioned MCS devices, using both of these different test methods.

Methods: The Lumped Parameter model that was used, was based on the work by
Schampaert et al. (2011). This work also used the implemented IABP simulation with 1:1
support ratio. The Impella 2.5 was implemented by draw of volume from the left ventricle
(LV) into the aorta. Flow through the Impella was made pressure-dependent derived from
flow profiles from similar pumps. The TandemHeart had draw from the left atrium (LA) and
outflow into the femoral artery, also with pressure-dependent flow. The PulseCath had draw
from the LV into the aorta with a prescribed pulsatile flow profile.

The mock-loop at the Eindhoven University of Technology was used for the mock-loop ex-
periment. MCS devices were connected to the set-up as they were implemented in the lumped
parameter model, except for the TandemHeart outflow catheter, which was connected to a
distal part of the aorta.

Results: The lumped parameter model and mock-loop model show differences per MCS
device, regarding flows and pressure values. Each device therefore has a different impact on
both the perfusion of the cardiovascular system and the unloading of the LV. Different results
between these two models exist.

Discussion: The results of both methods have been evaluated. The lumped parame-
ter model showed results that were more according to literature than the mock-loop model.
The physical limitations are the cause of this problem. The devices simulated in the lumped
parameter model may be comparable to literature, but flow data is not based on direct mea-
surements.

Conclusion: The evaluated MCS devices either increase cardiovascular perfusion, cause
ventricular unloading or both, depending on the device and testing method. Furthermore,
the two testing methods may both be acceptable methods to test prototype MCS devices, but
improvements need to be implemented in both cases, in order to draw reliable conclusions.
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Chapter 1

Introduction

1.1 Introduction

Over the last years, life expectancy has risen in Europe. According to the World Health
Organization, the life expectancy of the average European was 77.5 years in 2016, whereas
this was 75.7 years in 2010 [1]. Though a rising life expectancy is an improvement, life threat-
ening diseases will always exist. The clear number one cause-of-death disease in high-income
countries is ischaemic heart disease, with over 140 reported deaths per 100,000 population
[2]. This gives reason to investigate treatment options for these kind of diseases, for example
dilated cardiomyopathy (DCM).

A last-resort treatment for DCM is heart transplant. However, people that are suffering
from DCM cannot easily get a heart transplant, due to an insufficient number of available
donor hearts [3]. This results in a higher average waiting time for heart transplant, which is
over two years today [4]. Logically, this can lead to hemodynamic deterioration for some of
these patients.

Another example for which heart transplant is used as a last-resort treatment option, is
cardiogenic shock (CS). CS may follow from acute myocardial infarction (MI) [5]. Patients
suffering from CS have end-organ hyppoperfusion and hypoxia which can be life threatening
[6]. For the same reasons as for DCM patients, CS patients cannot always be treated with
heart transplant.

CS therefore needs alternative treatment options. The so-called ”Should We Emergently
Revascularize Occluded Coronaries for Cardiogenic Shock” (SHOCK) trial has shown that
early reperfusion of the infarct related artery by percutaneous coronary intervention (PCI)
gives a significant survival benefit, compared to initial stabilisation with pharmacological
support [7]. Therefore, PCI is now an accepted therapy.

Despite early revascularisation by PCI, mortality of cardiogenic shock remains twice as
high, compared to a combination of PCI and Intra-aortic balloon counterpulsation (IABC)
after a period of six months [8]. IABC is one of the treatment options, which uses a me-
chanical circulatory support (MCS). MCS devices are able to support the heart mechanically.
MCS devices are increasingly important for the clinical world and have therefore undergone
substantial progress in development [9]. Some of the milestones of these developments are
discussed in the next paragraph.

1



1.2 Heart Transplants and Mechanical Circulatory Support:
A Brief History

Figure 1.1: Set-up in the equipment in the
IC, as was done by Cooley et al. (1969)

The concept of MCS has existed for decades. The
first clinical use of a left ventricular assist de-
vice (LVAD) was in 1963 [10] in the USA. The
patient who received this LVAD, underwent a
prosthetic valve replacement. Complications of
this procedure, led to severe brain damage and
pulmonary edema. The edema was successfully
cleared by implanting the LVAD. Though the pa-
tient that underwent the surgery died, usage of
MCS continued. In 1966, another patient under-
went MCS since newly transplanted valves could
not be weaned. After ten days of VAD support,
patient recovery was a fact, making this proce-
dure the world’s first successful VAD procedure
[10]. This was one year before the first successful
human-to-human heart transplantation was per-
formed in South-Africa [11]. While a first com-
plete heart transplant is considered a bigger mile-
stone than the first successful MCS procedure, it is worth noting that these events occurred
at approximately the same time, meaning that development of both procedures happened
simultaneously.

Figure 1.2: Schematic view of an implanted
HeartMate II and equipment. (Image taken
from Estep et al. (2015) [12])

In the early 60’s, before these previ-
ous milestones occurred, the Artificial Heart
Program in West-Berlin started. As the
name suggests, the goal of this project was
to develop a total artificial heart (TAH).
It also researched natural-artificial material
interactions, fatigue testing and, of course,
pump development. This project took sev-
eral decades of time and had several com-
plications. A status report of 1985 dis-
cussed material failure and pump malfunc-
tion among other problems [13]. Although
these issues existed, MCS was still used as
a bridge-to-transplantation (BTT), with the
first implantation of the TAH in 1969 [14].
While the TAHs of this time were less devel-
oped than current TAHs, the computer tech-
nology that was used to control these devices
was also completely different from today’s
standards. Figure 1.1 shows a set-up as
used by Cooley et al. (1969) [15]
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During the 1980’s, the number of heart transplants increased exponentially. According
to The International Society for Heart and Lung Transplantation Transplant Registry, the
number of heart transplants in registered centres went from approximately 200 in 1982 to
almost 4000 in 1989, with a survival rate of 50% 8 years after transplantation [16]. During
this time, procedures for MCS improved [17], leading to a low complication rate [18]. However,
long-term use of these first-generation MCS devices led to mechanical failure [9], meaning that
MSC use could only be used as a temporary solution at this time.

Development continued in the 1990’s. The HeartMate II LVAD, at that point still known
as the Nimbus, was one of the devices that led to a better BTT, partly because of its low
failure rate, compared to earlier devices [19]. This was made possible with impellers, since
usage of impellers allowed for a smaller and more stable design of devices. A schematic view
of the HeartMate II can be found in figure 1.2. The HeartMate II is not the only device of the
second generation that uses an impeller. In 1992, Sasaki et al. (1992) published their article,
reviewing the second-generation cardiopulmonary bypass system, which also made use of an
impeller, allowing the device to be compact [20]. Although the size of the second-generation
LVADs improved, survival rates were still considered low: McBride et al. (1999) evaluated
the Thoratec VAD and stated that VAD support still remained associated with a significant
morbidity in 1999 [21]. This meant that destination therapy for MCS, though possible, was
not recommended.

MCS implantation took a big leap around the year 2000 again. Of the patients who
received transplant during the year 1999, 15% were on MCS. This number rose to 27% in
the year 2001 [22]. The REMATCH trial evaluated the long term use of LVAD support (
specifically the HeartMate vented electric device) and found that LVADs can be acceptable
alternatives for patient who are not eligible for heart transplantation [23]. In the year 2002, the
American Food and Drug Administration (FDA) approved the MCS program as destination
therapy [4]. Approval of destination therapy of MCS meant that MCS became an actual
alternative for heart transplantation, which is clearly a significant milestone. The outcomes
of destination therapy in the so-called post-REMATCH era, were described in 2007 and
showed that patients had an excellent chance of 1-year survival if destination therapy was
prescribed before major complications of heart failure had developed [24]. This showed that
use of LVAD support was, from this moment on, a viable treatment option.

1.3 Different Types of Mechanical Assist Devices

With over five decades of research in MCS devices, it is only logical that numerous devices
are being used in the clinical world today. Because of the different development of these
devices, a difference in their implementation exists. Some of these devices can be implemented
percutaneously, while others need to be implanted surgically. A few examples of MCS devices
are described below, subdivided into these two categories.

1.3.1 Percutaneously Implanted Mechanical Circulatory Support Devices

One of the earlier mentioned devices is the Intra-aortic balloon pump (IABP). This device
is inserted via the femoral artery into the descending aorta [25]. The balloon of the IABP
is inflated during diastole and deflated during systole, meaning that the IABP uses counter
pulsation, to increase blood flow through the arteries during the diastole. The inserted IABP
is shown in figure 1.3 in both the systole and diastole.
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Figure 1.3: An inserted IABP in both systole and diastole. Image taken from NMC Heartcare
[26].

The use of counter pulsation leads to a lower after-load during the systole, which in turn
lowers the necessary work of the failing LV [27]. It also increases blood flow through the
coronary arteries [28], which may increase oxygen uptake from the heart itself. The pulsation
rate of the IABP is equal to that of the supported heart. Timing of the cycle phase of the
IABP, relative to that of the heart, is the most important determinant of effective counter-
pulsation. Other factors that include the effect of the IABP are the volume of the balloon,
the position of the balloon in the aorta, the heart rate and -rhythm, the aortic compliance
and the vascular resistance [29].

Another MCS device, which is also inserted via the femoral artery, is the Impella. Unlike
the IABP, the Impella is a percutaneous LVAD (pLVAD) which is inserted through the aortic
valve (AV) and pumps blood from the LV into the aorta, providing higher mean blood flow
from the LV into the arteries. The Impella is inserted and held in place by a catheter. An
inserted Impella device is schematically shown in figure 1.5.

Currently, there are multiple Impella devices on the market. The basic principle of these
devices is the same, but these devices have a different flow rate, ranging from 2.5 l/min to
5 l/min [30]. Impella devices have a continuous flow during both the systole and diastole,
making the regulation of flow through the Impella independent of heart rate.

By pumping blood, Impella devices support the heart by reducing the LV’s required
stroke volume (SV). Since the average blood flow through the AV is approximately 5 l/min,
the required cardiac output done by the LV itself is negligible, when the Impella is able to
create a flow of 5 l/min. However, performance of the LV is still present.

The Impella can be used as a BTT with a short-term use of no more than four days of
mechanical support [31]. Impella utilisation is, however, not without risk, since it can for
example damage the AV. Chances of this occurring are rare, however [32]. Another report
discussed a clinical case, where the suction port struck the LV wall with a pendulum motion,
but this is also a rare case [33]. Still, a recent study showed that use of the Impella comes
with higher rates of bleeding and ischaemic complications, compared with the IABP and
recommends more strict patient selection for the Impella [34].

Similar to the Impella are the PulseCath devices. These PulseCath devices are pLVADs,
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Figure 1.4: The PulseCath iVAC 3l. Image taken from den Uil et al. [35].

which are also inserted and held by a catheter. Like the Impella, these devices draw blood
through the inlet in the LV and pump out blood through the output in the aorta [36]. However,
blood flow through these devices is pulsatile instead of continuous. Pulsatile outflow to the
aorta occurs during diastole, while the inflow occurs during systole [37]. Blood that is drawn
from the LV, is stored in a 40 ml reservoir, which is extracorporeal. The PulseCath devices
are controlled the IABP driver, which inflates and deflates this reservoir. The amount of
maximum flow depends on the device. The PulseCath iVAC 3l can, for example, generate a
maximum pulsatile flow of 3 l/min [38]. This model is shown in figure 1.4.

An alternative to the above discussed systems, is the TandemHeart, designed by Tandem-
Life. This is a centrifugal pump, which is not implanted. The TandemHeart uses a transseptal
cannula, which draws blood from the left atrium into this pump and a cannula which returns
blood from the pump to the femoral artery, resulting in a complete bypass of the LV [39].
A schematic view of the transseptal cannula of the TandemHeart is shown in figure 1.6.
Note that the TandemHeart passes through the atrial septum, into the RA, followed by the
vena cava. The TandemHeart uses a centrifugal pump mechanism and delivers a maximum
hemodynamic flow of 4 l/min [40]. This reduces the workload of the LV, by lowering the
end-systolic pressure and end-diastolic volume. An overview of the bypass is shown in figure
1.7.
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Figure 1.5: An inserted Impella
device, with draw from the LV
and output into the ascending
aorta [41].

Figure 1.6: Schematic view of the
TandemHeart transseptal can-
nula [42].

These devices are different in their design. An overview of the most important specifica-
tions of these four devices, is given in table 1.1 for comparison.

IABP Impella 2.5 PulseCath iVAC 3l TandemHeart

Max. Flow (l/min) N.A. 2.5 3 4

Pump type IABP driver axial IABP driver centrifugal

Position Aorta LV, aorta LV, aorta LA, RA, Vena
Cava, femural
artery

Operation type Pulsatile Continuous Pulsatile Continuous

Table 1.1: Main differences of the MCS devices as discussed above.

1.4 Validation of Mechanical Circulatory Support Devices

Logically, all MCS devices that are currently used in the clinic, went through thorough tests
to determine performance and safety. One way to do this, is to do in vivo animal testing [44].
Animal tests may give a good indication of MCS performance in patients, but differences
between human and animal anatomy can cause differences in results [45]. Results of these
animal tests are also subject to variance, since bodies are never truly identical. Statistical
variance could be lowered with a higher sample size, however, a higher sample size would
have a negative effect on other concerns, e.g. ethical concerns, costs and time. Therefore, a
preferable alternative might be a model, simulating the mechanical cardiovascular system.

Systems like these have already been used for multiple purposes, with every model dif-
ferent in its complexity and structure. A reason to use simulation systems for testing, is the
consistency at which these systems work. This gives the possibility to study effects with the
same system properties [46]. Modelled systems also give a better reproducibility, compared
to animal testing, since device properties are known and measurements that would otherwise
be too invasive, can be executed. A third advantage is the ability to compare the effects of
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Figure 1.7: An overview of the bypass of the LV by the TandemHeart. Image taken from
Alabbady et al. [43].
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multiple changes and variances to the system, since all tests that are to be compared, can
have the same baseline, which is in contrast with animal tests.

1.4.1 Lumped Parameter Models of the Circulatory System under
Mechanical Circulatory Support

A lumped parameter model can describe the physiology of the circulation in terms of pressure-
flow relations, using electric analogues for the blood vessels and heart chambers. Vessels are
represented with RLC networks, describing the resistance, R, impedance, L and compliance,
C. The heart chambers are represented by time-dependent compliances. The valves in the
circulation are represented by diodes.

Bovendeerd et al. (2006) described the cardiovascular system based on this model struc-
ture, where the circulatory system consists of an LV, arterial system and peripheral system,
as well as the coronary circulation [47]. This lumped parameter model subdivides the arte-
rial system into RLC components, linked with nodes. Each node then represents a point of
interest in the cardiovascular system. The model set-up is shown in figure 1.8. This model
represents the parts of the circulatory system with nodes, where Rart, Rper and Rven repre-
sent arterial, peripheral and venous resistance respectively. MV and AV represent the mitral
valve and aortic valve, Cart and Cven the arterial and venous compliances respectively and
Lven and Lart the venous and arterial inertia respectively. Pressures and flow are given by
Part, Pmyo,c, Pven,c, Pao and Pla, the pressures in the arteries, myocardium, coronary veins,
aorta and left atrium respectively, and qao, qm, qart,c, qven,c the flow through the aortic valve,
mitral valve, coronary arteries, and coronary veins respectively.

Figure 1.8: Lumped parameter model as used by Bovendeerd et al. (2006)

This model enables flow by changing the volume of the LV node, simulating systolic
contraction. This enables flow through the AV. During simulation of the diastole, LV pressure
drops. Since the AV is represented as a diode in the circulatory model, back-flow is not
allowed, even when the LV pressure is lower than the arterial pressure. Blood flow will

8



occur, either through the coronary system, or the peripheral system, eventually leading the
blood to the veins. Compliance of arteries and veins are represented by the capacitors in the
system. Note that the extracellular pressure is represented by the ground in this electrical
system. Since the modelled blood volume consists of significant mass, acceleration is a result
of Newton’s second law. This latency is represented by the inductances.

As said, this lumped parameter model may represent the circulatory system, but is, like all
models, a simplified representation of reality. For instance, in this model, the entire arterial
pressure is represented by only three nodes. This could still be a decent representation,
when for example, general flow and pressure components are observed, but inadequate for
observation of, for example, pressures in different parts of the peripheral and arterial system.
In order to get realistic info for these parts, the model of Bovendeerd et al. (2006) needs
additional segments.

Since the lumped parameter model is based on elementary nodes, it is relatively easy to
add additional nodes, or to divide nodes into multiple nodes. Schampaert et al. (2011) added
these additional nodes, in order to simulate blood flow through multiple nodal points. The
set-up of this system is shown in figure 1.9. These additional nodes gave Schampaert et al.
(2011) the possibility to study the effects of a simulated IABP in different sections of the
aorta [48].
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Figure 1.9: Set-up of the lumped parameter system as simulated by Schampaert et al. (2011).
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1.4.2 Circulatory lab model

The circulation is often modelled experimentally, in what is called a mock-loop. An example
of such a mock-loop, is the mock-loop system at Eindhoven University of Technology (TU/e).
The main components of the circulation are modelled as a series of tubes, tapered screws for
resistance and compliance chambers.

In order to do this, two piston pumps are used to create fluid flow. Fluid in the LV is led
into the aorta, made of silicone rubber for physiological compliance. From there, fluid flows
into a three-element windkessel systemic afterload. From there, fluid is led into the right
atrium (RA), followed by the right ventricle (RV). The motor of the RV pumps the fluid into
the pulmonary artery, followed by the pulmonary afterload, again represented by a three-
element windkessel model. Heart cycles are modelled by the Frank-Starling law, which make
the cardiac output (CO) of the heart dependent on blood flow, for more realistic modelling
behaviour.

A systematic overview of this system is shown in figure 1.10.

Figure 1.10: Schematic of the mock-loop system at TU/e [49].

1.5 Aim of this Study

Both the simulated lumped parameter models and the experimental mock-loop studies can
be used to study clinically relevant properties of different MCS devices. Studying multiple
devices would give a comparison of these devices, based on these relevant properties. This
study will attempt to make a comparison of multiple MCS devices, using both the simulated
lumped parameter model, and experimental set-up, as developed by Schampaert et al. (2013).
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To achieve this, properties of both models will be adjusted in order to model cardiac
infarction, in order to form a baseline. This baseline will then be validated and adjusted until
pressure and flow values of the system are, according to what literature describes as, criteria
for cardiogenic shock. The MCS devices that will be compared in this study are the IABP,
Impella 2.5, TandemHeart and PulseCath iVAC 3l.

Both experiments will be compared to each other and to literature values. Results between
these two models should be comparable, if all cardiovascular properties and device properties
are implemented correctly.

All devices will be evaluated, based on their influences on mean flow, arterial pressure, LV
volumes and pressures and flow through MCS devices. It would be expected that MCS would
improve mean flow and MAP, resulting in better perfusion. Secondly, the main function of
MCS, mechanical unloading of the LV. It would therefore be expected that these MCS devices
that will be used, would either cause the LV pressures to drop or lower SV. These effects will
be evaluated for each simulation and validated with literature values.

12



Chapter 2

Materials and Methods

2.1 Simulation model

2.1.1 Model Specifications

Simulation of the cardiovascular system as a lumped parameter model was done with a Matlab
model based on the model of Schampaert et al. (2011). The set-up of the baseline, meaning a
modelled patient without an implemented MCS device, is thus given in figure 1.9. The values
of these systemic variables were kept as determined by Schampaert et al. (2011), with the
exception of heart valve resistance. The original value of 1Pa·s

m−3 caused high flow rates at low
pressure gradients. Since MCS implementation caused oscillation, this gave unstable pressure
and flow at the heart valves. The value of valve resistance was therefore set to 1 · 106 Pa·s

m−3 ,
since this led to more stable calculations. All values are given in table 2.1. The MADs that
were implemented in the simulation model were the IABP, Impella 2.5, PulseCath iVAC 3l
and the TandemHeart.

Heart motion of this model was simulated with the one-fibre model, as was described by
Bovendeerd et al. (2006) [47] based on the model by Arts et al. (2003) [50] This model
represents all fibres, along with their orientation as a single fibre, wrapped around a core.
This model describes heart contraction as one integral of the contraction of fibres in the entire
ventricular wall. A representation of the model is shown in figure 2.1.

Inputs for this model are ventricle wall volume, ventricle cavity volume and fibre contrac-
tility, C, for active stress. In case of a healthy person, C is set to 1. However, in order to
simulate a patient, the fibre contractility in the LV was set to 0.4. The LV cavity volume and
wall volume were set to 60 ml 150 ml respectively. The contractility of the RV was set to 0.8.
These patient data were used to define the baseline in the simulation model. An overview is
given in table 2.2. The amount of heart cycles that was simulated, was set to 50, since this
was known from pas experience to be enough cycles for the system to reach a steady-state.
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R [Pa · s/m3] L [Pa · s2/m3] C [m3/Pa]

Heart Valves 1 · 106

Pulmonary Artery 1.872 · 106 1.25 · 104 3 · 10−8

Pulmonary Periphery 1.81152 · 107

Pulmonary Veins 4 · 104 9.375 · 104 4 · 10−7

Aorta, segment 1 5.0 · 106 5.625 · 104 9.868 · 10−9

Aorta, segment 2 9.9 · 106 5.625 · 104 4.744 · 10−9

Aorta, segment 3 9.9 · 106 5.625 · 104 2 · 10−9

Aorta, segment 4 9.9 · 106 5.625 · 104 2 · 10−9

Head Periphery 6.3671 · 108

Abdomen Periphery 5.5771 · 108

Kidney Periphery 5.1742 · 108

Leg Periphery 6.3671 · 108

Vena Cava Superior 0.1 · 106 1.736 · 104 2.25 · 10−7

Vena Cava Inferior, segment 1 0.1 · 106 1.736 · 104 2.25 · 10−7

Vena Cava Inferior, segment 2 0.1 · 106 1.736 · 104 2.25 · 10−7

Vena Cava Inferior, segment 3 0.1 · 106 1.736 · 104 2.25 · 10−7

Coronary Artery 999 · 106 1 · 107 3 · 10−11

Subendocardial Myocardium 2400 · 106 1.4 · 10−8

Subepicardial Myocardium 3500 · 106

Coronary Vein 700 · 106 1 · 107 7 · 10−10

Table 2.1: Table of systemic values as determined by Schampaert et al., with R the resistance,
L the inertance and C the compliance.

Figure 2.1: The representation of the fibre orientation of the LV, as described by Arts et al.
(2003).
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Left wall volume (ml) LV contractility RV contractility

Healthy 200 0.4 0.8

Pathological (Baseline) 150 1 1

Table 2.2: Parameter values for the heart simulations of both a healthy person and patient.

2.1.2 Baseline Validation

The baseline configuration that was created, had an output of 2.8 l/min and a mean arterial
pressure (MAP) of 52 mmHg, which met literature criteria for CS patients [51]. Simulated
differences were compared with a simulation of a healthy person with an output of 5.7 l/min
and a MAP of 106 mmHg. The first comparison is shown in the PV-loops in figure 2.2.
This figure shows a healthy situation of 138 mmHg systolic pressure, with a minimum and
maximum volume of 71 ml and 142 ml respectively. Contraction and relaxation of the LV
is isovolumetric. The PV-loop of the baseline has a maximum pressure of approximately 75
mmHg and minimum and maximum volumes of 118 ml and 153 ml respectively. The baseline
also contains the expected isovolumetric contraction and relaxation in the PV-loop.

Figure 2.2: PV-loops of the left ventricle in both a healthy situation and patient situation.
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Figure 2.3 shows the pressure values of the left ventricle, along with its preload and
afterload for both the baseline and healthy situation. Aortic pressure decreases from 138
mmHg to 90 mmHg with the used settings. This figure also shows an increase in LA pressure,
with decreasing aortic pressure.

Figure 2.3: Pressure-time curves of the left ventricle, as well as the preload and afterload, for
both the baseline and healthy situation.

Figure 2.4 shows the PV-loops of the right heart, for both the healthy simulation and
the baseline. The healthy situation shows a maximum systolic pressure of 40 mmHg, with
a minimum and maximum volume of 71 ml and 142 ml respectively. Contraction and relax-
ation of the LV is isovolumetric. The PV-loop of the baseline has a maximum pressure of
approximately 33 mmHg and minimum and maximum volumes of 118 ml and 153 ml respec-
tively. The baseline also contains the expected isovolumetric contraction and relaxation in
the PV-loop.
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Figure 2.4: PV-loops of the left ventricle in both a healthy situation and patient situation.
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Figure 2.5: Pressure-time curves of the right ventricle, as well as the preload and afterload,
for both the baseline and healthy situation.

Figure 2.5 shows the same pressure time plots for the right heart. This figure shows that
the maximum systolic pressure decreases from 40 mmHg to 18 mmHg. RV preload is lower
and afterload higher, compared to the baseline.

2.1.3 IABP Implementation

The IABP was implemented as done as Schampaert et al. (2011). This was done by creating
compliances at all four nodes of the aorta. These compliances were then connected to an
additional nodal point PIABP . During deflation, PIABP was set at a value of -200 mmHg,
while during inflation, it was set to 200 mmHg. The compliance of the IABP was dependent
on its volume and extreme pressure values according to:

CIABP =
VIABP

Pmax − Pmin

With VIABP the volume, and Pmax andPmin the respective maximum and minimum pres-
sures of the IABP.

The volume of the IABP was set to 40 ml, with a length of 27 cm. The maximum and min-
imum pressures were set at 200 mmHg and -200 mmHg respectively. The inflation:deflation-
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time ratio was set to 1:1, in order to provide maximum support[52]. The time it takes to both
inflate and deflate was set to 0.135 s.

2.1.4 Impella 2.5 Implementation

The Impella 2.5 was implemented by defining outflow and inflow, from the LV and into the
first node of the aorta.

The simulated flow was dependent on the pressure difference between the nodes of in
and outflow. The flow-differential-pressure relation was described by Pennings et al. (2013)
for selected devices that were based on both axial and centrifugal motors [53]. The flow
dependence for the axial motors in ml/min, was described as:

qHAD =
a1

1 +
1

a2
e

∆P
a3·n2

· n (2.1)

With ∆P the differential pressure in mmHg, n the rotation speed in RPM and a1, a2

and a3 specific pump coefficients in l, [-] and kg/m respectively. Estimation of coefficients,
based on clinical data resulted in the values shown in table 2.3 [40], with maximum flow at
2.5 l/min.

Parameter Value Unit

a1 0.05 l

a2 102 -

a3 0.00212 kg/m
n 51000 RPM

Table 2.3: Parameter values for the implementation of the Impella 2.5.

These coefficients results in the flow-pressure curve as seen in figure 2.6.
For every time step, ts, the effective volume displacement, dV = qHAD · ts was subtracted

from the outflow-node (the LV) and added to the inflow node (the first aorta node).
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Figure 2.6: The flow-pressure relation for the Impella 2.5 at 51000 RPM.

2.1.5 PulseCath iVAC 3l Implementation

Since the iVAC 3l has a pulsatile flow profile, inflow and outflow were made time-dependent.
For every heartbeat, inflow and outflow would have the same duration. Inflow would occur
before and during the systole, while outflow would begin directly after end-systole. Storage of
volume in the simulated reservoir of the device was allowed, with a limit of 40 ml. minimum
volume was set to 0 ml.

It was assumed that for every heart beat, the iVAC 3l intake and ejection would be 40
ml. The flow of intake was described as:

qPC = C · sin(2π · ti
tcycle

) 0 ≤ ti
tcycle

< 0.5 (2.2)

With C the scale factor to have 40 ml per heart beat as total flow, ti the time step at moment
i and tcycle the duration of one heartbeat. During the time period 0.5 ≤ ti

tcycle
< 1, ejection

was described as in equation 2.2. Inflow would then be 0.

2.1.6 TandemHeart Implementation

The TandemHeart is simulated in a similar way as the Impella 2.5. Flow was described
as continuous, but pressure dependent. Like the flow for the Impella 2.5, the flow was made
pressure dependent, based on the work of Schampaert et al. though with pressure dependence
based on centrifugal pumps. This relation was described as:

qHAD =

−b2 −
√

(b2)2 − 4b1

(
b3 − ∆PLV AD

n2

)
2b1

· n (2.3)

With ∆P the differential pressure in mmHg, n the rotation speed in RPM and b1,b2 and b3
specific pump coefficients in kg/m·L2 , kg/m·L and kg/m respectively. Estimation of coefficients,
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based on clinical data resulted in the values shown in table 2.4, with a flow of 4 l/min at 0
mmHg pressure gradient [40].

Parameter Value Unit

b1 −3.22 kg/m·l2

b2 10.6 · 10−2 kg/m·l
b3 1.05 kg/m
n 7500 RPM

Table 2.4: Parameter values for the implementation of the TandemHeart.

These coefficients result in the flow-pressure curve as seen in figure 2.7.

Figure 2.7: The flow-pressure relation for the TandemHeart.

2.1.7 Integrating Devices

With the exception of the IABP, these devices draw volume from the nodal point at the inlet
and adds this volume to the nodal point outlet. In order to stabilise this sudden volume
change, two additional nodal points are created. These nodes link the device with its corre-
sponding inlet and outlet, along with a resistance. This set-up is shown in figure 2.8. The
resistances were given a value of 1 · 106 Pa·s

m−3 , which was the same as those of the heart valves.
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Figure 2.8: The integration of an MCS device, along with the additional nodal points.

2.1.8 Acquiring Data

Of the 50 heart cycles that were simulated, the last four were used for evaluation and valida-
tion. Data were saved and stored into .mat files, so that all data could be loaded later. Data
that were used, were PV flow, AV flow, arterial pressure, vena cava pressure, LV volumes and
pressures and flow through each device. From these data, mean flow, MAP, PV-loops and
PP were calculated. Energy values were also calculated as:

LV work done WLV =
∫ Vdia

Vsys
PLV dV

Systemic energy uptake Esystem = dP̂ · q̂ · t
MCS device work done Edevice = Esystem −WLV

With dP̂ the mean pressure difference between the aorta and the vena cava and q̂ the
mean flow.

2.2 Mock-loop model

2.2.1 System Properties

For the mock-loop experiment, the experimental set-up of the TU/e was used. This experi-
mental set-up uses cylindrical, silicone rubber tubes, which represent the arteries and veins.
The arterial tube had a length of 45 cm, a diameter of 23 mm and a wall thickness of 1 mm in
order to have physiological material properties, similar to those of the arterial wall. System
compliances were created with closed reservoirs, partially filled with air. System resistances
were created with tapered screws, which partially blocked the in- and outlet of each reservoir.
All compliances and resistances could be adjusted manually, in order to create physiological
values. Heart beats were simulated by two piston pumps, controlled by servo motors, rep-
resenting the right- and left ventricles. Motion of these motors could be controlled per time
step, resulting in accurate control of piston locations. The right and left atria are modelled
with compliance chambers, making the atria passive components. All heart valves were mod-
elled with silicon rubber valves, preventing back-flow. Further details of this experimental
set-up can be found in the original article by Schampaert et al. (2011) [49].
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This set-up was controlled with Matlab 2006a, using Simulink. Routines and settings were
written in C code. The PC’s operating system is CentOS 6, which allows real time input and
output processing of the servo motors and sensors. These sensors measured pressure and flow
in the aorta, venous system, RA pulmonary system and LA. Pressure was also measured in
both ventricles, as well as both piston displacements, the latter enabling volume calculation.
All sensors were connected to the PC, through signal amplifiers. The performed measurements
had a sampling rate of 1000/s

The used MCS devices for this experiment, were the Impella 2.5, the 50cc IABP, the
PulseCath iVAC 3l and the TandemHeart. These devices were controlled, using appropriate
drivers. A baseline experiment, meaning an experiment without a HAD implemented, was
also performed for reference and comparison.

2.2.2 Preparations and Settings

Connecting Devices

The Impella 2.5 and PulseCath were connected to a separate outlet of the cylinder which
represents the LV and a branch of the arterial tube, distal from the AV. The TandemHeart
was connected to the outlet of the LA (inlet) and the most proximal part of the aorta (outlet).
The IABP was placed into the aorta, through a distal inlet.

Mock-Loop Preparation

Before measurements, all compliance tanks were filled, after which all pressure signals were
set to zero. A pressure of 7 mmHg was then set by adding air into the compliance tanks. The
amount of air in the compliance tank would then give a physiological compliance in that part
of the system. A CS patient was then simulated, in order to set the resistances of the system.
These resistances were adjusted, until an arterial pressure of 80/35 mmHg was reached, as
well as a mean flow of approximately 3 l/min.

Device Preparations

All devices were not switched on, until the simulation had reached a steady-state. In this
case, a ’steady-state’ is defined as a state at which all future heart cycles have an identical
pressure and flow profile. The moment of steady-state was manually determined.

All devices were tested at full capacity. Therefore, The IABP was set at an assist rate of
1:1, in accordance with the simulation model. The Impella 2.5 and the TandemHeart ran at
their maximum speed of 51000 RPM and 7500 RPM respectively.

Mock-Loop Settings

After preparations were done as described above, specific data, a CS patient could be simu-
lated. This was done, by lowering the contractility of the fibres in the one-fibre model from
c = 1 to c = 0.7 for the LV and from c = 1 to c = 0.8 for the RV. The LV cavity volume and
wall volume were set to 60 ml and 125 ml respectively, as was done in the simulation model.
The contractility of the RV was also set to 0.8. This setting was defined as the baseline.
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Acquiring Data

After the system was initialised, a steady-state was reached and a connected MCS device
was switched on. Past experiences showed that a steady-state is ready in less than 50 s.
Measurements therefore occurred for 100s, including margin. This was considered more than
enough time to reach a steady-state for the system again with an active MCS device. Results
of this experiment, used the data of the last four complete heart cycles. Data that were
measured, were mean flow, mean arterial pressure (MAP), Pulse pressure (PP), coronary
flow and LV volumes and pressures.

2.3 Experiment Protocol

After the system was calibrated, the heart properties were set to an LV contractility of 0.7,
the LV cavity volume and wall volume set to 60 ml and 125 ml respectively and the RV
contractility set to 0.8, simulations commenced. After the system had reached a steady-
state, MCS was switched on. After a steady-state was reached again, measurements were
performed. Data that was used, was flow through all valves, arterial pressure, coronary flow
and LV volumes and pressures.
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Chapter 3

Results

3.1 Simulation Model

3.1.1 Steady-State Confirmation

In order to determine whether the simulation model has reached a steady-state, the maximum
flow through the PV, per heart cycle, was plotted for all simulations. This can be seen in
figure 3.1. The maximum flow through the AV is also plotted and can be seen in figure 3.2.

Figure 3.1: Maximum flow through the pulmonary valve for every heart cycle.

25



Figure 3.2: Maximum flow through the aortic valve for every heart cycle.

For all simulations, figure 3.1 shows a consistent flow through the PV for every heartbeat,
during the last heart cycles. Figure 3.2 shows a consistent flow though the AV as well. It was
therefore assumed that the system was in steady-state during the last four heart cycles, for
all simulations. All data that are discussed below, were taken from the simulation of these
last four cycles.

3.1.2 Mean Flow and Mean Arterial Pressure

For the last heart cycles, the mean flow through the PV and the MAP were determined. In
order to see consistency over these last cycles, while still being able to see detail, four cycles
have been plotted. The results are shown in the bar plot of figure 3.3.

This bar plot shows that the baseline has a mean flow of approximately 2.7 l/min and
a MAP of 50 mmHg, which was considered pathological. Furthermore, the flow and MAP
values for the MCS simulations show higher values, especially the TandemHeart simulation,
with a mean flow of 3.9 l/min and a MAP of 66 mmHg. Both the Impella and PulseCath
show no significant differences in mean flow and MAP. The IABP has the lowest influence on
mean flow and MAP. However, just like the other devices, both values of the IABP are higher
compared to the baseline.
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Figure 3.3: Bar plot of the mean flow through the pulmonary valve and the mean arterial
pressure.

3.1.3 Pressure-Volume Loops of the Left Ventricle

The pressure-volume loops (PV-loops) for the last heart cycle, have been compiled for all
simulations. These PV-loops are shown in figure 3.4

The PV-loops that are shown, have their extreme values in a similar range, though the
loops of the MCS devices, might be different in form. The maximum volume of the LV with
IABP implementation does not seem to change, though the minimum volume is lowered to a
value of 115 ml, resulting in a higher SV. Pressure-wise, the PV-loop of the IABP does not
differ from the baseline.

The PV-loop under Impella support shows multiple differences, compared to the baseline.
First of all, there are no isovolumetric states, since the Impella continuously decreases LV
volume. There is also a high decrease in maximum volume to 142 ml. The minimum volume
is slightly lowered to 115 ml. There is no difference in extreme pressure values, compared to
the baseline

The PulseCath also lowers the minimum and maximum LV volume. These are 110 ml
and 146 ml respectively. Furthermore, the right side of the PV-loop shows no isovolumetric
contraction, due to suction of the PulseCath. Suction occurs during relaxation as well, until
a pressure of 45 mmHg. After that, the relaxation is isovolumetric again. All pressure values,
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Figure 3.4: Pressure Volume loops during the last cycles for all simulations.

including extreme values are comparable to those of the baseline.

The PV-loop that is most different from the that of the baseline, is the one of the Tandem-
Heart, with a maximum volume of 141 ml and a minimum volume of 130 ml. These volumes
give a LV stroke work of 11 ml. The maximum systolic pressure is 73 mmHg, which is higher
compared to the baseline. This PV-loop shows isovolumetric states.

3.1.4 Aortic Pressure and Pulse Pressure

In order to evaluate the aortic pressure and PP, the aortic pressure is plotted in figure 3.5.

The aortic pressure of the baseline reaches a maximum of 65 mmHg during systole. After
reaching this maximum, pressure gradually drops during the rest of the systole, followed by
the relaxation, to a minimum pressure of 45 mmHg. Pressure rapidly rises again after the
beginning of the diastole until the maximum pressure is reached again.

For the IABP, the pressure rises from 64 mmHg during inflation of the balloon, which
occurs during the diastole. After a pressure decrease to 54 mmHg, the pressure rapidly rises
again, to a value of 63 mmHg. Pressure starts to drop gradually to 61 mmHg, the moment
the balloon started to deflate. Rapid pressure drop to 43 mmHg occurs. After this, pressure
rises rapidly due to the start of the new systolic phase. The minimum pressure of the IABP
simulation is similar to the minimum pressure of the baseline.
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Figure 3.5: Pressure-time plot in the most proximal nodal point of the aorta for all simulations.

The PulseCath rapidly increases the aortic pressure from 53 mmHg to 67 mmHg during
the diastole, when outflow into the aorta occurs. The pressure curve shows a sine wave.
Pressure then decreases to 61 mmHg until outflow stops. The pressure then drops to 56
mmHg. Pressure rises again during the next cycle. However, this occurs later compared to
the simulations of the baseline and IABP.

For every time step, the Impella simulation has a higher aortic pressure during a cycle
compared to the baseline. This is especially the case during the diastole, where the pressure
decreases less rapidly for the Impella simulation. The end diastolic pressure is 56 mmHg.

The TandemHeart shows similar results to those of the Impella, however, with a significant
difference in pressure. After the simulation reaches a maximum systolic pressure of 72 mmHg,
pressure drops rapidly, similar to the Impella results. Pressure still drops during the diastole,
but more gradually compared to the baseline.

PPs of all simulations are shown in the bar chart of figure 3.6. This shows that the IABP
approximately has the same PP as the baseline, with a value of 21 mmHg. Other devices
show a significantly lower PP value of 9 to 11 mmHg.
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Figure 3.6: Pulse pressure values for all simulations.

30



3.1.5 Device Output

With the exception of the IABP, the evaluated devices all pumps with a certain flow rate.
The flow through these devices is discussed in figure 3.7.

Figure 3.7: Mean flow through the pulmonary valve, the MCS device and the Aortic valve.
Note that MCS flow is not applicable for the baseline and IABP.

This figure shows the flow in the PV, as was shown in figure 3.3, along with the flows
through the MCS device and the aortic valve. This figure shows a higher device flow along
with a higher PV flow, but lower AV flow. The combined device flow and AV flow equals the
PV flow.
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Figure 3.8: Flow-time plot into the MCS device. Note that MCS flow is not applicable for
the baseline and IABP.

The flow-time plots for these MCS devices were also evaluated. The flows into these devices
are shown in figure 3.8. This figure shows an almost constant flow of 3 l/min through the
TandemHeart, whereas the PulseCath and Impella have time-dependent flows. The PulseCath
flow shows a half-sine function. The Impella flow shows a time-dependency of a more complex
nature.
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3.1.6 Left Ventricle Work

The mechanical work done by the LV and MCS devices was also evaluated. The amount of
work done, by the LV and the MCS device, for each cycle is shown in figure 3.9. The amount
of energy that was added to the system is shown as well.

Figure 3.9: Flow-time plot into the MCS device. Note that MCS flow is not applicable for
the baseline and IABP.

The baseline shows an that the LV work done and systemic energy uptake differ. The
difference between these values is 0.01 J, giving a relative difference of 5%. With the exception
of the IABP, simulations with MCS devices implemented, show lower LV work done and higher
systemic energy uptake. The ratios between LV work done and systemic uptake are shown in
table 3.1.

Ratio of work done by LV

Baseline 0.95

IABP 0.84

Impella 2.5 0.52

PulseCath 0.58

TandemHeart 0.19

Table 3.1: Relative work done by the left ventricle.
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3.2 Mock-Loop Model

3.2.1 Confirmation of Similarity

In order to evaluate the similarity of all simulations, at the time when MCS was switched off,
the PV loops of the LV were plotted. These are shown in figure 3.10.

Figure 3.10: PV-loops for all simulations without MCS.

This figure shows that all PV-loops are between pressure values of 85 mmHg and -20
mmHg. Volume values are between the range of 35 ml and 82 ml. These PV-loops show the
same shape. During the diastole, the pressure values oscillate. Oscillation occurs during the
diastole as well, but this is less present. All PV-loops show isovolumetric contraction and
relaxation.
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The pressure-time curves of the aorta were also evaluated. This is shown in figure 3.11.

Figure 3.11: Pressure-time curves of the aorta for all simulations without MCS.

This figure shows that the peak systolic pressure differ with a maximum of 6 mmHg. The
end diastolic pressure differs with 8 mmHg. All curves show similar behaviour.

Since all simulations showed PV-loops and arterial pressures of close resemblance, com-
parison of MCS results with the shown baseline was therefore considered valid.
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3.3 Mean Flow and Mean Arterial Pressure

For the last four heart cycles, the mean flow through the PV and the MAP were determined.
The results are shown in the bar plot of figure 3.12.

Figure 3.12: Bar plot of the mean flow through the pulmonary valve and the mean arterial
pressure.

The baseline has a mean flow of approximately 3.1 l/min with a MAP of 54 mmHg. This
is considered pathological. The figure also shows higher flow values for the Impella 2.5 and
TandemHeart simulations. The PulseCath does not seem to have effect on the mean flow
and the IABP seems to lower the mean flow. The TandemHeart effectively highers the mean
flow to 68 mmHg. The IABP does not seem to have effect on the MAP and the Impella and
PulseCath lower the MAP.
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3.3.1 Pressure-Volume Loops of the Left Ventricle

For the last heart cycle of each simulation, the PV-loops of the LV have been plotted. These
PV-loops are shown in figure 3.13.

Figure 3.13: PV-loop of all simulations with MCS.

In comparison to the baseline, the TandemHeart has a higher maximum systolic pressure,
which is 96 mmHg. The maximum volume does not seem to change, however, the minimum
volume of the LV with TandemHeart support rises. This leads to a lower SV of the LV. For all
other MCS simulations, both the maximum systolic pressure and the maximum volume drops.
The Impella supported PV-loop does not show isovolumetric contraction and relaxation.
The PulseCath supported PV-loop does not show isovolumetric contraction, but does show
isovolumetric relaxation. The IABP supported PV-loop has the smallest extreme volume
values and has the lowest maximum systolic pressure.
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3.3.2 Aortic Pressure and Pulse Pressure

The pressure-time plots for every simulation were plotted and are shown in figure 3.14.

Figure 3.14: Pressure-time plots of the aorta for all simulations.

These pressures change over time, differently for each simulation. The baseline has a peak
systole of 80 mmHg and a minimum diastolic pressure of 35 mmHg.

When this is compared to the simulation with PulseCath support, a more continuous
signal is shown. During the systole, this reaches a pressure of 55 mmHg, before this pressure
drops to 30 mmHg. During the diastole, the pressure rises again, until a value of 51 mmHg
is reached. After this, pressure drops again until the beginning of the new cycle.

The Impella shows a more continuous pressure as well, with pressure varying from 60
mmHg to 45 mmHg. The shape of this graph is otherwise similar to that of the baseline.

The TandemHeart shows the same shape of this graph as well, only with higher pressure
values. Pressures vary from 92 mmHg to 50 mmHg.

Lastly, the IABP shows a different relation, with pressures varying from 130 mmHg to -4
mmHg. During systole, the aortic pressure rises from -4 mmHg to 40 mmHg. During inflation
of the balloon, pressure rapidly rises to 130 mmHg. After deflation, the aortic pressure drops
to -4 mmHg again, with a sudden rise around 80 mmHg.
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The PP is also plotted for each simulation. This is shown in figure 3.15.

Figure 3.15: Pulse pressure values for all simulations.

The baseline has a PP of 52 mmHg. With the exception of the IABP, MCS seems to lower
the PP, especially the Impella, with a PP of 18 mmHg. The IABP has a PP of 137 mmHg,
about 2.5 times as high as the baseline.
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3.3.3 TandemHeart Flow

The flow through the TandemHeart was measured. The results of this are shown in figure
3.16.

Figure 3.16: Flow Through the TandemHeart during MCS.

The flow through the TandemHeart varies between 0.6 l/min and 1.3 l/min. The mean
flow through the TandemHeart was 1 l/min. The flow profile changes for every heart beat.
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3.4 Left Ventricle Work

For each simulation, the stroke work of the LV was determined. A bar plot has been made
for comparison in figure 3.17.

Figure 3.17: Work done by the left ventricle per simulation.

The baseline simulation shows a stroke work of 0.5 J. The TandemHeart shows a similar
value. All other devices seem to lower the stroke work done by the LV. The ratios of LV work
with MCS to baseline LV work are shown in table 3.2.

Ratio of work done by LV

IABP 0.34

Impella 2.5 0.41

PulseCath 0.58

TandemHeart 1.05

Table 3.2: Work done by the left ventricle for each MCS device, relative to the baseline.

41



Chapter 4

Discussion

4.1 Lumped Parameter Study: Discussion of Methods

4.1.1 Model Accuracy

This study used the lumped parameter model of Schampaert et al. (2011) to evaluate various
MCS devices in CS patients. Lumped parameter models are, by their definition, models
that only calculate systemic values at their assigned nodal points. Modelling with a lumped
parameter model that uses too few nodes would therefore result in inaccurate results. The
model of Schampaert et al. should thus be discussed in this regard. The model consists of a
total of 50 original nodes and 52 nodes for MCS simulation. Bifurcations of the system led
through the myocard, head, abdomen, kidneys and legs. Arteries and veins were segmented
into multiple systemic parts. The lungs were simulated with multiple Windkessel models.
Though systems like these could always be more elaborate, it was considered adequate for
the regard of MCS evaluation. The reason for this depends on the individual devices. MCS
devices with pumping functions from the LV to the first aortic nodal point, are only passing
the AV and do not require additional nodal points. Accurate afterload still depends on
bifurcations and nodes, but this could still well be described with the used model [48].

A single fibre model was used to simulate heart beats, based on the work by Bovendeerd
et al. (2006) This model assumed homogeneous fibre distribution over the ventricle, all
represented by a single fibre. Though fibre distribution was well represented by this model,
it could still be discussed whether assumptions of a single, homogeneously distributed fibre
is a realistic representation. Still, Bovendeerd et al. (2006) showed realistic results in their
study, meaning that implementation of the single fibre model in this study would be deemed
appropriate.

4.1.2 Baseline Simulation

The baseline that was used in this study, represented a patient with CS. This was done by
changing the parameters of the heart in the single fibre model. Parameters that were changed,
were the contractility (from 1 to 0.4) and wall volume (from 200 ml to 150 ml) of the left
heart and the contractility (from 1 to 0.8) of the right heart. This lowers heart performance,
since the single fibre contracts with a lower maximum stress. Furthermore, the fibre volume
is lowered, eventually resulting in lower stress of the ventricle wall. However, in reality, the
ventricle wall is damaged at a specific region. This damaged region is barely able to contract,
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if able to contract at all, whereas the rest of the ventricle contains healthy wall tissue, which
tries to compensate for the loss of contractility. Even though Bovendeerd et al. (2006) proved
that their model of the ventricle wall showed realistic performance for healthy heart tissue.

The single fibre model might not be able to model mechanical heart properties altered
by anatomical changes, as a result of CS. Logically, it would have been preferred to have
this more realistic behaviour included in the contraction model. However, the focus of this
study lied on the simulation of time-dependent pressures and flows. The contraction of the
single fibre model showed realistic change in pressure and volume in both ventricles, as their
PV-loops have shown. Therefore, the single fibre model was considered to be realistic enough
for this model study.

Another limitation to lumped parameter model in this study, is the static values of the
present elements. When a patient is suffering from CS, blood pressure drops as a result of
lowered heart performance. The body compensates for this loss of arterial pressure with
vasoconstriction. The model does not include vasoconstriction. In order to accurately sim-
ulate CS, this could be implemented. However, implementation of vasoconstriction makes a
more difficult comparison of MCS devices, since differences in flows and pressure would be
influenced.

Furthermore, the baseline had a mean flow of 2.7 l/min with a MAP of 52 mmHg. Criteria
for the definition of CS vary in literature [5]. The criteria in this study were based on the
criteria by Nativi et al. (2014), but may still not meet other criteria due to this varying
definition [51]. Baseline results did show realistic CS patient values, but it is worth noting
that comparison of this baseline with other studies might be more difficult, since baseline
simulation results of a CS patient may consequently vary in these other studies.

4.1.3 Comparison of Healthy and Baseline Simulations

Using parameter values as determined by Schampaert et al. (2011), a healthy person was
simulated. This simulation had an output of 5.7 l/min and a MAP of 106 mmHg, which is in
accordance with literature [54], though relatively high. The maximum systolic LV and aortic
pressures were 130 mmHg, which is also relatively high, but still within expected values for
healthy persons. As expected, the baseline shows lower pressure values of the LV, RV, aorta
and pulmonary artery. Furthermore, the pressure in the LA is higher for the baseline, since
the LV has too little power to pump blood coming from the pulmonary system, which is
pumped there by the still relatively well functioning RV.

A curious result is shown in the comparison of the RV PV-loops in figure 2.4. For both
simulations, the pressure is 0 mmHg during the filling phase. This is a result of an imple-
mentation, which does not allow the calculated ventricular pressure to drop below zero. The
maximum systolic RV pressure is higher than expected, with a value of 40 mmHg. This is
partly a result of a high LA pressure, which is approximately 11 mmHg, instead of an expected
5 mmHg [54]. This gives reason to doubt the realism of the simulation for the pulmonary
system. However, values for both the LV and its afterload are as expected and are therefore
considered reliable for this simulation.

4.1.4 Device Implementation

All devices, with the exception of the IABP, were implemented through two additional nodes,
connecting the device with the inlet and outlet via resistances. These resistances increased
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systemic stability. This implementation is certainly not ideal, since, even though calculations
are stable, pumps with higher flow can still show oscillation. An example is shown in figure
6.1 in the appendix, where the pressures of a failed attempt of the Impella 5.0 implementation
are shown. This oscillation is a result of the sudden change in volume in the system. Since
volume is changed in the inlet node and outlet node, the pressure suddenly changes as well.
This change in pressure causes a different flow in the next time step, which in turn gives a
different change in pressure between these two nodes. These oscillating pressures may also
cause flow through valves that would normally be closed, since pressure in e.g. the LV could
momentarily be lower than in the AV. Therefore, not only pressures are unreliable, but flows
as well.

A better implementation to this problem would be to have MCS devices change pressure,
not volume or flow. Implementation of this was attempted by adding a negative resistance
between these two nodes, and setting the value of this resistance as:

RMCS =
∆P

q

With dP the difference in pressure between the inlet and outlet and q the corresponding
flow to that pressure difference. Unfortunately, this caused mathematical errors, leading to
false solutions. For the devices that were observed in this study, the implementation that was
used, showed no significant oscillation and was therefore accepted, but it should be noted that
this solution, albeit an acceptable solution for these MCS devices, may not be acceptable for
others.

4.1.5 Specific Device Limitations

IABP

The IABP was implemented by adding pressure nodes to the segments of the aorta, through
a compliance. These pressure nodes varied in pressure from -200 mmHg to 200 mmHg, with a
transition period of 0.135 s, in order to simulate IABP deflation and inflation. The compliance
was related to the volume of the balloon. However, since IABP inflation and deflation time
is dependent on aortic properties, values remain an estimation. Furthermore, as Schampaert
et al. (2011) discussed, this device is sensitive to patient specific behaviour. This means that
this device might show different results, for different patient parameters. This does not mean
that results are not reliable though, since Schampaert et al. (2011) already proofed the model
to be effective.

Impella 2.5

The Impella 2.5 simulated continuous, pressure-dependent flow from the LV to the aorta.
This pressure dependency was based on the work by Pennings et al. (2013) on axial motors.
This pressure dependency was created for a more realistic flow profile. Since Pennings et
al. (2013) did not research the specific flow-differential-pressure relation in their study, this
relation was based on that of the HeartMate II instead. Parameters were then altered, in
order to meet literature flow values. For higher accuracy, the flow-differential-pressure relation
of the Impella 2.5 could be researched. This study did not require said accuracy, since the
simulated dependency was considered accurate enough. It could be worth investigating this
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relation for simulations with high LV pressures (higher than 120 mmHg), but for patients
with CS, these pressures are not reached.

PulseCath

The PulseCath that was simulated, was based on the iVAC 3L and had an output of 40 ml
per cycle. This 40 ml was drawn from the LV during systole and ejected into the aorta during
diastole. The flow of the PulseCath was not dependent on a pressure gradient, but was instead
described as a half sine wave for both draw and ejection. In an in vivo situation, the PulseCath
would be driven by an IABP driver, which makes flow pressure dependent. However, if it
would be assumed that draw and ejection volume would always be the maximum amount
of 40 ml, the only factor that would be important for describing outflow, is the flow profile.
Instead of a half sine wave, other flow profiles could be chosen as well. For more accurate
simulation, PulseCath flow profiles could be measured and evaluated. The importance of
this is, however, still questionable, since literature has shown that different pump pulsatility
profiles in rotary blood pumps have little effect on haemodynamics [55]. This gives reason to
believe that the flow profile that describes the PulseCath inflow and outflow also gives little
effect on the haemodynamics of these simulations, as long as this profile is pulsatile.

TandemHeart

The TandemHeart had inflow from the LA into the femoral artery and ha a pressure-dependent
flow profile. Like the flow profile of the Impella 2.5, this flow profile was also based on the
work by Pennings et al. (2013), only based on centrifugal pumps instead of axial pumps.
Instead of determining characteristic flow parameters by experimental measurement, these
parameters were based on estimation. Like the estimation for the Impella, this estimation
might be less accurate than actual measurements, but were considered accurate enough for
these simulations, especially since the pressure difference between the LA and femoral artery
has less fluctuation.

4.2 Lumped Parameter Study: Discussion of Results

4.2.1 Perfusion

All device simulations show a higher flow and MAP, compared to the baseline. This means
that all devices contribute to perfusion of the system. However, devices with haemodynamic
inflow and outflow cause the system to generate less flow through the AV, meaning that these
devices mostly take over heart function, instead of giving support additionally.

The PP was also discussed. It shows that the baseline and IABP simulations have the
highest PP, compared to other simulations. usage of an IABP would, due to its pulsatile
behaviour, lead to more fluctuation in arterial pressure, as is seen in the results. Still, PP
does not change under influence of the IABP. The PulseCath, which also creates a pulsatile
flow, has a lower PP, since the minimal aortic pressure is higher, compared to the baseline
simulation. This is as expected, since the PulseCath has outflow during diastole, resulting
in a higher aortic pressure. Both the Impella and TandemHeart cause the minimal arterial
pressure to rise as well, resulting in a lower PP. This is also as expected, since the continuous
pump speed of both devices would logically result in a more continuous afterload.
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4.2.2 MCS Device Flow

With the exception of the IABP, the devices used in this study have flow rates. These values
have been examined. Results seem to show a correlation between a higher device flow and
lower AV flow, combined with a higher mean flow. This conclusion can, however, not be
drawn from these results alone, since these show flow in three different situations. A better
way to evaluate this, would be to evaluate device flow and AV flow with the same pump with
multiple RPM settings. In vivo studies have shown that these devices would contribute to
LV unloading [56] and would thus lead to a lower cardiac output done by the heart itself.
This gives reason to believe that a higher device flow would indeed lead to a lower AV flow
in simulation studies.

The mean device flow is highest for the TandemHeart. This can be explained by the
higher pressure-dependent flow rate the TandemHeart has. However, since the pressure of
the LA was relatively high, as was discussed above, the TandemHeart most likely had a lower
pressure-gradient over the inflow and outflow node. This influences flow rates and therefore
also contributes to higher mean flow through the system.

Time-dependent flow was also evaluated. The highly continuous flow through the Tandem-
Heart may be caused by the small changes in pressure-gradient. However, according to liter-
ature, PP in the femoral artery is approximately 17 mmHg [57]. Still, PP is a result of the
pulsatile output of the LV. CS patients with a TandemHeart implanted, will have a lower ar-
terial PP, compared to a baseline situation (34 mmHg vs 14 mmHg) [58]. This would explain
the lowered femoral artery PP, resulting in an almost constant flow though the TandemHeart.

The PulseCath shows the expected half-sine, as a result of the prescribed inflow-outflow
function. Inflow into the PulseCath is clearly the most pulsatile, compared to the other
devices. This is also as expected because the other devices have a constant motor speed,
whereas the PulseCath functions according to its pulsatile nature.

The Impella 2.5 shows a change in flow, despite constant motor speed. Since the pressure
gradient between the LV and aorta changes throughout the heart cycle, this was expected.
The difference between minimal flow and maximal flow is 1 l/min, with a mean flow of
approximately 2.1 l/min. A proper function for pressure-dependent flow though the Impella
was therefore considered important. As said earlier, the estimated parameters are considered
accurate for this study, but since Impella flow evidently fluctuates, proper determination of
this function might be essential in other studies.

4.2.3 Mechanical Work

Theoretically, the systemic energy and LV work done, should be equal. However a difference of
5% was found. Since the pressures of the LV were averaged by their previous time steps in the
evaluated results, a minor inaccuracy of the calculated LV work is possible and would explain
this difference. Furthermore, an inaccuracy of 5% was considered too low to be significant.
It should however be noted, that this inaccuracy might be higher for the MCS implemented
simulations.

As expected, implemented MCS devices lower the mechanical work done by the LV, both in
absolute values and relative to the systemic uptake. An exception to this, is the IABP, which
shows a higher LV work, compared to the baseline simulation. This still does not necessarily
have a negative impact on the LV, since the IABP will increase coronary perfusion, which is
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important for patients with CS [59].
Differences between the Impella and PulseCath exist as well. The PulseCath gives a higher

systemic energy uptake, but a higher LV work done, compared to the Impella. A possible
explanation is the fact that the Impella pumps during the systole, effectively lowering the LV
volume, resulting in a lower value of

∫
PdV . However, the pulsatile nature of the PulseCath

would, for the same reasons as the IABP, give a higher coronary perfusion.
The TandemHeart gives highest systemic energy uptake. A logical explanation would be

the complete bypass of the LV, resulting in a lower SV, as is shown in the PV-loops. Since
the TandemHeart has the highest device flow, it is understandable that the systemic energy
uptake is higher, even with lower LV work.
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4.3 Mock-loop Study: Discussion of Methods

4.3.1 Model Accuracy

The mock-loop model that was used in this study simulated the cardiovascular system. During
each simulation, a different MCS device was evaluated. In contrast to the human cardiovascu-
lar system, this model simulated cardiovascular properties with resistances and compliances
at specific points, rather than having this implemented continuously. This mock-loop did
not include branches of the peripheral system and was instead modelled as a single systemic
afterload. Furthermore, the atria that were modelled, did not contract and were instead
modelled as compliance chambers, though contraction of the atria does occur in physiology.
Since the mass that is present in the system, is dependent on the volume that was added,
the amount differed from a physiological example. Still, if it is acceptable that this system
only models specific parts of the cardiovascular system, resistances and compliances of the
afterload could be adjusted accordingly, resulting in physiological or pathological flow and
pressure behaviour. Since this study focused on the effects of MCS on heart properties and
general perfusion, this limitation was considered acceptable. However, in retrospect, it would
have been better to include the coronary system in this model, since the evaluated devices
have different effects on coronary perfusion. This would be important to investigate in cases
where CS patients are simulated.

The piston pumps that simulated ventricular behaviour, used servo motors to determine
piston positions during the simulations. Though this meant that volume values of the ventri-
cles could be determined and adjusted, the geometry and material properties of what would be
the ventricle wall, are not accurate. This model would instead focus on the accurate simula-
tion of volume change. Due to the restrictions in geometry, actual volumes that were present,
were not in accordance with physiology. This resulted in a different latency in flow through
the heart valves, since a different amount of mass needed to be accelerated. Furthermore,
since the geometry of the used systems, were not according to the actual anatomy, MCS with
devices based on this anatomy are not able to be implemented. Since the devices used in this
study did not assume geometric ventricle properties, this was not a specific limitation. Still,
future studies might need to evaluate this aspect for reliable results.

4.3.2 Baseline Simulation

The baseline experiment simulated a CS patient by using heart properties that would be valid
for this pathology. As was done for the lumped parameter simulation, the parameters of the
single fibre model were changed.

It was originally intended to use the same parameters for the lumped parameter model and
the mock-loop model, but since these values did not successfully describe CS, parameters for
the single fibre model were changed accordingly. This means that the values that were used
for these parameters might not be accurate themselves, but since the pressure and volume
characteristics of the LV were considered more important, this was acceptable.

As was stated for the lumped parameter model, the single fibre model might not be able to
model mechanical heart properties with anatomical changes caused by CS. This unfortunately
also applies for the mock-loop experiment. Originally, heart contraction was meant to be
controlled by a time-varying elastance model. However, since this model led to systemic
instabilities in practice, the single fibre model was used as an alternative.
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The baseline was created according to literature values [51], stating that the peak systolic
pressure should be below 90 mmHg. The mean flow was 3.1 l/min. However, since literature
values differ, as was stated earlier, the baseline that was created here, may not be correct,
according to every definition.

Furthermore, when the baseline was simulated, a certain resistance was applied. When
MCS was switched on, this resistance did not change, to maintain reproducibility. In a
clinical case, the arterial resistance would likely change, since this is subjected to altered
vasoconstriction, caused by differences in perfusion.

Lastly, the behaviour of the RV was not reported mock-loop study. A known limitation
to this system, is the incapability to properly model this behaviour of the RV. For example,
PV-loops do not show isovolumetric contraction and relaxation. However, peak systolic RV
pressure was around 30 mmHg, which was considered adequate, based on literature values
[54]. Though a more realistic representation of the RV would always be desired, the main
focus was the modelling of the LV, since this is the main point of interest when CS is treated.

4.3.3 Specific Device Limitations

IABP

The IABP was inserted through an inlet inside a tapered resistance screw, distal from the
aorta. In contrast to a physiological example, the aorta that was used in this mock-loop study
had no bifurcations. In a physiological situation, the IABP would cause the blood in the aortic
arch to flow into the present branches and therefore only partially causing flow further distal
into the aorta. Positioning of the IABP would therefore be of importance. Since the aorta
neither contained these side branches, nor had the geometrical properties of the aorta, these
effects could not be studied. These effects could, however, be of influence on the perfusion of
both specific arteries and perfusion in general.

4.3.4 Impella 2.5

The Impella 2.5 was meant to be controlled with the Impella driver, which is also used in
the clinic. The driver was supposed to give level P7 support, resulting in a motor revolution
speed of 47000 RPM [60]. Since this device was not available, the Impella 2.5 was controlled
with non-standard equipment. This equipment controlled the Impella instead, still with
a revolution speed of 47000 RPM. Furthermore, during earlier experiments, measurements
with the Impella were attempted with a silicone rubber valve. Since the Impella caused
regurgitation, the silicone rubber valve was replaced with a porcine AV. Since this valve
needed to be kept in its solution, a minimum duration of usage was desired. Therefore this
valve was only used during the Impella and PulseCath experiments. Using this valve, instead
of the silicon rubber valve, could have influenced the acquired results.

4.3.5 PulseCath

The PulseCath iVAC 3l was inserted through a, normally closed, side branch of the aorta.
The PulseCath was then inserted into the LV, through the porcine AV. The outlet valve of
the PulseCath had an oscillation during outflow into the aorta. This oscillation influenced
measurements of the aortic pressure, since this caused a pressure wave. During the evaluated
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results, this oscillation did not occur. It was assumed that this influence earlier, did not cause
any significant effect during the evaluated time.

4.3.6 TandemHeart

The TandemHeart was connected by two silicone rubber tubes. One tube was inserted into
the LA compliance tank, while the other tube was inserted into the distal part of the aorta.
Initially, the experiment meant to include a TandemHeart driver. Since this driver was not
available, the same set-up was used as for the Impella. This set-up controlled the Tandem-
Heart at 7500 RPM. Normally, the TandemHeart outlet tube would be inserted into the
femoral artery, but since the aorta that was used, was directly connected to the systemic
afterload, a simplified set-up was used. Placement of this outlet tube could therefore have
influenced pressure and flow results that were evaluated.

4.4 Mock-loop Study: Discussion of Results

4.4.1 Perfusion

The baseline that was simulated, had a flow of 3.1 l/min and a MAP of 54 mmHg. It was
expected that these four MCS options would raise both mean flow and MAP. However, the
IABP and PulseCath did not significantly raise these values. Still, the SV and peak systolic LV
pressure were significantly lower, compared to the baseline. This would explain the difference
in both mean flow and MAP. It also shows that these devices take over heart function in these
simulations.

The aortic pressures that were discussed, showed different curves. The PulseCath had a
more continuous pressure profile, since this device ejects during the diastole, thereby lowering
the PP. Impella lowers LV SV, which in turn lowers the PP. The TandemHeart showed a
similar curve compared to the baseline, only higher in pressure values. This can be explained
by the little influence the TandemHeart had on the SV and pressure of the LV. It was expected
though, that the TandemHeart would have lowered the SV of the LV, by drawing volume from
the LA, and bypassing the LV completely, but this is not shown in this experiment. However,
literature would suggest that the TandemHeart would lower the SV of the LV [61]. The IABP
has the highest PP, which was as expected. Still the minimal pressure in the aorta was 0
mmHg. Since this would be the atmospheric pressure, this may very likely not be accurate.
A disturbance in this curve is shown at a pressure of 80 mmHg. This disturbance is caused by
a pressure wave reflection at the point where the aorta is connected at the systemic afterload.
The systemic afterload could be designed in a different way, in order to prevent this, but this
study accepted this inaccuracy instead.

4.4.2 TandemHeart Flow

This study wanted to measure flow through each individual device. Because there was no
suitable flow meter to measure flow through the PulseCath and Impella, this was not possible.
However, since the TandemHeart used tubes that were outside of the experimental set-up,
it was possible to include a flow meter. Flow that was measured through the TandemHeart,
varied between 0.6 l/min during end-systole and 1.3 l/min during end-diastole. The mean
flow was 1 l/min. This was lower than expected, since the TandemHeart should be able to
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pump up to 4 l/min at a speed of 7500 RPM [62]. This may be caused by the difference
in viscosity between blood and water. A more continuous flow profile was also expected,
but because of this lower mean flow, the LV would be more active. This would give more
pulsatility compared to the expected situation.

4.4.3 Mechanical Work

Originally, this study was to include the systemic uptake in terms of energy in the results.
This uptake would have been calculated as:

Esystem = dP̂ · q̂ · t

The values of these results were, however, a factor 2 lower than the LV work done and were
therefore considered unreliable. It would be beneficial to know these values, since these would
clarify both the energy uptake by the system and the work done by the used MCS devices. It
should also be noted, that the pressure values of the shown PV-loops contain negative values,
meaning that the LV pressure values are below atmospheric pressure. This means that the
pressure signals were most likely not correctly calibrated. Since no reasonable compensation
could be applied, this was accepted as a limitation.

The work done by the LV could still be calculated. With the exception of the Tandem-
Heart, all devices lowered the mechanical LV work, though the TandemHeart was the only
MCS device that contributed to the perfusion. However, since the PV-loop that was found,
did not show the results as were expected in literature, the calculated work that was based on
this PV-loop, is questionable. The Impella, however, showed a PV-loop that was according
to literature values [61]. The work that was calculated from this, was therefore considered
reliable. The found work was 0.2 J, which is only 40% of the energy done by the LV in the
baseline simulation.

According to the same literature, the PulseCath should have a similar effect as the Impella
on the PV-loop. Differences between these loops were the isovolumetric relaxation and higher
SV. This was considered valid, since the PulseCath does not draw volume during the diastole,
resulting in less volume draw and no change of volume during the beginning of the diastole.
The LV had a work of 0.3 J, meaning that the PulseCath effectively lowers the LV work.

The PV-loop taken from the IABP support simulation shows a peak systolic LV pressure
of 40 mmHg, which is a factor 2 lower than the baseline simulation. The PV-loop also shows a
significant volume shift to the left, compared to the baseline. However, according to literature
values, there should be no effective change in the PV-loop of the LV [63]. Differences in there
results may be caused by the difference in LV afterload, caused by the IABP, since the IABP
in this study lowered the aortic pressure considerably. Results for this simulation are therefore
questionable, since it was already pointed out that the aortic pressure with IABP support
may not be reliable.
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4.5 Comparison of the Lumped Parameter Model and Mock-
Loop Model

4.5.1 Systemic Differences

Several differences existed between the two used models. The lumped parameter model had
50 different nodes, which were used for pressure and flow calculations. The arteries also
branched into multiple peripheral systems. The mock-loop model, however, did not have
these branches, nor these many different sections of the cardiovascular system. This might
have led to different results in both models. Furthermore, the fact that the lumped parameter
model is software from which pressures and flows can be saved and read at any given node
in the system, research of this software model is done relatively easy. For hardware models,
such as the mock-loop model, research usually include a change or adaptation of existing
hardware. This would logically be less convenient than changing software settings.

Aside from branching and nodal points, the mock-loop model had some physical limita-
tions, compared to the lumped parameter model. First of all, the systemic afterload models
that were used, consisted of compliance tanks and tapered resistance screws. The compli-
ances and resistances that were set, were iteratively set according to the pressure and flow
results that were found in the aorta. Although markings were used, these compliances and
resistances showed to be sensitive to small changes, therefore making it hard to stay at the
exact same values. This is, of course, different for software models with only numerical input.

Another limitation to the mock-loop model, was the inability to realistically represent the
ventricle volumes and connections to the valves. The ventricle compartments consisted of
hard material, which did not represent the ventricles geometrically. Leading to a difference in
latency and compliance. For the lumped parameter model, however, these values could be set
as input, meaning that the ventricular properties could be represented better in this regard.

4.5.2 Differences in Results

Baselines

Since the lumped parameter model has the same baseline for every MCS simulation, no dif-
ferences in baseline simulations exist. This is not true for the mock-loop study, since these
baselines needed to be measured for each MCS simulation. These baselines did show differ-
ences, meaning that the MCS measurements were influenced by different baselines. These
baselines were considered similar and differences were therefore disregarded, but exact sit-
uations like the simulation of the lumped parameter model, would logically be better for
reproducibility and comparison.

PV-Loops

The PV-loops that were observed in both models, had different outcomes. First of all, the
baseline that was found in the lumped parameter study, had higher volumes compared to the
mock-loop study (118 ml - 153 ml and 37 ml- 74 ml respectively). Differences could have been
caused by different parameter values in the single fibre model. When MCS is applied, the
PV-loops acquired from the lumped parameter study show less drop in peak systolic pressure,
compared to the mock-loop study. The IABP and TandemHeart seemed to show different
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results, compared to literature, in the mock-loop study, whereas the lumped parameter study
showed results accordingly.

Aortic Pressure and Pulse Pressure

The aortic pressures that were acquired for the TandemHeart, similar MAP but different PP
results. PP results would perhaps be similar, if the mean flow through the TandemHeart
would be the same in these two simulations, but this has not been researched.

The Impella shows lower PP in both situations, but a lower MAP in the mock-loop
study. Literature shows that MCS of the Impella 2.5 should lead to higher MAP [64], which
gives reason to believe that the lumped parameter model gives more realistic results in this
situation.

The PulseCath also shows a lower PP in both situation but a lower MAP in the mock-loop
study. In this case, literature also suggests that the PulseCath should give a higher MAP
[35] and would therefore give reason to believe that the lumped parameter model gives more
realistic results in this situation as well.

The IABP has a similar effect on both the mock-loop study and lumped parameter model,
but has a PP of 130 mmHg in the mock-loop study compared to a PP of 22 mmHg in the
lumped parameter study. This difference is caused by the extreme drop in aortic pressure in
the mock-loop study. When literature findings of experiments with the IABP are reviewed,
the results of the lumped parameter study are more comparable and therefore considered
more realistic [65].

Data of Work and Energy

The results of Work done in the LV in the mock-loop study, gave values for MCS relative to
the baseline, compared to the lumped parameter model. This is caused by the different effects
these devices have on the PV-loops. The discussion of these PV-loops drew the conclusion
that the results of the lumped parameter model are more realistic in this regard. Since the
calculations of the LV work are based directly on the data of these PV-loops, the calculated
LV work is therefore considered more realistic in the lumped parameter study as well.
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Chapter 5

Conclusions

This study attempted to compare four MCS devices in both a simulated lumped parameter
model and a mock-loop model. The performance of these devices were evaluated based on
their influences on mean flow, arterial pressure, LV volumes and pressures and flow through
MCS devices. According to the lumped parameter model, the TandemHeart gives the highest
improvement in perfusion, while reducing LV work. The PulseCath iVAC 3l and Impella 2.5
give show less performance in perfusion and LV work reduction compared to the TandemHeart
and show similar results in these regards compared to each other. The IABP has little
improvement on perfusion and LV work reduction, but does show a high, PP with respect to
the other MCS devices.

The mock-loop model Showed contradicting results. The TandemHeart does have the
highest effect on perfusion, but does not lower LV work. In addition, the LV work with IABP
support is lowered to 33% of the baseline LV work. The Impella and PulseCath do improve
flow, but do not improve MAP. The IABP did show improvement of PP. Other devices showed
lower PP during MCS.

Comparison of these models showed that the lumped parameter study gave more accurate
values, according to found literature. Therefore, the lumped parameter model would give a
better comparison of the simulated MCS devices that were used in this study, compared to
the mock-loop model. This in turn gives reason to believe, that the lumped parameter model
may give more accurate results on other MCS devices as well. Still, the MCS devices that were
implemented in the lumped parameter model, were simulated, either based on experimental
data of these devices themselves, or derived from experimental data similar to these devices.
Unless characteristics of a different MCS device can be estimated without experimental data,
it would not be possible to simulate such a device. It is therefore likely that a prototype of a
new MCS device cannot directly be tested with a lumped parameter study and would require
experimental data from e.g. animal test or mock-loop studies instead.

The used mock-loop study at the TU/e showed questionable results regarding MCS flow,
arterial pressure and LV behaviour. New prototypes could always be observed in this ex-
perimental set-up, but conclusions from such experiments should be drawn carefully. These
prototypes could instead be tested with animal test studies, but this would unfortunately
include the disadvantages that animal tests have. Mock-loop experiments may therefore still
be desirable, but in order to test MCS with the used mock-loop reliably, the discussed points
in this study need to be implemented. Only then can mock-loop experiments be the preferred
option for testing MCS.
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Chapter 6

Appendix

6.1 Simulation Model

Figure 6.1: Pressure-time curves of the left ventricle, as well as the preload and afterload, for
the Impella 5.0 simulation.
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6.2 Mock-loop experiment Procedure

6.2.1 Device implementation

IABP Implementation

1. Place the IABP into the aorta, through the inlet distal from the aorta.

2. Connect the IABP to the driver.

3. Connect the driver to the PC.

4. Enable the IABP control in the system, with support ratio 1:1.

PulseCath Implementation

1. Place the PulseCath into the LV and the aorta, through the alternate LV inlet and
separate, most proximal, branch on the aorta.

2. Connect the PulseCath to the IABP driver.

3. Connect the driver to the PC.

4. Enable the IABP control in the system, with support ratio 1:1.

Impella Implementation

1. Place the Impella into the LV and the aorta, through the alternate LV inlet and separate,
most proximal, branch on the aorta.

2. Connect the Impella to the LVAD driver.

3. Connect the driver to the PC.

4. Enable the LVAD control in the system.

TandemHeart Implementation

1. Place the TandemHeart into the AV and the aorta, through the alternate AV inlet and
separate, most distal, branch on the aorta.

2. Connect the Impella to the LVAD driver.

3. Connect the driver to the PC.

4. Enable the LVAD control in the system.
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6.2.2 System preparation

1. Fill all compliances according to their indication marks.

2. Balance all pressure sensor amplifiers.

3. Apply a filling pressure of 7 mmHg.

4. Start a simulation with default settings.

5. Adjust resistances, until physiological pressure- and flow values are reached.

6. Stop the simulation.

7. Set the RV contractility to 0.8, the LV contractility to 0.4, the wall volume to 160 ·10−2

m3 and cavity volume to 60 · 10−2 m3 in the four chamber model.c script.

8. Recompile the c script. Rebuild the Matlab program.

9. Set the heart rate to a fixed value of 80 BPM in Simulink.

6.2.3 Initiating experiments

1. Start the mock-loop experiment after all necessary preparations are performed.

2. Wait for the system to reach a steady state.

3. Confirm if the steady state shows the expected pathological properties.

4. If this measurement is performed with a MCS device, initiate this device. Set the device
performance to a maximum gradually.

5. When maximum performance is reached, confirm if the system is in a steady state.

6. Continue measurements in steady state for 30s.

7. Stop the experiment. All data will be saved to the file fcm1.mat.

6.3 Disclaimer: Requesting Matlab Simulation Code

Since the vast majority of the used code was written by others and is legally owned by the
TU/e, the source code is not publicly available. Those who are interested in examining this
code or want to use it, can request this code from Marcel Rutten at the TU/e.
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