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Abstract
Heart failure is one of the leading causes of death in the developed countries. The use of ventricular assist devices (VADs) is an option for treating patients with end-stage heart failure which is increasingly applied,
while heart transplantation represents the gold standard therapy. The
reason for the increased use is both due to a shortage of donor organs
and the improvement of VAD technology. One important engineering
task in the field is the feedback control of VADs. Besides the adaptation of the operating point of the pump to the physiological demand, a
synchronization of the action of the VAD to the cardiac cycle has shown
to have a significant effect on hemodynamics in previous research. This
thesis aims at extending the state of knowledge in this specific area.
This is realized by establishing an algorithm that synchronizes a VAD
to the cardiac cycle based on the electrocardiogram while being robust
to disturbances and arrhythmic events. The results of an in vivo study
using a cardiac-cycle synchronized volume-displacement VAD are presented. These results indicate that controlling the timing of a volumedisplacement VAD with respect to the cardiac cycle yields control over
hemodynamic variables. Further, the previous research on cardiac-cycle
synchronized actuation of turbodynamic VADs (tVADs) is summarized
and a definition of the phase shift between such a device and the cardiac
cycle is established that allows to compare the hemodynamic effects obtained by different research groups that applied such speed modulation
strategies. Finally, a methodology is presented that allows for numerical
optimization of cardiac-cycle synchronized speed profiles of a tVAD. It
is demonstrated that the values of user-defined physiological objective
functions can be further improved by using optimized speed profiles compared to the traditionally used square- or sine-wave speed profiles. The
tools developed during the course of this thesis are thought to be appli-
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cable to any type of VAD and are hopefully helpful to conduct further
research in this field.
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Zusammenfassung
Herzinsuffizienz ist eine der häufigsten Todesursachen in den entwickelten Ländern. Die Implantation eines linksventrikulären Herzunterstützungssystems (Ventricular assist device; VAD) wird zunehmend zur Behandlung von Patienten mit Herzinsuffizienz im Endstadium angewandt,
während die Herztransplantation der Goldstandard bleibt. Der Grund
für diese Zunahme ist einerseits der Mangel an Spenderherzen f ür Transplantationen und andererseits die Verbesserung der Technologie im Bereich der VADs. Eine wichtige Engineering-Aufgabe besteht in der Regelung von VADs. Neben der laufenden Anpassung des Betriebspunktes
der Blutpumpe and den physiologischen Bedarf hat die bisherige Forschung gezeigt dass ein synchroner Betrieb des VADs zum Herzzyklus
einen signifikanten Effekt auf die Hämodynamik hat. Das Ziel der vorliegenden Dissertation ist es, den Stand des Wissens in letzterem Bereich
zu erweitern. Dies wird realisiert durch die Entwicklung eines Algorithmus der mit Hilfe des Elektrokardiogramms die Synchronisierung eines
VADs zum Herzzyklus ermöglicht, wobei der Algorithmus robust gegen
Herzrhythmusstörungen ist. Die Resultate einer in vivo Studie werden
gezeigt, in der ein nach dem Volumenverdrängungs-Prinzip arbeitendes,
zum Herzzyklus synchronisiertes, VAD analysiert wird. Diese Resultate
zeigen dass die zeitliche Koordinierung des VADs zum Herzzyklus eine
kontrollierte Variation von hämodynamischen Parametern ermöglicht.
Weiter werden die Resultate bisheriger Forschung bezüglich Herzzyklussynchronisierter Aktuierung turbodynamischer VADs zusammengefasst.
Eine Definition der Phasenverschiebung zwischen einer solchen Blutpumpe und dem Herzzyklus wird festgelegt, die es ermöglicht, die hämodynamischen Effekte die von verschiedenen Forschungsgruppen erzielt
wurden miteinander zu vergleichen. Des weiteren wird eine Methodik
präsentiert, die es erlaubt optimierte Drehzahlprofile für Herzzyklussynchronisierte turbodynamische VADs numerisch zu berechnen. Es wird
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Zusammenfassung
gezeigt dass solche Drehzahlprofile die Werte von benutzerdefinierten,
physiologisch motivierten, Gütekriterien im Vergleich zu traditionell verwendeten Drehzalprofilen (Sinus- oder Rechteckspulsförmige Drehzahlprofile) weiter verbessert werden können. Die während dieser Arbeit entwickelten Ansätze sind so konzipiert dass sie für verschiedene Typen von
VADs anwendbar sind und somit einen nützlichen Beitrag zur weiteren
Forschung auf dem Gebiet liefern können.
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Nomenclature
Symbols
HR
HRinst
d
HR
DR
ΔHR
ΔDR
δE
δR
δI
δPVAD
γc
γd
ϕ
Δϕ
ϕref
eϕ
ϕp
ωc
ωA
ωL
ωH

Actual heart rate
Instantaneous heart rate obtained from R-wave
detection applied to an electrocardiogram
Estimated heart rate
Device rate
d and HR
Difference between HR
d
Difference between DR and HR
Event series describing the output of an R-wave
detector applied to an electrocardiogram
Event series describing the occurrence of
regular heart beats
Event series describing the occurrence of
irregular heart beats
Event series to trigger the start of the systolic
phase of a pulsatile ventricular assist device
Periodic cardiac cycle signal
Periodic device cycle signal
Phase shift between γc and γd
Change in phase shift within one cardiac cycle
Reference phase shift
Phase-shift error between ϕref and ϕ
Pulse width
Mean tVAD speed during one cardiac cycle
tVAD speed amplitude
Minimum tVAD speed during one cardiac cycle
Maximum tVAD speed during one cardiac cycle

[bpm]
[bpm]
[bpm]
[bpm]
[bpm]
[bpm]
[-]
[-]
[-]
[-]
[-]
[-]
[-]
[-]
[-]
[-]
[-]
[rpm]
[rpm]
[rpm]
[rpm]
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Nomenclature

Acronyms
BTR
BTT
DT
ECG
LV
LVAD
NLP
OCP
VAD
pVAD
tVAD
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Bridge-to-recovery
Bridge-to-transplant
Destination therapy
Electrocardiogram
Left ventricle
Left ventricular assist device
Nonlinear program
Optimal-control problem
Ventricular assist device
Pulsatile ventricular assist device
Turbodynamic ventricular assist device

1 Introduction
This Section gives an introduction to this thesis. In Section 1.1, the
physiological function of the heart as well as heart failure are described.
Section 1.2 introduces ventricular assist devices (VADs). The related
tasks that are to be solved using control systems technology are described
in Section 1.3. Section 1.4 gives an outline of the current thesis and states
the scientific contributions associated with it.

1.1 Heart (failure)
The heart is the organ that maintains the blood circulation [1]. Its
two main compartments, the left and the right ventricles, maintain the
systemic and the pulmonary circulation, respectively. Both chambers
contain an inlet valve and an outlet valve that ensure unidirectional
flow in the physiologic case and both are assisted by their atria. These
additional actively contracting chambers contribute to the filling of the
ventricles. The rhythmical excitation of the heart ensures a coordinated
contraction of the four chambers and this activity can be recorded using
the electrocardiogram. Several autoregulation mechanisms ensure that
the hydraulic power output of the heart is in accordance with the needs
of the organism. These mechanisms influence the heart rate and the
contractile strength of the heart within a timescale of a few seconds. In
a larger timescale, the heart has the ability to remodel, meaning that its
muscle mass is changed in response to the average hydraulic load [2, 3].
Various cases of heart failure can occur when any of these physiological processes fails. A definition of heart failure is given in [4]:
“Heart failure can be defined as an abnormality of cardiac structure
or function leading to failure of the heart to deliver oxygen at a rate
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commensurate with the requirements of the metabolizing tissues, despite
normal filling pressures (or only at the expense of increased filling pressures).”
A large number of treatment options for the different manifestations
and severity levels of heart failure exists [4]. Interventions range from
patient education at an early stage of heart failure with no symptoms
to pharmacological treatment, surgical interventions such as valve repair
or replacement and finally to mechanical circulatory support and heart
transplantation. In case of severe heart failure, a heart transplantation is
the gold standard today. VADs are increasingly applied today. Reasons
for this increase are the fact that the outcome of VADs in terms of mortality has approached the one of heart transplantation in the last years
as well as that the number of patients on the waiting list for heart transplantation is growing due to a shortage of available donor organs [5]. The
costs of treating a patient with a VAD are higher than the costs of heart
transplantation today such that economic concerns become increasingly
important in the field of mechanical circulatory support [6].

1.2 Ventricular assist devices
VADs are mechanical blood pumps that partially or completely assume
the function of the heart. In most cases, a left ventricular assist device
(LVAD) is used, since in the majority of cases the left ventricle is affected
by heart failure.
The first animal experiment with an artificial heart was conducted in
the 1930’s in the former soviet union, whereas the first implant of an
artificial heart in the western world was conducted in 1957 in a dog [7].
An early clinical use of a blood pump as a left ventricular assist device
occurred in 1966 and is described in [8]. The first heart transplant in a
human, performed in 1967, was followed by the first use of a total artificial heart (TAH) in a human in 1969 as a bridge-to-transplant (BTT)
[9]. These seminal events were followed by the development of several
different VADs in the following decades.
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1.3 Control tasks for ventricular assist devices
A further landmark in the clinical use of VADs is represented by the
“Randomized Evaluation of Mechanical Assistance for the Treatment
of Congestive Heart Failure’ ’ (REMATCH) trial, carried out between
1998 and 2001. In this multicenter study, it was shown that the use
of LVADs offers improved survival and an increase in quality of life in
patients with end-stage heart failure when compared with optimal medical management [10]. This trial was conducted using first-generation,
volume-displacement VADs. Subsequently, second-generation turbodynamic VADs entered clinical trials. The approval of the U.S. Food and
Drug Administration (FDA) for such a device for BTT in 2008 and for
destination therapy (DT) in 2010 led to an increasing use of this type of
VAD, as revealed by the “Interagency Registry for Mechanically Assisted
Circulatory Support’ ’ (INTERMACS) database [11]. Second-generation
devices are followed by third-generation turbodynamic VADs, differing
in the bearing design, which are also in clinical use today [12]. In addition to BTT and DT, the therapy form bridge-to-recovery (BTR) is
aimed for in certain cases, where the device is explanted after a reversal
of heart failure [13, 14].

1.3 Control tasks for ventricular assist devices
Tasks related to various engineering disciplines need to be addressed
when developing a VAD [15, 16], one of them is the feedback control of
VADs which is still developing [17]. Control of a device that interacts
with the human body is a delicate task, since the body itself is a system containing a large amount of regulation mechanisms for achieving
homeostasis [18].
In the following, the control tasks related to VADs are categorized.
Independent of the technical operating principle of the device at hand,
two main groups of control tasks arise:
Low-level control: Control of the individual components of
the blood pump.
High-level control: Control of the interaction between the
blood pump and the cardiovascular system.
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The low-level control has the goal of realizing the primary objective of a
VAD, namely generating a blood flow. For the example of turbodynamic
VADs, the speed of the impeller is the controlled variable. These control
tasks are not within the scope of this thesis. The high-level control aims
at the interaction between the device and the cardiovascular system.
Due to the cyclic operation of the heart, this task can be further divided
into two subtasks:
Mean-value control: Slow control, adaptation of the pump
operating point such that the physiological demands are met.
The time constant of these processes is larger than the duration
of one cardiac cycle.
Cycle-based control: Fast control, synchronized to the cardiac cycle. The time constant of these processes is smaller than
the duration of one cardiac cycle.
The mean-value control focuses on physiologic adaptation of the perfusion provided by the VAD. Various approaches to solve this problem
exist, the basic problem is outlined in [19]. Only one controller of this
type has been applied clinically [20] in the case of tVADs. An overview
about this type of control as well as a new approach for solving this task
is presented in [21].
The cycle-based control, which is the focus of the current thesis, aims
at influencing the timing of the action of the VAD with respect to the
cardiac cycle. In volume-displacement VADs, which are inherently pulsatile, a pump rate needs to be chosen. If this rate is not equal to the
heart rate, hemodynamic parameters reveal a cyclic variation. In cyclebased control, the rate of the VAD is actively set equal to the heart rate.
The phase shift between the systolic phases of the two pumps can be
used as a variable to influence the hemodynamics. In the case of tVADs,
there is no need for cycle-based control as long as the speed is set to a
constant value. Speed modulation, where speed profiles synchronized to
the cardiac cycle are applied, offers an increased control authority over
the hemodynamics at the cost of increased complexity of the control system. Exploitation of this additional control authority has an effect both
on the pulsatility in the arterial system downstream of the pump and on
the ventricular load upstream of the pump.
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1.4 Objective and contributions of this thesis
This thesis aims at adding knowledge to and providing tools for the research field of cycle-based control of VADs. The effect of the cycle-based
control of VADs on the cardiovascular system is analyzed under various
settings. As a necessary basis, an algorithm is presented in Section 2 that
handles synchronization of a VAD to the cardiac cycle for any VAD under the presence of irregular heart beats based on a measurement of the
electrocardiogram and is validated both in silico and in vitro. This algorithm provides the basis for realizing studies that use cycle-based control
in vivo under controlled conditions. Section 3 describes the results of an
acute animal study in sheep, where the effect of a volume-displacement
VAD that is synchronized to the cardiac cycle was analyzed in vivo.
Section 4 gives an overview of previous research on speed modulation of
tVADs and suggests a definition of the parameter phase shift that allows
comparing the outcomes of different studies in the field. Section 5 describes a methodology that allows to calculate speed profiles for tVADs
in silico that optimize a specific, user-defined objective function based
on a lumped-parameter model of the circulatory system and a tVAD.
Section 6 concludes the thesis.
The Sections 2-5 are composed of the following scientific publications:
• R. Amacher, G. Ochsner, A. Ferreira, S. Vandenberghe, and M. Schmid
Daners. A robust reference signal generator for synchronized ventricular assist devices. IEEE Trans. Biomed. Eng., 60(8):2174–
2183, 2013
• R. Amacher, A. Weber, H. Brinks, S. Axiak, A. Ferreira, L. Guzzella,
T. Carrel, J. Antaki, and S. Vandenberghe. Control of ventricular unloading using an electrocardiogram-synchronized Thoratec
paracorporeal ventricular assist device. J. Thorac. Cardiovasc.
Surg., 146(3):710–717, 2013
• R. Amacher, G. Ochsner, and M. Schmid Daners. Synchronized
pulsatile speed control of turbodynamic left ventricular assist devices: Review and prospects. Artif. Organs, 2013. Accepted for
publication.

5

1 Introduction
• R. Amacher, J. Asprion, G. Ochsner, H. Tevaearai, M. J. Wilhelm,
A. Plass, A. Amstutz, S. Vandenberghe, and M. Schmid Daners.
Numerical optimal control of turbodynamic ventricular assist devices. 2013. Submitted for publication.
The author of this thesis thanks all the co-authors for their contributions.
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2 A robust reference signal
generator for synchronized
VADs

2.1 Abstract
Ventricular assist devices (VADs) are blood pumps that offer an option
to support the circulation of patients with severe heart failure. Since
a failing heart has a remaining pump function, its interaction with the
VAD influences the hemodynamics. Ideally, the heart’s action is taken
into account for actuating the device such that the device is synchronized
to the natural cardiac cycle. To realize this in practice, a reliable realtime algorithm for the automatic synchronization of the VAD to the
heart rate is required. This paper defines the tasks such an algorithm
needs to fulfill: the automatic detection of irregular heart beats and the
feedback control of the phase shift between the systolic phases of the
heart and the assist device. We demonstrate a possible solution to these
problems and analyze its performance in two steps. First, the algorithm
is tested using the MIT-BIH arrhythmia database. Second, the algorithm
is implemented in a controller for a pulsatile and a turbodynamic VAD.
These devices are connected to a hybrid mock circulation where three
test scenarios are evaluated. The proposed algorithm ensures a reliable
synchronization of the VAD to the heart cycle, while being insensitive
to irregularities in the heart rate.

7

2 A robust reference signal generator for synchronized VADs

2.2 Introduction
Throughout the world, the number of patients receiving a ventricular assist device (VAD) due to severe heart failure is increasing. Over the past
two decades, various VADs have been developed and used clinically [12].
Although researchers have analyzed various control strategies for VADs
[20, 26–31], the clinical application of physiological control of these devices is limited. Turbodynamic VADs (tVADs) run at a constant speed,
while pulsatile VADs (pVADs) are mostly operated at a fixed rate.
Synchronized VAD actuation has been under investigation for both
pVADs [23, 32] and tVADs [33, 34] with the goal of optimizing and stabilizing the interaction between the heart and the device. The most common method to enable synchronization is to use the electrocardiogram
(ECG) for heart-rate detection, for which a number of signal processing
methods exists [35–37]. While there is no clinically used tVAD to date
that uses synchronized, pulsatile speed profiles, some driving units for
pVADs include the option of ECG based triggering. However, reliability problems related to arrhythmia detection, unavailability of portable
ECG sensing units as well as limited computational power to realize
synchronization algorithms have prevented this mode from being used
widely. The aforementioned problems have become less severe in recent
years since significant progress has been made in the field of wearable
biosensing systems [38, 39]. The gap between the research on benefits of
the synchronized actuation of VADs and its practical realization needs to
be closed by establishing a well-defined synchronization algorithm. The
reliability of such operating modes strongly influences their acceptance
by clinicians.
In this paper, we present a real-time algorithm for the ECG-based
synchronization of VADs which is robust to disturbances in heart rate
and allows controlling the phase shift between the systolic phases of
the heart and the VAD. The algorithm can be used for both tVADs in
pulsing mode and pVADs. We analyze its performance based on the
MIT-BIH arrhythmia database [40, 41] and demonstrate the capabilities
of the method for a tVAD and a pVAD with experiments on a hybrid
mock circulation.
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2.3 Methods
This section consists of three parts: In Section 2.3.1, the structure of the
proposed synchronization algorithm is defined and its individual parts
are described in detail. Section 2.3.2 describes a validation of the algorithm in simulation based on the MIT-BIH arrhythmia database, and
Section 2.3.3 describes a validation of the algorithm based on in vitro
experiments.

2.3.1 Synchronization algorithm
If a VAD needs to be actuated such that it operates synchronously to
the cardiac cycle, a reliable estimate of the heart rate needs to be available. The requirements of the synchronization algorithm are defined
in accordance with the graphs shown in Fig. 2.1, with Fig. 2.1a) showing an extract of the ECG of record #9 from the MIT-BIH arrhythmia
database where a series of irregular heart beats occurs. The vertical
grey lines indicate the instants in time where an R-wave would occur if
the heart-rate remained stable. Fig. 2.1b) shows how the RR-duration
varies due to arrhythmias compared to the RR-duration resulting from
the hypothetical undisturbed heart rate. Fig. 2.1c) shows the phase offset between the actual and the hypothetical R-waves. It can be seen that
after 15 s the actual rate stabilizes at the same value as between 0 s and
5 s, but with a phase offset. Both phenomena, arrhythmias and phase
offsets resulting therefrom, need to be considered by the synchronization algorithm: First, the device rate should not be equal to the heart
rate during the occurrence of irregularities, but should remain constant
such that irregularities are not reproduced by the device. Second, if the
device rate stays constant during irregularities, the phase shift between
the heart and the device can change and needs to be corrected. This
is necessary because this phase shift influences the load on the ventricle
[23, 34].
In this paper, the cardiac cycle signal γc is defined as a periodic
sawtooth-shaped signal between 0 and 1, where the value 0 indicates
the occurrence of an R-wave in the ECG or, equivalently, the start of
ventricular systole. A similar signal γd is defined for the VAD according
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ECG (V)

a)
1
0

RR duration (s)

−1
1.5 b)
1
0.5
0

Phase offset (-)

0.5 c)
0.25
Phase offset: 0.2
0
0

5

10

15

20

Time (s)
Figure 2.1: Illustration of an ECG including a series of irregular beats starting after
6 s. Panel a) shows an extract of the ECG of record #9 from the MIT-BIH
arrhythmia database. The grey vertical lines indicate the instants in time
when an R-wave would be expected if the heart rate was undisturbed.
Panel b) shows the instantaneous RR-duration for each beat. The RRduration returns to the initial value of 0.99 s after a series of arrhythmic
events. Panel c) shows the phase offset that results after the occurrence of
the irregular beats with respect to the hypothetical undisturbed R-wave
series. The phase offset is defined as the difference in time between the
hypothetical and the actual occurrence of the R-wave, normalized by the
RR-duration. After the irregularities, a phase offset of approximately 0.2
persists.
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Figure 2.2: Panel a) shows an extract of an ECG. Panel b) shows the corresponding
periodic cycle signals for the heart γc and the device γd . A reference
phase shift ϕref of 0.5 is set and the actual phase shift ϕ is equal to 0.3.
The current phase shift error eϕ is therefore equal to −0.2.
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to Fig. 2.2. This signal is to be used for calculating a reference signal for
a VAD that is synchronized with the cardiac cycle. We further define
the reference phase shift ϕref as the desired time delay between γc and
γd , normalized by the current RR-duration of the cardiac cycle. As illustrated in Fig. 2.2b), the phase shift error eϕ is defined as the negative
difference between ϕref and ϕ.
Based on the requirements defined previously, the synchronization algorithm consists of four main stages (see left-hand side of Fig. 2.3). First,
an event detection stage is necessary. In our implementation we use for
this purpose an R-wave detection on the ECG to generate the event sed needs to track the sinus
ries δE . Second, the estimated heart rate HR
rhythm of the heart, despite arrhythmic events or errors in the event
detection stage. Slow changes in the actual heart rate HR originating
from autoregulatory mechanisms need to be tracked, while irregularities
need to be detected and ignored for actuating the device. Irregularities
can be caused by actual irregular heart beats or a failure in the event
d two event series δR and δI indicating
detection stage. In addition to HR,
regular and irregular events are generated. Third, the phase shift needs
to be controlled to reject disturbances as indicated in Fig. 2.1c) as well
as to apply reference tracking on a user defined reference phase shift
ϕref . This stage generates the periodic device cycle signal γd (t), as well
as a gain kp (t) that can be used to modulate the pulsation amplitude
for tVADs and an event series δPVAD to trigger the ejection phase of a
pVAD. Fourth, a reference speed ω(t) for the tVAD is calculated. These
four stages are described in the following.

Event detection
An analysis of a number of R-wave detection algorithms is described in
[42]. The sensitivity and positive predictive rate of the R-wave detection
algorithms analyzed are all above 99% such that this can be considered
as a problem solved. In this paper, we use the R-wave detector presented
in [43], which was reported to detect 99.3% of R-waves correctly in the
MIT-BIH arrhythmia database. The event series δE generated by this
detector is provided to the next stage of the synchronization algorithm.
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Figure 2.3: The architecture of the synchronization algorithm. The input is the measured ECG, the output is either a reference speed trajectory ω for a tVAD
or an event series δPVAD that indicates the start of ejection of a pVAD.
The algorithm consists of four stages applied serially: event detection,
estimation of sinus rhythm, phase-shift control and calculation of a reference signal for the VAD. The output of the phase-shift controller are the
device cycle signal γd (t) and a gain kp (t) that can be used to modulate
the pulsation amplitude of a tVAD, as well as the event series δPVAD that
is used to trigger the systolic phase of a pVAD.
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Estimation of sinus rhythm

The task of the sinus rhythm estimator is to generate an estimate of
the sinus rhythm of the heart based on the event series δE . Numerous
approaches exist of various levels of complexity to detect ectopic beats
[44–51].
In this paper, we use an algorithm of low computational complexity
presented in [48], which is executed every time an event δE occurs. The
algorithm consists of two steps: First, the instantaneous heart rate is
calculated as
60
60
HRinst (k) =
=
(2.1)
tk − tk−1
RRinst (k)
where k is a counter variable for the detected events δE , tk denotes
the time at the occurrence of such an event, and RRinst (k) denotes the
instantaneous RR-duration in seconds such that HRinst (k) is given in
beats per minute (bpm). Second, the algorithm evaluates whether the
beat just detected can be assumed to be regular. If the inequality
|RRinst (k) − RRinst (k − 1)| ≤ η1 ∙ RRinst (k)

(2.2)

is satisfied, the current beat is classified as regular, and an event δR is
generated. Otherwise an event δI is generated. The tuning parameter
η1 defines the maximum relative deviation between two successive RRdurations for which the current heart beat is assumed to be regular. The
d is defined as
estimated heart rate HR
(
HRinst (k), for δR
d
HR(k) =
(2.3)
d − 1), for δI .
HR(k
If an irregular event occurs, the algorithm rejects the instantaneous heart
rate HRinst and uses the last valid estimate. The output of the sinus
d and the two event series
rhythm estimator is the estimated heart rate HR
δI and δR . All three signals are passed to the phase-shift controller.
14

2.3 Methods
Phase-shift controller
The phase-shift control stage needs to fulfill three tasks: First, a periodic
device cycle signal γd (t) needs to be generated that can be used to control
a VAD. Second, the current phase shift error eϕ as well as a pulsatility
d and eϕ , the device
gain kp (t) need to be calculated. Third, based on HR
rate DR has to be calculated. These three steps are illustrated on the
right-hand side of Fig. 2.3 and are described in the following.

Generation of the device cycle signal: An integral pulse frequency
modulation (IPFM) model is used to generate the desired sawtoothshaped signal γd (t), as defined in Fig. 2.2. This signal is continuous in
time and is generated by an integrator that is reset to zero when it
reaches the value one. The input of the integrator is
uϕ (k) =

DR (k)
60

(2.4)

with units s−1 where DR(k) is the device rate in bpm, which will be
defined later. The instants in time where the integrator is reset are used
to generate the event series δPVAD that is used to trigger the start of the
systole of a pVAD. This signal ensures that the pVAD is triggered once
per heart beat at the correct phase shift ϕref .

Calculate phase-shift error and pulsatility gain: At every event δR , it
is known that an R-wave occurred and the current phase shift is
ϕ(r) = γd (tr ) − γc (tr ) = γd (tr )

(2.5)

where r is a counter variable for regular events δR and tr denotes the time
when such an event occurs. The second equality in (2.5) is due to the
fact that γc (tr ) is equal to zero by definition, according to Fig. 2.2. The
phase-shift error is calculated by evaluating three possible phase-shift
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error candidates as
eϕ,1 (r)

=

eϕ,2 (r)

=

eϕ,3 (r)

=

− ϕref (r) − ϕ (r)



− ϕref (r) − (ϕ (r) − 1)




− ϕref (r) − (ϕ (r) + 1) .

(2.6)
(2.7)
(2.8)

The actual phase shift error eϕ that is used is the error candidate with
the smallest magnitude. The reason for analyzing these three error candidates is the periodicity of the signal γd : If for example the reference
phase shift ϕref (r) is equal to 0.9 and the current phase shift ϕ(r) is
equal to 0.1, the phase shift error is not equal to −0.8 according to (2.6)
but equal to 0.2 according to (2.8). The evaluation of the phase shift
error eϕ based on this method ensures that its value is always between
−0.5 and +0.5. If an event δI occurs, no information about the phase
shift is available and eϕ is set to zero.
The gain kp (t) is equal to one under regular conditions, but is set
to zero if either an event δI occurs or the absolute value of the phase
shift error is higher than 0.1. This gain can be used to modulate the
amplitude of the pulsatile part of the reference speed of a tVAD, as
will be described later. When synchronization is switched ON again,
meaning that there is a regular heart rate and the phase-shift error is
within reasonable limits, the gain kp (t) is ramped up to one. The reason
for ramping up the gain kp (t) instead of instantaneously setting it to one
is that it enables a slow activation of pulsatility.
Calculate device rate: The device rate DR is calculated depending on
d and eϕ . Assuming that the estimated heart
the current values of HR
d
rate HR stays constant, the change in phase shift that results over one
heart beat depending on the device rate DR is
Δϕ(k) =
Solving (2.9) for DR results in

DR(k)
− 1.
d
HR(k)


d (k) ∙ 1 + Δϕ (k) .
DR (k) = HR
16

(2.9)

(2.10)

2.3 Methods
A possible solution is to choose in every step the change in phase shift
Δϕ(k) to be equal to the current phase-shift error eϕ (k). This selection
ensures that the phase-shift error is corrected within one heart beat.
However, it results in a deviation of the device rate DR from the estid This deviation can be limited by saturating
mated sinus rhythm HR.
DR as
d
DRsat± (k) = HR(k)
∙ (1 ± η2 ) ,
(2.11)

where η2 is a tuning parameter that defines the maximum allowed relad A comparison of (2.10) and (2.11) shows
tive deviation of DR from HR.
d is the same as limiting the
that limiting the deviation of DR from HR
change in phase shift Δϕ per heart beat. The DR that respects the
limitation imposed by the tuning parameter η2 is calculated by

o
n

d ∙ 1 + max − η2 , min η2 , eϕ (k)
.
(2.12)
DR(k) = HR

d of 60 bpm and
Equation (2.12) is shown in Fig. 2.4 for a value of HR
for two different values for the tuning parameter η2 . If η2 is chosen to
be equal to 0.5, DR is not saturated and the current phase-shift error is
corrected within one heart beat since the maximum magnitude of eϕ is
also equal to 0.5. Setting η2 to a value less than 0.5 results in smaller
d at the cost of a reduced control
values for the deviation of DR from HR
authority with respect to the phase shift.

Reference signal for tVAD
For the case of a tVAD we chose to apply a sine wave speed profile that
is synchronized to the heart rate. The VAD speed is

ω(t) = ωc + kp (t) ∙ ωA ∙ sin 2 ∙ π ∙ γd (t) ,

(2.13)

where ωc is the constant mean speed and ωA is the amplitude of the sine
wave to be applied. If the pulsatility gain kp (t) is equal to zero, the VAD
is operated at a constant speed.

17

Device rate (bpm)

2 A robust reference signal generator for synchronized VADs

80

η2 = 0.5
η2 = 0.05

60
40
−0.5 −0.4 −0.3 −0.2 −0.1

0

0.1

0.2

0.3

0.4

0.5

Phase shift error (-)

Figure 2.4: Feedback law used to calculate the device rate for the example of an
estimated heart rate of 60 bpm, depending on the phase-shift error as
defined in (2.12). Two cases are shown with different allowed relative
deviations of the device rate to the estimated heart rate, as defined by
the tuning parameter η2 .

2.3.2 Offline validation using the MIT-BIH arrhythmia
database
The performance of the proposed algorithm defined in Section 2.3.1
is evaluated using the MIT-BIH arrhythmia database [40, 41]. This
database consists of 48 ECG recordings with a duration of 30 min each.
Every beat has been labeled by trained cardiologists, such that the exact occurrence time of all heart beats as well as the type of the beat
(normal sinus rhythm or various types of arrhythmias) are known. It is
thus possible to obtain from the database the actual heart rate HR of
the underlying sinus rhythm. From this database, the 17 recordings in
which at least 90% of the occurring beats are labeled as normal beats
are selected for analyses. These recordings represent cases where a synchronization of a VAD to the heart rate makes sense to be applied in
practice.
The three stages event detection, estimation of sinus rhythm, and
phase shift control are implemented in Matlab (R2011b, The Mathworks Inc., Natick, MA, USA). The receiver operating characteristic
(ROC) curve for the sinus rhythm estimator is generated by comparing
the event series δR to the instants in time known from the database
where heart beats occur. False positive as well as false negative events
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are identified and the sensitivity and specificity is calculated for a range
of the tuning parameter η1 for all the 17 recordings selected. Further,
the following three mean absolute errors (MAEs) are calculated for one
specific value of η1 :
MAEΔHR

=

MAEϕ

=

MAEΔDR

=

NA
1 X
|ΔHR(j)| ,
NA j=1
NA
1 X
|eϕ (j)| ,
NA j=1

NA
1 X
|ΔDR(j)| ,
NA j=1

(2.14)
(2.15)
(2.16)

where NA denotes the total number of normal beats according to the
database information and j denotes one such event. The variable ΔHR
d and the
represents the difference between the estimated heart rate HR
actual heart rate HR, whereas the variable ΔDR is the difference between
d The performance
the device rate DR and the estimated heart rate HR.
of the event detection and the sinus rhythm estimation stages is measured by MAEΔHR , while the performance of the phase shift controller
is measured by MAEϕ and MAEΔDR . The three mean absolute errors
defined in (2.14), (2.15) and (2.16) are calculated individually for all of
the 17 data sets chosen, where the reference phase shift ϕref is chosen
identical to 0 and the two tuning parameters η1 and η2 are both set to
0.1.

2.3.3 Online validation using a hybrid mock circulation
The performance of the proposed algorithm defined in Section 2.3.1 is
further evaluated using measurement data obtained at a hybrid mock
circulation that was designed to evaluate control strategies for VADs [52].
This hybrid mock circulation is based on a hardware-in-the-loop concept,
where a numerical model of the human circulation [53] runs in real time.
The left ventricular and the aortic pressure from this simulation are
applied to two fluid-filled, pressure-controlled reservoirs. The VAD to
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be evaluated is connected in between these two reservoirs. For the case of
a tVAD, the flow rate at the inlet of the VAD is measured and provided
to the numerical circulation model. This flow rate is used as an outflow of
the left ventricle and as an inflow to the aorta in the numerical circulation
model. For the case of a pVAD, the outflow rate is different from the
inflow rate and is therefore measured separately. This setup establishes
a real-time interaction between the numerical circulation model and the
VAD. The pressures in the two reservoirs as well as the pump flow and
the pump speed are measured and stored for further analyses. Since
the event series δE is inherently available from the numerical circulation
model, the event detection stage of the synchronization algorithm can
be omitted in this case.
This section is divided into the following three parts: First, the numerical circulation model is adapted in order to be able to reproduce
irregular heart beats. Second, three different test cases are defined to be
applied at the hybrid mock circulation, and third, a description of the
measurements is given.

Simulation of cardiac arrhythmia
Altering the timing in real-time hemodynamic simulations to represent
arrhythmias has been used earlier [54]. In our case, this alteration requires the cardiac cycle signal to be changed, which drives the timevarying elastance model of the simulated ventricles and atria. Among
the various types of arrhythmias existing, we chose to implement a series of two consecutive premature ventricular contractions as an example.
Soon after the end of systole, ventricular contraction is triggered again
and a compensatory pause is introduced in the diastolic phase, as it was
measured in vivo [55]. Fig. 2.5 shows the simulated left ventricular and
aortic pressures when the contraction is altered as described above, with
an underlying heart rate of 90 bpm. The resulting event series δE exactly
matches the instants in time when ventricular contraction starts. This
numerical simulation was conducted without pump support.
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Figure 2.5: The simulation of a series of two premature ventricular contractions.
Panel a) shows the cardiac cycle signal which drives the time-varying
elastance model of the simulated ventricle. This signal is reset at the
onset of a premature ventricular contraction; its rate is lowered during
the diastole preceding the next beat to simulate the compensatory pause.
Panel b) shows the event series δE that is generated from the cardiac cycle
signal. Panel c) shows the resulting left ventricular and aortic pressures.
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Table 2.1: Definition of the three test cases.

Case #

η1

η2

kp

ϕref

VAD type

1
2
3

0.1
0.1

0.5
0.05

1
0...1
1

0.25
0.25
0.25

Deltastream DP2
Deltastream DP2
Thoratec PVAD

Definition of test cases
Three test cases are defined to demonstrate the application of the synchronization algorithm presented under different conditions.
The first test case relies on the event detection stage only to provide
a comparison to the full synchronization algorithm presented in Section
2.3.1. A pulsing tVAD is used in this test case. A simple solution for
generating the signal γd (t) different from the one presented in Section
2.3.1 is used. The instantaneous heart rate HRinst is used as the device
rate, and the signal γd (t) is reset to the value (1 − ϕref ) every time an
event δE occurs. This simple algorithm works satisfactorily in case of a
constant heart rate.
The second and third test cases use the full synchronization algorithm
described in Section 2.3.1. For both cases, the parameter η1 in the
d is updated only if
sinus rhythm estimation stage is set to 0.1, i.e. HR
the new RR-duration deviates by 10% at most from the preceding one.
The phase-shift controller is tuned differently for these two cases. In
test case 2, a tVAD is used and the parameter η2 is set to 0.5. This
means that any phase-shift errors are corrected within one heart beat.
Additionally, the signal kp (t) is used to switch off pulsation during the
occurrence of irregular beats. Test case 3 is designed for a pVAD, which
means that the pulsatility gain kp (t) cannot be used since the device is
inherently pulsatile. For this type of device, it is of interest that the
device rate does not vary strongly. Thus, the parameter η2 is set to a
d
value of 0.05, which means that the relative deviation of DR from HR
will be 5% at most or, equivalently, the change in phase shift per heart
beat is equal to 0.05 at most.
The reference phase shift ϕref is set to 0.25 for all three test cases.
The three cases are summarized in Table 2.1.
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Description of the measurements
The hybrid mock circulation described in [52] is used to conduct the
experiments. The only change made in the software part of the setup is
the alteration of the simulated cardiac cycle signal to generate irregular
events as described in Section 2.3.3. The numerical circulation model
used is based on the one presented in [53], the parameters defining this
model are set such that the pathologic case in [53] is reproduced with a
heart rate of 90 bpm and a reduced left ventricular contractility of 34%.
For test cases 1 and 2, a turbodynamic blood pump (Deltastream DP2,
Medos Medizintechnik AG, Stolberg, Germany) is used, for test case 3
a pVAD (PVAD, Thoratec Corp., Pleasanton, CA, USA) is used, which
is driven by a clinical pneumatic driving unit (TLC-II, Thoratec Corp.,
Pleasanton, CA, USA). The algorithm presented in Sections 2.3.1, 2.3.1
and 2.3.1 is implemented in Matlab/Simulink R (The Mathworks Inc.,
Natick, MA, USA). The event series δPVAD is used to trigger the systolic
phase of the pVAD by using the external input of the pneumatic driving
unit. For cases 1 and 2, the reference speed profile ω(t) is applied. The
mean speed ωc is equal to 4200 rpm, the amplitude ωA of the pulsatile
speed is equal to 1000 rpm. For all three cases, the experiment is run for
30 s to reach steady state, when the arrhythmic event is triggered. Ten
more seconds are recorded after the arrhythmic event to illustrate the
response of the various synchronization schemes.

2.4 Results
2.4.1 Offline validation using the MIT-BIH arrhythmia
database
Fig. 2.6 shows the ROC curve of the sinus rhythm estimator, obtained by
comparing the event series δR to the data from the MIT-BIH arrhythmia
database. Clearly, the parameter η1 influences both the sensitivity and
specificity, where a value of 0.1 for η1 represents a good tradeoff between
sensitivity and specificity.
Fig. 2.7 shows the performance of the synchronization algorithm with
the three parts event detection, sinus rhythm estimation, and phase-shift
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Figure 2.6: ROC curve of the sinus rhythm estimator for values of varying η1 from
0.01 to 0.3 in steps of 0.01. When η1 is equal to 0.1, the sensitivity is
equal to 89.2% and the specificity is equal to 87.5%.

control for record #20 of the MIT-BIH arrhythmia database. Fig. 2.7a)
contrasts the instantaneous heart rate HRinst from the event detection
stage and the actual heart rate HR provided by the database. Clearly,
the heart rate was estimated well most of the time. The sinus rhythm
estimation stage detected irregular heart beats from the event detection
d
stage as indicated in Fig. 2.7b). Fig. 2.7c) shows the error between HR
and HR. For record #20, the standard deviation (STD) of this error
was 0.98 bpm and the maximum error was 5.85 bpm. Fig. 2.7d) shows
the resulting phase shift error eϕ . For the example shown, the STD of
the phase shift error was equal to 0.04, while the maximum phase shift
error was equal to 0.47. Fig. 2.7e) shows the resulting deviation of DR
d The STD of this deviation was equal to 1.19 bpm, while the
from HR.
maximum error was equal to 7.94 bpm. This maximum rate deviation
can be influenced by the parameter η2 .
Table 2.2 reports the calculated values MAEΔHR , MAEϕ and MAEΔDR
for the 17 records selected. There was one case (record #26) where
an MAEΔHR of 6.88 bpm resulted, which indicates that the device rate
significantly deviated from the heart rate. The reason for this deviation
is that the STD of the actual heart rate increases from 4.24 bpm to
25.23 bpm after around 20 min. In such a situation, the synchronization
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Figure 2.7: Illustration of the performance of the sinus rhythm estimator using record
#20 of the MIT-BIH arrhythmia database. Panel a) shows the output of
the event detector and the actual heart rate from the database information. Panel b) shows the event series δI which indicates where irregular
events are detected. Panel c) shows the resulting error between the actual
d Panel
heart rate HR from the database and the estimated heart rate HR.
d) shows the resulting phase shift error. Panel e) shows the deviation of
d In gray, the satuthe device rate DR from the estimated heart rate HR.
ration on this deviation defined by the parameter η2 is indicated. Clearly,
the saturation becomes active as soon as high phase-shift errors occur.
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Table 2.2: The performance indices defined in (2.14), (2.15) and (2.16) for 17 different
records from the MIT-BIH arrhythmia database.

Record #

MAEΔHR

MAEϕ

MAEΔDR

1
2
4
9
12
13
14
15
16
17
20
21
22
26
28
39
48

0.26
0.21
0.16
2.2
0.32
1.62
0.61
1.03
0.29
0.23
0.65
0.53
1.01
6.88
0.31
0.35
0.43

0.02
0.02
0.01
0.1
0.01
0.09
0.05
0.06
0.03
0.01
0.02
0.01
0.08
0.11
0.02
0.04
0.01

1.03
0.98
0.98
1.35
0.8
1.96
1.25
1.89
0.72
0.52
0.79
0.92
1.77
1.36
0.8
0.94
1.01

would need to be switched off. Aside this one record, the estimated heart
rates match the actual heart rate well. The resulting phase-shift errors
vary within a few percentage points. The values of MAEϕ have a median
of 0.02, a minimum of 0.01 and a maximum of 0.11.

2.4.2 Online validation using a hybrid mock circulation
Figs. 2.8, 2.9 and 2.10 show the measured results from the hybrid mock
circulation for the three test cases defined in Section 2.3.3 in which a
series of two premature ventricular contractions occurred.
First, a tVAD was actuated using a sine wave speed profile relying
on R-wave detection only. The tVAD speed shown in Fig. 2.8a) became
irregular as soon as the underlying heart rate became irregular. The
high variations in the speed translated directly into irregularities in the
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measured pump flow rate and in the measured aortic pressure, as shown
in Fig. 2.8b) and 2.8c).
Fig. 2.9 shows the results for test case 2, where a tVAD was actuated
using the full synchronization algorithm. As Fig. 2.9a) shows, a high
maximum device rate deviation of approximately 15 bpm occurs. This
deviation is due to the fact that the value of the parameter η2 was chosen
equal to 0.5, meaning that the phase shift error eϕ is corrected within one
heart beat, as shown in Fig. 2.9b). The tVAD speed shown in Fig. 2.9c)
clearly indicates that the speed pulsation was switched OFF as soon as
the first premature ventricular contraction occurred. The VAD speed
was set equal to the constant speed ωc during irregular events. As soon
as the heart rate returned to being regular and the phase-shift error was
corrected, the gain kp (t) was increased such that the VAD speed returned
to the same sine wave profile as before the irregular event. Fig. 2.9d)
shows the resulting flow rate through the VAD. Fig. 2.9e) shows the
resulting left ventricular and aortic pressures. After the irregular event,
the pulse pressure in the aorta was slowly increased in accordance with
the increased amplitude of the speed sine wave that was applied.
In the third test case, a pVAD was actuated using the full synchronization algorithm. It took more than one heart beat to reject the phase
shift error eϕ , as shown in Fig. 2.10b), due to the limited deviation of
the device rate from the heart rate, as shown in Fig. 2.10a). The event
series δPVAD shown in Fig. 2.10c) indicates the times where the ejection
phase of the pVAD was triggered. Clearly, there was no irregularity.
The measured pump flows shown in Fig. 2.10d) thus were regular as
well. Since the inflow is directly influenced by the pressure in the left
ventricle to which the inflow cannula is attached, the variation of the
inflow was higher during the irregular phase than the variation of the
outflow. Fig. 2.10e) shows the resulting pressures measured in the left
ventricle and the aorta. Evidently, the aortic pressure was not disturbed
by the irregular heart rate.
Note that the developed left ventricular pressures during the extrasystolic beats are different due to the different pump types used. The pVAD
is in its ejection phase during the occurrence of the extrasystolic beat,
such that no blood is flowing from the ventricle to the pump chamber.
Therefore, the ventricular pressure reaches the level of the aortic pres-
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sure. In contrast, the tVAD pumps blood from the left ventricle to the
aorta during the extrasystolic beat such that the developed pressure is
lower in this case and the aortic valve remains closed.

2.5 Discussion
This paper presents an algorithm for real-time synchronization of a VAD
with the cardiac cycle. The problems such an algorithm has to solve are
that it must provide a reliable real-time detection of irregular heart beats
and it must control the phase shift between the systolic phases of the
heart and the VAD. The algorithm depends on two tuning parameters
that allow two key aspects to be adapted: first, the sensitivity of the
algorithm for the detection of irregular heart beats, and second, the
tradeoff between a fast phase-shift error rejection and the maximum deviation of the device rate from the estimated heart rate. Running a VAD
synchronously establishes stable hemodynamic conditions and enables a
variation of the aortic pulse pressure, for instance, while keeping the
organ perfusion at an even level. The reliability of synchronization is
critically important for exploiting the benefits offered by synchronized
VAD actuation in practice.
The two main contributions of this paper are the clear definition of the
structure of the synchronization algorithm as well as the development of
the phase-shift controller. The strength of our concept is the possibility
to modify the individual parts of the algorithm individually due to its
serial structure as shown in Fig. 2.3. For the stages event detection
and sinus rhythm estimation, we rely on previously published results
[43, 48]. More advanced, computationally more demanding methods
could be applied, as presented e.g. in [45, 50]. In addition to timing
information, morphologic information from the ECG could be used as
an input to the sinus rhythm estimator [49].
Fig. 2.1 illustrates the need for phase-shift control, including both disturbance rejection and reference tracking. In order to apply phase-shift
control, a deviation of the device rate from the heart rate needs to be
accepted inherently. The algorithm presented offers the possibility to
use the same framework for different types of VADs. As we have shown
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Figure 2.8: Measurement results for test case 1 with a tVAD. Panel a) shows the reference and the measured pump speed. Panel b) shows the measured pump
flow rate. Panel c) shows the measured pressures up- and downstream of
the tVAD applied at the hybrid mock circulation.
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Figure 2.9: Measurement results for test case 2 with a tVAD. Panel a) shows the
device rate DR of the tVAD and panel b) shows the phase-shift error eϕ .
The open symbols denote the occurrence of a regular event δR . The cross
symbols denote the occurrence of an irregular event δI . Panel c) shows the
reference and the measured pump speed, as well as the reference pump
speed that would have been used if the pulsatility gain kp was equal to
one. Panel d) shows the resulting pump flow rate. Panel e) shows the
measured pressures up- and downstream of the tVAD, which correspond
to the left ventricular and the aortic pressures, respectively.

30

Pressure (mmHg) Pump flow rate (mL/s) Pump speed (rpm) Phase shift error (-) Device rate (bpm)

2.5 Discussion

110

a)
δR
δI

100
90

0.2

b)

0.1

0
6000

c)
Measured

Reference

Reference (kp = 1)

5000
4000
3000
200

d)

100
0
e)
150

Aorta

Left ventricle

100
50
0
0

2

4

6

8

10

Time (s)
Figure 2.10: Measurement results for test case 3 with a pVAD. Panel a), b) and e)
contain the same information as the ones described in Fig. 2.9. Panel
c) shows the trigger signal that is generated to start the systole of the
pVAD. Panel d) shows the measured inflow and outflow rates of the
pVAD.
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in Figs. 2.9 and 2.10, the parameter η2 allows the phase-shift controller
to be tuned specifically to the needs of inherently pulsatile as well as
turbodynamic devices. A pVAD is not working efficiently in terms of
generating a blood flow when triggered irregularly, therefore only small
changes in the device rate are allowed. For tVADs, where pulsatile speed
profiles are just an additional degree of freedom for control purposes, we
have shown that pulsation can be switched OFF to be turned ON again
only when the heart rate is stable again. Fig. 2.9c) shows, in addition to
the actual applied reference speed signal, the reference signal that would
have been applied if the pulsatility gain kp was equal to one. In that
case, the tVAD would remain in the pulsating mode during the irregular
events. During the heart beat where the phase-shift error is corrected,
the increased device rate is visible in the generated speed sine wave.
The decision whether to use the pulsatility gain can be made by the user
depending on the application.
For both VAD types, the rejection of the phase-shift error only starts
two beats after the occurrence of the irregular event. The reason is
that two regular heart beats are necessary to obtain a regular event δR
according to (2.2). At least one more heartbeat is necessary to reject
the phase-shift error.
We have shown that our concept works reliably based on the MITBIH arrhythmia database. There might be situations where it does not
make sense to synchronize a VAD to the heart rate, e.g. when a highly
irregular heart rate is present. When long periods of time occur with no
stable heart rate, it might be preferable to stop synchronization and use
a fixed rate for the device in the case of pVADs, or a constant speed in
the case of tVADs. An additional supervisory control algorithm would
be required to reliably detect such cases.
The synchronization algorithm does not influence or limit the actual
control strategy for the VAD. The speed profile of a tVAD is not limited
to sine waves; any periodic signal that is to be repeated once per heart
beat can be used. The algorithm presented can also be applied to any
device other than a VAD that needs synchronization to the heart rate.
For counterpulsation devices such as intraaortic balloon pumps, the ECG
[56] as well as arterial blood pressure [57] have been used for synchro-
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nization. The concept presented could be used to further improve the
actuation of these devices during irregular heart beats.
Despite previous research efforts, the optimal synchronized speed profile for tVADs or the optimal phase shift for a pVAD have not been
determined as yet. Most concepts for pulsing tVADs have been established and researched based on numerical models only where irregular
heart beats are not an issue. The tools presented in this paper are expected to help to transfer the concepts and control strategies developed
for synchronized operation of VADs to in vivo experiments and finally
to clinical applications.
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3 Control of ventricular
unloading using an
ECG-synchronized Thoratec
PVAD
3.1 Abstract
Objective: Current pulsatile ventricular assist devices operate asynchronous with the left ventricle in fixed-rate or fill-to-empty modes because electrocardiogram-triggered modes have been abandoned. We hypothesize that varying the ejection delay in the synchronized mode yields
more precise control of hemodynamics and left ventricular loading. This
allows for a refined management that may be clinically beneficial.
Methods: Eight sheep received a Thoratec paracorporeal ventricular
assist device (Thoratec Corp, Pleasanton, Calif) via ventriculo-aortic
cannulation. Left ventricular pressure and volume, aortic pressure, pulmonary flow, pump chamber pressure, and pump inflow and outflow
were recorded. The pump was driven by a clinical pneumatic drive unit
(Medos Medizintechnik AG, Stolberg, Germany) synchronously with the
native R-wave. The start of pump ejection was delayed between 0% and
100% of the cardiac period in 10% increments. For each of these delays,
hemodynamic variables were compared with baseline data using paired
t tests.
Results: The location of the minimum of stroke work was observed at
a delay of 10% (soon after aortic valve opening), resulting in a median
of 43% reduction in stroke work compared with baseline. Maximum
stroke work occurred at a median delay of 70% with a median stroke
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work increase of 11% above baseline. Left ventricular volume unloading
expressed by end-diastolic volume was most pronounced for copulsation
(delay 0%).
Conclusions: The timing of pump ejection in synchronized mode yields
control over left ventricular energetics and can be a method to achieve
gradual reloading of a recoverable left ventricle. The traditionally suggested counterpulsation is not optimal in ventriculo-aortic cannulation
when maximum unloading is desired.

3.2 Introduction
In selected patients with advanced heart failure, the use of left ventricular assist devices (LVADs) has resulted in prolonged survival and
a better quality of life [58, 59]. Over the past decade, the design of
LVADs intended for long-term use has evolved from the first generation of volume-displacement, or pulsatile, pumps to today’s smaller and
lighter turbodynamic pumps [60, 61]. The latter have obvious benefits, the major one being the possibility of intrathoracic implantation.
In addition, the newer devices with continuous flow may have a better
long-term durability and a greater patient/physician acceptability because of their size, silent operation, and easier handling. However, their
efficacy of left ventricular unloading and right ventricular afterload reduction may not be as pronounced as in the more physiologic pulsatile
LVADs [62–64]. Additional benefits of pulsatile ventricular assist devices
(VADs) over turbodynamic systems are the greater likelihood of aortic
valve opening [63] and lower rate of gastrointestinal bleeding events [65].
With both types of devices, it has been shown that ventricular reverse remodeling can be induced by mechanical circulatory support [66].
However, it is unclear what degree and duration of ventricular unloading would optimize left ventricular recovery. Partial loading of the left
ventricle (LV) by reducing the VAD rate [67] or stroke volume [68], for
example, could be used for weaning patients from a VAD, given that the
supported LV has the potential to gradually recover.
In terms of VAD cycle duration, there are 3 common operating modes
of a pulsatile VAD: the fixed rate, synchronized to the heart rate, or the
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automatic mode wherein the VAD ejection is triggered when the pump
chamber is full (recognized by a hall-effect switch) [26]. The latter has
become the standard operating mode for pulsatile VADs once the early
postoperative period has passed. However, the lack of synchrony between
heart and pulsatile VAD causes a fluctuation in LV load that may impede
recovery and even cause intermittent overloading [69].
Therefore, we hypothesize that a synchronous mode of operation in
combination with a prescribed phase shift (ejection delay relative to the
RR duration) might be used for stabilizing and controlling the load on
the recovering LV while maintaining perfusion. Such a control scheme
would permit gradual “reloading therapy” and may have a beneficial
effect on recovery rates. Although previous investigations in this matter
are inconclusive [63, 70–72], there has yet to be a clinical study in which
the degree of ventricular reloading has been consistently, systematically
maintained. An optimized pulsatile VAD actuation scheme as described
would enable such a study to be performed.
In this study, we established a sheep model with pulsatile mechanical
circulatory support in a synchronized mode to investigate the influence of
phase shift on LV unloading described by pressure, volume, stroke work,
and wall stress. A further aim of this study was to identify an optimal
phase shift in which maximal ventricular unloading is achieved and to
identify the contraindicated phase shift that risks cardiac overload.

3.3 Materials and methods
3.3.1 Animals
This experiment was approved by the Commission of Animal Experimentation of the Canton of Bern, Switzerland (Approval No. 52/09).
A paracorporeal ventricular assist device (Thoratec Corp, Pleasanton,
Calif) was implanted in 8 adult, female, random-bred sheep (59-83 kg).

3.3.2 Anesthetic management
All animals were premedicated intramuscularly with 0.2 mg/kg of both
midazolam and methadone. General anesthesia was induced with in-
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travenous midazolam (0.2 mg/kg), ketamine (3.5 mg/kg), and propofol (13 mg/kg). After orotracheal intubation, anesthesia was maintained with
isoflurane in oxygen (end-tidal concentration 1.6%), fentanyl (5 mg/kg bolus and then 5-10 mg/kg ∙ h intravenously), and rocuronium (0.15-0.6 mg/kg
intravenously). The sheep were mechanically ventilated. An orogastric
tube was placed to decompress the rumen, and the rectal temperature
was maintained between 36 ◦ C and 38 ◦ C with a circulating warm air
blanket. Severe intraoperative blood loss was compensated for by autologous blood transfusion with a cell saver (AutoLog; Medtronic Inc,
Minneapolis, Minn). At the end of the experiment, the animals were
euthanized under anesthesia with a lethal dose of intravenous potassium
chloride.

3.3.3 Surgical preparation
The pulsatile VAD was implanted via left lateral thoracotomy in the
third intercostal space. A dual-pressure 7F admittance catheter (Scisense
Inc, London, Ontario, Canada) was placed in the LV via the right carotid
artery for measuring LV pressure, LV volume, and aortic pressure. An
ultrasonic transit time flow probe (22PAU or 24PAU; Transonic Systems
Inc, Ithaca, NY) was placed around the pulmonary artery to measure total cardiac output. For inflow cannulation, we inserted a modified curved
32F venous cannula (DLP67532, Medtronic Inc) into the left ventricular apex and stabilized it with a double-pledged purse-string suture. A
1.27-cm polyvinyl chloride tube was extended with a 12-mm Biplex graft
(Gelweave; Vascutek Terumo GmbH, Renfrewshire, Scotland) to form
the outflow cannula, which was cut to length during surgery. The graft
was anastomosed end to side to the proximal descending aorta because
the ascending aorta cannot be approached safely from a lateral incision
in the sheep and the pulmonary artery flow probe (mentioned earlier) interferes with a safe manipulation of the ascending aorta. The pump was
mounted in a holder by the processus xiphoideus to allow for cannula
lengths as in human cases. Ultrasonic flowprobes (11PXL, Transonic
Systems Inc) were installed on the cannulas for measuring pulsatile VAD
inflow and outflow. Fluid-filled pressure transducers (Truwave; Edwards
Lifesciences LLC, Irvine, Calif) were used to measure VAD chamber pres-
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sure, driveline air pressure, and left atrial pressure. To measure VAD
chamber pressure, a luer connector was installed between the pump sac
and the outflow valve. All pressure measurement devices were zeroed at
atmosphere and calibrated with a handheld piston calibrator (PXCAL,
Edwards Lifesciences LLC).

3.3.4 VAD actuation
The pulsatile VAD was actuated using a clinical pneumatic drive unit
(Medos Medizintechnik AG, Stolberg, Germany) in external trigger mode.
To improve the quality of synchronization, an application-specific algorithm was programmed in LabView (National Instruments, Austin, Tex)
and run in real-time on a cRIO-9074 (National Instruments) to perform
R wave detection [43]. This algorithm was extended with arrhythmia detection such that the sensitivity of the VAD rate to disturbances could
be reduced. An analog signal to trigger VAD ejection was generated and
applied to the external input of the clinical pneumatic drive unit. The
systolic and diastolic pressures were set at the beginning of each experiment to achieve maximum VAD outflow with a 50% phase shift and were
further kept constant. The primary independent variable was the phase
shift, which is the delay between the R-wave and the onset of the VAD
systole, designated as the percentage of the actual RR duration (thereby
responding dynamically to changes in the heart rate). This definition is
illustrated in Figure 3.1c). For all experiments, the pulse width of the
VAD was maintained at 35% of the current VAD cycle duration.

3.3.5 Measurement protocol
At the beginning and the end of each experiment, a baseline recording
was made with the VAD off and clamped. The pulsatile VAD was then
synchronized to the heartbeat using the clinical pneumatic drive unit and
the synchronization algorithm described earlier. In each experiment, 10
different phase shifts, equally spaced between 0% and 100%, were applied
for 5 minutes each. This allowed the analysis of the full range of phase
shift settings, such that situations between the 2 extremes of co- and
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Figure 3.1: Panels a) and b): the procedure of data preparation for statistical analysis
is illustrated for the example of stroke work in animal number 8, protocol
3 (decreased contractility). The beat-to-beat variables are assigned to 1
of 10 phase shift groups according to the actual phase shift. Group 0:
0%to 5% and 95%to 100%. Group 1: 5% to 15%. Group 2: 15% to 25%.
Group 3: 25% to 35%. Group 4: 35% to 45%. Group 5: 45% to 55%.
Group 6: 55% to 65%. Group 7: 65% to 75%. Group 8: 75% to 85%.
Group 9: 85% to 95%. Panel c): the definition of the phase shift ϕ with
respect to the RR duration is illustrated. The pulse width of the pulsatile
VAD is chosen to be constant (ϕp = 35%).
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counterpulsation could be studied. The order of phase shift settings was
randomized before the study and different for each animal.

3.3.6 Pharmacologic interventions
In all animals, the same measurement protocol was repeated 3 times under different pharmacologic conditions. This allows analyzing the heartVAD interaction over a wider range of hemodynamic states such that
the effects observed in our data are not limited to normal hemodynamic
conditions. The first protocol involved baseline normotensive hemodynamics, described earlier. For the second protocol, phenylepherine (bolus, 1.25-2.25 mg/kg; maintenance, 0.3-0.5 mg/kg∙min) was used to increase
afterload. Cardiac contractility was reduced in the third protocol using
esmolol (initial bolus, 50 mg/kg; maintenance, 5-20 mg/kg∙min). The esmolol dosage was then titrated upward every 5 minutes until the desired
effect was achieved.

3.3.7 Data processing and statistical analysis
Measured data were recorded using a digital acquisition system (400
Series, iWorx Systems Inc, Dover, NH). The recorded data were processed in MATLAB (R2011b, The Mathworks Inc, Natick, Mass). When
steady-state hemodynamic conditions were achieved, the right ventricular cardiac output as measured at the pulmonary artery was used as a
measure of total cardiac output. With the measured pulsatile VAD outflow, it was possible to obtain an estimate of the resulting volume flow
through the aortic valve. The ratio of pulsatile VAD flow to total cardiac
output was defined as the assistance ratio. Regurgitation from the pulsatile VAD to the LV was calculated as the negative portion of the flow
probe data at the inlet cannula. LV volume as measured by admittance
was calibrated in post-processing by matching stroke volume from the
catheter to that derived from the flow signal on the pulmonary artery
(with deactivated device and clamped cannulas). Blood conductivity
was measured after each protocol and included in the volume calculation according to Wei and colleagues’ formula [73]. LV stroke work was
calculated for each beat as the area in the pressure-volume plane. LV
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wall-stress was calculated using an ellipsoidal approximation described
previously [74]. The LV wall volume required for this method was obtained by excising the heart after euthanasia, removing the right ventricle
and atria, and submerging the remaining LV in a graduated cylinder.
An interval of 20 heartbeats without arrhythmia events was selected
for each phase shift setting for further analysis. For all the data sections
chosen, the median values were used for further analysis to minimize
the variation induced by breathing effects. These values were then assigned to 1 of 10 phase shift groups. This procedure is illustrated in
Figures 3.1a) and 3.1b).
Statistical analyses were performed using IBM SPSS Statistics 19
(SPSS Inc, Chicago, Ill). To compare data from a specific phase shift
setting with baseline values, paired t tests were used. The significance
level used for all statistical tests performed was 5%.

3.4 Results
Eight of 24 recorded data sets were excluded from this study, leaving
a total of 16 data sets from 6 animals available for further analysis.
These data sets resulted from animals that remained in stable condition
throughout the experiment. The 2 reasons for exclusion were strongly
arrhythmic behavior and untrustworthy LV pressure recordings (catheter
tip touches LV wall).
Pharmacologic interventions resulted in repeatable conditions over
the 3 different protocols applied (standard, increased afterload, and decreased contractility), as illustrated in Figure 3.2. Mean stroke work for
the 3 protocols was 0.39 J (standard deviation, 0.09 J), 0.5 J (0.13 J),
and 0.25 J (0.08 J), respectively. Corresponding values of mean arterial pressure were 57 mmHg (4 mmHg), 77 mmHg (9 mmHg), and 50
mmHg (6 mmHg), respectively. These values represent the physiologic
response expected from the interventions applied. The variation of heart
rate (mean, 94 bpm; range, 84-116 bpm), mean arterial pressure (mean,
58 mmHg; range, 40-89 mmHg), and cardiac output (mean, 3.5 L/min;
range, 2.7-8.3 L/min) provided a wide range of hemodynamic conditions
for consideration.
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Figure 3.2: Panel a) shows a representative example of LV pressure-volume loops in
baseline (VAD off and clamped) from animal number 2 for the 3 different pharmacologic protocols applied (standard, increased afterload, and
decreased contractility). For each of these cases, pressure-volume loops
from 3 consecutive heartbeats are shown. On panels b) and c), 2 sets of
boxplots show the response of LV stroke work and mean arterial pressure
in baseline to the pharmacologic interventions.
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3.4.1 Influence of phase shift on left ventricular volume
The phase shift was found to significantly influence the LV volume (Figures 3.3 and 3.4). In the pressure-volume plane, the isovolumic contraction and relaxation of the unsupported ventricle (in the absence of valve
leakage) are represented by vertical lines. However, in our supported
sheep hearts these phases can deviate significantly from the isovolumic
line and tilt leftward or rightward depending on the phase shift. Regurgitation from the pump to the LV was 1.01 L/min (mean flow over
all data analyzed) and depended on the phase shift as shown in Figure 3.5d), with the highest regurgitation at phase shifts 50% to 70%.
End-diastolic volume was significantly reduced with respect to baseline
for each phase shift setting (Figure 3.4c)). The minimum end-diastolic
volume was observed at copulsation (phase shift 0%).

3.4.2 Influence of phase shift on pressures
The developed LV pressure was found to significantly depend on the
phase shift (Figures 3.3 and 3.4g)). For the phase shifts 0%, 10%, 20%,
70%, 80%, and 90%, an increase of peak LV pressure above baseline
was observed. Contrarily, peak LV pressure was low when the VAD
diastole occurred during the LV systole (phase shifts 30%, 40%, 50%,
and 60%). Mean left atrial pressure was significantly reduced compared
with baseline except for the phase shift 40% (Figure 3.4j)). Mean arterial
pressure was increased over baseline for the phase shifts 0%, 10%, 20%,
30%, 80%, and 90% (Figure 3.4h)).

3.4.3 Influence of phase shift on left ventricular
unloading
We identified the phase shifts 0% to 50% to have a significant impact on
unloading the LV in terms of stroke work (Figure 3.4b)). The phase shift
10% had the greatest reduction in median stroke work (-43%). Despite
the fact that the median value is minimal for the phase shift 10%, it was
possible that the stroke work was greater than at baseline for individual
cases in this phase shift.
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Figure 3.3: LV pressure-volume loops for animal number 8, protocol 3 (decreased
contractility). Baseline 1 and 2 are recorded immediately before and after
applying the different VAD settings. The PV loops for the different phase
shifts are ordered by increasing phase shifts from top left to bottom right.
The symbol x denotes the start of VAD systole; o denotes the start of
pump filling.
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Figure 3.4: Boxplots of analyzed variables clustered according to their phase shift
are shown (each box represents the median value and 25th and 75th percentiles; + denotes outliers). Data points are normalized by the baseline
values of the individual data sets. Panels a) through j) show cardiac
output, stroke work, end-diastolic volume, mean wall stress, LV stroke
volume, peak wall stress, peak LV pressure, mean arterial pressure, LV
pressure at aortic valve opening, and mean left atrial pressure. The outcome of the paired t test is shown below the corresponding data (o: significant decrease compared with baseline, x: significant increase compared
with baseline, no symbol: no significant difference compared with baseline). Mean left atrial pressure was available for only 8 different data sets.
LV, Left ventricle.
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data sets because at baseline the pump is turned off.
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Mean wall stress (Figure 3.4d)) was reduced compared with baseline
for each phase shift setting except for the phase shifts 0%, 80%, and
90%. Peak wall stress (Figure 3.4f)) was significantly greater than at
baseline for the phase shifts 80% and 90%.

3.5 Discussion
We analyzed the complex interaction between a pulsatile VAD and the
LV for synchronized mechanical circulatory support with different phase
shifts (relative ejection delays) to obtain more knowledge about the relationship between pump timing and cardiac loading conditions in terms of
volumes, pressures, stroke work, and wall stress. In the data presented,
phase shift has been actively set at a desired value using a clinical pneumatic drive unit extended with custom-made software for improved electrocardiogram (ECG) triggering. Ten different phase shift settings have
been applied. This allowed a detailed analysis of the resulting hemodynamics.
Actuating pulsatile VADs requires a number of parameters that have
to be set by trained personnel during assistance, such as the rate, systolic
duration, and filling and ejection pressures [26, 27]. Earlier publications
studied the influence of selected choices for these parameters on the
coupled pulsatile VAD-cardiovascular system in silico [32, 75] or in vivo
[72, 76]. Most previous research has focused on the case of atrio-aortic
cannulation, but in the clinical setting, ventriculo-aortic cannulation has
now been established for the majority of LVADs. For the atrio-aortic
configuration, it was concluded earlier that VAD ejection should occur
soon after aortic valve closure to minimize the oxygen consumption of the
LV [32, 75]. This unloading effect was obtained by LV preload reduction.
For the atrio-aortic cannulation, the LV is not connected directly to the
VAD, and therefore the afterload is exclusively determined by the aortic
pressure. For ventriculo-aortic cannulation, however, the LV can eject in
both the aorta and the pulsatile VAD. The afterload imposed on the LV
thus depends on instantaneous pump chamber pressure, and on timing
of VAD ejection, as analyzed in this study.
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Figure 3.3 shows that both the start and the end of pump ejection
influence the shape of the LV pressure-volume loops. It can be seen
that at phase shifts 39% and 49%, the start of VAD systole stops blood
ejection from the LV, whereas at phase shifts 79%, 89%, and 99% ejection
of blood from the LV starts immediately after the VAD systole is over.
Thus, in addition to the start of pump ejection relative to the cardiac
cycle, the end of pump ejection influences LV pressure and volume.
The phase shift in ventriculo-aortic cannulation influences not only
the LV pressure developed but also the fraction of blood that is ejected
from the LV through the aortic valve with respect to total LV stroke
volume. Because of the controlled phase shift, different scenarios can be
achieved.
For instance, the LV stroke volume and end-diastolic volume can be
maximized for phase shifts between 50% and 70%, in which case most
of the volume ejected from the LV contributes to pulsatile VAD filling.
In another case, the end-diastolic volume can be reduced maximally by
using co-pulsation (phase shift 0%) because in that case pump filling occurs during LV diastole and blood can flow through the LV into the pump
chamber without expanding the LV. In this case, opening of the aortic
valve is favored. This would help to prevent cusp fusion or thrombus
formation at the level of the aortic valve.
The pulsatile VAD used contains tilting disc valves such that moderate
regurgitation over both valves cannot be avoided completely. Previous
authors have stated that pulsatile VAD inflow regurgitation could inhibit
the ventricular reverse remodeling processes [77]. The amount of regurgitation depends on the pressure difference across the valve and thus
on the phase shift (Figure 3.5d)). By applying our method, it would be
possible to minimize regurgitation by applying a phase shift that leads
to overlapping systolic phases of the pulsatile VAD and LV.
The results presented in terms of LV pressure agree with recently published data where a pulsatile VAD was implanted in a pig model [71].
Both studies show that peak LV pressure was minimized for counterpulsation (phase shifts 30% to 60%; Figure 3.4g)). This phenomenon can
be explained by the pulsatile VAD being in its filling phase during LV
systole, and thus the LV can dump blood in the pump chamber without
developing high pressure. Nevertheless, our results add knowledge to
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these findings because we also show that minimal LV pressure does not
correspond with minimal LV load in terms of LV stroke work.
As is known from intra-aortic balloon counterpulsation, the end-diastolic
arterial pressure, or pressure at aortic valve opening, is an important determinant of cardiac load. Our results (Figure 3.4i)) indicate that this
pressure can be minimized by a phase shift between 20% and 50%.
As opposed to previous work [71], our study design enabled the analysis of myocardial wall stress. To achieve maximal unloading, a VAD
should be operated such that LV wall stress is reduced. For the phase
shifts 0%, 80%, and 90%, mean wall stress cannot be reduced compared
with baseline; in addition, the phase shifts 80% and 90% lead to significantly elevated peak wall stress compared with baseline. These settings
should be avoided in patients with the potential for recovery because
they lead to overload of the ventricle.
Furthermore, another potential practical benefit can be derived from
phase shift control: In the potential setting of weaning the ventricular
assistance during recovery, the load can be adjusted to a level equal to
baseline, which means that the LV is performing the same amount of
work as if the VAD would not be present. This can also be used to intermittently assess LV contractility and contractile reserve safely, whereas
current methods require that the level of support is reduced or the pump
is turned off, thereby increasing the risk of thrombus formation.
To resume the potential clinical implications of our findings, it can be
concluded that pulsatile VADs with ventriculo-aortic cannulation and in
synchronized mode should be operated at a phase shift of approximately
10% to benefit from the reduced LV stroke work and regurgitation, limited wall stress, reduced end-diastolic volume, and reduced mean left
atrial pressure.
The main limitation of the data presented is that measurements were
performed in healthy animals. Nevertheless, the results presented show
a repeatable behavior over several animals even with strongly varying
baseline hemodynamic conditions. The conclusions of this study may
not be directly applicable to the case of heart failure and need further
research. Furthermore, in a real clinical setting, arrhythmias and changing hemodynamic conditions would directly alter the effects of phase
shift control or even make this tool useless. As an alternative to chang-
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ing phase shift, a reloading of the supported LV could be achieved by a
reduction of the stroke volume as proposed by Slaughter et al. [68].
In clinical practice, no synchrony between the LV and the pulsatile
VAD occurs [67, 70] because ECG synchronization was abandoned. This
mode was not used because no satisfactory solution regarding arrhythmia
handling was available and mobility of the patients was limited because
of ECG monitors and wiring. Phase shift varies from beat to beat,
permitting hemodynamically undesirable situations in accordance with
the results presented. Studies with short phases of device deactivation
and with the pulsatile VAD running have been analyzed [70, 78]. It
can be speculated that alternately unloading and overloading the LV
in terms of stroke work adversely affects a potential reverse remodeling
process.

3.6 Conclusions
The use of ECG synchronization in pulsatile LVADs might add substantial benefits in the treatment of this patient group. Our findings suggest
that phase shift could be used as a parameter to minimize the load of
the heart and to avoid overloading situations. We also demonstrated
that phase shift could serve for a gradual increase of the stroke work and
thereby fine adaptation of the LV load. This method may be important
for strategies aiming at myocardial recovery.
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4 Synchronized pulsatile speed
control of tVADs: Review and
prospects
4.1 Abstract
Turbodynamic blood pumps are used clinically as ventricular assist devices (VADs). They are mostly operated at a constant rotational speed,
which results in a reduced pulsatility. Previous research has analyzed
pulsing pump speeds (speed modulation) to alter the interaction between the cardiovascular system and the blood pump. In those studies,
sine- or square-wave speed profiles that are synchronized to the natural
cardiac cycle were analyzed in silico, in vitro and in vivo. The definitions of these profiles with respect to both timing and speed levels
vary among different research groups. The current paper provides a
definition of the timing of these speed profiles such that the resulting
hemodynamic effects become comparable. The results published in the
literature are summarized and compared using this definition. Further,
applied to a turbodynamic VAD, a series of measurements is conducted
on a hybrid mock circulation using a constant speed as well as different
types of square-wave speed profiles and a sine-wave speed profile. When
a consistent definition of the timing of the speed profiles is used, the
hemodynamic effects observed in previous work are in agreement with
the measurement data obtained for the current paper. These findings
allow the conclusion that the speed modulation of turbodynamic VADs
represents a consistent tool to systematically change the ventricular load
and the pulsatility in the arterial tree. The timing that yields the minimal left ventricular load also yields the minimal arterial pulse pressure.
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4.2 Introduction
Ventricular assist devices (VADs) are blood pumps that are increasingly
important in managing patients with cardiovascular diseases [11]. A
number of different types of devices have been used clinically in the last
decades [12]. The first generation pulsatile VADs (pVADs) are either
pneumatically or electrically actuated volume displacement pumps that
inherently generate a pulsatile flow. Second and third generation VADs
rely on the turbodynamic principles of a rotating impeller in the blood
stream and are commonly operated at a constant rotational speed. Despite this constant speed, the flow through a turbodynamic VAD (tVAD)
is slightly pulsatile due to the remaining cardiac function. The pulsatility
of the flow depends on the pressure head (difference between the downand upstream pressures of the pump) and on the pump characteristics
[79, 80]. However, this flow pulsatility is smaller than the pulsatility in
the physiological pulsatile flow [81].
The constant speed strategy for tVADs can lead to permanent closure
of the aortic valve, which in turn can lead to aortic valve fusion [82–85].
Further, this strategy leads to reduced pulsatility, which might be the
cause for the higher rates of gastrointestinal bleeding events occurring
with tVADs than with pVADs [65]. Speed modulation has the potential
to partially resolve these problems. Various studies have been performed
in a setting without a beating heart to analyze the ability of speed modulation to restore the pulsatility in the systemic circulation [86–91]. In
the clinically more relevant case when the natural heart is present, an
active synchronization of the speed modulation profiles to the natural
cardiac cycle is required to obtain stable hemodynamics. In this case,
not only the systemic flow pulsatility and perfusion, but also the load of
the left ventricle (LV) is influenced by speed modulation, which in turn
may have consequences for patients with recoverable heart disease.
The timing of the action of a cardiac assist device with respect to
the cardiac cycle was first analyzed when intra-aortic balloon pumps
(IABPs) were established. The inflation and deflation timing with respect to ventricular contraction was optimized to yield a higher systemic
and coronary perfusion during diastole as well as to reduce the load of the
LV during systole. In the context of IABP actuation, the term counter-
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pulsation was established [92, 93]. The much more invasive pVADs are
mostly operated asynchronously, meaning that the pump rate is different
from the heart rate [69], which leads to chaotic variations in hemodynamic parameters. When used in the synchronized mode, for instance
when realized by R wave detection [26], co-pulsation denotes the case
when the start of ejection of the ventricle and the pVAD occur at the
same time. Counterpulsation is realized by applying a time delay of approximately half a cardiac cycle to the start of ejection of the pVAD. The
ejection time delay can be chosen between zero and a full cardiac cycle
and the effect of such variations was analyzed in [23, 71]. Such an ejection delay selection leads to a corresponding variation of hemodynamic
parameters.
In the case of tVADs with speed modulation, varying definitions of
the phase shift were used in previous publications. Figure 4.1 illustrates
the definitions of the phase shift ϕ and the pulse width ϕp for a tVAD
for the cases of square-wave and sine-wave speed modulation, which are
used consistently in the current paper. These two types of waveforms
are described most often in the literature. The reference point is the R
wave of the electrocardiogram (ECG). For a phase shift of 0%, the sine
wave attains its maximum value and the square wave is at the center
of its high speed pulse exactly when the R wave occurs. This definition
was chosen because a first-order harmonic approximation of a square
wave results in a sine wave with the same phase shift as the sine-wave
speed profile shown. Therefore, the same phase shift is thought to have a
comparable effect on the hemodynamics, independently of the waveform.
Two main problems need to be solved to implement speed modulation
in vivo. First, a robust method for synchronizing the speed profile to the
sinus rhythm of the native heart must be available. One way of solving
this problem is to measure the ECG and applying R wave detection,
followed by filtering arrhythmic heart beats and irregular R wave detections as described in [22]. Second, a speed modulation waveform must
be selected and parameterized.
In the current paper, the previous research on speed modulation of
tVADs is summarized Section 4.3. In Section 4.4, a series of in vitro
measurements is described, where a constant speed and various speed
modulation cases are tested with a tVAD in a hybrid mock circulation.
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Figure 4.1: Definition of the pulsatile speed profiles and the phase shift ϕ with respect
to the cardiac cycle. For illustrative purposes, ϕ is equal to 30% for both
cases. The following cases are considered: a) tVAD with square-wave
speed profile and b) tVAD with sine-wave speed profile. Panel c) shows an
electrocardiogram; the R waves are the reference points for the definition
of the phase shift ϕ. The parameter ϕp denotes the pulse width of the
square wave speed profile. The parameters ωL and ωH are the low and the
high speed values in the square-wave speed profile, and ωA is the speed
amplitude of the sine wave speed profile. The dotted lines in panels a)
and b) denote the mean speed.

56

4.3 Literature overview
Section 4.5 provides the results of these experiments. In Section 4.6, the
results of previous research and of the new experiments are compared
and discussed.

4.3 Literature overview
Table 4.1 summarizes previous studies where either sine-wave or squarewave speed modulation was applied in various settings. Every study is
assigned a number (S1-S8) to identify it in the text. The type of the
study (in silico, in vitro or in vivo) and the blood pump used are indicated. The phase shifts applied in these studies are converted to the
definition shown in Figure 4.1 and are also provided in Table 4.1, along
with the pulse width used in the case of square-wave speed modulation.
In most studies, only a limited number of phase shifts were analyzed
(S1-S6); two research groups (S7 and S8) analyzed the whole phase shift
range between 0% and 100%. In the following, the methods for choosing
the speed profiles as well as the hemodynamic findings published in the
studies S1-S8 are summarized. This summary is divided into four groups
of studies in which similar phase shift settings were applied.
S1: He et al. [94, 95] performed an in silico study using square-wave
speed profiles. Seven different speed levels in the range of 17’000 rpm to
26’000 rpm with an interval of 1’500 rpm were considered. Simulations
were performed with varying speeds, phase shifts and pulse widths. An
objective function based on physiological values is designed, including
LV stroke volume, mean left atrial pressure, minimum (diastolic) aortic
pressure and mean pump speed, and it is evaluated for all simulation
conditions. Two sets of weighting parameters for this objective function were defined, one emphasizing stroke volume and one emphasizing
minimum aortic pressure. Defined by two different levels of ventricular ischemia, the cardiovascular system model was set to two different
conditions, such that a total of four solutions were obtained. For all
of these cases, the best square-wave speed profile was characterized by
a phase shift ϕ between 42% and 48% and a pulse width ϕp between
68% and 80%. The low speed was equal for all solutions, while the high
speed varied. When a higher degree of heart failure was simulated, an
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Blood pump

Phase shift
ϕ

Table 4.1: Literature overview of synchronized speed modulation using tVADs. An identifier (S1-S8) is given to identify the
studies in the text. The phase shift and pulse width values correspond to the definition shown in Figure 4.1 and are
recalculated based on the information provided in the respective publications.

Study type

Pulse width
ϕp

Speed profile

72%
80%
68%
76%

Ref. #

33%

ID

16%

33%
66%

Hemopump

Evaheart

16%
66%

In silico

In vivo (goats)

Evaheart

33%
66%

Square wave

Square wave

In vivo (pigs)

16%
66%

[94, 95]

[96]
Square wave

Centrimag

S1

S2
[97–99]

In vivo (sheep)

44%
48%
42%
42%

S3
Square wave

50%
50%
N/A
N/A

[34]

N/A

S4

75%

N/A

Centrimag

HeartMate II

0%-100%

N/A

In vivo (sheep)

In silico

Incor

0%-100%

Square wave

Sine wave

In silico

Medos microdiagonal pump

[100]

[101]

Sine wave

In silico/in vitro

S5

S6

[33, 102]

Sine wave

25%
75%
25%
75%

S7

[30, 103]

Sine wave

S8
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increased high pump speed resulted from the optimization procedure.
S2-S4: Umeki et al. and Ando et al. analyzed square-wave speed
modulation in goats [96] and pigs [97–99]. The low speed was set to
approximately 700-1’000 rpm. The high speed was manually adapted
such that a desired bypass ratio (BR, ratio between the flow through the
blood pump and the total cardiac output) was reached. In different experiments, different mean speeds and speed amplitudes were required to
reach the desired BR. In terms of timing, two cases were analyzed (“copulse mode”: ϕ = 16%, ϕp = 33%, “counterpulse mode”: ϕ = 66%,
ϕp = 66%). Pirbodaghi et al. [34] used a fixed mean speed of 2’000
rpm. Different speed amplitudes of up to 1’000 rpm were used to create
different scenarios. The same two phase shift settings were analyzed by
Pirbodaghi et al. [34], where the case with the lower phase shift value (ϕ
= 16%) is termed “high systole” and the case with the higher phase shift
value (ϕ = 66%) is termed “low systole”. In those studies, the duration
of systole is assumed to be equal to 33% of the duration of one cardiac
cycle, which explains the selection of the value of the pulse width ϕp .
In both [96] and [34], an increase of the pulse pressure compared to the
constant speed case was observed at a phase shift of ϕ = 16%, and it
reached almost the same value as when the pump was clamped. Energy
equivalent pressure (EEP) decreased almost to the mean arterial pressure (MAP) when a constant pump speed was applied, but it increased to
physiological values at a phase shift of ϕ = 16% [96]. The mean coronary
flow and the diastolic coronary flow at a phase shift of ϕ = 66% both
increased compared to the constant speed case, while at a phase shift
of ϕ = 16%, a decrease of the diastolic coronary flow and an increase
of the systolic coronary flow was observed. In the latter situation, the
mean coronary flow remained unchanged [97]. In [34], the highest mean
coronary flow was observed at a phase shift of ϕ = 66%. A decrease
in LV end-diastolic volume (EDV) at ϕ = 66% and an increase in EDV
at ϕ = 16% was observed when compared to the constant speed case
[98]. In [34] a decrease of EDV to 96% of the constant speed case at ϕ
= 66% and an increase of EDV to 107% of the constant speed case at ϕ
= 16% was observed. The LV oxygen consumption (M V O2 ) data from
[99] and the stroke work data from [34] are both related to the work load
of the native ventricle, and they show a strong agreement. Compared to
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the constant speed case, ϕ = 16% results in an M V O2 of approximately
112% and a stroke work of 104%, while a ϕ = 66% results in an M V O2
of approximately 87% and a stroke work of 72%. It is also worth noting
that the M V O2 at constant speed reached around 80% of the baseline
value and that the same results were obtained for bypass ratios of 100%
and 50%.
S5-S6: Pirbodaghi et al. [100] analyzed two different phase shifts (ϕ
= 25% and ϕ = 75%), where the effect of four different types of waveforms (including sine-wave and square-wave speed modulation with a
pulse width of ϕp = 50%) were compared. The mean speed was kept at
2’000 rpm, and the speed amplitude was varied. The minimum stroke
work (74% of the value obtained at constant speed) occurred at ϕ = 75%
and the maximum stroke work (96% of the value obtained at constant
speed) was obtained at ϕ = 25%. In this study, the effect of applying
different waveforms showed to have a negligible effect on the hemodynamics. Differences in calculated hemodynamic parameters were mostly
due to the different phase shift settings.
Cox et al. [101] performed a computer simulation study, where varying
levels of mean pump speeds (7’000 rpm to 11’000 rpm in steps of 1’000
rpm) were used to compare the constant speed case with a sine-wave
speed modulation case with ϕ = 75%. This mode was called counterpulsation mode. The maximum speed was held constant at 14’000 rpm,
thus the speed amplitude varied between 7’000 rpm and 3’000 rpm. Cox
et al. concluded that speed modulation of the pump at a fixed ϕ = 75%
does not restore the pulsatility that is reduced in the constant speed
case. On the other hand, compared to the constant speed case, the cardiac output and the coronary flow were increased, and the stroke work
and the heart rate, in response to a programmed reflex mechanism, were
decreased.
S7-S8: Shi et al. [33, 102] performed an in silico study using synchronized sine-wave speed modulation. A mean pump speed of 4’000 rpm
was chosen, such that a reasonable total cardiac output resulted when
no speed modulation was applied. The pulsation ratio (ratio between
speed amplitudes and mean speed) was varied between 0% and 100%.
For a pulsation ratio of 100%, the minimum speed is equal to 0 rpm. A
parameter study is performed where also the full range of phase shifts
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ϕ = (0%...100%) is analyzed. An objective function based on several
hemodynamic variables including cardiac output, minimum value of the
pump flow, pulse pressure, mean left atrial pressure, mean LV pressure,
energy equivalent pressure, mean LV volume, and LV stroke volume was
defined. It was found that a phase shift of ϕ = 81% yielded the best
performance with respect to the chosen objective function. The outcome
of such a study strongly depends on the structure and parameterization
of the objective function.
Vandenberghe et al. [30, 103] analyzed synchronized sine-wave speed
modulation both in silico and in vitro, where the full range of phase
shifts ϕ = (0%...100%) was considered. A mean speed of 4’000 rpm and
a speed amplitude of 2’000 rpm was chosen for all cases analyzed. The
mean arterial pressure, stroke volume, pressure-volume area, and the
end-diastolic volume revealed a sinusoidal pattern when plotted against
the phase shift. Vandenberghe et al. concluded that a counterpulsation
setting (such that the highest pump speed occurs during diastole) yields
the best unloading, which corresponds to a phase shift of approximately
ϕ = 80%. At this phase shift, the mean arterial pressure attained its
maximum value, while the stroke volume and the end-diastolic volume
attained their minimum value [30]. The other extreme values occurred
at a phase shift of approximately ϕ = 30%.

4.4 Methods
In order to illustrate the effect of a cardiac-cycle synchronized tVAD
with sine-wave and square-wave speed modulation, a series of measurements was conducted on the hybrid mock circulation described in [52].
This test bench is based on a hardware-in-the-loop concept, where a numerical model of the human circulation [53] is simulated in software and
interacts with a real blood pump using two pressure-controlled reservoirs and one flow probe. The pressure reference signals are supplied by
the numerical circulation model and tracked by proportional-integralderivative controllers in real time. The reservoir upstream of the VAD
represents the LV, while the reservoir downstream of the VAD represents
the aorta. The flow probe measures the flow through the VAD and pro-
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vides this value to the numerical circulation model, such that a real-time
interaction between a blood pump and the numerical circulation model
is established. For all investigations, the numerical circulation model
was set to simulate a pathological situation with an increased heart rate
of 90 bpm and a decreased contractility of 34% as described in [53].
The tVAD (Deltastream DP2, Medos Medizintechnik AG, Stolberg,
Germany) implemented in the hybrid mock circulation was actuated by
a servoamplifier (Accelus, Copley Controls Corp., Canton, MA, USA)
with encoder feedback to yield speed control with a high bandwidth. Five
different reference speed settings were defined for the tVAD (constant
speed, square waves with a pulse width of ϕp = 35%, 50%, 70% and a
sine wave), where the mean speed was always equal to 4’000 rpm. The
amplitude of the sine wave was equal to 1’000 rpm, and the low (ωL )
and high (ωH ) speeds of the square wave signals were calculated as
ωL

=

ωH

=

ωc − 2 ∙ ωA ∙ ϕp ,

ωc + 2 ∙ ωA ∙ (1 − ϕp ) .

(4.1)
(4.2)

These speeds thus depend on the pulse width ϕp that is chosen. This
implementation ensures that the difference between these two speeds is
equal to the speed amplitude ωA multiplied by a factor of two, and the
mean speed is equal to the prescribed value ωc = 4’000 rpm. For all
configurations except for the constant speed case, the phase shift ϕ was
changed between 0% and 95% in increments of 5%. The frequency for
all waveforms was dictated by the simulated heart rate. Table 4.2 lists
all configurations used for the measurements.
Each setting was applied for 20 s to allow the system to reach steady
state. The data obtained from one such steady-state heart beat for each
setting were then analyzed to calculate the following parameters: Total cardiac output (TCO, defined as the mean flow through the aortic
valve plus the mean flow through the pump), LV stroke work (SW), LV
end-diastolic volume (EDV), mean arterial pressure (MAP), mean flow
through the aortic valve (AoF), arterial pulse pressure (PP), mean flow
through the pump (PF), surplus hemodynamic pressure (SHP), mean
backflow to the LV through the pump (BF), bypass ratio (BR) and pulsatility index (PI, difference between the maximum and the minimum
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Table 4.2: Overview of the speed profiles used at the hybrid mock circulation. The
phase shift is varied between 0% and 95% in increments of 5%.

Mode

Pulse width
ϕp

Mean speed
ωc

Amplitude
ωA

Constant speed
Square wave
Square wave
Square wave
Sine wave

N/A
30%
50%
70%
N/A

4000 rpm
4000 rpm
4000 rpm
4000 rpm
4000 rpm

N/A
1000 rpm
1000 rpm
1000 rpm
1000 rpm

flow in the aorta, divided by its mean value).
SHP is calculated as the difference between the energy equivalent pressure (EEP) and the MAP
SHP =

R t2
t1

pao ∙ (qav + qbp ) dt

(t2 − t1 ) ∙ TCO

− MAP = EEP − MAP,

(4.3)

where pao is the aortic pressure, qav is the flow through the aortic valve
and qbp is the flow through the blood pump; t1 and t2 denote the onset of two consecutive cardiac cycles. The commonly used term surplus
hemodynamic energy (SHE) is replaced by the term surplus hemodynamic pressure (SHP), because this index is defined in units of pressure
and not in units of energy.

4.5 Results
Figure 4.2 shows the following indices plotted versus phase shift: TCO,
SW, EDV, MAP, AoF, PP, PF, SHP, and BF. As a reference, the gray
line in each panel indicates the value that is achieved when a constant
pump speed of 4’000 rpm is applied. The effect of phase shift on these
variables is qualitatively equal for all cases analyzed. The maximum and
minimum LV stroke work is attained at phase shifts of approximately
30% and 80%, respectively. For the square-wave speed profiles, the following tendency can be seen: For the case with lower pulse width (ϕp
= 30%), the effect on the hemodynamic values is reduced at high phase
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shifts and increased at low phase shifts, while the opposite is true for
the case with higher pulse width (ϕp = 70%). It is possible to control most of the parameters to reach values above or below the constant
speed parameter value by selecting a specific phase shift. The range of
the parameters calculated are comparable for the different speed modulation waveforms that were applied, presumably due to the identical
mean speed and due to the constant condition of the circulatory system
that is simulated. The BR of all the cases analyzed had a mean value of
94% and a standard deviation of 4%. The flow through the aortic valve
was characterized by a median value of 0.27 L/min, a minimum value of
0 L/min and a maximum value of 0.8 L/min. The aortic valve opened in
all cases except for the square wave with a pulse width of ϕp = 70% at
the phase shifts between ϕ = 80% and ϕ = 100%. The maximum flow
through the aortic valve occurred roughly between the phase shifts of
50% and 60%. The PI revealed a pattern similar to the ones of SHP and
PP. At phase shifts around ϕ = 80%, it was approximately equal to the
value attained at a constant tVAD speed (P I ≈ 1.4). For phase shifts
around ϕ = 30%, the maximum value was attained (P I ≈ 3.5).

4.6 Discussion
The current paper discusses the cardiac-cycle synchronized speed modulation of tVADs. It focuses on a definition of phase shift that leads
to comparable hemodynamic effects regardless of the speed modulation
waveform that is applied. An overview of the literature using speed
modulation of tVADs is given, where the phase shifts applied in the respective studies are recalculated according to the definition established
in the current paper to ensure comparability of the results. Further, the
results of an in vitro study are presented, where measurements using
a tVAD with constant speed, sine-wave speed modulation, and squarewave speed modulation at three different pulse-widths were conducted.
The independent variable was the phase shift, which was varied between
0% and 95% in 5% increments.
Results of previous research, described in Section 4.3, qualitatively
match the results presented in Section 4.5 with respect to the phase
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Figure 4.2: The variations of selected hemodynamic parameters with varying phase
shift ϕ. The thick gray line shows the values resulting from applying a
constant speed. TCO: Total cardiac output, SW: Left ventricular stroke
work, EDV: Left ventricular end-diastolic volume, MAP: Mean arterial
pressure, AoF: Mean flow through the aortic valve, PP: Systemic arterial
pulse pressure, PF: Mean flow through pump, SHP: Surplus hemodynamic
pressure, BF: Mean backflow to left ventricle through pump.
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shift when the phase shift is defined according to the definition shown
in Figure 4.1. This agrees with the finding in [100], where the authors
concluded that no major differences in the hemodynamics occur when using sine waves, square waves, sawtooth-shaped or triangle-shaped waveforms. The results in the studies S1-S8 were obtained with six different
tVADs. The studies include in silico, in vitro, and in vivo experiments,
where goats, pigs, and sheep were used. The attainable maximum and
minimum values of hemodynamic variables over the full range of phase
shifts vary due to the state of the cardiovascular system, as well as due to
the mean speed and the speed amplitude. The latter two were not varied
in the new series of experiments. As demonstrated in [33], a higher speed
amplitude can be expected to increase the range of the parameters when
the phase shift is varied.
When using a tVAD with either sine-wave or square-wave speed modulation, there is a tradeoff that is inherent to the system. Either the
unloading of the ventricle can be improved until maximum unloading
is achieved at a phase shift of approximately 80% (upstream benefit),
expressed by a further reduction of the end-diastolic volume, the stroke
work and consequently myocardial wall stress and external work, compared to the constant speed case. Or, the hemodynamic conditions in
the aorta can be altered towards a physiologic PP and SHP at a phase
shift of approximately 30% (downstream benefit), which could help to
prevent vascular dysfunction [104, 105]. The investigations of Ando et al.
[96] suggest that the pulsatility in terms of PP and EEP can be restored
to values comparable to physiologic ones by speed modulation. An intermediate phase shift between 50% and 60% has been shown to result
in maximal flow through the aortic valve, which might help to reduce
aortic valve dysfunction. The approach chosen does not allow both upstream and downstream values to be optimized at the same time. Most
likely, myocardial recovery is favored with a more pronounced unloading
of the LV [13, 14, 106]. Therefore, patients could potentially benefit from
speed modulation with a phase shift of 80% in the early postoperative
phase and a gradual reloading of the ventricle by changing phase shift
as a weaning procedure.
The use of tVADs induces blood damage due to the contact of blood
with an artificial surface and the high shear stress levels inside the pump
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[107, 108]. This shear stress can lead to hemolysis and platelet activation. There are differences in the amount of blood damage to be
expected from using different clinically used VADs [109], and the design
of the pump geometry and the impeller has an influence on the blood
damage levels [110, 111]. It has been shown that higher pump speeds
and lower pump flows increase the modified index of hemolysis [112]
under stationary conditions, meaning that the tVADs are analyzed at
a constant rotational speed and at constant pressure heads. The influence of speed modulation on hemolysis has been analyzed by Tayama
et al. [113, 114]. The outcome of these studies suggests that dynamic
impeller speed variation increases the rate of hemolysis compared to a
constant speed operation. Further research is necessary to further analyze the effect of speed modulation on blood damage in a physiological
environment.
Clearly, counterpulsation (high pump speed during ventricular diastole) leads to higher coronary flow due to the increased diastolic systemic
arterial pressure in silico [94, 101–103]. In vivo experiments reveal somewhat contradictory results. Ando et al. [97] observed that diastolic coronary flow could be significantly increased using a phase shift of 66%. In
contrast, the study of Pirbodaghi et al. [100] reported that only minor variations in coronary flow were obtained when phase shifts of 25%
and 75% were applied. However, an earlier in vivo study using a pVAD
suggested that the coronary circulation has its own autoregulation mechanism that relates coronary flow to the oxygen demand of the ventricle
[115]. This could not be confirmed in a later study [116], where the
use of a tVAD did not show any influence of bypass flow and thus left
ventricular load on coronary flow. Coronary perfusion under VAD assistance thus represents a topic requiring further research to determine,
and if so, to what extent speed modulation has any significant influence.
Control systems described in the literature that automatically adapt
the speed of tVADs do not include cardiac-cycle synchronized speed modulation. The task of finding an appropriate mean speed for a tVAD is not
discussed in the current paper and is challenging in itself [20, 117, 118].
To date, no automatic control algorithm has been described in the literature that automatically adapts the parameters defining pulsatile speed
profiles. Further, there is an inherent limitation to the tracking perfor-
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mance of the reference speed. Due to the rotor inertia and the maximum
power the motor can generate, which lead to a limitation in the derivative of pump speed with respect to time, square-wave speed profiles
cannot be tracked perfectly. Speed control algorithms which deliver a
low bandwidth diminish differences between square-wave and sine-wave
speed profiles. A further issue is the fact that varying cannula lengths
have an influence on the fluid inertia as well as the fact that different
nonlinear pump characteristics (pressure-head vs. flow diagrams) can
lead to varying hemodynamic results. These effects would have to be
considered in the process of designing a speed modulation strategy for a
specific blood pump.
In silico optimizations generate outcomes which depend on the objective function chosen. The optimization study conducted in [94, 95]
yielded square waves with phase shifts between approximately 40% and
50%. Thus, a comparison of those results with those shown in Figure
4.2 allows the conclusion that the chosen objective function results in an
increased pulse pressure while keeping the EDV and SW at levels similar
to those obtained with a constant speed. The objective function chosen
in [33, 102] yields a phase shift of ϕ = 81%, such that this objective
function focuses on ventricular unloading because EDV and SW attain
their minimum at that phase shift value, whereas PP is approximately
equal to the PP obtained when operating the pump at a constant speed.
Presumably, the quintessential speed profile that leads to optimal
physiologic performance is a non-trivial waveform unlike a sine wave
or a square wave. Further research is necessary to find speed profiles
that optimize the dynamic interaction between the tVAD and the cardiovascular system. Such speed profiles depend on the type of pump
used and on the ever varying state of the cardiovascular system. In case
of in silico studies, mathematical optimization or optimal control theory
represent promising approaches to find the best possible speed profile for
a specific tVAD in a specific cardiovascular environment [119].
The selection of a speed profile for modulating the action of a tVAD
is not the only possible solution. From a conceptual point of view, it
would also be possible to use a strategy that directly applies pump flow
modulation [120]. In that case, a reliable estimate or a measurement
of this flow would be necessary. Speed modulation is easier to realize
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because speed control is usually available in clinically used tVADs to keep
the pump speed at a preset constant value. Although the availability of
flow measurement data with a sufficient sampling frequency and longterm accuracy with a compact sensor or an estimator is a goal, it is
not a clinical reality as yet. However, the approach of flow modulation
would be preferable because it is “closer” to the cardiovascular system
and the hemodynamic effects occurring with the use of flow modulation
are easier to predict.

4.7 Conclusion
The current paper has demonstrated that the various proposed strategies
for synchronized speed modulation of tVADs lead to comparable hemodynamic effects when a consistent definition of the phase shift is used.
Speed modulation should therefore be considered for clinical practice
to either increase pulsatility in the systemic arterial circulation (downstream benefit) or to enhance left ventricular unloading (upstream benefit). Adjustment of the phase shift of cardiac cycle-synchronized speed
modulation leads to control over the trade-off between these two benefits.
Future research should include the optimization of the speed modulation
profiles and the analysis of potential long-term effects and benefits of this
approach.
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tVADs
5.1 Abstract
The current paper presents a methodology for the derivation of optimal operating strategies for turbodynamic ventricular assist devices
(tVADs). In current clinical practice, tVADs are typically operated at
a constant rotational speed, resulting in a blood flow with reduced pulsatility. Recent research in the field has aimed at optimizing the interaction between the tVAD and the cardiovascular system by using
predefined speed profiles. In the current paper, we avoid the limitation
of using predefined profiles by formulating an optimal-control problem
based on a mathematical model of the cardiovascular system and the
tVAD. The optimal-control problem is solved numerically, leading to
cycle-synchronized speed profiles which are optimal with respect to an
arbitrary objective. An adjustable trade-off between the maximization
of the flow through the aortic valve and the minimization of the leftventricular stroke work is chosen. The optimal solutions perform better
than constant-speed or sinusoidal-speed profiles for all cases studied. The
analysis of optimized solutions provides insight into the optimized interaction between the tVAD and the cardiovascular system. The numerical
approach to optimization of this interaction represents a powerful tool
with applications in research related to tVAD control. Furthermore,
patient-specific, optimized VAD actuation strategies can potentially be
derived from this approach.
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5.2 Introduction
Ventricular assist devices (VADs) are mechanical systems aimed at supporting the blood circulation in patients with severe heart failure. After
five decades of intensive development, various devices have become increasingly applied, typically as a “bridge to transplantation”, i.e. for
patients with no other alternative left [12]. In addition, by assisting and
thus unloading the failing cardiac ventricle, VADs have also been shown
to contribute to some degree to myocardial recovery [13, 14]. Currently,
second and third generation turbodynamic VADs (tVADs), are about
to completely replace the first generation volume displacement VADs.
They have found to be superior in terms of survival rate and reduced
adverse events [11].
Feedback control strategies to physiologically adapt the operation of
tVADs to the oxygen demand and to optimize left-ventricular unloading have been subject to continuous research [20, 27, 28, 31, 118, 121].
Different types of speed profiles, synchronized to the natural cardiac cycle, have been applied in silico and in vitro to analyze their influence
on perfusion, pulse pressure and ventricular unloading [30, 33, 90, 94,
99, 101]. In vivo experiments have been conducted to validate this approach [34, 100]. Common among all previous research on this topic is
the preselection of a certain speed profile, such as a sine wave or a square
wave. In these studies, the parameters of the selected profile are varied
to analyze the effect on physiologic parameters. Naturally, the outcome
thus depends on the preselected speed profile.
We propose a methodology that circumvents the limitation of preselecting a certain speed profile. Instead, a model-based numerical optimization approach is presented. A physiologically motivated objective
function is constructed and the speed profile that minimizes this objective function is found by solving an optimal-control problem (OCP).
By defining an OCP, no assumptions about the speed profile need to
be made in advance. Instead, the tVAD is expected to optimally interact with the circulatory system. Due to this absence of restrictions, we
hypothesize that the optimized speed trajectory performs better than
strategies with either a constant speed or predefined speed profiles.
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In the current paper, a state-space model of the human circulation
[53] is used in connection with a mathematical model of a turbodynamic
blood pump. This full model is used for simulations with a constant
pump speed as well as with various sinusoidal speed profiles. A reduced
version of the model is used to formulate the OCP, which is solved numerically. Its validation on a hybrid mock circulation [52] shows that
the optimized speed profiles can be implemented in a real blood pump.
The optimized solutions attain lower objective function values than other
speed profiles.

5.3 Methods
In this section, three different methods for obtaining a pump speed profile are presented. The pump speed profiles for these three methods are
either characterized by a constant speed, by a sinusoidal speed profile
synchronized to the cardiac cycle, or by a speed profile obtained from
the numerical solution of an OCP. The first two methods are detailed in
Section 5.3.1, and the formulation as well as the numerical solution procedure of the OCP are described in Section 5.3.2. The resulting solutions
from these methods are compared using a physiologically motivated objective function in Section 5.4. For the first two methods, this objective
function must be evaluated a posteriori because the speed profile is predefined and an exhaustive parameter sweep is performed. In the third
method, the objective function is a part of the OCP and its value as well
as the corresponding speed profile result from the solution of this OCP.
To ensure a fair comparison of these different pump-actuation strategies,
one additional parameter is fixed, namely the total cardiac output which
is the total amount of blood pumped to the circulatory system by both
the heart and the blood pump. The reason for fixing the total cardiac
output is outlined in the following.
The autoregulatory mechanisms ensure that the supply of oxygenated
blood to the body conforms to its current needs. In order to allow for
a fair comparison between two different speed profiles, the total cardiac
output has to be equal for both. The total cardiac output is calculated
as the sum of the mean flows through the aortic valve and through the
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tVAD. In the lumped-parameter models used in the current study, there
is a unique relation between the activity of the baroreflex mechanisms,
defining the arterial resistance, and the mean arterial pressure. These
two quantities, namely the arterial resistance and mean pressure, define
the total cardiac output. It is therefore sufficient to prescribe the cardiac output to ensure comparability of different solutions. A value of
5 L/min is imposed, which represents a physiologically plausible value for
an adult person at rest [1] and, in the model used, implies a mean systemic arterial pressure of 100 mmHg. The results presented could also be
reproduced for other perfusion levels. The fixation of the total cardiac
output to 5 L/min is also justified by the fact that the current study does
not investigate the effect of the VAD actuation on the perfusion, but is
focused on the heart-VAD interaction.
The model of the cardiovascular system used here was originally published in [53]. An implementation in Matlab/Simulink R (The Mathworks Inc., Natick, MA, USA) of this model was used earlier [52]. The
pathologic case defined in [53] is used for all investigations. It is defined
by a raised heart rate of 90 bpm and a reduced ventricular contractility.
Figure 5.1 illustrates the structure of the model. The full model comprises the left and right atria and ventricles, the four heart valves, and
the systemic and the pulmonary circulation, each with an arterial and a
venous section. The four contracting chambers of the heart are modeled
based on the time-varying elastance principle, which is basically the inverse of compliance or stiffness of the heart muscle wall. This stiffness
varies during the cardiac cycle, thereby causing a contraction, and this
is modeled in specific, empirically derived curves that are described in
literature [122]. Three autoregulatory mechanisms are modelled: The
resistance to flow in the systemic and the pulmonary arterial trees is
adapted based on the corresponding mean arterial pressures; the unstressed volume of the systemic veins is adapted based on the cardiac
output. The inflow cannula of the tVAD is connected with the simulated left ventricle, and the outflow cannula is attached to the simulated
aorta. This model is used to generate the constant speed and the sinusoidal speed profile solutions by forward simulation as described in
Section 5.3.1.
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Figure 5.1: The subsystems of the numerical circulation model including a ventricular
assist device. The optimal-control problem (OCP) solved in the current
paper consists of the subsystems within the gray box. There are three
boundary conditions that need to be defined as computed by the full
model: the pulmonary arterial pressure, the systemic venous pressure and
the systemic arterial resistance. The latter is influenced by the baroreflex
mechanism. These quantities do not change as long as the total cardiac
output and thus the mean arterial pressures are unchanged.
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When the total cardiac output is fixed to a constant value, the right
ventricle and atrium are barely influenced by the speed profile of the
tVAD. Therefore, in order to reduce the size and the complexity of the
OCP described in Section 5.3.2, a reduced version of the model is used,
as indicated by the gray box in Figure 5.1. At the boundaries of the reduced model, the trajectories of the pulmonary arterial pressure and the
systemic venous pressure from the constant speed solution are applied.
Also, the systemic arterial resistance from the same solution is enforced
during the optimization. These boundary conditions ensure that the
demanded cardiac output of 5 L/min leads to the same mean systemic
arterial pressure of 100 mmHg as solutions obtained from the full model.

5.3.1 Simulation of the reference solutions
The solutions for the constant speed and the sinusoidal speed profile
cases are generated by forward simulation of the full model. Thereby,
the mean pump speed ωc [rpm] is regulated automatically such to yield
the desired cardiac output of 5 L/min.
The sinusoidal speed profiles, synchronized to the cardiac cycle, are
illustrated in Figure 5.2. They are defined as
ω(t) = ωc + ωA ∙ sin (2 ∙ π ∙ (γc (t) + ϕ + 0.25)) ,

(5.1)

where ωA is the amplitude in rpm and ϕ is the phase shift as a fraction
of the duration of one cardiac cycle. The variable γc (t) is a periodic,
sawtooth-shaped signal representing the progress through each cardiac
cycle. The ranges of ϕ and γc (t) are from 0 to 1, whereas the reference
point, i.e. the point where ϕ = 0 and γc (t) = 0, represents the onset of
the ventricular systole. The phase shift offset of 0.25 is chosen such that
at a phase shift of ϕ = 0, the maximum tVAD speed occurs exactly at
the onset of the ventricular systole.
A “brute-force” analysis is performed: The two parameters ωA and
ϕ are varied in small steps throughout their admissible range, and for
each combination, a forward simulation is executed. The steps chosen
are ωA = {250, 500, . . . , 3250, 3500} rpm and ϕ = {0, 0.05, . . . , 0.9, 0.95}.
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Pump speed profile
Mean pump speed ωc
Cardiac cycle signal

Normalized elastance of ventricle elv (t)
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Figure 5.2: Timing of the sinusoidal speed profile with respect to the cardiac cycle.
The start of a cardiac cycle is defined as the onset of the ventricular
systole (dotted vertical lines). At these instants, the cardiac cycle signal
γc (t), which is used to generate the sinusoidal speed profile, is reset. For
the sinusoidal speed profiles, the two parameters ϕ (phase shift) and ωA
(amplitude) are defined.

The data of the resulting 280 simulations is stored and can be used to
evaluate any objective function, e.g. the one described by (5.6a).

5.3.2 Optimal-control problem
This section is divided into three parts. Section 5.3.2 defines the mathematical model that is used in Section 5.3.2 to formulate the continuoustime OCP. Section 5.3.2 describes the transformation of this OCP into a
nonlinear program (NLP) and the method for solving it.
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Mathematical model

The differential equations describing the reduced cardiovascular system
are as follows
ẋ1 (t)

=

ẋ2 (t)

=

ẋ3 (t)

=

ẋ4 (t)

=

ppa (t) − ppv (x1 (t)) ppv (x1 (t)) − pla (x2 (t), t)
−
, (5.2a)
Rpa
Rpv
ppv (x1 (t)) − pla (x2 (t), t)
− x3 (t),
(5.2b)
Rpv
1
(5.2c)
pla (x2 (t), t) − plv (x(t), t) + ...
Lmv

... + ps,mv (t) − Rmv ∙ x3 (t) ,

ẋ5 (t)

=

(5.2e)

ẋ6 (t)

=

ẋ7 (t)

=

ẋ8 (t)

=

x3 (t) − x5 (t) − x9 (t),
1
plv (x(t), t) − pao (x(t)) + ...
Lav

... + ps,av (t) − Rav ∙ x5 (t) ,
x5 (t) + x9 (t) − x7 (t),
pao (x(t)) − psa (x8 (t))
,
Lsa
psa (x8 (t)) − psv (t)
x7 (t) −
,
Rsa

(5.2d)

(5.2f)
(5.2g)
(5.2h)

where each state variable describes either a volume or a volume flow in
the cardiovascular system, see Table 5.1. The right hand sides of most
of these differential equations depend on pressures in the cardiovascular
system which depend on the state variables by static relationships as
follows.
The pressures in the pulmonary vein and in the systemic arteries are
calculated assuming constant compliances and a volume offset
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ppv (x1 (t))

=

psa (x8 (t))

=

x1 (t) − V0,pv
,
Cpv
x8 (t) − V0,sa
.
Csa

(5.2i)
(5.2j)
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Table 5.1: Description of the state variables and inputs of the reduced circulation
model and the pump, including their lower (LB) and upper (UB) bounds.

Variable

Description

x1
x2
x3
x4
x5
x6
x7
x8
x9
x10 = ω
u1 = I
u2 = ps,mv
u3 = ps,av
∗

LB

UB

Unit

pulmonary venous volume
left atrial volume
flow through mitral valve
left ventricular volume
flow through aortic valve
aortic volume
systemic arterial flow
systemic venous volume
flow through pump
pump speed

250
0
0
10
0
570
−100
285
x9,lb ∗
0

750
220
500
270
500
750
500
335
255
7000

mL
mL
mL/s
mL
mL/s
mL
mL/s
mL
mL/s
rpm

pump current
slack pressure (mitral valve)
slack pressure (aortic valve)

−3.6
0
0

3.6
200
200

A
mmHg
mmHg

x9,lb = {0, 1, 2}L/min = {0, 16.6, 33.3}mL/s

For the aortic pressure, visco-elasticity is taken into account as well
pao (x(t))

=

x6 (t) − V0,ao
+ Rc ∙ (x5 (t) − x7 (t) + x9 (t)) . (5.2k)
Cao

The left atrial and left ventricular pressures are calculated using empirical time-varying elastance laws. For the left ventricle, a visco-elastic
effect is included
pla (x2 (t), t)
plv (x(t), t)

=
=

P0,la + ϕp,la (x2 (t), t) + ...
... + ela (t) ∙ (ϕa,la (x2 (t), t) − ϕp,la (x2 (t), t)) ,

P0,lv + ϕp,lv (x4 (t), t) + ...

(5.2l)
(5.2m)

... + S ∙ elv (t) ∙ (ϕa,lv (x4 (t), t) − ϕp,lv (x4 (t), t)) + ...
... + Ri,lv (t) ∙ (x3 (t) − x5 (t) − x9 (t)) .
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Table 5.2: Parameter values with their physical units used in the reduced circulation
model.

Parameter
Rpa
Rpv
Lmv
Rmv
Lav
Rav
Lsa
Rsa
V0,pv
Cpv
V0,sa
Csa
V0,ao
Cao
Rc

Value

Unit

0.09
0.012
7.26 ∙ 10−4
7.5 ∙ 10−3
7.26 ∙ 10−4
3.7 ∙ 10−3
3 ∙ 10−4
1.11
250
10
285
0.25
570
0.9
0.1

mmHg∙s/mL
mmHg∙s/mL

mmHg∙s2/mL
mmHg∙s/mL

mmHg∙s2/mL
mmHg∙s/mL

mmHg∙s2/mL
mmHg∙s/mL

mL
mL/mmHg

mL
mL/mmHg

mL
mL/mmHg
mmHg∙s/mL

Parameter

Value

Unit

P0,la
P0,lv
Emin,la
Emin,lv
V0,la
V0,lv
Vsat,la
Vsat,lv
Kla
Klv
Vpmax,la
Vpmax,lv
Pmax,la
Pmax,lv
S

0
0
0.1
0.025
−25
10
1
270
0
2000
200
175
25
360
0.34

mmHg
mmHg
mmHg/mL
mmHg/mL
mL
mL
mL
mL
mmHg/mL
mmHg/mL
mL
mL
mmHg
mmHg
−

The pressure-volume relations of the contracting chambers (left ventricle
and left atrium) are defined as
ϕp,i (Vi (t))

=

ϕa,i (Vi (t))

=

Emin,i ∙ (Vi (t) − V0,i ) + ...
Ki
Ki
... +
,
−
Vsat,i − (Vi (t) − V0,i ) Vsat,i
!

2
Vpmax,i − Vi (t)
1−
∙ Pmax,i
Vpmax,i − V0,i

(5.2n)

(5.2o)

where the index i represents either the left atrium or the left ventricle and
Vi (t) represents either the left atrial volume x2 (t) or the left ventricular
volume x4 (t). Table 5.2 shows the parameter values used in (5.2).
The model depends on several time-varying parameters. Namely, the
pressures at the boundaries ppa (t) and psv (t), the normalized elastance
functions ela (t) and elv (t) and the internal resistance of the left ventricle Ri,lv . Figure 5.2 shows the two normalized elastance functions, the
pressures at the boundaries are indicated in Figure 5.1.
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The slack variables ps,mv and ps,av are used to model the heart valves,
which impose a strictly non-negative flow. To achieve this non-smooth
behaviour, the following set of constraints needs to be satisfied [123]:
x3 (t) ∙ ps,mv (t) = 0

(5.3a)

x5 (t) ∙ ps,av (t) = 0

(5.3b)

ps,mv (t) ≥ 0

(5.3d)

ps,av (t) ≥ 0

(5.3f)

x3 (t) ≥ 0
x5 (t) ≥ 0

(5.3c)
(5.3e)

Two differential equations are used to describe the acceleration of the
fluid in a mixed-flow blood pump (Deltastream DP2, Medos Medizintechnik AG, Stolberg, Germany) and the acceleration of the rotor shaft

ẋ9 (t)

=

ẋ10 (t)

=

1
∙ H(x9 (t), x10 (t)) − ...
LVAD

... − (pao (x(t), t) − plv (x(t), t)) ,

1
∙ − T (x9 (t), x10 (t)) + kVAD ∙ I(t) ,
θVAD

(5.4a)

(5.4b)

where x9 (t) is the flow rate through the pump and x10 (t) is the rotational speed of the pump. The variable I(t) is the pump current. The
“pressure head” H (mmHg) and the “hydraulic torque” T (N ∙ m) of the
pump are stored in two-dimensional maps obtained from static measurements at the hybrid mock circulation. The parameter kVAD relates
the produced torque to the electric current and is supplied by the motor manufacturer. The fluid inertance LVAD and the rotor inertia θVAD
were identified using dynamic measurements. The variables describing
the pump model are summarized in Table 5.3.
To sum up, the reduced model has nx = 10 state variables. The first
eight (x1 , ..., x8 ) describe the circulation (5.2), whereas the two remaining ones (x9 , x10 ) describe the mixed-flow blood pump (5.4). The model
has one control input, namely the pump current I(t). The two slack
variables ps,mv and ps,av represent, from a structural point of view, two
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Table 5.3: Parameter values with their physical units used in the pump model.

Parameter
LVAD
θVAD
kVAD

Value

Unit

0.03
1.23 ∙ 10−6
0.013

mmHg∙s2/mL
N∙m/rpm
N∙m/A

additional inputs. The control input and these two slack variables are
gathered in the input vector u(t), which consequently has the dimension
nu = 3. All state variables are gathered in the state vector x(t). The
corresponding right-hand sides of the differential equations describing
the model are stacked in the vector-valued “model function” f :
ẋ(t) = f (x(t), u(t), t).

(5.5)

Formulation of the optimal-control problem
The mathematical representation of the optimization problem to be
solved comprises an objective function (5.6a) and several constraints
(5.6b)–(5.6i):
min.

x(t),u(t)

s. t.

J(x(t), t) =

Z

tf

L(x(t), t) dt

(5.6a)

tb

ẋ(t) = f (x(t), u(t), t),

(5.6b)

s(x(t)) = 0,

(5.6c)

g(x(t)) = 0,

(5.6d)

x(tb ) = x(tf ),

(5.6e)

u(tb ) = u(tf ),

(5.6f)

xlb ≤ x(t) ≤ xub ,

(5.6g)

ulb ≤ u(t) ≤ uub ,

tb ≤ t ≤ tf .

(5.6h)
(5.6i)

The function L in (5.6a) is an arbitrary function of the state variables
and is described below. The time instances tb and tf denote the start of
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two consecutive cardiac cycles where the heart rate is equal to 90 bpm,
i.e. tf − tb = 0.667 s. The continuity constraint (5.6b) ensures that,
for a solution of the OCP, the model equations are satisfied. The constraints (5.6c) represent equations (5.3a) and (5.3b), which model the
heart valves. The constraint (5.6d) ensures the desired cardiac output
∗

V CO = 5 L/min:
1
g(x(t)) =
tf − tb

Z

tf
tb

∗

x5 (t) + x9 (t) dt − V CO .

(5.7)

A periodic solution is sought, defined by the constraints (5.6e) and (5.6f).
The constraints (5.6g) and (5.6h) implement the upper and lower bounds
on the state variables and the inputs as specified in Table 5.1. For the
lower bound on the pump flow x9,lb , different values are chosen. The
standard value of 0 implies that no backflow occurs from the aorta to
the left ventricle. The influence on the solution when a positive flow is
enforced is analyzed in Section 5.4.4.
The objective function (5.6a) is chosen in accordance with physiological considerations. The application of a VAD can lead to a permanent
closure of the aortic valve. Fusion of the aortic valvular cusps and a
thrombus formation at the aortic valve may occur in this case [82, 84, 85].
Including the flow through the aortic valve as the first component of the
objective function allows solutions to be enforced where the flow through
the aortic valve is maximized and thus opening of the valve is ensured.
A further goal of the installation of a VAD is the unloading of the heart.
Thus, a reduction of the hydraulic work the left ventricle needs to perform is chosen as a second component of the objective function. The
main task of a VAD is to maintain the perfusion of the patient, which
is fulfilled by the perfusion constraint (5.7). The tradeoff between the
two conflicting components of the objective function is adjusted by the
weighting parameter ρ ∈ [0, 1]:
L1 (x5 (t))

=

L2 (x(t), t)

=

J(x(t), t, ρ)

=

−x5 (t) ∙ L1,N ,



(5.8a)

plv (x(t), t) ∙ x5 (t) + x9 (t) − x3 (t) ∙ L2,N , (5.8b)
Z tf
(1 − ρ) ∙ L1 (x5 (t)) + ρ ∙ L2 (x(t), t) dt. (5.8c)
tb
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The parameter L1,N = 10−2 J∙s/mL normalizes L1 such that the typical
values of both components of the objective function are within the same
numerical range. The parameter L2,N = 133.3 ∙ 10−6 converts the units
of L2 from mmHg ∙ mL to J.

Numerical solution of the optimal-control problem

Direct transcription is applied to solve the OCP (5.6), transforming the
continuous-time problem into an NLP [124, 125]. Despite its large size,
the resulting NLP can be solved efficiently due to its structure and the
performance of current NLP solvers. Furthermore, this approach provides a straightforward handling of any types of constraints [126].
The family of Radau collocation schemes is applied in this work [127].
Collocation methods represent each state variable xi (t) as a polynomial,
providing a continuous solution. When used in the context of direct
transcription, their implicit nature is irrelevant. “Radau IIA” methods
are chosen due to their advantageous stability properties [128]. For the
problem at hand, using a low-order method with a fine time discretization yields the best results concerning convergence of the NLP solver
and avoidance of local minima. In fact, the results shown below were
obtained using the first-order representative of this collocation family,
which is the well-known Euler-backward scheme.
All of the equations forming the OCP (5.6) have to be discretized consistently. A grid of N points is used, yielding N − 1 intervals of length
hk = tk+1 − tk . The notation xk = x(tk ) is adopted. The continuity
constraint (5.6b) is transformed to discrete defect constraints, all integrals become weighted sums and the constraints on the controls and the
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state variables are imposed at the discretization points:
min.

x• ,u•

where
s. t.

Jd =

N
−1
X
k=1

hk−1 ∙ L(xk , tk ),

(5.9a)

L(xk , tk ) = (ρ − 1) ∙ x5,k ∙ L1,N + ...

... + ρ ∙ plv (xk , tk ) ∙ (x5,k + x9,k − x3,k ) ∙ L2,N ,

xk+1 = xk + hk ∙ f (xk+1 , uk+1 ), k = 0 . . . N − 2, (5.9b)


x3,k ∙ u2,k
= 0, k = 0 . . . N − 1,
(5.9c)
sk =
x5,k ∙ u3,k

N
−1
X
k=1

∗

hk−1 ∙ (x5,k + x9,k ) = (tN−1 − t0 ) ∙ V CO ,

(5.9d)

x0 = xN −1 ,

(5.9e)

xlb ≤ xk ≤ xub , k = 0 . . . N − 1,

(5.9g)

u0 = uN −1 ,

ulb ≤ uk ≤ uub , k = 0 . . . N − 1,
t0 = tb , t1 , . . . , tN −2 , tN −1 = tf .

(5.9f)
(5.9h)
(5.9i)

Equations (5.9) define an NLP in n = N ∙ (nu + nx ) variables, namely
uk and xk for k = 0 . . . N − 1, and nc = (N −1)∙nx +2∙N +1+(nx +nu )
equality constraints. Its objective function (5.9a) is nonlinear in the
NLP variables, and it has nonlinear constraints (5.9b) and (5.9c), linear
constraints (5.9d), (5.9e) and (5.9f), as well as simple bounds (5.9g)
and (5.9h). All state variables and inputs are scaled such that the range
between the lower and upper bounds is mapped to the interval [0, 1]. This
normalization ensures a similar magnitude of all NLP variables. The
resulting improvement in numerical condition of the problem increases
the reliability and the convergence speed of the NLP solver.
The equality-constrained NLP is commonly solved using a Newtontype iteration. Due to the required factorizations (or re-factorizations,
respectively) of the large matrices involved, a typical runtime between
O(n2 ) and O(n3 ) results [129]. The second-order derivatives are approximated by an iterative update using first-order derivative information.
Two factors are thus key for a fast solution of the OCP: (a) the reduction
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of the problem size and (b) the exploitation of the problem structure to
reduce the number of evaluations of the objective and model functions.
The following paragraphs outline the procedure to achieve both.
The problem size is kept small by first using a discretization with a
constant step size of h = 20 ms, resulting in N = 34 discretization points.
The resulting solution is then used to initialize a refined version of the
problem. Namely, the step size is halved, which results in an NLP that is
twice as large. However, since a close initial guess is available, only few
iterations are required to solve this NLP to the demanded tolerance. For
all solutions presented below, two refinements were performed, resulting
in a final step size of 5 ms.
The Jacobian matrix contains the partial derivatives of the objective
function (5.9a) and of all constraints (5.9b)–(5.9f) with respect to the
NLP variables. Since the objective function and each constraint depend
on few NLP variables only, most of its entries are zero. This fact is
termed “sparsity” and its exploitation is the key to an efficient numerical solution of directly transcribed OCPs [130]. Most importantly, the
objective function L and the model function f , being the only nonlinear
functions, only occur in (5.9a) and (5.9b), respectively. Furthermore,
their arguments are the state variables and the inputs at the same discretization point. Therefore, all derivative information required for the
construction of the Jacobian matrix consists of the partial derivatives
of the model function and of the objective function with respect to the
state variables as well as the inputs at each discretization node.
Any NLP solver can calculate the Jacobian matrix by numerical differentiation. However, depending on its algorithmic implementation, it
is unable to fully exploit the problem sparsity. In order to always obtain the least possible number of evaluations of the objective and model
functions, the Jacobian matrix is constructed by custom code and is then
passed to the NLP solver. The linear terms (5.9d)-(5.9f) have constant
derivatives, whereas the simple bounds (5.9g)-(5.9h) are handled directly
by the NLP solver. The derivatives of the objective function (5.9a) and
of the defect constraints (5.9b) are constructed from the derivatives of
the objective and model functions, which are calculated analytically.
As NLP solver, SNOPT is used [131]. Iteratively refining the problem discretization and providing the Jacobian matrix to the solver re-
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duces the typical runtime for solving one OCP from about 30 minutes
to less than 1 minute. This reduction in computational time allows for
large-scale parametric studies and quick comparisons of various problem
formulations.

5.3.3 Validation on the hybrid mock circulation
The hybrid mock circulation presented in [52] is used to validate one solution resulting from the optimization procedure described in Section 5.3.2.
This testbench interfaces a hydraulic system with the full model that is
used for the simulations. The model runs in real-time on a PC. The
calculated left ventricular and aortic pressures are reproduced by two
pressure-controlled hydraulic reservoirs. The mixed-flow blood pump is
connected to these reservoirs and thus perceives pressures which closely
approximate an in vivo environment. The flow rate through the blood
pump is measured using an ultrasonic flow probe (11PXL, Transonic
Systems Inc., Ithaca, NY). It is fed back to the circulation model to
allow a real-time interaction between the blood pump and the numerical
circulation model.
An optimized speed trajectory is realized using a modified speed controller for the blood pump. After several cardiac cycles, stationary operation is reached, as imposed within the OCP by the periodicity conditions
(5.6e), (5.6f). Upon reaching steady state, the data from the last cardiac
cycle is stored for further analysis. The pressures in the two reservoirs,
representing the up- and downstream pressures of the blood pump, as
well as the pump speed and flow rate are measured. In addition, all
relevant data from the numerical simulation is saved along the measured
signals.

5.4 Results
This section is organized as follows. Section 5.4.1 describes the runtime
and the convergence of the numerical solution of the OCP (5.9). Section 5.4.2 presents the measurement results of one solution of the OCP
applied on the hybrid mock circulation in order to validate the model
of the blood pump and the simplified model of the blood circulation.
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Section 5.4.3 presents the results of the sinusoidal speed profile investigation. Finally, in Section 5.4.4 both the constant speed solution and
the optimal sinusoidal solution are compared to speed profiles obtained
by the numerical solution of the OCP (5.9) for several choices of the
tradeoff parameter ρ and the lower bound on the pump flow x9,lb .

5.4.1 Runtime and convergence of the optimization
Figure 5.3 illustrates the convergence properties of the method used. The
NLP (5.9) is solved with the parameter ρ = 1. Solutions are calculated
for different uniform step sizes h ≈ {85, 30, 15, 7, 4, 3}ms. The corresponding numbers of NLP variables are n = {150, 350, 600, 1500, 2300, 3000}.
Figure 5.3a) shows the root mean squared difference between two successive solutions of the state variable x9 (t) which is the flow rate through
the blood pump. Figure 5.3b) shows the corresponding runtimes the
NLP solver needed to converge. Figure 5.3c) shows three solutions with
150, 600 and 3000 NLP variables, respectively. Clearly, the obtained
solution does only change marginally when a problem size of n ≈ 1000
is exceeded. A solution to a problem of this size can be obtained within
less than one minute.

5.4.2 Validation of the model reduction
Figure 5.4 shows the graphs resulting from the simulation using a constant pump speed, the solution of the OCP with ρ = 0 (in silico), and
the reproduction of this optimal solution on the hybrid mock circulation
(in vitro). The current, the speed and the flow rate of the pump as
well as the relevant pressures are shown. In addition, the flow through
the aortic valve and the left ventricular pressure-volume diagrams are
displayed. When the optimal solution is reproduced on the hybrid mock
circulation, the total cardiac output amounts to 4.92 L/min. Compared
to the demanded value of 5 L/min, which was exactly matched by the in
silico solution, this deviation of −1.6% is negligible.
When a constant pump speed is applied, the aortic valve remains
closed. The left ventricular pressure-volume diagram shows the typical
bell-shaped form, where contraction and relaxation phases are not iso-
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Figure 5.3: The convergence of the NLP solver for the NLP (5.9) with ρ = 1. The
resulting pump flow profile is analyzed. Panel a) shows the RMS of the
difference between two successive solutions when the problem size is increased. Panel b) shows the runtime the NLP solver needs to converge
depending on the problem size. Panel c) shows the pump flow trajectories
obtained for three selected solutions, where the curves for 600 and 3000
NLP variables are superimposed.

volumetric as they are in the physiological case. In the optimal solution,
the pump actuation is such that the pump flow rate is close to 0 during
ventricular systole. Therefore, the pressure-volume diagram contains a
nearly isovolumetric contraction phase followed by the ejection of blood
through the aortic valve. The current, the speed and the flow rate of the
pump all reach their lower or upper bounds at certain instants in time,
see Figure 5.4.
The boundary conditions used for solving the OCP are the pulmonary
arterial pressure, the systemic venous pressure and the systemic arterial resistance, as indicated in Figure 5.1. The trajectories from the
simulation using a constant pump speed are compared with the signals
measured when the optimal solution is reproduced on the hybrid mock
circulation. The maximum absolute difference in the pulmonary arterial
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Figure 5.4: The constant speed reference solution and the optimal solution for maximizing the flow through the aortic valve, in silico and in vitro. Panels
a)–c) show the current, the speed and the flow rate of the pump. Panel
d) shows the left ventricular (solid) and the aortic (dashed) pressures.
Panel e) shows the flow through the aortic valve. Panel f) shows the left
ventricular pressure-volume diagrams.

pressure amounts to 0.29 mmHg and the root mean squared error is equal
to 0.04 mmHg. The respective values for the systemic venous pressure
are 0.04 mmHg and 9.5 ∙ 10−4 mmHg. The systemic arterial resistance

90

140

Left ventricular volume (mL)

5.4 Results
imposed by the baroreflex mechanism is assumed to be constant for the
OCP. Its value changes from 1.113 mmHg∙s/mL for the constant pumpspeed simulation to 1.110 mmHg∙s/mL for the in vitro reproduction of the
optimal solution. This difference of just −0.27 % indicates that the use of
the reduced model within the OCP is valid. The unavoidable modeling
errors in (5.4) as well as the tracking error of the pressure control system
at the hybrid mock circulation lead to differences between the optimized
solution and the measured data, as shown in Figure 5.4. These effects
accumulate to a reduction in end-diastolic left ventricular volume from
133 mL to 128 mL and a reduction of the flow through the aortic valve
from 1.08 L/min to 0.88 L/min.

5.4.3 Analysis of the sinusoidal speed profiles
Figure 5.5 shows the results from the parametric study described in Section 5.3.1. Contour lines of the mean pump speed, the minimum pump
flow rate, the mean flow through the aortic valve and the left ventricular stroke work are plotted over the parameter space ωA × ϕ. As stated
above, the mean pump speed is adjusted such that the demanded cardiac
output of 5 L/min is provided.
The mean pump speed varies between 3400 rpm and 4700 rpm in order to provide the desired cardiac output. The minimum pump flow
rate decreases with increasing amplitude, causing the backflow from the
aorta to the left ventricle to increase. Combined with the requirement
that there must be no backflow through the pump, i.e. x9,lb = 0, this
relationship restricts the admissible range of the amplitude to the gray
area shown in Figure 5.5b). For positive choices of the parameter x9,lb ,
this area becomes even smaller. Clearly, there is a large region in the
parameter space where the aortic valve remains closed, as shown in Figure 5.5c). Finally, the points of minimum left ventricular stroke work
and maximum flow through the aortic valve do not coincide.
For all pairs of amplitude and phase shift, the value of the objective
function (5.6a) is calculated from the corresponding simulation data.
From all pairs that fulfill the constraints (5.6e)-(5.6h), the one with the
minimum value of the objective function is selected as the optimal choice.
This solution, defined by ϕ = 0.8 and ωA = 2000 rpm, is indicated in
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Figure 5.5: Results of the parametric study on the sinusoidal speed profile. All plots
show contour lines of a specific measure as indicated in the corresponding
heading. Panel a) shows the mean pump speed ωc in rpm. Panel b) shows
the minimum value of the flow rate through the pump in L/min. The gray
area indicates the admissible region. Backflow from the aorta to the left
ventricle occurs in the complementary region. Panel c) shows the mean
flow rate through the aortic valve in L/min. There is a large region where
the aortic valve remains closed. Panel d) shows the left ventricular stroke
work. The asterisks and arrows in panels c) and d) denote the optimal
point according to the objective function (5.9a) and the corresponding
directions of the steepest descent. The admissible region shown in panel
b) is repeated in panels c) and d).

Figures 5.5c) and 5.5d) by an asterisk. The structure of the system is
such that the location of the optimal sinusoidal speed profile is invariant
with respect to the tradeoff parameter ρ. This finding stems from the
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fact that for both the flow through the aortic valve and the left ventricular stroke work, the direction of decreasing objective-function values
(arrows) is towards the non-admissible region of backflow through the
pump.

5.4.4 Comparison of the numerically optimized speed
profiles with reference speed profiles
The unique optimal solution for the sinusoidal speed profile is presented
in Figure 5.6. Alongside, the results from the optimization procedure
for ρ = {0, 0.5, 1} are displayed. In contrast to the unique optimal
sinusoidal speed profile, the individual solutions from the optimization
differ for variations of the parameter ρ. As a consequence of the shift of
the tradeoff in the objective function, the stroke volume and the stroke
work of the left ventricle vary, as shown in Figures 5.6f) and 5.6h).
Figure 5.7 illustrates the trade-off between the mean flow through the
aortic valve and the left ventricular stroke work. The values for the
constant speed solution, the optimal sinusoidal speed profile and the
optimal-control solutions are shown. For the latter two cases three different choices for x9,lb are used. Clearly, compared to the standard case
(x9,lb = 0), the attainable objective-function values get worse when stasis is avoided in the pump cannulas (x9,lb = 1 L/min or x9,lb = 2 L/min).
The restriction of the admissible minimum pump flow indirectly also increases the minimum pump speed that results. In each case analyzed,
the optimal solutions perform better than the sinusoidal speed profiles
in terms of minimizing the value of the objective function. The performance of the constant-speed solution clearly is the least satisfactory.

5.5 Discussion
In the current study, numerical optimal-control was used to optimize the
functional interaction between tVADs and the circulatory system. The
performance of speed profiles was assessed by a physiologically motivated
objective function. A mathematical model was used during the optimization, and the results were validated on a real blood pump, which was
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Figure 5.6: Panels a), c), e) and g) show the pump speed, pump flow rate, flow through
the aortic valve and the left ventricular pressure-volume diagram for the
optimal sinusoidal speed profile, with the minimum allowed pump flow
rate x9,lb set to 0 L/min. Panels b), d), f) and h) show the corresponding
variables for three different solutions of the OCP, resulting from three
different values for the parameter ρ. The optimized solution with ρ = 0
is equal to the optimized solution (in silico) shown in Figure 5.4.
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Figure 5.7: Tradeoff between the flow through the aortic valve and the left-ventricular
stroke work. Recall that a higher flow through the aortic valve and a lower
stroke work decrease the objective-function value (5.6a). Values for the
constant speed solution, the optimal sinusoidal speed profiles and the
optimal solutions are shown. Three different values for the lower bound
on the minimum pump flow rate are applied. The parameter ρ is varied
between 0 (the flow through the aortic valve is maximized) and 1 (the left
ventricular stroke work is minimized). Recall that the optimal parameter
set for the sinusoidal profile is invariant w.r.t. ρ, see Figure 5.5.

embedded in a hybrid mock circulation. This approach yields a better
performance than constant-speed or sinusoidal profiles.
In previous related work, Tavoularis et al. [132] used the optimalcontrol approach to optimize the flow field in a pulsatile volume-displacement VAD in order to reduce hemolysis and thrombus formation in the
device. In two other studies [133, 134], the power consumption of a
pusher plate type VAD was minimized using optimal control of a linear and time-invariant model of the VAD and a part of the systemic
circulation. In the methodology described in the current paper, the cardiovascular system, including the beating heart, is entirely integrated in
the optimization procedure. Considering this coupled system as a whole
entity allows the optimization of the interaction between the VAD and
the circulation system rather than of just the performance of the isolated
VAD. The objective function is not limited to the one used in the current
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paper. Rather, it could be an arbitrary function of the state variables
and the control input, such that any clinically important measure that
can be described by these variables could be optimized, e.g. the arterial
pulse pressure or the left ventricular end-diastolic volume. The desired
cardiac output can be changed as well.
The necessity of taking into account multiple physiological constraints
simultaneously has been pointed out in previous work [33]. In that study,
bounds were specified for the stroke volume of the left ventricle or the
mean left atrial and ventricular pressures, as well as for the arterial pulse
pressure. All results from the optimal-control approach presented in the
current paper stay within these bounds. The framework of numerical optimal control can handle any types of constraints imposed on the state
variables and the inputs. Whenever certain physiologic measures appear
to be out of range, additional constraints could be specified in the OCP.
Such constraints would either force the measures in question to stay
within the desired limits, or, if no feasible solution is found, an improper
selection of the bounds would be revealed. This feature highlights the
benefits of the methodology presented, inasmuch as it represents a flexible framework where the objective function and the constraints can be
adapted to specific requirements.
A number of approaches for realizing a speed modulation of tVADs has
been analyzed earlier. A square-wave speed profile was applied by Bearnson et al. [87] and Bourque et al. [89] to increase arterial pulse pressure,
where the speed profile was not synchronized to the cardiac cycle. That
method can increase pulse pressure, but due to the asynchronous nature
of the speed profile, the ventricular volumes and pressures vary. Synchronized sinusoidal speed profiles were used in [30, 33, 100, 101], whereas
synchronized square-wave speed profiles were used in [34, 94, 99]. The
bandwidth of the reference speed tracking in a real application is important. For example, square-wave speed profiles can not be tracked
exactly due to the rotor inertia and the limited electric power that is
available. When speed profiles are derived from the solution of an OCP,
these limitations can be taken into account directly. To sum up, numerous approaches exist for speed modulation of tVADs, synchronized or
asynchronous to the ventricular contraction and with different types of
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speed profiles. None of these approaches has been applied clinically as
yet where normally a constant speed is applied.
The OCP (5.6) is formulated for one cardiac cycle. This means that
it is assumed that optimal solutions are periodic with the same duration as the cardiac cycle. To verify this assumption, an OCP similar to
(5.6) was solved, where the time horizon included two cardiac cycles. No
periodicity constraints were imposed in between these two cycles. The
resulting solution was periodic with the duration of only one cardiac cycle, and the speed profiles for the two cardiac cycles were equal. When
such synchronized speed profiles are to be applied in clinical practice, the
timing of the ventricular contraction must be extracted from a measured
signal, which might require data from an additional sensor, such as from
the electrocardiogram [22]. Nevertheless, when speed modulation is to
be applied clinically, the option of using optimized speed profiles as presented in the current paper should be considered, due to its performance
as indicated in Figure 5.7.
The solutions generated by the optimal-control approach are noncausal and rely on an offline, model-based optimization of the pumpspeed profile. Two options for realizing their potential in the context
of causal control, meaning that it could be applied clinically and would
offer a possibility for patient-specific treatment, are outlined next.
1) The optimal speed profiles can be parametrized for various physiologic
states, e.g. various heart rates or changing objective functions. These
pre-calculated optimal solutions could then be programmed in a clinical controller, based on the current heart rate and the desired objective
function. A possible application would be to switch between different
speed profiles, including the standard solution where a constant speed is
applied.
2) Online algorithms could be developed on the basis of the insights
gained from the optimal solutions. For example, Figure 5.6 reveals that
for minimizing the objective function (5.6a), a two-step control strategy
should be applied: In the first part of the speed profile, the pump speed
is chosen such that the pump flow stays at its lower boundary. In the
second part of the speed profile, the pump flow needs to be controlled
such that the desired cardiac output is reached and therefore a flow pulse
is generated. The parameter ρ thereby adopts the role of a phase shift
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and varies the timing of the two parts of the speed profile described with
respect to the ventricular contraction.
The optimal pump flow profiles obtained in the current paper are comparable to those typically obtained with a pulsatile volume-displacement
VAD, although with a lower amplitude. The effect of the timing of the
ejection phase of such a pulsatile volume-displacement VAD on stroke
work and aortic valve flow was demonstrated earlier in vivo [23]. Similarly to the results in the current paper, those effects show that a change
in phase shift is required when maximum aortic valve flow was assigned
preference over the minimization of left ventricular stroke work. Even
though those results were obtained with different VAD working principles, the flow profiles are comparable to those described here.
The blood damage induced by blood pumps represents a complex topic
and different outcomes in this regard have been observed clinically with
different types of devices [109]. Increased hemolysis due to speed modulation has been reported for a commercially available centrifugal pump
in vitro [113, 114]. Another group designed an impeller to reduce blood
damage during speed modulation, which was successfully tested in vivo
[110, 111]. A recently designed VAD (HeartMate III, Thoratec Corp.,
Pleasanton, CA) is expected to go into clinical trial soon and employs
speed modulation with gradients up to 24’000 rpm/s [135]. So far, no
mathematical description for blood damage in the context of lumped
parameter models exists and thus such a description could not be included into the presented framework.
Furthermore, the solutions generated by solving an OCP can be used
for benchmarking other approaches based on mathematical models. The
performance of any control strategy can be compared to the optimal
value, which allows to assess the remaining potential. Finally, a fair
comparison among various VAD types can be performed by comparing
the optimal behavior of the devices in question.
In conclusion, the method presented is able to generate optimal tVAD
speed profiles. By integrating the cardiovascular system into the optimization procedure, this approach not only allows the operation of the
tVAD itself to be optimized but it also improves its interaction with the
cardiovascular system. The methodology presented is well suited as a
tool for further research of speed modulation for tVADs. Transferring
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the results obtained with the presented method to the clinical setting
would allow to adjust the pump performance according to the intentionto-treat of the individual patient, such as recovery of the native heart or
lifelong support.
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6 Conclusions
In this thesis, various aspects of control strategies for cardiac cycle synchronized control of ventricular assist devices were analyzed.
A necessary part of any control system realizing such strategies is a
procedure that detects the sinus rhythm of the native heart, such as the
algorithm presented in Section 2. The modular architecture of this algorithm allows for improving its individual parts separately and adapting
it to specific applications. Using such an algorithm, the study presented
in Section 3 was realized in vivo. Additional knowledge could be added
to previous research about the interaction between the circulatory system and a pVAD. Sections 4 and 5 contain results that were obtained
either in silico or in vitro where synchronization of a VAD to the cardiac
cycle is trivial.
Section 4 provides a review of previous literature on synchronized
speed modulation for tVADs. The main contribution of this work is
the definition of the reference point for the parameter phase shift ϕ for
the most commonly applied cases in previous research: sine-wave and
square-wave speed modulation. It was shown that when a consistent
definition of phase shift is applied, these waveforms lead to comparable
hemodynamic results.
Section 5 describes a methodology to overcome shortcomings of previous attempts of optimizing speed modulation for tVADs in silico.
The formulation and solution of an optimal-control problem based on a
lumped-parameter model of the circulatory system and the tVAD allows
to obtain speed profiles specifically optimized for varying user-defined
objective functions. This methodology is well suited as a tool to be used
during the design process of a speed modulation strategy for tVADs.
The method can be adapted to other mechanical circulatory support devices and physiologic objectives and further constraints can be included
without increasing the complexity of the method.
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6 Conclusions
Two specific aspects are described below that could extend the work
presented in the current thesis.
The synchronization algorithm presented in Section 2 could be extended
to be rely on intrinsic signals of a tVAD only. For the case of constant
tVAD speeds, Moscato et al. [136] have shown that the heart rate can
be detected reliably based on pump flow. When speed modulation is
applied, this method will fail for most cases, since pulsatility is induced
by both the contracting ventricle and the tVAD. However, the pressure
head could be estimated based on intrinsic pump signals and this estimate could be used to detect the onset of the cardiac cycle. The use of
such a configuration would allow to eliminate the additional sensor for
measuring the electrocardiogram when using the algorithm presented in
Section 2. The method in [136] is used for monitoring only, while the
proposed application would be used additionally for feedback control of
the tVAD.
Xuan et al. [137] describe a method for evaluating blood damage with
a numerical model with a low complexity which allows to run the model
in real time. Thus an online monitoring of parameters related to blood
damage could be applied in practice. A further application of such models is to include them into the numerical framework presented in Section
5 either as an objective function to be minimized or as an additional constraint that imposes an upper limit on acceptable blood damage levels.
Further research on such models is necessary to enable such applications.
Finally, the methods presented in Sections 2 and 5 of this thesis are
thought to be applicable to any VAD and hopefully are useful for further
research on the optimization of cardiac-cycle synchronized control of
VADs.
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