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ABSTRACT OF DISSERTATION

Pediatric Mechanical Circulatory Support Applications

for Frequency-Leveraged Piezoelectric Hydraulic Pumps

By

John Valdovinos

Doctor of Philosophy in Biomedical Engineering
University of California, Los Angeles, 2014
Professor Gregory P. Carman, Co-Chair

Professor Daniel S. Levi, Co-Chair

While the development of ventricular assist devices for the pediatric population has grown and
helped these patients in bridge-to-transplantation, the motors used for these devices have
remained electromagnetic. Because the physical space requirements for pediatric ventricular
assist devices (PVADSs) implantation are smaller in children, these motors are susceptible to
decreased power output and efficiency as they are scaled down. Piezoelectric actuators, which
scale down favorably in terms of power output and efficiency, have yielded novel compact
piezoelectric hydraulic pumps in the aerospace industry. The focus of this research is on the
development of a ventricular assist driver powered by a miniature piezoelectric hydraulic pump

(PHP). This driver is designed to drive a working fluid to an extracorporeal ventricular assist



device, also called a blood pump, which has been fabricated at UCLA for bridge-to-
transplantation mechanical support. The majority of the focus for this dissertation was on
developing a fundamental understanding of the factors that affect the transduction of power from
a small scale piezoelectric to the human circulation. Two piezoelectric pumps were developed
and mechanically tested. An 8.1 W/kg pump with 3% efficient pump was fabricated. In-vitro
studies were carried out to show that the piezoelectric pump could produce physiological
pressure and flow rate waveforms for pediatric patients. While the driver could only provide 1
L/min flow to the mock circulation, these studies have laid the groundwork to optimize

piezoelectric pump technology for mechanical support applications in the pediatric community.
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Chapter 1: Introduction

1.1Motivation and Background

Cardiomyopathy, a disease in which the heart muscle functions abnormally, has an annual
incidence of 1.13 in 100,000 children in the United States [1]. While the gold standard treatment
for these patients is heart transplantation, the shortage of pediatric heart donors results in long
waiting lists for these patients. Pediatric patients with cardiomyopathy thus rely on short-term
mechanical support from pediatric ventricular assist devices (VADs) while they await a heart
transplant. Even though small continuous flow VADs exist for adult patients, pulsatile pediatric
VADs are the only currently FDA approved devices for pediatric heart failure in small children
with body surface areas less than 0.7 m? [2]-[4]. Pulsatile VADs are pneumatically driven blood
pumps that consist of polymer valves and an extendable diaphragm to mimic the ventricle. While
pulsatile VADs have decreased patient mortality, the drivers to power these VADs have limited
patient mobility. Patient mobility has been shown to be important to patient recovery and
survival rate after cardiac surgery [5]. The presently available electro-pneumatic driver units,
which rely on multiple electric motor-driven air compressors, weigh between 13-125 kg [6].
Compact piston-type versions of these drivers are available but their use is restricted to adult
blood pumps (> 60 mL) [7]. Therefore, new motor approaches for pulsatile VADs need to be
pursued to reduce the size of the drivers for the pediatric community.

Piezoelectric frequency leveraged actuators have been used in standing and traveling wave
ultrasonic motors [8] and inchworm motors [9]. These solid-state devices utilize a piezoelectric
operated at high frequency to convert small stroke and low work output to large displacement
and high power output [10]. Unlike electromagnetic motors, power output per unit volume scales

favorably with decreasing size in piezoelectric materials. In addition, Uchino (2008) found that
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for power outputs less than 30W, piezoelectric driven devices perform better in terms of
efficiency than their electromagnetic counterparts. Thus, researchers have demonstrated that
these actuators can theoretically be miniaturized without sacrificing power density and efficiency
[11], [12]. While these motors have produced significant power outputs for their size, the
mechanical translation through friction has limited power output. Tieck et al. (2007) measured
the intrinsic piezoelectric material power densities and compared them to the ultrasonic motor
that utilized them. The intrinsic piezoelectric power densities ranged from 6.53 W/kg to 4500
W/kg while the actual power densities of the motors spanned 0.82 W/kg to 85.73 W/kg. This
discrepancy is partially attributed to the use of friction to transfer mechanical loads.
Piezohydraulic pumps, unlike ultrasonic and inchworm motors, do not utilize friction to
transfer mechanical loads. These pumps consist of a piezoelectric actuators working with valves
to generate hydraulic power in the form of a pressurized continuous flow [13]. For instance,
Mauk and Lynch (2000) utilized a piezohydraulic pump with a hydraulic cylinder to produce an
actuator with a blocking force of 271 N and 72.5 mm/s no-load velocity (4.9 W maximum power
output). However, power density was limited since the piezoelectric stack was operated at sub-
kilohertz frequencies. In contrast, O’Neill and Burchfield (2007) developed a piezohydraulic
pump operating in the kilohertz regime that yielded power densities as high as 157 W/kg and
total power on the order of 46 W [14]. While these pumps produced large power outputs, the
pump valve resonant frequency (<1 kHz) limited further increases in power output [15]. Future
piezohydraulic pumps are anticipated to use high frequency valves (~10 kHz) but they are
presently unavailable (O’Neill, 2012). Nonetheless, it is important to begin evaluating the
feasibility of existing piezohydraulic pumps for use in VAD motors to encourage more research

and development efforts in the area of biomedical applications of these motors.
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Piezoelectric actuators have previously been studied for use in artificial hearts. Loehr (1964)
used piezoelectric disc bimorph actuators to drive a working fluid into a blood pump to provide
circulatory support [16]. Similarly, Smiley and O’Neill (1969) utilized a piezoelectric stack
actuator coupled with a volume amplification system to produce 7 L/min of flow against a 16kPa
for a VAD [17]. While successful, the low operating frequencies of these actuators (~ 1 Hz)
resulted in low power densities and relatively large devices which prevented further
developmental efforts. To date, researchers have not yet studied frequency leveraged

piezohydraulic pumps operating in the kilohertz regime for potential use in VAD applications.
1.2Hypothesis

The hypothesis of this dissertation is that frequency leveraged piezohydraulic technology
represents a new and potentially superior approach to construct miniaturized drivers to power
pediatric ventricular assist devices. The goal is to demonstrate that a compact piezohydraulic
pump can be used as a small power source to re-energize the blood flow of children that are
awaiting heart transplantation while allowing increased mobility and thus increased
rehabilitation. This could potentially shift the paradigm of research in pulsatile circulatory
support to piezoelectric based drivers rather than the conventional electro-magnetic based
approaches. The application of piezohydraulic technology also has implications to other fields,
such as medical robotics, where efficient, high power density, and compact motors are needed.

The vision for this dissertation is shown in Figure 1-1.
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Figure 1-1. Development of a piezohydraulic driven pediatric ventricular assist device driver
proposed in this dissertation

Summary of Chapters

Chapter 2

Chapter 2 of this dissertation covers the history and state of the art of mechanical circulatory
support for adults and pediatric patients. The chapter starts with an introduction of the important
characteristics of the human circulation, cardiovascular anatomy and cardiac physiology. A brief
description of cardiovascular disease is covered before presenting the history of adult mechanical
circulatory support. The state of the art and design of pulsatile ventricular assist device drivers
and the limitations of this technology are also summarized. Lastly, the various methods of in
vitro and in vivo testing are briefly discussed. Part of this literature review is published in
Cardiovascular Engineering and Technology Journal (DOI: 10.1007/s13239-013-0147-5).
Chapter 3

Chapter 3 gives a condensed literature review of the phenomena of piezoelectricity, the

development of piezoelectric actuators and motors, and piezohydraulic pumps. First, the physical
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mechanisms that distinguish piezoelectric materials from non-piezoelectric materials are
described. The constitutive relations describing the strain and charge output of piezoelectric
materials are covered and from those relationships some simplified actuator equations are
derived. An overview of piezoelectric actuators, motors and the concept of frequency-leveraged
devices are presented. Lastly, the development and history of piezohydraulic pumps is covered.
The basic principles of operation, design, development, and modeling research conducted by
various researchers within the past few decades are presented.

Chapter 4

A feasibility study of using a commercially available piezoelectric pump as a pediatric
ventricular assist device driver is presented in Chapter 4. A theoretical analysis is carried out to
predict the minimum size of the piezohydraulic pump needed to output the necessary pressures
and flows for a pediatric ventricular assist device. Some experimentally experiments were
carried out to measure the pressure and flow outputs from the Kinetic Ceramics piezohydraulic
pump. The device was then integrated into a driver that supplied pressurized air to a 30 mL
stroke volume pediatric blood pump. The findings in this research are published in the Journal of
Intelligent Material Systems and Structures (DOI: 10.1177/1045389X13504476)

Chapter 5

The design, development, and testing of the first miniature (non MEMS) piezohydraulic pump
prototypes designed for medical applications is presented in Chapter 5. The design requirements
for utilizing this type of hydraulic pump as a blood pump driver are detailed in more depth than
in Chapter 4. The components that make the device are sized and shown. Utilizing a combination
of one-dimensional quasi-static modeling and three dimensional finite element modeling, the

performance of the pump was predicted and the effect of each components design on power



transmission was also investigated. The experimental results delineating pressure flow and power
outputs of these various prototypes are also presented. The results and information from this
chapter are part of a pending publication that will be submitted to the journal of Smart Materials
and Structures.

Chapter 6

The use of the miniature piezohydraulic pump prototype, described in Chapter 5, in a compact
pediatric blood pump driver is presented in Chapter 6. First, the design of a pediatric blood pump
that can take hydraulic power and covert it to useful circulator stroke work is described. The
blood pump driver components and fabrication are also described. A one-dimensional model,
modeled on MATLAB Simulink® and Simscape®, is developed to predict the dynamics and
control of the driver. In vitro testing of the driver in mock circulation is also presented and the
plans for an in vivo animal study are discussed. The results presented in this chapter are part of a
submitted publication to the The Journal of Heart and Lung Transplantation.

Chapter 7

Chapter 7 covers additional research conducted in the field of mechanical circulatory support
under this dissertation. The use of a commercially available minimally invasive implantable left
ventricular assist device (Sunshine C-Pulse) as a right heart assist device for patients with one
functioning ventricle is presented. An in vitro experimental setup shows that this type of device
can help augment the flow to the lungs in Fontan patients who suffer from increased venous
pressures. The research paves the way for the use of this device and similar technologies in
helping augment the blood flow to patients suffering from what is termed failing Fontans. The

research in this chapter is published in an article in Artificial Organs (DOI: 10.1111/a0r.12152).



Chapter 2: Mechanical Circulatory Support Literature Review

In this chapter a summary of the anatomy and physiology of a heart is presented to give a
foundation for the mechanisms behind cardiac pumping. This background is then extended to
various diseased states of the heart that result in pediatric heart failure. The history and design of
pulsatile and continuous flow mechanical circulatory support (MCS) devices used for adults and

pediatric patients with heart failure are also presented.
2.1 Human Cardiovascular Physiology and Heart Failure

The cardiovascular system is responsible for the transportation of hormones, oxygen, carbon
dioxide, and nutrients over long distances between various organs, tissue and cells. This
transportation is crucial in maintaining homeostasis in the body and is achieved with the
cardiovascular system’s basic components. These components consist of blood, the transport
medium, blood vessels, the structures that mediate blood flow, and the heart, the pump that
provides energy for blood transportation. Homeostasis is achieved by utilizing the heart, which
consists of two pumps, the right and left ventricle, connected in series as seen in Figure 2-1a. The
right ventricle propels blood to the lungs for oxygen uptake and carbon dioxide removal
(pulmonary circulation). Once the blood is oxygenated, the blood enters the left ventricle to be
distributed to the rest of the body so oxygen can be delivered to organs, muscle, and tissue
(systemic circulation). When the function of the heart is compromised by disease, homeostasis
cannot be achieved and can lead to deleterious outcomes affecting organ function.

The heart, located in the center thoracic cavity, is a muscular pump that utilizes four
chambers and four valves to effectively impart energy into the pulmonary and systemic
circulations. The heart, shown in Figure 2-1b, consists of two atria and two ventricles. In a

normal circulation, de-oxygenated blood from the systemic circulation (organs and tissues)
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enters the right atrium via the tricuspid valve and is pumped it to the right ventricle. The right
ventricle, the energy source for the pulmonary circulation, pumps this de-oxygenated blood to
the lungs via the pulmonary valve and pulmonary arteries for oxygen uptake and carbon dioxide
removal. Oxygenated blood is then returned to the left side of the circulation to the left atrium
where it is pumped to the left ventricle via the mitral valve. The left ventricle then pumps the
oxygenated blood through the aortic valve to the tissue and organs in the systemic circulation.
Unidirectional flow through the heart is achieved with four valves (tricuspid, pulmonary, mitral,
and aortic valves). These valves open passively with the pressure gradient produced between the
atrial and ventricular chambers during the cardiac cycle.

The pressure produced by the ventricles is developed by electrically-triggered contracting
cardiac myocytes (muscle cells). These cells are triggered cyclically and synchronously by the
cardiac conduction system. Figure 2-2a shows the ventricular pressure and volume during one
cardiac cycle versus time (known as the Wigger’s diagram). The cycle starts with ventricular
diastolic filling (section A Figure 2-2a), in which the mitral valve is open and the aortic valve is
closed resulting from a pressure gradient from the left atrium to the ventricle. This results in
filling of the ventricle with a minimal increase in intraventricular pressure. The final volume of
the ventricle before ventricular contraction is the end diastolic volume (EDV).

The contraction of the ventricular myocytes causes an increase in ventricular pressure
without a change in ventricular volume because both the mitral and aortic valves are closed
(Section C of Figure 2-2a) and this is known as isovolumetric contraction. When ventricular
pressure of the ventricle exceeds the aortic pressure, the aortic valve (pulmonary valves in the
right heart) opens and the mitral valve (tricuspid valve on the right heart) closes which results in

fluid ejection from the ventricle and an increased flow through the aorta to the systemic
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circulation. This is part of the cardiac cycle is known as ventricular systole and the final volume
is the end systolic volume (ESV).

When the cardiac myocytes relax ventricular pressure falls and the aortic valve closes,
while the mitral valve remains closed (Section E of Figure 2-2a). This is known as isovolumetric
relaxation. When the ventricular pressure falls below the atrial pressure (when atrium contracts),
ventricular filling begins again and the cycle continues. Typically, the peak systolic pressure
produced by the left ventricle (~ 120 mmHg, 16 kPa) is larger than the pressure produced by the
right ventricle (~ 25 mmHg, 3.3 kPa). This is because the systemic circulation offers a larger

resistance to the left ventricle than the compliant lungs to the right ventricle.
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Figure 2-1. (a) Left atrial and ventricular pressure and ventricular volume produced by the
left heart during the cardiac cycle and (b) the corresponding left ventricular pressure-volume
curve [1]

Plotting the intraventricular pressure as a function of ventricular volume, as shown in

Figure 2-2b, shows the ventricular stroke work. The area (in light blue) under the curves
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represent the amount of work the ventricle performs to eject fluid into the aorta (or into the
pulmonary arteries in the right heart).Assuming the curve is a rectangle with 120 mm Hg (~16
kPa) height (from peak systolic ventricular pressure) and a width of 70 mL (from the stroke
volume defined by ESV-EDV), approximately 1.12 Joules of work are performed. There are
various factors that can influence the stroke work imparted to the circulation. Cardiac preload,
the amount of ventricular filling, can increase the stroke volume by increasing the end diastolic
volume (Figure 2-3a). In addition, increased afterload, systemic arterial pressure, can increase
the peak systolic pressure and decreased stroke volume. Thus, the cardiac output (CO), the
amount of blood ejected by the ventricles per minute, is a function of vascular resistance seen by
the ventricles and the contractility of the cardiac muscle. Thus, any disease affecting stroke
volume, heart rate, vascular resistance (afterload), ventricular filling (preload) and ventricular
contractility can affect the effectiveness of nutrient transport and can potentially disturb

homeostasis.
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Figure 2-2. (a) Effect of increased ventricular preload (filling) on the ventricular pressure-
volume curve and (b) the effect of increased ventricular afterload (back pressure) on the
ventricular pressure-volume curve [1]

Some classes of disease that affect the hearts of children at birth or at a young age are
cardiomyopathies and congenital heart disease. Cardiomyopathies are diseases of the

myocardium, heart muscle, that result in cardiac pumping dysfunction [18]. There are different
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categorizations of cardiomyopathies that consist of dilated, hypertrophic, and restrictive
cardiomyopathies. Dilated cardiomyopathies are the most common form of heart muscle disease
in children. It is typically characterized by dilation of the ventricle (Figure 2-4) and results in
impaired systolic function of the one or both ventricles which can lead to heart failure. Dilated
cardiomyopathies have an annual incidence of 1.13 in 100,000 children in the United States [1].
Depending on the severity of the heart failure, treatment of this disease in adults and in children
varies. Heart failure can be managed pharmacologically (ie. diuretics, digitalis, or p blockers) or
surgically with heart transplantation. However, if heart transplantation is needed there is usually
a long waitlist for donor hearts and the long wait for a transplant has historically lead to

increased patient mortality [19].

LV posterior wall

Figure 2-3. Comparison of a normal heart with normal and a heart with dilated
cardiomyopathy [5]

Congenital heart defects, also known as congenital heart disease, are a class of anatomical
cardiac malformations that can compromise the function of the heart. Some examples of
congenital heart defects include: atrial septal defects (hole in the atrial septum), hypoplastic left
heart syndrome (underdeveloped left ventricle), and Tetralogy of Fallot (consists of ventricular

septal defect, pulmonary stenosis, right ventricular hypertrophy, and an overriding aorta) [20].
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The majority of these diseases necessitate some form of surgical intervention to encourage
adequate perfusion of the organs. In severe cases, children the most deadly diseases must
undergo heart transplantation. The development of circulatory support devices in the form of
blood pumps has ushered in a new era of heart failure therapy for children and adult patients

waiting for viable heart transplants.
2.2 Overview of Mechanical Circulatory Support

The use of mechanical circulatory support started when Dr. John Gibbon used a roller pump in
the first clinically successful cardiopulmonary bypass on a patient with an atrial septal defect [7].
As a result, the National Institutes of Health (NIH) established the U.S. Artificial Heart Program
in 1964 to fund the development of total artificial hearts (TAH) for adults suffering from heart
failure. While the ambitious goal of replacing the entire heart with a mechanical blood pump
ultimately failed in the 1960’s through the 1980’s, the program led to the growth of the
mechanical circulatory support field and the development of key clinical devices like the intra-
aortic blood pump [21], [22], the extracorporeal membrane oxygenation (ECMO) system [23],
and the first implantable pneumatic ventricular assist device (VAD) [24]. In the late 1990’s a
multicenter study supported by the NIH National Heart, Lung, and Blood Institute, known as the
Randomized Trial of Mechanical Circulatory Support for the Treatment of Heart Failure
(REMATCH), demonstrated that ventricular assist devices were superior for long-term
implantation and palliation for patients with end-stage heart failure when compared to optimal
medical management [25]. As a result, today there are currently 7 VADs (4 pulsatile and 3
continuous flow) and 1 TAH FDA approved for use in adults [7]. The design of these devices has
also evolved over the past decades from large pulsatile positive displacement pumps to
implantable turbine devices that provide non-pulsatile flow.

12



There are two types of adult VADs: pulsatile pumps (1* generation blood pumps) and
continuous flow pumps (2" and 3™ generation blood pumps). Pulsatile pumps were the first
developed blood pumps for adults with heart failure. The first clinically approved pulsatile
ventricular assist device was the Pierce-Donachy VAD, which consists of a pneumatic chamber,
flexible diaphragm, blood sac, pneumatic driveline, and inlet and outlet valves (Figure 2-5a) to
mimic the ventricle. These pumps are positive displacement pumps that are placed outside of the
patient’s body. The mechanism by which these devices eject blood varies. However, the most
common method is the use of pneumatics. During systole, pressurized air fills the pneumatic
chamber via the driveline to compress the diaphragm and allow blood to be ejected from the
blood sac through the outlet valve. During diastole, negative pressure is applied to the pneumatic
chamber which opens the inlet valve (closes outlet valve) and fills the blood sac. The valves,
which are typically tilting disc valves or tri-leaflet polymer valves, ensure unidirectional blood
flow. The inlet of these devices is connected to the failing ventricle via cannula while the outlet
is connected to the corresponding systemic circulation. The majority of research on pulsatile
VADs has been geared towards reducing the incidences of blood clotting, thrombosis, and
increasing biocompatibility of blood contacting surfaces [26]. As a result, the pneumatic drivers
that supply pressurized air have not decreased in size significantly. The use of continuous flow
pumps in adults has also provided an alternative to the large pulsatile VAD drivers needed for 1%

generation blood pumps.
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Figure 2-4. (a) Drawings of the first clinically used paracorporeal pneumatically actuated
pulsatile VAD from Thoratec (PVAD) (b) images of the developed device [14]

Continuous flow pumps eliminated the need for large external pneumatic drivers and
valves. They also consume less power which has resulted in a reduction in battery size [7]. The
2" generation devices consist of a magnet-impregnated vaned impeller resting on sapphire
bearings. An electromagnet, contained in the pump housing, induces impeller rotation. Third
generation VADs build on 2™ generation technology utilize magnetic bearings to levitate the
impeller to eliminate the need for blood-contacting sapphire bearings [27]-[31]. Two types of
blood pumps that use this technology are axial flow pumps (Figure 2-6a) and centrifugal pumps
(Figure 2-6b). Centrifugal pumps require lower impeller speed [7]. While continuous flow
pumps have miniaturized entire VAD systems for adults, they are associated with increased
bleeding [32], blood cavitation, and ventricular septum collapse due to suction [33]. Nonetheless,
over the past 50 years the development of adult mechanical circulatory support has improved the

lives of countless of patients with heart failure.
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Figure 2-5. (a) Cross-sectional view of an axial continuous flow VAD (b) centrifugal
continuous flow VAD [17], (c) the Jarvik 2000 axial flow VAD [16], and (d) the Heart-Ware
HVAD centrifugal pump [7]

The majority of ventricular assist device research to date has centered on designing blood
pumps that are biocompatible, cause minimal blood damage, and minimize thrombus formation
(references). Researchers have concluded that the local flow profiles of blood entering and
leaving ventricular assist devices, pulsatile or continuous, are important factors contributing to
hemolysis (blood damage) and clot formation. The first extensive study on the flow profile of
blood through pulsatile blood pumps was by Baldwin (1990’s). Baldwin showed that pulsatile
blood pumps, specifically the 70cc stroke volume Penn State pulsatile LVAD, when designed
correctly, do not have high wall shear stresses and no areas of stagnant flow [34]. Two key
variables with pulsatile pumps are inlet valve design and the angle of outflow and outflow [35].
Similarly, research with continuous flow blood pumps have utilized computational fluid
dynamics (CFD) to ensure blood contacting surfaces, impeller speed, and pump clearances do
not lead to high shear stress that can cause hemolysis, cavitation or stagnant flow that can
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encourage thrombus deposits [36], [37]. Nonetheless, the majority of research has centered on
eliminating hemolysis and thrombus formation regardless of the mechanism by which pulsatile
and continuous flow pumps operate.

The performance of continuous and pulsatile VADs differ significantly because of the
mechanisms each of these designs utilizes to impart energy into the circulation. Continuous flow
VADs are classified as dynamic pumps. These types of pumps continuously impart energy into
the fluid by increasing the fluid velocity within the pump to values greater than at the discharge
port [38]. This has the effect of producing a pressure differential (head pressure) across the pump
that results in a volumetric flow rate. Pulsatile VADs are categorized as positive displacement
pumps that impart energy into a fluid (usually enclosed) by applying a force via a movable
boundary. This movable boundary directly increases the pressure on the fluid until it discharged
through the outlet, usually through a valve. The actuating mechanism used in these type of
devices vary from pneumatic actuation to electric motor drives. Nonetheless, the performances of
dynamic and positive displacement pumps differ significantly and have a significant effect on the
efficiency of these devices.

Figure 2-7(a-b) show the performance curves for a dynamic pump and a positive
displacement pump. The graphs also show the typical curves for hydraulic systems with
resistance. Typically, as the flow rate through a hydraulic system (with losses) increases the
pressure losses across that system increase. This resistive loss is typically nonlinear and increases
parabolically as a function of flow rate. When a dynamic pump, like a continuous flow VAD is
attached to the hydraulic system, the performance curve of the pump intersects hydraulic system
curve to yield the pump operating point. Dynamic pumps are characterized by a parabolic head-

flow rate curve. As the head or differential pressure across the pump is decreased the flow rate
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increased. In other words, as the outlet pressure increases (for a constant inlet pressure and
impeller rotation) the flow rate decreases (Figure 2-7a). As a consequence, the pressure produced
by dynamic pumps is highly dependent on the load or pressure in the hydraulic system.
Conversely, the pressure produced by positive displacement pumps is only dependent on
the stroke volume (and any leakages across the seals and ports). As a result, the performance
curves for positive displacement pumps are vertical lines, which suggest that flow rate is
constant regardless of the pressure in the hydraulic system. While this may seem to indicate that
positive displacement pumps are superior, it is important to note the dynamic pumps are

typically more reliable [38].
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Figure 2-6. (a) Performance curve for a dynamic type pump and (b) performance curves for a
positive displacement type pump

2.3 Pediatric MCS Devices

The last 50 years have yielded numerous successful adult mechanical support devices
(both pulsatile and continuous flow devices). Unfortunately, the technology has not translated to
a Food and Drug Administration (FDA) approved device for pediatric patients with heart failure.
Design of pediatric specific assist devices can be challenging because of the small size of

children and continuous physical of these patients [39]. It was not until 2004 that the National
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Heart Lung and Blood Institute at the National Institutes of Health established a program to
provide VADs specifically designed for pediatric patients. Under this program, five contracts
were awarded for the development of ventricular assist devices designed for patients with BSAS
less than 0.7 m? [4]. One of these contracts was awarded to Pennsylvania State University for the
development of a pulsatile pediatric VAD (Figure 2-8a). This blood pump uses a seamless blood
sac which has led to improved flow profiles and potentially reduced risk of thrombosis and blood
clotting [40]. Another contract was awarded to the University of Pittsburgh for the development
of a continuous flow PediaFlow pump which uses magnetic bearings to levitate the rotating
impeller [41] (Figure 2-8b).

The Berlin Heart EXCOR, similar to the Penn-State pulsatile VAD, is a pneumatically
driven pulsatile pump that comes in sizes ranging from 10 mL stroke volumes to 80 mL stroke
volumes [42]. It is the only FDA approved VAD for children with a body surface area (BSA)
less than 0.7 m? [7]. Thus, while trends in adult mechanical circulatory support have shifted
towards continuous flow devices, pulsatile VADs are still crucial to pediatric patient survival.
Even though the portable drivers for adult pulsatile VADs have been developed they are not
rated for the high resistance presented by pediatric inlet and outlet cannula [7]. In addition, they
are not able to supply the high pressures needed at high pulse rates. Rating these drivers for

pediatric pulsatile VADs would increase their size.
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Figure 2-7. (a) Progressive miniaturization of pulsatile VAD drivers [32] and (b) design of
the smallest pulsatile drivers to date [33]

2.4  Pulsatile Blood Pump Driver Design

The progressive miniaturization of ventricular assist devices and their drivers has improved
patient mortality and mobility. Mobility has been shown to be important to recovery after cardiac
surgery [5]. As mentioned previously, the drivers for continuous flow pumps are inherently small
because of the limited number of moving parts and their lower power requirements. However the
drivers for pulsatile VADs have also undergone a significant decrease in size. One of the first
commercially available pulsatile drivers was the CardioWest circulatory support system (CCS)
or “Big Blue” (Figure 2-9a) [43]. The driver, which weighs a little under 150 kg [6], is used to
provide pneumatic pressure to the CardioWest Total artificial Heart and consists of two
pneumatic drivers (one for redundancy), air tanks, alarm, and computer monitor [43].
Development of more compact air compressors, has led to more portable VAD driving systems.
Thoratec’s TLC-II, for example, was the first commercially available portable electro-pneumatic
driver capable of powering two pulsatile ventricular assist devices [44]. The device consisted of
four electric motor-driven air compressors, directional proportional valves, and a
microcontroller. Typically these driving systems regulate the amount of air volume delivered to

the pulsatile VAD plenum during systole (ventricular ejection) and how much vacuum is applied
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during diastole (VAD filling). The heart rate and the amount of time the driver applies

pressure/vacuum during systole and diastole are typically adjustable.
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Figure 2-8. (a) Drive console for pulsatile VADs and the CardiWest TAH [35] (b) hospital
stationary pneumatic driver and the TLC 1l [32]

The most common type of air compressor used in portable VAD driving consoles is the
reciprocating-piston air compressor. Nishinaka et al. developed a 20 cm x 8.5 cm x 20 cm and
1.8 kg pneumatic driver that utilized a brushless DC motor with gears and a crankshaft-piston to
drive a 70 mL stroke pulsatile VAD at 100 beats per minute (BPM) against a 120 mm Hg back
pressure [45]. The driver also consumed 12 W of power during animal tests, which is on par with
some of the continuous flow VADs. In 1992, Sipin et al. developed a 2.5 kg portable pneumatic
drive console that utilized a rotary air compressor to provide pressurized air to a TAH and
pneumatic VADs [46]. Syncardia Systems Inc. has developed a 5 kg driver [47]. The drive unit
consists of two motors and two pistons housed in the same cylinder (Figure 2-10a). The motors
actuate the pistons to provide a sweeping volume for a right VAD and left VAD [48]. For these
reciprocating drivers, the pressure applied to the VAD pump chamber is a function of the

sweeping volume the dead air volume contained in the actuation system. More recently,
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Syncardia has utilized a scroll type air compressor to further miniaturize the driver and eliminate
excessive noise that is produced by reciprocating-type pneumatic consoles.

To ensure adequate filling of the VAD blood chamber, a negative pressure (typically -5
to -20 mm Hg) is applied to the VAD pneumatic chamber for 60-70% of the heart rate cycle.
During 30% of the cycle, the cylinders of the drivers provide a sweeping volume that result in
pressures between 200-300 mm Hg for LVADs and 50-100 mm Hg for RVADSs. These drive
pressures, as seen in Figure 2-10b, are characterized by increase in pressure due to the initial
resistance of the VAD diaphragm. As the diaphragm extends, the drive pressure levels off until it
is fully extended and ejects the blood from the blood chamber (see blip in pressure waveform of
Figure 2-10b). Because of the compressibility of gas used in these pneumatic drivers, some
researchers have utilized various electromechanical and hydraulic drives to integrate the drivers

into the VAD pump to make the device totally implantable.
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Figure 2-9. (a) Compact reciprocating-piston pulsatile VAD driver [39] and (b) pressure
waveforms for an ideal pneumatic pulsatile VAD driver [40]

In an effort to integrate the driving mechanism into the VAD pump, for total

implantability, researchers have utilized electromechanical actuators in pulsatile VADs. The
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HeartMate VE (vented electric) ventricular assist device, for instance, contains an internal low
torque direct current (DC) motor that actuates a pusher plate and textured diaphragm to
pressurize the blood chamber and eject blood from the VAD outlet [49], [50]. The motor runs on
12 volts and is powered via a percutaneous driveline. Arrow International developed a similar
pulsatile VAD, the Lion Heart LVD-2000, that utilized a transcutaneous powered brushless DC
motor that actuates a linear screw mechanism to drive a pusher plate that provides direct blood
chamber pressure [51]. In order to eliminate the use of linkages and bearings common in the
electromechanical pulsatile VADs, Novacor Corp developed a pulsatile VAD, Novacor I
(Figure 2-11a), that uses a magnetically levitated pusher plate as the driving mechanism [52].
The force of the pusher plate on the blood chamber is proportional to the current drawn by the
motor which allowed precise control of the drive pressure. Researchers have also looked into the
use of DC motors with hydraulics to better impedance match the actuator and failing patient

circulation.
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Figure 2-10. (a) The Novacor Il pulsatile VAD that utilizes a magnetically suspended pusher
plate and (b) electrohydraulic pulsatile VAD

Researchers have also used hydraulic actuation to bypass the compressibility of
pneumatic actuation and the need for large pneumatic drivers. Researchers at the University of
Utah Artificial Heart Laboratory and the Cardiovascular Devices Division of the University of
Ottawa heart Institute developed a permanent implantable electrohydraulic ventricular assist
device [53]. The VAD, shown in Figure 2-11b, consists of a blood chamber, oil chamber, oil
reservoir (called the video displacement chamber) and a flexible diaphragm that separates the
two plenum. During systole, the energy converter drives oil from the video displacement
chamber to the oil chamber to deflect the flexible diaphragm. This causes blood to be ejected
from the blood chamber. During diastole, the energy converter pushes oil from the oil chamber
back to the video displacement chamber causing suction in the oil chamber and subsequent
diaphragm restoration for blood chamber filling. The energy converter is an axial flow pump
driven by a brushless DC motor [54]. While the device was able to provide 5.7 L/min against

100 mm Hg in vivo, the entire device was 18 cm x 12 cm x 4 cm in size and consumed up to 60
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W of power. While all these pulsatile drivers have been successful in providing the necessary

pressure and flow rate, their size has be constrained by the DC motors they utilize.
2.5 MCS In Vitro and In Vivo Testing

Before reviewing the fundamentals of piezoelectric transducers and how the can be used in VAD
drivers, a brief overview of the testing methods for MCS systems is presented. In order to
validate the performance of a mechanical circulatory support device, like an artificial heart,
extensive in lab tests must be carried out. Before the device can be used in humans, the device
must undergo two types of testing: in vitro (“in glass”) and in vivo (“within the living”) testing.
In vitro testing involves the development of a bench-top system that mimics the physiological
state which the medical device in question is designed to assist. In the case of MCS pumps, the
bench-top system needs to mimic the cardiovascular hemodynamic state of the human
circulation. This involves designing a test rig that will accurately simulate the pressure and flow
amplitudes, waves, and response of a human circulatory system. In vivo testing involves the use
of an animal to create an accurate clinical situation. Again, in the case of MCS devices,
researchers must alter an animal’s anatomical and physiological state (via surgical or
pharmacological methods) to simulate a disease state seen in clinical settings. The device is then
used on the animal to test its efficacy in reversing the problems associated with the particular
disease in question.

In vitro testing of MCS devices involves the design of hydraulic loops known as mock
circulations. These bench-top systems use hydraulic accumulators to mimic the compliance of
the vessels in the systemic and pulmonary branch circulations. Needle valves or pincher valves
are used to mimic the resistance of the blood vessels. To mimic the viscosity of blood, water and
glycerin are mixed. One of the first mock circulations developed for total artificial heart testing
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was by Donovan in 1975 [55] (Figure 12a). The mock circulatory system was built from 1/2” in
thick acrylic sheets with hermetically sealed compliance chambers separated by the acrylic walls.
The compliance of each chamber, which simulated the arterial and venous branches, is set by
modulating the amount of entrapped gas above the fluid. In general, because the elasticity of the
veins is much higher than that of the arteries, the compliance chambers are larger. Similar to
Donavan, Lui et al. constructed a mock circulation for testing ventricular assist devices in
parallel to a failing ventricle [56] (Figure 12b). The hydraulic loop consisted of two cardiac
simulators to act as the left and right atrium. The cardiac simulators consisted of rubber
diaphragms encased in transparent sealed air chamber with check valves simulating the cardiac
valves. Airtight tanks mimicked the systemic arterial, systemic venous and pulmonary
compliances. Various researchers have develop more sophisticated mock circulations that mimic

the hemodynamics of pediatric patients and congenital heart disease patients [57]—[59].

(@) (b)

Figure 2-11. In vitro mock circulation for testing artificial hearts [47] and ventricular assist
devices [48]

While in vitro mock circulations are invaluable to testing newly developed mechanical
circulatory devices, they do have their limitations. For instance, the Frank-Starling mechanism
(ventricles output adjusts to preload) is not easily simulated in in vitro mock circulations. In
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addition, device biocompatibility, ventricular structure, ventricular function and neurohormonal
response to device implantation and therapy cannot be studied in the lab. As a result, animal
models of heart disease are needed to accurately predict the efficacy of therapeutic medical
devices. The choice of animal used to mimic the desired disease state is important and
anatomical and physiological considerations must be taken into account. With regards to animal
models for general heart disease, swine, dog, and sheep are typically used [60] because of the
close anatomical and physiologic similarity to human hearts.

In order to test the effectiveness of mechanical circulatory support devices in recovering
hemodynamic outcomes, animal models simulating heart failure are crucial. The majority of
animal models used to test ventricular assist devices are dilated cardiomyopathy induced heart
failure. This disease state can be achieved a few ways in swine, dogs, or sheep. The most
common method to induce ventricular failure via cardiomyopathy is by pacemaker-induced
tachycardia [61]. With this method, a pacemaker disrupts the electrical activity of the heart
resulting in ventricular tachycardia. This pacing induces ventricular systolic function and
myocyte contractile dysfunction which are both present during heart failure. A ventricular assist
device inlet is attached to the ventricular apex and the outlet is attached to the ascending aorta
(for LVAD configuration) for mechanical support. Another method to induce dilated
cardiomyopathy in animals is to ligate a coronary artery (which induces a myocardial infarction
and subsequent myocyte dysfunction) or place microspheres to block the coronary circulation
[62].

2.6 Summary

In this chapter a summary of the anatomy and physiology of a heart was presented to give a
foundation for the mechanisms behind cardiac pumping. The background was extended to
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understand the mechanisms leading to heart failure. A history mechanical circulatory support
(MCS) devices used for adults and pediatric patients with heart failure was also covered. The
various types of driving mechanisms for pulsatile and continuous flow MCS devices were

discussed. Finally, a review of in vitro and in vivo MCS testing methods was presented.
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Chapter 3: Piezoelectric Hydraulic Pump Literature Review

In this chapter a summary of piezoelectric transducers is presented. The crystallographic origins
of piezoelectric phenomenon are discussed and the resulting constitutive relations for these
devices are also reviewed. Lastly, an overview of piezoelectric actuators and frequency-
leveraged piezoelectric motors and pumps are discussed to lay the groundwork for their use in

mechanical circulatory support.
3.1 Piezoelectric Transducer Background

In this section the phenomena of piezoelectricity is presented. The crystallographic origin of
piezoelectricity is explained and the constitutive relations for piezoelectric materials are
discussed. The use of frequency rectification to produce high power density piezoelectric motors
is then presented. Lastly, the advantages of piezohydraulic pumps over ultrasonic piezoelectric
motors are discussed.

Piezoelectricity History

In 1880 Jacques and Pierre Curie discovered that certain crystalline materials develop a
macroscopic polarization, in the form of a surface charge, when subjected to a mechanical stress.
This relationship between applied mechanical stress and induced charge became known as the
direct piezoelectric effect. Soon after, in 1881, Gabriel Lippman mathematically predicted the
converse effect, a mechanical strain in response to an applied electric field, from thermodynamic
principles. The Curie brothers confirmed the converse, also called in-direct, piezoelectric effect
later that year [63].

Piezoelectric Crystallographic Properties

Piezoelectric materials are a class of dielectric (electrically insulating) materials that can be

polarized with the application of an electric field and/or the application of an external mechanical
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stress. Traditional piezoelectric ceramics have a perovskite crystal structure (ABO3), shown in
Figure 3-1a. The crystal structure, shown as a simple unit cell, consists of large cations on the
corners (A), a smaller cation in the middle (B), and oxygen (O;) at the center of the faces (O)
[64]. The large cations are usually divalent metal ions like Barium or Lead. The small center
cation is usually a small metal tetravalent ion like Titanium or Zirconium. For a crystal
perovskite crystal with cubic symmetry, the top and bottom oxygen anions are in plane (in all
three directions) with the corner large cations and the side oxygen anions are in plane with the
center small cation. This centrosymmetric configuration means that there is no uneven spatial
distribution of charge and as a result there is no net polarization. This means that there is no
electric dipole moment associated with the crystal. Above a critical temperature, known as the
Curie temperature, the perovskite crystal structure typically exhibits this cubic structure because
the oxygen anions fit in a centrosymmetic position. Two important characteristics of cubic
crystal structures are that the three crystal axis are perpendicular and have the same length. As a

result, the mechanical and electrical properties are the same in all three directions (isotropic).

(a) (b)

Figure 3-1. (a) Perovskite crystal structure with cubic symmetry (above Curie temperature)
(b) Tetragonal perovskite crystal structure with a net dipole moment [3]

Below the Curie temperature, the crystals are either tetragonal or rhombohedral
depending on the composition. Tetragonal and rhombohedral structures are characterized by a

dimensional offset between the cations and the anions, which results in an uneven spatial
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distribution of charge (polarization). A tetragonal crystal for instance, shown in Figure 3-1b, has
an offset between the top plane A cations and the top center oxygen anion. There is also an offset
between the central B cation and the center plane oxygen anions. This gives rise to a net
polarization and dipole moment in the crystal because the bottom of the crystal is charged more
negative and top is more positive. It is important to note that the polarization direction can have
six stable directions. This means that the oxygen cations can “pop” out from the top, bottom, or
sides without a preferred direction. Because of this distortion in the placement of the cations and
anions, the length of the unit cell is elongated in one direction (along the direction of the
polarization). For a tetragonal crystal structure, all three crystal axis are perpendicular with only
two sides of the same length. Crystal structures that are tetragonal are said to be transversely
isotropic because the two axis with the same lengths have identical mechanical and electrical
properties. However, the mechanical and electrical material properties along the polarization
direction of the crystal differ from the other two directions.

Piezoelectric Poling and Switching

Some piezoelectric materials constitute a subset of materials known as ferroelectrics.
Ferroelectric materials are materials that exhibit spontaneous polarization. However, not all
piezoelectrics are ferroelectric (even though all ferroelectric materials are piezoelectric).
Piezoelectric materials typically operate along a linear region where ferroelectrics can exhibit
nonlinear behavior. Typically, the spontaneous polarization direction within a ferroelectric
material is not uniform throughout the material. Because there are six possible directions of
polarization (including the negative directions), the spontaneous polarization throughout the
material will vary. In fact, there are regions within the bulk material where polarization is

uniform, and these are called domains (Figure 3-2). The boundary connecting these domains of
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uniform polarization directions is called a domain wall. Domain walls that lie between domains
in which the polarizations are oriented in opposite directions are called 180° walls (Figure 3-2).
Similarly, walls that lie between domains in which the polarizations are oriented perpendicular to
each other are called 90° walls (Figure 3-2). The orientation of the polarizations within these
domains can be manipulated by applying electric energy (in the form of an electric field) or

mechanical energy (in the form of an applied stress).
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Figure 3-2. Ferroelectric domains and domain walls (180° and 90° domain walls) [4]

The net polarization of a ferroelectric can be manipulated by the application of an electric
field. Consider a ferroelectric material with no net polarization (has regions of uniform
polarization but no net polarization direction). On Figure 3-3a, the material starts off at point A.
Upon the application of a positive electric field, the ferroelectric domains begin to align in the
direction of the applied field. When a large enough positive field is applied (points A-D), the
majority of the ferroelectric domains are aligned in the direction of the electric field. An increase
in the electric field after a certain electric field level will not increase the polarization. The point
at which this occurs is called the saturation field strength (usually 2-3 MV/m). When the electric
field is removed the polarization of the material begins to decrease. When the electric field

reaches zero, a net remnant polarization still exists. When the electric field is driven into the
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negative regime (points E-G), some domains start to switch back (antiparallel to electric field)
until half of the polarizations are aligned against the field (point F). A further decrease in the
electric field eventually leads to the majority of the domains to align in the negative direction
until the polarization saturates (point G). When the electric field is increased (points G- C) some
domains switch in alignment with the electric field while others remain (leaving a remnant
negative polarization). As the electric field enters the positive regime, the domains begin to align
in the positive direction. The cycle then repeats. The electric field necessary to bring the
polarization to zero is called the coercive field. The energetic loss during this cycle is equal to
the area under the P-E loop. Cycling this process at high frequency can lead to significant loss in

energy in the form of heat.
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Figure 3-3. (a) Polarization versus electric field plot of a ferroelectric material with no net
polarization (b) strain versus electric field of ferroelectric material without an initial net
polarization [4]

The application of an electric field also induces a change in the ferroelectric dimension
(or strain). This is important in actuators that utilize ferroelectric and piezoelectric materials.

Consider a ferroelectric with no net polarization. When a positive electric field is applied in the
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direction of the polarization, the crystal expands linearly along the direction of the applied
electric field (which constitutes a piezoelectric regime). When the electric field is decreased the
strain moves back to zero. As the electric field turns negative, the ferroelectric material contracts
in a linear fashion. When the electric field is sufficiently negative, the polarization switches to
align with the electric field which causes the material to expand (positive strain). As the electric
field is increased again into the positive regime, the material starts to contract again until the
electric field is sufficiently positive to cause the polarization to switch. This causes the material
to expand (positive strain). This is the ideal strain versus electric field curve for a ferroelectric
material. This plot is typically known as the butterfly curve.
The butterfly curve of real ferroelectric materials is usually more complicated. For example, the
linear piezoelectric regime is not entirely linear and does exhibit some hysteresis. In addition, the
negative strain (contraction) for these materials is not as large as the positive strains that can be
produced. In this dissertation, we are concerned about the linear strain behavior of piezoelectric
materials. This means that we are restricted to points ABC in the bottom plot of Figure 3-3b.
Piezoelectric Constitutive Equations and Induced Strain
Piezoelectric ceramic transducers can be used as sensors (direct piezoelectric effect) or as
actuators (indirect piezoelectric effect). The set of mathematical formulations that describe the
electromechanical coupling exhibited by piezoelectrics are the piezoelectric constitutive
relations. These equations of state relate the elastic variables, electric field and electric
displacement, to the elastic variables, stress and strain [64]. The compact strain-charge form, as
seen in equations 3-1 and 3-2, relate the mechanical strain and electric displacement as functions
of applied stress and electric field.

Si= st T+ dycEyx (3-1)
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D= dii T+ €1, B, (3-2)
S; is a 6x1 strain vector, sﬁ is the 6x6 compliance matrix at constant electric field, T; is the 6x1

stress vector, d;. is the 3x6 piezoelectric coupling coefficient matrix, !, is the 3x3 electric
permittivity matrix, and E; is the 3x1 electric field vector. In expanded form of these equations

are shown in (3-3 and 3-4).
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Because most piezoelectrics are orthotropic materials (mechanical properties are unique and
direction dependent) and because of symmetry in the crystal structure the constitutive relations in

3-3 and 3-4 are reduced to the following:
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3.2 Piezoelectric Actuators and Motors
There are typically two modes of operation of piezoelectric transducers, the 33-mode and 31-
mode operating mode. When used as actuators, piezoelectric ceramics operated in the 33-mode
require an electric field in the same direction as the polarization (3-direction or z-direction) to
produce a strain in that direction. Piezoelectric ceramics operated in the 31-mode produce strains
in the 1-direction (x-direction) when an electric field is applied in the same direction as the
polarization (3-direction). The most common 31-mode actuators are piezoelectric extensional
and benders shown in Figure 3-4. These multilayer composite actuators contain two layers of
piezoelectric ceramics that sandwich a non-active layer (such as aluminum, steel, or brass).
Typically the polarization direction is in the 3-direction with strain produced in the 1-direction
when an electric field is applied in the direction of polarization. For extensional actuators, the
electric field is applied in the same direction as the crystal polarization for both piezoelectric
layers, resulting in a net displacement in the 1-direction (Figure 3-4a). For benders, the electric
field is applied antiparallel to the polarization of one piezoelectric layer, which causes a
contraction in the 1-direction for that layer. The net displacement for benders is in the 3-direction
(Figure 3-4b).

When utilizing piezoelectric transducers in the 31 operating mode, the following
assumptions are made to simplify the constitutive equations 2-5 and 2-6.

E]: 0, T3: 0, T2: EZZO, T4: O, T5: O, T6: 0 (3'7)
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As a result, the strain (in the 1-direction) and electrical displacement (in the 3-direction) are

reduced to the following:

Si= s Ti+d3E; (3-8)
D;=d;3T;+e33E; (3-9)
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Figure 3-4. (a) Cross-sectional view of a piezoelectric extensional actuator (b) Cross-sectional
view of a piezoelectric bender actuator [5]

When utilizing piezoelectric transducers in the 33 operating mode, the following assumptions are
made to simplify the constitutive equations 3-5 and 3-6.

E,=0, T,=0, T;= E,=0, T,= 0, Ts=0, T¢=0 (3-10)
As a result, the strain (in the 3-direction) and electrical displacement (in the 3-direction) are

reduced to the following:

S3: S§3T3+d33E3 (3'11)
D;=d3; T3 +e;3Es (3-12)

In this dissertation, we will only consider 1-D piezoelectric transducers operated in the 33-mode.
One of the limitations of piezoelectric transducers is the displacement (strain) they can produce.
While the stress they can output can be on the order of mega Pascals (large force depending on

the geometry of the actuator), the strains that result are at most 1% (or at most a few micrometers
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depending on the actuator dimensions). In order to overcome this, engineers have designed
different type of actuators, piezoelectric stacks and piezoelectric benders, to produce large
displacement.

Piezoelectric benders operated in the 33-mode, typically consist of a passive element like
aluminum and a piezoelectric layer. The composite is clamped on one end and left free on the
other end. When an electric field is applied to the piezoelectric element, the atrain produced is
resisted by the passive layer which results in a bending moment in the composite. This results in
a net displacement perpendicular to the plane of the fixed constraint. Piezoelectric benders
produce large displacements (100-1000 pm) but with low output forces (>10 N) as seen in Figure
3-5b.

Another common type of 33-mode piezoelectric actuator is the piezoelectric stack. The
piezoelectric stack consists of multiple thin layers of piezoelectric ceramics polarized in the 3-
direction (Figure 3-5a). Stacking multiple layers of piezoelectric ceramics in series produces an
amplification of displacement and force output along the 3-directon. Piezoelectric stack actuators
can produce a large amount of force (100-10000 N) and can produce relatively larger
displacements (> 100 um). However, maximum displacement is a function of actuator length and
the number of piezoelectric layers. Thus, if a large displacement is needed, a long stack needs to
be manufactured. Because the aspect ratio (ratio of length dimension to width dimension) of an
actuator should exceed 10, this also puts a constraint on the minimum force output. Researchers
have studied mechanisms by which to increase overall displacement from piezoelectric actuators
using mechanical leveraging.

Mechanically leverage can amplify displacement multifold. One of the simplest examples

is attaching a lever arm to the piezoelectric actuator. In this configuration, the lever is attached to
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the piezoelectric stack actuator to amplify the strain output of the device. While this method of
mechanical amplification s effective, Guirgiutiu et al. showed that the stiffness of the support
system (ie. actuator housing) an amplification mechanism can adversely affect the displacement
output [65]. They found that the stiffness of the support system should be at least ten times the
stiffness of the actuator to limit the compliance losses into the housing. In addition, mechanical
amplification reduces the maximum force output of the actuator by the same displacement
amplification factor. Thus, in order to increase displacement, another method should be used. On
method used by researchers is to utilize the fast response of piezoelectric transducers can help to
amplify mechanical displacement without theoretically affecting force output. This not only can
increase displacement while maintaining force output, but it can lead to high power actuator

systems.

stacks

Force (N)
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Figure 3-5. (a) Geometry and construction of a multilayer piezoelectric stack actuator (b)
Comparison of force and displacements produced by piezoelectric stacks and piezoelectric
benders [5]

Frequency-Leveraged Piezoelectric Motors

As mentioned previously, another method researchers have used to increase piezoelectric
displacement is to utilize the fast response of piezoelectric transducers. This method is called
frequency leveraging [66]. This method involves the “accumulation” of small displacements

produced by the piezoelectric transducer by operating it oscillating at high frequency (<1000
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Hz). This has two advantages over mechanical leveraging. It can amplify the displacement of the
piezoelectric transducer without affecting force output. As a result the moderate work output
(force x displacement) of the piezoelectric actuator can be converted to a high power output. This
has important implications for the size of devices using these piezoelectric actuators when used
at high frequency. Theoretically, piezoelectric transducers can be miniaturized without loss in
power output when utilized at high frequencies. Frequency leveraging has yielded high power
density piezoelectric ultrasonic motors and piezoelectric pumps.

The power of high frequency operated piezoelectric crystals was not observed until French
physicist Paul Langevin developed a submarine detector that sandwiched a quartz crystal
between two steel plates [67]. Researchers working on these quartz resonators observed that
“quartz winds” emanated from both sides of the device and that these devices could atomize
water and sear skin when touched [68]. However, it wasn’t until six decades later that high
frequency piezoelectrics would be used as motor technology. In 1973, Barth described the first
ultrasonic rotary motor utilizing two piezoelectric transducers attached to two horns (Figure 3-
6a). When one of the piezoelectric ceramics vibrated at ultrasonic frequencies, the horn would
impact a rotor unit and cause the rotor to turn [69]. This sparked the development of many rotary
and linear ultrasonic motors, devices that used vibrating piezoelectrics to produce mechanical
movement (Figure 3-6b), over the next three decades [8]. For example, in 1982 Sashida
developed a wedge-type ultrasonic motor that utilized a piezoelectric Langevin vibrator. The
vibrating piece was placed off center from the rotor, which was angled 6° from the vertical axis
(Figure 3-6b). When the Langevin vibrator collided with the angled rotor, it would deflect

upward, causing the rotor to spin. Sashida was able to achieve a maximum of 60% efficiency, a
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maximum power output of 45W with approximately 95W input power (47% efficiency at this

point) [70].

Piezo vibrator 1

() (b)
Figure 3-6. (a) First frequency-leveraged piezoelectric rotary motor developed by Barth in

1973 (b) Efficient and powerful Wedge—type[illt]rasonic motor developed by Sashida in 1982

Since the development of Sashida’s motor, many researchers have published manuscripts
detailing the design of various miniaturized frequency-leveraged linear and rotary motors.
Galante (1998) developed a compact (6x6x2cm) inchworm motor capable of a producing a large
holding force (~200 N) and producing amplified displacements (~1 cm). The inchworm
configuration uses two piezoelectric stacks as clamps and a third piezoelectric stack as a pusher
(Figure 3-7a). The clamps are used to engage or disengage the moving linear element while the
pusher provides the linear displacement. Even though the piezoelectric displacement of the
pusher is in the micrometer range, high frequency repetition leads to a centimeter net
displacement. The smallest ultrasonic motor to date was produced by Cagatay et al. (2003).
These researchers developed a 1.6mm diameter and 6mm long ultrasonic rotary motor (Figure 3-
7b) operating at 130 kHz. The motor produced 0.5mNm torque at a maximum power output of

45mW with a speed of 45 rad/sec and 16% efficiency. While these motors have produced

significant power outputs for their size, the mechanical translation through friction has limited
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power output. Tieck et al. (2007) measured the intrinsic piezoelectric material power densities
and compared them to the ultrasonic motor that utilized them. The intrinsic piezoelectric power
densities ranged from 6.53 W/kg to 4500 W/kg while the actual power densities of the motors
spanned 0.82 W/kg to 85.73 W/kg. This discrepancy is partially attributed to the use of friction

to transfer mechanical loads.
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Figure 3-7. (a) Inchworm motor concept by Galante in 1998 [12] (b) miniature ultrasonic
rotary motor [13]

3.3 Piezoelectric Hydraulic Pumps

Piezohydraulic pumps, unlike ultrasonic and inchworm motors, do not utilize friction to transfer
mechanical loads. These devices combine the effective power transmission of hydraulics with
the high power density of piezoelectric stacks to generate high power output from moderate work
output of the stack. Typically, piezohydraulic pumps consist of a piezoelectric stack, diaphragm,
hydraulic chamber, and inlet and outlet valves to rectify the stroke of the piezoelectric stack to a
continuous flow (Figure 3-8a). These pumps are then typically coupled to a hydraulic cylinder,
to convert the generated pressure and flow to force and displacement for mechanical work. This

configuration, combining piezohydraulic pump and hydraulic cylinder, is known as a
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electrohydraulic hybrid actuator (Figure 3-8b) [71]. These hybrid actuators also use external

directional valves to create bidirectional motion of the hydraulic cylinder piston they drive.
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Figure 3-8. () Operation of a piezohydraulic pump (b) use of a piezohydraulic pump in an
electrohydraulic hybrid actuator to convert pressure and flow to a force and displacement

The basic work output of a piezoelectric pump can be approximated by some simple
approximations using the piezoelectric constitutive relations and an understanding of how these
actuators interact with different loads. The simplest case, shown in Figure 3-9(a) is the case in
which a piezoelectric actuator compresses a linear elastic load. The piezoelectric actuator has an
intrinsic stiffness which is related to the material properties of piezoelectric and the geometry of
the actuator. Typically this stiffness value, assuming a 1D model, can be found by taking the
maximum force that is generated by the actuator, also known as the blocking force Fy, (ie. with
an infinitely stiff load attached) and divide it by the maximum displacement it can output, called
the free displacement s, (ie. When it is free to extend without the presence of a load). This
stiffness comes is also defined as the load line of the actuator. The amount of work performed on
the spring by the actuator can be calculated as the area under the curve where the spring stiffness

line meets the piezoelectric actuator load line. From Figure 3-9(a) it can be seen that when the
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stiffness of the spring (slope of the spring line) equals the stiffness of the actuator, the total
amount of work transferred by the actuator is maximized. This is known as impedance matching.
In the case where an impedance matched spring is attached to the piezoelectric actuator, the

maximum work that can be transferred to the spring is:

WOI'k:l (F_b) (Sfree) _ Fbsfree
2\2 2 8

(3-13)
As a result, only 1/8™ of the available energy from the piezoelectric stack is used. The use

of an incompressible fluid and rectifying valves can lead to an increase in the work output.
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Figure 3-9. (a) Piezoelectric actuator working against a linear elastic load and (b) against an
incompressible load with valves and (c) a compressible fluid with valves

In a piezoelectric pump, the load is an incompressible fluid. When an incompressible
fluid is used, as shown in Figure 3-9(b), the amount of work that can be transferred by the
piezoelectric actuator follows the closed working cycle shown in Figure 3-9(b). Starting at O, the
piezoelectric actuator is not energized. When a voltage is applied to the actuator the actuator

prefers to extend. However, because it is working against a theoretically incompressible fluid,
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there is no displacement and the piezoelectric outputs a force (with no displacement, from O to
Fuw/2). This force is associated with a pressure increase in the pumping chamber and the closure
of the inlet valve. When the pumping chamber pressure increases to a value higher than the
pressure at the outside of the outlet valve, the outlet valves opens and the piezoelectric actuator
displaces (point Fp/2 to A). The voltage applied to the piezoelectric is then decreased which
causes a decrease in the force output of the piezoelectric (with no displacement). This force
decrease is associated with a decrease in pumping chamber pressure and when the pressure in the
chamber follows below the pressure outside the inlet, fluid flows into the chamber and the cycle
returns to point O. In this cycle the maximum amount of work transferred by the actuator is

calculated as the area under the force displacement cycle which is:

Work=(3) (%52) === (319

The work output is twice the work output when a linear elastic load is attached.
Realistically, fluid cannot be considered incompressible, especially when compared to the
stiffness of piezoelectric actuators. This finite stiffness, labeled as K on Figure 3-9(c), affects
the slope of the first and third legs of the piezoelectric pump work cycle. As a result, the
maximum work output of a piezoelectric pump is reduced. This means that the effective stiffness
of the fluid in the pumping chamber must be as high as possible to ensure the maximum amount
fo work is transferred to the load.

The first piezohydraulic pump was developed by O’Neill and Smiley in 1973 [72]. The pump
consisted of a piezoelectric stack, operated at 50 Hz, piston with an O-ring, inlet and outlet check
valves, and an external control valve. Potential applications of this pump were fluid injectors and
a heart assist device. In the late 1990’s, Mauck and Lynch developed a piezohydraulic pump

utilizing check valves capable of outputting 300 mL/min flow rate and 500 psi maximum stall
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pressure when operated at 60 Hz [73]. This corresponded to a maximum power output of 4.3 W.
Konoshi et al. developed a series of piezoelectric pumps with high power output and efficiency.
The first prototype piezoelectric pump they designed consisted of a 22mm diameter and 55mm
long piezoelectric stack, diaphragm, and pumping chamber with passive reed valves. This
prototype was driven at 300 Hz (the fluidic resonance of the hydraulic circuit) and produced 34
W of power at 27% efficiency [74]. A subsequent prototype utilized this hydraulic resonance and

improved the pump by decreasing the pumping chamber. This resulted in a power output of 62

W at 35% efficiency [75].
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Figure 3-10. (a) First prototype by Konoshi et al. which produced (b) 34 W of power at 27%
efficiency and (c) second prototype that produced (d) 64 W of power at 35% efficiency
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The power output and potential efficiency of piezohydraulic technology over
electromagnetic motors led many researchers to design and develop piezohydraulic pumps for
wing morphing structures on unmanned air vehicles [76]. Sirohi and Chopra developed a
piezohdraulic driven hybrid actuator that had a stall force of 156 N and free velocity of 30mm/s
which corresponded to a 1 W maximum output [77]. The piezoelectric stacks used were two
18mm long 10x10mm actuators connected in series. In 2003, Lindler and Anderson, developed a
hybrid actuator that utilized a piezoelectric stack that produced a 42 W output [78]. Kinetic
Ceramics has developed the best piezoelectric hydraulic pumps. They have reported the
development of 0.5 kg pumps that output 160 W of power (320 W/kg power density) [72].
However, researchers have utilized other solid-state induced strain actuators in hydraulic pump
technology.

Researchers have also utilized other smart material actuators like magnetostrictive and
electrostrictive actuators in hydraulic pumps [71], [79]. Electroctrictive materials, much like
piezoelectric materials, strain under the presence of an electric field. However the strain
increases quadratically with electric field and is only positive. Magnetostrictive materials strain
under the presence of a magnetic field. Chaudhuri and Wereley, developed a electrostrictive
pump that utilized a single crystal PMN-PT stack. The pump had a power output of 4 W with
5.5% efficiency when operated at 600 Hz [80]. In 2004, Bridger et al. developed a
magnetostrictive pump that had a maximum pressure output of 21 MPa and maximum flow rate
of 3.4 L/min. While solid state strain-induced hydraulic pumps have shown potential, they have
been bandwidth limited. Most of the pumps to date have only been operated below the kilohertz
regime. In theory, the amount of fluid flow that these pumps can produce is proportional to

frequency at which the active material is actuated. Because pump power output is defined as the
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amount of fluid flow multiplied by the amount of head pressure, the power output should also
increase with frequency. Unfortunately, with the exception of the Kinetic Ceramics pumps
(which operate at 1.5 kHz), the majority of piezoelectric pumps have been limited to operation

below 1 kHz. This has limited the size and power density of these devices.
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Figure 3-11. (a) Kinetic Ceramics piezoelectric pump schematic and final design (b)
Chaudhuri and Wereley electrostrictive pump

One of the major limiting factors affecting piezoelectric pump bandwidth is the resonance
frequency of the piezoelectric pump valves. Passive check valves, such as ball valves and poppet
valves, are associated with low resonance frequencies. As a result, these rectifying components
cannot keep up with high frequency-operated piezoelectric stacks. As a result, the flow rates and
power outputs of these early pumps were constrained above a few hundred hertz. To circumvent
this problem researchers have designed reed valves and miniature valves that have high resonant

frequencies. Reed valves can be designed for the appropriate resonance frequency and deflection
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[81], [82]. With reed valves, Chapman et al. developed a piezohydraulic pump that could operate
as high as 450 Hz with a maximum flow rate of 350 mL/min [83]. As mentioned previously,
Kinetic Ceramics has been able to develop piezoelectric pumps that operate in the kilohertz
regime with flow rates up to 1800 mL/min and 2500 psi stall pressures [84]. Kinetic ceramics
pumps have yielded maximum power outputs of 160 W and up to a 400 W/kg power density.
Lee et al designed an array of micromachined valves (Figure 3-12a) with resonant frequencies up
to 50 kHz that could withstand 0.14 MPa pressure and allowed 35 mL/s of fluid flow [82]. While
these valves were promising, they had inferior back-flow characteristics and failed at high back
pressures [14]. Larson and Dapino manufactured more robust laser cut miniature reed valves

[81].
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Figure 3-12. (a) Nickel-titanium micro-valve array manufactured by Lee et al. (b) Laser cut
miniature reed valves designed by Larson and Dapino
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Another method to get around the frequency limited response of passive valves is to
utilize active valves, like piezoelectrically actuated flaps [85], [86]. For example, Lee et al.
developed a piezohydraulic pump that utilized two piezoelectric unimorph valves which
increased the pump bandwidth to 15 kHz. Similarly, Wen et al. developed circular piezoelectric
bimorph valves that allowed a maximum flow rate of 540 mL/min [87]. While the use of active
valves has showed improvement in pump bandwidth, the additional control and input power
needed for these configurations complicates piezoelectric pump design and reduces overall pump
efficiency. Thus, the use of high frequency passive valves remains the best option to develop
high power density piezohydraulic pumps. Even though the inlet and outlet valve design is
important for increasing pump bandwidth, the properties of the driving fluid are also important in
understanding and improving the frequency response of piezohydraulic pumps.

While piezohydraulic pumps have the potential to lead to high power density motors for
aerospace and medical applications, their performance is highly dependent on other factors such
as valve dynamics and fluid properties. For instance, because piezoelectric stacks produce small
displacements, the compliance penalties in the form of fluid and housing compliance can have a
tremendous impact on pump performance. This, in turn, affects the frequency response of the
piezoelectric pump, which limits their use above a few hundred hertz. Researchers, such as Kim
and Wang, have shown that the size of pipe fittings and hydraulic cylinder can have a dramatic
impact on pump volumetric efficiency [88]. They showed that the addition of fluid compliance
and fluid inertia can influence the flow rate of the piezoelectric pump as a function of frequency.
Several researchers have attempted to understand the dynamic behavior of piezoelectric pumps
operated at higher frequencies by developing theoretical models of the systems that utilize these

piezoelectric pumps. Oates and Lynch developed a system dynamic model, using the state space
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method, to predict piezohydraulic pump output based on check valve resistance, pipe resistance,
fluid compliance, fluid inertia and piezoelectric dynamics (ie. stiffness, coupling coefficient)
[89]. Nasser and Leo (2000) created a model predicting the efficiency of piezohydraulic
actuation versus piezo-pneumatic actuation [90] using state space methods and taking into
account fluid compressibility, inertia, ad viscous losses. Using steady state assumptions, they
predicted that the upper bound efficiency for piezohydraulic actuation was 29%. Ullmann and
Fono, developed a dynamic model, based on the momentum equations, that took into account the
dynamics of the fluid lines connected to the piezoelectric pump. The found that the resonance
and nonlinear behavior of piezoelectric pump flow rates is a function of the piping lines
connected to the device [91]. Lastly, Kan et al showed that the thickness of the diaphragm and
the radius of the piston relative to chamber radius can affect piezoelectric pump performance
[92]. This, in effect, can affect the volumetric output and pressure out of the pump. They
showed, analytically, that pump flow rate and pressure output can be increased b simultaneously
decreasing pump diaphragm thickness and increasing the piston-chamber radius ratio. While
these models have given accurate approximations of the dynamic behavior of piezoelectric
pumps, the complex interaction of the valves and fluid resonances has not been fully captured.
Thus, while many factors can affect the performance of piezoelectric pumps at high frequencies,
the potential of these devices outweighs the technical complexities. Some of these intricacies will

be covered in more detail in Chapter 5.
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3.4 Summary
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Figure 3-13. (a) Oates and Lynch system dynamic model of a piezoelectric hybrid actuator
(b) Ullmann dynamic piezoelectric model taking into consideration the fluid lines

This chapter covered the fundamental mechanisms of piezoelectricity and the constitutive
relations that govern the strain and charge output of these devices. From these constitutive
relations the generalized equations of 31-mode and 33-mode piezoelectric actuators were
introduced. The strain output limitations of these actuators were discussed and various methods
to circumvent this limitation were covered. These methods included, but were not limited to
mechanical amplification and frequency leveraging. From frequeny leveraging, we summarized
the state of the art of high frequency inertial piezoelectric motors. The use of frequency

leveraging was discussed in the context of piezohydraulic pumps. Finally, the bandwidth
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limitations of these devices were summarized. The rest of this dissertation covers the research
done in the Active Materials Laboratory concerned with utilizing piezohydraulic pumps in

mechanical circulatory support blood pumps for pediatric patients.
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Chapter 4: Piezohydraulic Pump Ventricular Assist Device Driver:
Feasibility Study

In this chapter, the feasibility of using PHPs in pulsatile pediatric ventricular assist devices
(VADs) is presented in this chapter. A theoretical analysis is presented to calculate the
preliminary PHP dimensions needed to meet flow and pressure requirements. In addition, an
existing PHP was incorporated into a VAD driver to drive a pulsatile pediatric 30 mL stroke
VAD as proof of concept. The driver was tested at heart rates ranging from 50-110 beats per
minute (BPM) in a mock circulation to characterize its performance. The maximum drive
pressure was 33 kPa with a peak flow rate of 6 L/min against a 10 kPa back pressure. The
maximum mean flow rate from the VAD outlet was 3 L/min at 100 BPM operation. These
results compare well to commercially available systems that output between 25-40 kPa drive

pressure and flows between 0-10 L/min against 10-16 kPa pressures.
4.1 Theoretical Analysis for Design Requirements

First the amount of power output and power consumption of a pediatric heart will be discussed.
From this analysis we can get a first approximation of the size of piezoelectric stack and pump
components needed to drive a pediatric ventricular assist device. Then an experimental setup
using a commercially available piezohydraulic pump to drive a pulsatile blood pump is
presented. This chapter demonstrates the feasibility of using piezohydraulic pumps as drivers for
pediatric pulsatile blood pumps.

Pediatric Cardiac Power

The power output of a heart with functional ventricles varies with age, body surface area, and
physical demands. For a patient with heart failure, a VAD needs overcome the back pressure

from the circulation (pressure work) and needs to accelerate blood through the VAD outlet
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(kinetic work), known as the cannula. Madihally (2010) derived an output power expression for a

VAD as [93]:

_ _ 1Q3p
P,=p, Q= PCQCJFEA—gb (4-1)
Where P, is the VAD power, p, is the VAD output pressure, Q,, is the VAD output flow
rate, p. circulatory pressure outside the VAD cannula, Q_ is the required circulatory flow, p, is

the density of blood, and A. is the cannula cross-sectional area. The flow rate from the VAD also

needs to match that of a healthy ventricle (ie. Q,,= Q_). Using Equation (4-1), the VAD output

pressure reduces to:

1 Qﬁp
Py Pt 3T (4-2)

Healthy pediatric patients typically output a maximum flow of 5 L/min (Q,,) against a 16
kPa circulatory pressure (p_). They also require cannula diameters on the order of 6 mm to

interface the VAD with their vasculature [7]. Based on these requirements, Equation (4-2)
indicates a 21 kPa VAD pressure (p,)and 1.7 W VAD power output (P,) is needed. In this
power regime, piezoelectric motors are reported to be superior to electromagnetic motors [94].
Preliminary Piezohydraulic Pump Sizing

Figure 4-1a shows a representative PHP driving a pediatric VAD. The PHP consists of a
piezoelectric stack and diaphragm coupled with an incompressible fluid that actuates a VAD

pusher plate. The 1-D piezoelectric constitutive relation for the strain output is:

Li: —td;— (4-3)
s p

Where & is the piezoelectric stack displacement, Ls is the length, Y5is the young’s modulus at

constant electric field, F is the force output, A, is the stack cross-sectional area, ds3 is the
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piezoelectric strain coefficient, V is the applied voltage and t, is the thickness of each
piezoelectric layer. The blocking force, Fp, and maximum stack displacement, Omax, Can be

derived from Equation (4-3) as:

_ d3slg
8max_

(4-4)

tp

E
_ di3Y5A,
t

F, \% (4-5)

P

Figure 4-1 (b) shows a representative piezoelectric stack force output versus
displacement during the pumping cycle of an impedance matched PHP [95]. The area ABCD
represents the work done on the hydraulic fluid by the piezoelectric stack in one cycle. Based on
geometric considerations of Figure 4-1 (a) and the PHP cycle in Figure 4-1 (b), the pressure and

flow from the VAD is approximated as:

~ _Anc
pV = 2AvAg Fb (4'6)

~ AvAg
QV= mfsmax (4'7)

Where Ay is the hydraulic cylinder piston cross sectional area, Ay is the VAD pusher plate
area, and A4 is the PHP diaphragm area. This relation states that the ventricular assist device
pressure can be reduced by choosing the appropriate hydraulic cylinder and pusher plate

dimensions as long as the free displacement and blocking force are known.

55



Piezohydraulic Hydraulic Pediatric Piezo Stack

Pump Cylinder VAD Fu Load Line
A Avc Ay 8
/ o
L
S Fu2
S
n
To 2
Ap Cannula g
ad I I
. Q B2 B
Plezo Diaphragm Piston Pusher Pv i
Stack phrag Plate Diaphragm
Displacement
(a) (b)

Figure 4-1. (a) Theoretical schematic of a piezohydraulic pump driving a pediatric VAD with
hydraulic transmission, (b) PHP cycle when piezoelectric stack is impedance matched to the
hydraulic load adapted from Mauk and Lynch (2000)

Using Equations 4-5 and a 0.2 x 0.2 x 2 cm NCE51 PZT stack (NAC2001-H20, Noliac
North America, Inc.) with 20 pm thick piezoelectric layer (t,), and properties listed in Table 4-1,

the Fp and 6max are 95 N and 9 pum respectively with a 20 V excitation (1 MV/m electric field).
Using Equation 4-5 and assumingAyc = 1/2 Ay, a 3.8 cm diameter diaphragm produces a 21

kPa VAD pressure. From Equation 4-6, a piezoelectric stack operating at 8.1 kHz produces 5
L/min and 1.7 W required by Equation 4-2. Thus, a 0.2 x 0.2 x 2 cm piezoelectric stack with 20
V applied voltage, operating at 8.1 kHz and 3.8 cm diaphragm can power a pediatric VAD.
Further size can be achieved by increasing the piezoelectric operational frequency. This PHP
volume can be substantially smaller than portable electro-pneumatic adult VAD drivers which
are approximately 10.4 x 28.2 x 8.3 cm [96]. More sophisticated models that account for
hydraulic losses, valve frequency response [77], [97] and the electronic drive size [98] would
more accurately predict the size of the entire PHP system. Nonetheless, this analysis

demonstrates the promise PHPs offer pediatric VADs. While hydraulic fluid provides improved
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power transmission, current VADs are pneumatically driven. As proof of concept, we use a PHP

to drive pneumatic pediatric VADSs.

Table 4-1. Properties of NCE51 PZT

Property Unit Symbol Value
Piezoelectric strain Coefficient 10 CIN  ds 460
Young's Modulus GPa \Zh 52
Density kg/m? P 7800

Electronic Drive Considerations

While the use of high frequency piezoelectric actuators in conjunction with a working fluid and
rectifying valves offers a high power density driving device, the power consumption and driving
electronics can represent a limiting design factor in using these systems as compact motors. In
order to predict if using piezohydraulic pumps for mechanical circulatory support applications is
feasible, the average electrical power consumption and maximum current draw must be
understood. Fortunately, the electrical power requirements of piezoelectric actuators are well
understood.

As mentioned in Chapter 3, piezoelectric actuators are electrically reactive elements
which store electrical energy. At operational frequencies below electromechanical resonance, the
majority of piezoelectric materials behave like electrical capacitors. More specifically, when a
voltage, or electric field, is applied to the piezoelectric material, the device builds up charge.
When the device is shorted, the piezoelectric element discharges. As a result, the ideal capacitor,
does not consume current but returns it to the power supply providing the charging voltage. Let’s
assume the piezoelectric actuator can be modeled as an ideal capacitor. The electric field applied

to the piezoelectric actuators in this dissertation are biased about a specific voltage level, V .
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Thus, knowing the sinusoidal voltage, with amplitude V, applied to the piezoelectric actuator
and the current-voltage relation for an ideal capacitor (both shown by equation 4-7), the

maximum current drawn, power output, and average power consumption can be predicted.

v(t) = Vogr- Vg sin(2nft) (4-8)
iH=cS (4-9)
i(t) = - 2nCfV, cos(2nft) (4-10)

p(t) = -2nCV fV, cos(2nft) +2nCfV, 2 sin(2xft) cos(2nft)  (4-11)
v(t) is the sinusoidal voltage applied to the piezoelectric, f is the operational frequency, t is time,
i(t) is the instantaneous current drawn from the capacitor/piezoelectric, and p(t) is the
instantaneous power consumed. The maximum current drawn occurs when cos(2xnft) = —1 and
has a magnitude of 2nCfV,. Thus the maximum instantaneous current draw from the
piezoelectric actuator is proportional to the frequency of operation. The current can also be
negative and this represents current that is returned to the power source. Most power sources
dissipate the returned current and power in the form of heat. Similarly, the instantaneous power
consumed by the capacitive element is proportional to the frequency and the square of the
applied voltage. The average power consumption can be calculated by integrating the
instantaneous power consumption over one cycle of charging and discharging. For ideal

capacitive loads, the average power consumed is zero.

T
(Pav )= p(t)dt:()
»]

This is not surprising since ideal reactive elements, like some capacitors and inductors,

have bidirectional power flow. This means that they store energy and can discharge that energy
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to a dissipative load. In reality, piezoelectric materials act as lossy capacitors, which are reactive
elements that dissipate power, usually in the form of heat. These losses are a function of
conduction currents through the material and the molecular friction between the atoms in the
piezoelectric crystal structure. Researchers typically model piezoelectric materials as ideal
transformers that convert energy in the electrical domain to the mechanical domain as shown in
Figure 4-2.

Typically, the electrical portion of the piezoelectric is modeled as a capacitor with
capacitance C, shunted with a resistance R.. The physical characteristics of the piezoelectric are
modeled with mechanical compliance, Cn, and a device mass M. The electromechanical
conversion factor is defined by N. An ideal capacitor has an infinitely large shunt resistance
(open circuit) and thus does not dissipate any power. However, real piezoelectrics have finite
shunt resistances and dissipate power in the form of heat. A useful metric for defining the
“lossiness” of a piezoelectric material is the dissipation factor known as tand. The tand is
dependent on frequency of and is essentially a measure of the power consumption of the
actuator. Single crystal piezoelectric actuators typically have tand values ranging from 1-2% and
polycrystalline materials (PZT-5H) have tand values ranging from 10-150%. While single crystal
piezoelectric devices have superior power consumption characteristics, they produce strain much

smaller than polycrystalline materials.
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Figure 4-2. Equivalent circuit representation of a piezoelectric actuator modeled as an ideal
transformer with a shunt resistance to represent the losses in the reactive element

From the above analysis, it is apparent that the power consumed by the piezoelectric
material is dependent on material properties (tand), the frequency of operation, and most
importantly, the applied electric field (voltage). Typically the tand value of piezoelectric
materials are fixed and difficult to change without changing the material as a whole. The electric
field can be reduced but that affects the amount of strain that can be produced and affects the
power output of the device utilizing the piezoelectric actuator. Operation frequency can be
reduced with reduction in power density. Thus, methods to reduce intrinsic loss in piezoelectric
actuators are limited. However, these losses are actually very small. This biggest engineering
challenge in piezoelectric electronic drives is designing drive circuitry that can supply the current
needed to drive piezoelectric actuators and handle the returned current when the device is
discharged.

The electronic drivers that deliver this electrical power can be optimized to provide efficient
power transfer from source to actuator. Researchers have developed drive circuits that are
efficient and compact (< 3in?) [77] utilizing pulse width modulated circuitry[99], [100]. Others
have developed driver circuitry that re-use the re-circulated charge from the reactive actuator
[101]. Both methods have led to compact energy efficient drive circuits that can supply the

necessary voltage and currents to piezoelectric actuator systems. The next section details the
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testing of a commercially available piezohydraulic pump to be used as a ventricular assist device

driver.
4.2 Experimental Setup

The PHP (Kinetic Ceramics; PHP3-1.6) used in this study, shown in Figure 4-3a, is a 0.5 kg, 14
cm long, and 3.8 cm diameter pump. The PHP consists of a PZWT100 piezoelectric stack
actuator, pump chamber, and passive inlet valve to convert the mechanical stroke of the stack
actuator to a continuous flow of hydraulic fluid [14]. The PHP uses Dexron IV hydraulic oil as
the working fluid which does not come into contact with blood in the potential application. The
stack actuator is operated at 1.5 kHz with electric field oscillation from -0.5 to 2 MV/m in all
tests. This operational frequency produces audible noise. However, future devices would be
designed to operate at higher frequencies to both boost power output and eliminate noise (outside
the frequencies audible to the human ear). In this study, the PHP is used to drive a pulsatile
VAD.

The VAD (Berlin Heart; EXCOR) used in this study, shown in Figure 4-3b, is a pulsatile
VAD that consists of a rigid outer casing with inflow and outflow connectors that interface with
the vascular system. A flexible diaphragm, located inside the VAD, separates a pneumatic
chamber from the blood chamber and forces blood through the outflow connector during
compression and allows blood to refill the blood chamber through the inflow connector. One-
way polymer valves, located inside the inlet and outlet connectors, ensure unidirectional blood
flow through the VAD. This commercially available VAD is typically driven by a large electro-
pneumatic driver that consists of multiple electric motor-driven air compressors. As proof of

concept, we evaluate the PHP as a ventricular assist device driver.

61



Inflow i Outflow
Connector Connector

Outer
Casing

| Piezoelectric Polymer
stack actuator Valves
(inside)

Chamber
(inside)

Flexible
Diaphragm
=g

Figure 4-3. (a) Piezohydraulic pump used in this study, (b) The VAD (Berlin Heart EXCOR
30 mL stroke volume) used in this study to be driven by the PHP

Mechanical Testing

To utilize the PHP as a driver, a 40m L diaphragm-style hydraulic accumulator (Hawe
Hydraulics Inc., AC-40), a 1.9 cm diameter hydraulic cylinder (Mack Corporation), a 4-way
solenoid directional valve (Hydraforce Inc.; SV08-40), and a 10 cm pneumatic cylinder were
attached to the PHP as shown schematically and pictorially in Figure 4-4a and 4-4b respectively.
The accumulator provides a bias pressure of 2.2 MPa to the hydraulic system. The hydraulic
cylinder converts the PHP flow to a linear mechanical stroke while the 4-way solenoid valve
produces bidirectional actuation. The size of the hydraulic cylinder was dictated by the smallest
commercially available high pressure hydraulic cylinder and does not represent an ideal
impedance matched system. Equations 4-6 and 4-7 indicate that flow rate can be increased and
pressure can be decreased by choosing a smaller bore hydraulic cylinder than used in this study.
The pneumatic cylinder attached to the hydraulic cylinder rod provides a sweeping volume of air
to the VAD per stroke. The size of the pneumatic piston was determined by using Boyle’s Law
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to determine the sweeping volume needed to achieve VAD drive pressure. The driver, without
electronics, can be contained in a non-optimized 30 x 23 x 33 cm volume which is comparable to
portable adult piston-type electro-pneumatic driver which are approximately 10.4 x 28.2 x 8.3
cm [96]. However, it is important to note that this is proof of concept and not an optimization
study. The Theoretical Analysis suggests additional size reductions are possible. Before
feasibility testing, the PHP was mechanically characterized for flow rate, pressure, and power

output.

1.9 cm bore
Hydraulic ) 40 mL
Cylinder Diaphragm-Type

Accumulator

W e

4-way ‘ ~
10 cm bore 2
Pneumatic Solenoid
Cylinder Valve
Pneumatic
\fb"e"“e

(@ (b)

33cm

Figure 4-4. (a) Schematic of the ventricular assist device driver consisting of a hydraulic
cylinder, 4-way solenoid valve, and pneumatic cylinder that supplies air to the VAD, (b)
picture of the driver setup

The PHP flow rate, pressure, and power were measured by attaching it to a hydraulic
cylinder and running the PHP with and without an applied load (Figure 4-5a). For operation with
a load, a 27 kN/m die spring was attached to the hydraulic cylinder rod. Pressures were measured
near the PHP inlet and outlet with 4-20mA pressure transducers (Wika Instrument Corp.; A-10).

PHP flow rate was calculated via the rate of spring compression measured by an LVDT (Omega
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Engineering; LD620). PHP instantaneous power output was determined from flow rate
measurements and the pressure difference between the PHP inlet and outlet (AP). The VAD and

driver were then tested in a mock circulation that mimics a pediatric circulation.

Hydraulic
Cylinder

PHP Outlet Atrial
/ / Reservoir
LVDT
- Arterial /‘
Spring Load
N Ix Pressure L/Tczij VAD
VAD Drive

Pressure

(a) (b)

Figure 4-5. (a) Schematic of the mechanical test used to measure the PHP flow rate, pressure,
and power (b) Schematic of the in-vitro mock circulation test setup

In-vitro Testing

To create a scenario as close as possible to the pediatric cardiovascular system, the mock
circulation (Figure 4-5b) consisted of an atrial reservoir, arterial compliance chamber, and 3/8”
ID Tygon tubing [102]. Glycerin (40%) and water (60%) solution was used in the mock
circulation to mimic blood viscosity. To simulate ventricular blood ejection, known as systole,
the PHP supplied pressurized fluid to produce forward actuation of the hydraulic cylinder rod to
pressurize the VAD pneumatic chamber. To simulate ventricular refilling, known as diastole, the
hydraulic cylinder rod was retracted and removed air from the VAD. The driver was operated at
heart rates ranging from 50-110 BPM in 10 BPM increments to measure the mean flow imparted
to the mock circulation. Arterial pressure and VAD drive pressure were recorded with pressure

transducers (Utah Medical; Deltran). Ultrasonic flow probes and flow meter (Transonic Systems
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Inc., ME12PXL) measured instantaneous flow rate. Mean flow was determined from integrating

the instantaneous flow measurements over time.
4.3Results and Discussion

Figure 4-6 shows the pressure difference, AP, across the PHP (left ordinate) and the flow rate
from the PHP (right ordinate) versus time for the unloaded PHP mechanical test (Figure 4-5a
without spring). The flow rate ramps up quickly (<250 ms) to 10.2 cm®/s upon turning on the
PHP and drops back to zero flow when the hydraulic cylinder rod reaches its full stroke. The fast
flow rate ramp is desirable since the PHP needs to actuate and provide power to the circulation in
a short time interval per heart beat (<500 ms). Figure 4-6 shows the AP increases to a steady
state value of 0.3 MPa and ramps to a maximum of 2.2 MPa, when the hydraulic cylinder rod
reaches its full stroke. In comparison, a healthy pediatric ventricle, which includes patients as
small as infants to young children, is able to eject up to 85 cm®s flow with a pressure output
between 10-16 kPa. Thus the unmodified PHP produces substantially higher output pressures at
flow rates approaching pediatric requirements. The iterations in the following chapters will

address the issue of reducing the pressure output of the piezohydraulic pump.
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Figure 4-6. No load PHP AP and PHP flow rate

Figure 4-7 plots the AP across the PHP (left ordinate) and PHP power output (right ordinate)
versus the PHP flow rate for the spring-loaded PHP mechanical test (shown in Figure 4-5a). The
solid lines in the figure represent a least squares fit to the data. The PHP pressure (AP)
decreases linearly with increasing PHP flow rate and power output increases parabolically with
increasing flow rate. The peak power output is 5.4 W and occurs at 4.75 cm®/s flow rate which is
close to half of the maximum flow rate (10.2 cm®/s) reported in Figure 5. Previous reports
indicate that this pump outputs up to 28 W of power (O’Neill, 2012); differences in power output
may be attributed to varying test setups. Nonetheless, the 5.4 W power output exceeds the power
requirement for the normal pediatric left ventricle (1.7 W), which suggests that a well-designed

pump could be 3x’s smaller than tested in this study.
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Figure 4-7. PHP outlet and inlet pressure difference (left ordinate) versus flow rate and PHP
power output (right ordinate) versus flow rate in the presence of an external load

The load force, left ordinate, as a function of hydraulic cylinder rod velocity is shown in
Figure 4-8. Force and velocity data were fitted using least squares fitting. The shaft velocity of
the hybrid actuator decreases linearly as the applied external load increases. The blocking force
is 180 N. The right ordinate shows the power output of the overall hybrid actuator (ie. the
product of spring force and velocity) as a function of velocity. The maximum power output in
the forward direction is 1.6 W at a 1.75 cm/s shaft velocity. Comparing the maximum power
output of the hybrid actuator to the PHP shows that there was a significant loss in power from the
pump to the hybrid actuator. This loss in power can be attributed to the pressure drop across the
solenoid valve, the hoses connecting the hydraulic components together, and entrapped air in the

working fluid (Dexron V1).

67



200 T T T

16 " om A 116
| |
R A A
" [ ]
Z 120} - {12
8 . Z
;; A . Z
S 80 WA H0.8
A n
A
40f f‘ Force - Linear Fit f0.4
A B Force - Measured
Power - Quadratic Fit
A Power - Measured
L 1 Il - L - (l
0 0.5 1 1.5 2 2.5

Hydraulic Cylinder Rod Velocity [em/s]

Figure 4-8. Hybrid actuator output force (left ordinate) versus velocity and hybrid actuator
power output (riaht ordinate) versus velocity in the presence of an external load

Figure 4-9 shows the pressure difference, AP, across the PHP (left ordinate) and PHP
flow rate (right ordinate) versus time for the in-vitro test (Figure 4-5b) at 60 BPM. Note this is
for a modified PHP pump driver shown in Figure 4-5b. As seen in Figure 4-9, PHP flow rate
and AP oscillate periodically twice a second. During systole, the maximum PHP flow rate
reaches 7.1 cm®/s, while the AP increases from approximately 0.8-1.3 MPa to extend the
hydraulic cylinder rod (A) and eject fluid from the VAD. During diastole, AP increases from
approximately 0.15-2.4 MPa with a maximum flow reaching 8.7 cm®/s to retract the hydraulic
cylinder rod (B) and refill the VAD. The difference in flow between the two phases is attributed
to the fact that the PHP faces the circulatory load during systole and not during diastole. A
comparison of the modified PHP flow rate profile to that of the PHP flow rate under no load

(Figure 4-5) shows that the PHP is performing work in the high flow and low pressure regime
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when a circulatory load is attached. This represents an impedance mismatch between the PHP
and mock circulation. Nonetheless, even with this impedance mismatched system, the PHP

supplies sufficient power to drive the VAD.
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Figure 4-9. Three second window of PHP AP versus time (left ordinate) and PHP flow rate
versus time (right ordinate) during the 60 BPM mock circulation test

Hydraulic cylinder rod displacement and velocity are plotted in Figure 4-10. The
maximum rod stroke length under the 60 BPM control is 1 cm and the magnitude of the forward
and backward velocity was 4 cm/s. This shows that the actuator operates at a velocity close to the
no-load velocity of the hybrid actuator (5.7 cm/s) when subjected to a circulatory load. This
corresponds to a small force output to the VAD and an impedance mismatched system. To

correct this, a newly designed pump with the appropriate pressure output and flow rate needs to

be developed.
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Figure 4-10 Hybrid actuator output force (left ordinate) versus velocity and hybrid actuator
power output (right ordinate) versus velocity in the presence of an external load

Figure 4-11 shows the VAD drive pressure, arterial pressure, and flow rate waveforms
versus time for the in-vitro test at 60 BPM (see Figure 4-5b). As can be seen, the VAD drive
pressure, arterial pressure and flow rate oscillate once a second. During systole, the VAD drive
pressure increases to its maximum at approximately 33 kPa and causes the VAD diaphragm to
eject fluid from the VAD outlet port which causes the flow rate in the mock circulation to
increase to approximately 6 L/min. This increases the pressure in the arterial compliance
chamber to 10.5 kPa. The maximum VAD drive pressure compares well to commercial electro-
pneumatic drivers which output between 25-40 kPa. The peak flow rate of 6 L/min against a 10
kPa arterial pressure also compares well to traditional drivers that can output between 0-10
L/min instantaneous flows against arterial pressures ranging from 10-16 kPa. Therefore, the
initial driver prototype (i.e. modified PHP) confirms that it is feasible for a PHP to output

pressures and flow rates that are comparable to traditional electro-pneumatic drivers.
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Figure 4-11. VAD drive pressure, arterial pressure wave forms (left ordinate) and flow rate
(right ordinate) during the 60 BPM mock circulation test

Figure 4-12 plots the mean flow rate from the VAD versus heart rate for the in vitro
experiment (shown in Figure 4-5b) at different heart rates ranging from 50-110 BPM in 10 BPM
increments. The mean flow rate increases linearly with heart rate up until 200 BPM. This linear
relationship is expected since the mean flow from a pulsatile VAD is the product of its stroke
volume and heart rate at which it is actuated. These results indicate that the driver was capable of
fully ejecting the VAD stroke volume within the allotted time when operating at 100 BPM. Mean
flow falls off at heart rates larger than 100 BPM because the sweeping volume from the
pneumatic cylinder is not sufficient to fully eject the fluid from the VAD. Pediatric pumps are
typically run between 80-150 BPM [7]. This output is independent of the PHP output and can be
fixed with a larger pneumatic cylinder. Nonetheless, these results show proof of concept that a

PHP can be used for this application.
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Figure 4-12. Mean flow rate of VAD driven by the driver versus heart rate

4.4 Summary

The feasibility of using a piezohydraulic actuated ventricular assist device driver has been
demonstrated. A theoretical analysis has been presented that shows for a given piezoelectric
frequency operation and piezoelectric stack, a compact PHP can be developed to match the
power requirements of a Pediatric VAD. In addition, Tests were performed to characterize the
maximum PHP flow and the maximum power output. For this PHP, 10.2 cm®/s flow rates were
recorded. In addition, a maximum PHP power output of 5.4 W was recorded and is higher than
the 1 W that is typically output by the healthy pediatric heart. A hydraulic cylinder, 4-way
solenoid valve, and pneumatic cylinder were attached to the PHP to use it as a driver and tested it
in a mock circulation. At 60 BPM, the driver provided sufficient VAD drive pressure at
approximately 33 kPa to provide flow in the mock circulation. The driver was also able to

operate at 100 BPM to generate an output of 3 L/min of mean flow. These results indicate that it
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is not only feasible to use PHPs in pediatric VAD applications but they can potentially lead to

smaller drivers when operated at high frequencies.
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Chapter 5: Miniature Piezohydraulic Pump Design, Modeling, and
Mechanical Testing

5.1Piezohydraulic Pump Design and Components

Ventricular assist device systems are power transmission structures that deliver energy to the
circulation hindered by a failing ventricle. As a result, the design of a mechanical circulatory
support system consists of multiple stages of energy transfer. These stages, illustrated in Figure
5-1, consist of an energy source, power circuitry, energy converter, human interface stage and
the load. Like all power transmission systems, an energy source, like a battery of power supply,
provides the electrical power from which mechanical work will be transformed. This power,
voltage and current, are then converted and regulated to the appropriate levels by the power
circuitry to be delivered to the energy converter. The energy converter then converts the
regulated electrical power from the power circuitry into mechanical power to be transferred to
the human interface. The human interface converts the mechanical power into useful work for

the circulation, which is the load.

Energy Source Power Energy Human Load
(Batteries) ] Circuitry | Converter = Interface (Circulation)
(PHP) (VAD)

Figure 5-1. The system level components that make up a ventricular assist device system (the
boxes highlighted in yellow indicate the topic of this dissertation)

The heart ventricular assist device systems, highlighted in the yellow dashed line, are the
energy converter and human interface. As mentioned in Chapter 2, traditionally, the energy
converter used in pulsatile ventricular assist device systems consists of an electro-pneumatic
driver with supplies pressurized air to the human interface (blood pump). For continuous flow
devices, the energy converter consists of permanent magnet, active electromagnetic bearings, and
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driving coils and the human interface consists of the rotating impeller and pump housing. In this
dissertation, the use of piezohydraulic technology as an energy converting mechanism for
pediatric pulsatile blood pumps is studied. The aim of this research is to demonstrate that
piezohydraulic pumps, when operated at high frequency, can provide sufficient power to
pediatric pulsatile blood pumps while maintaining small form factor. In demonstrating this
advantage, the different components that effect the conversion of electrical to mechanical energy
will be discussed. The overarching goal is to design the pump such that its components allow the
maximum amount of energy transfer from piezoelectric material to the human circulation. This
chapter focuses on the piezohydraulic pump design while Chapter 6 focuses on the blood pump
design (human interface).

Ventricular Assist Device Driver Design Revisited

In Chapter 4, the pressure and flow rate requirements from a pediatric pulsatile blood pump were
discussed. Using these requirements and using a simplified power transmission train (seen in
Figure 4-1), the flow rate and pressure output needed from a piezoelectric pump were calculated.
In this section we will take a closer look into these requirements. Specifically, the pressure,
flow, and power output requirements of a pulsatile blood pump for the left and right heart will be
discussed. The same 1-D quasi-static model of a piezoelectric pump driver is used again to
calculate final piezoelectric pump component dimensions. First we will look closer at the
components of a pediatric pulsatile blood pump.

Consider a typical pulsatile blood pump seen in Figure 5-2(a). Pulsatile blood pumps, as
mentioned in Chapter 2, consist of a blood chamber, valves (that mimic the valves in a native
heart), drive chamber, and cannula to interface the blood pump with the circulation. For

pediatric blood pumps, the circulation pressure (back pressure seen by the blood pump), flow
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rate, and cannula diameter dictate the power output required from the ventricular assist driver. In
Chapter 2, the assumptions were that a 6mm cannula and 5 L/min flow rate is needed to help the
systemic circulations of pediatric patients with heart failure. For smaller children, specifically
toddlers, these parameters are different. Thus for the remainder of this dissertation, the pressure

and flow requirements used to design the piezohydraulic pump ventricular assist device driver
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Figure 5-2. (a) Important components and drive variables for a pediatric blood pump (b)
Blood pump used as a left ventricular assist device (LVAD) and a right ventricular assist
device (RVAD)

Ventricular assist blood pumps can act as both right ventricular assist devices (RVADSs) and left
ventricular assist devices (LVADs) (Figure 5-2b). Recall from Chapter 2 that the pressure output
of a healthy native left ventricle differs in magnitude from that of a healthy right ventricle.
Because the left ventricle has a larger load, the necessary output pressure is larger than that of the
right ventricle. As a result, the back pressure seen by a blood pump installed in the left and right
side will be different. The average circulation pressures, Pgirc, Seen by the blood pump on the left

and right side are 16 kPa and 2.5 kPa respectively. The required mean flow rate at that pressure
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for both sides is 3 L/min. This flow output has to be achieved against the said back pressures and
against the large resistance provided by the blood pump cannula, which are as small as 4mm in
diameter. Thus, from equation 4-2, the drive pressure, py, needed to drive blood through a 4mm
diameter cannula against the appropriate back pressures are 25 kPa and 11 kPa for a left heart
assist and right heart assist blood pump respectively. The pressure and flow requirements for left

and right heart assist device are summarized in Table 5-1.

Table 5-1. Requirements for Left and Right Heart Assist Pumps

Parameter Left Heart Assist Right Heart Assist
Peirc [kPa] 16 (2.3 psi) 2.5 (0.4 psi)
Qcirc [L/min] 3 (@ Pcirc) 3 (@ Pcirc)
Phlood [Kg/M’] 1063 1063
Acannuta [mm?] 12 12
pv [kPa] 25.2 (3.7 psi) 11.3 (1.6 psi)
Qv [L/min] 3 (@Pcirc) 3 (@Pcirc)

The resulting power output needed from the blood pump for left and right heart assist is
1.3 W and 0.6 W respectively. Now that the flow rate and pressure output from a left and right
assist pediatric VAD have been specified, the piezoelectric hydraulic pump components can be
sized. The components that make up a piezoelectric pump will be discussed next.
Piezoelectric Pump
The piezoelectric pump in this dissertation consists of multiple components that work together to
convert the oscillatory displacement of a high energy density piezoelectric actuator to useful
fluidic work. The cut-away schematic of the piezohydraulic pump designed for this research is
shown in Figure 5-3. The final schematic drawings are included in the Appendix. The
piezohydraulic pump consists of a piezoelectric stack, end cap, housing, stiffener, diaphragm,

chamber spacer, valve (not shown), valve seat, and port end. The piezoelectric stack is the main
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component in the piezoelectric pump. It is responsible for converting electrical energy to
mechanical work. The housing and end cap provide a fixed reference for the piezoelectric
actuator. The piezoelectric stack is bonded to a steel stiffener which is also bonded to a spring
steel diaphragm. The stiffener constrains the shape of the diaphragm to a flat surface to increase
the effective stroke volume of the device. The diaphragm has two functions. It is used as a seal
for the pumping chamber and to increase the effective stiffness of the stiffener and piezoelectric
stack combination. A chamber spacer is clamped between the diaphragm-stiffener assembly and
the valve seat. This chamber spacer defines the pump chamber height and area. The valve seat,
machined out of aluminum, consists of the inlet and outlet valve orifices. The valves are clamped
to the valve seat by screwing in small screws into threaded holes of the valve seat. The port end
consists of threaded ports that interface the piezoelectric pump to the hydraulic lines used in the
rest of the driving system. A more in depth analysis and discussion of the piezoelectric stack,

stiffener-diaphragm, chamber spacer, valve and valve seat will be presented.
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Figure 5-3. (a) Isometric center-cut view of the miniature piezohydraulic pump (b) front-cut
view of the inside components of the pump
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In this section, we will revisit the 1D quasi-static model of a piezohydraulic VAD driver
discussed in Chapter 4. It is important to note that this analysis differs from that of Chapter 4 in
the compliance of the hydraulic fluid, housing stiffness, and diaphragm stiffness will be
considered. The stiffness of these components has a significant effect on the work transmitted to
the VAD from the piezoelectric actuator. Using the work output cycle of a piezoelectric
hydraulic pump, discussed by Sirohi and Chopra [77], [103], the relationship between the pump
diaphragm, hydraulic cylinder, pediatric blood pump dimensions and stroke work can be
calculated. The goal of the following section is to maximize the stroke work of the pediatric

VAD while meeting the pressure and flow rate requirements of the patient’s circulation.

Fblock

Piezoelectric Stack Hydraulic Pediatric
Load Line Piezoelectric Pump Cylinder VAD

Piezoelectric Force

T gz
F 5B Ay Aiic A
A )
60 6fre
Diaphragm Displacement N 0 Ca:;)ula
/ o —
Fb Piezo
Kd stack Diaphragm Piston Pusher
|_> }_. Plate
Z AW 5, o,
Fo Pv
e
Khousmg Kp

() (b)

Figure 5-4. (a) 1D schematic of piezoelectric VAD driver (b) work cycle of the
piezohydraulic pump and simplified system model of piezoelectric actuator, housing, and
diaphragm

The plot in Figure 5-4(a) represents the realistic work cycle of a piezoelectric hydraulic pump
with fluid compliance (fluid is not assumed incompressible). The cycle is enclosed by the
parallelogram ABCD. In Chapter 2, this analysis was carried out assuming fluid is
incompressible and the diaphragm, housing, and actuator were infinitely stiff. As will be seen
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later in the experimental section of this chapter, these assumptions are not the true and as a
result, the amount of work that can be transferred from the piezoelectric actuator to the working
fluid is reduced. When a voltage is applied to the piezoelectric stack, the diaphragm is displaced
and the chamber is pressurized. Unlike in the analysis in Chapter 4, where the chamber pressure
increases instantaneously, the displacement produced by the piezoelectric contributes to the
compression of the chamber fluid and this compression follows the line AB on Figure 5-4(a).
The slope of this line corresponds to the effective stiffness of the fluid in the chamber. When the
crack pressure from the outlet valve is reached, at F,, the diaphragm displaces fluid at a constant
force and follows the path BC. When the voltage is removed, the pressure in the pumping
chamber drops along line CD until the diaphragm is displaced d, and the outlet valve is closed.
The pressure drops low enough to open the inlet valve and restore the diaphragm to the original
displacement (along DA). The area within this cyclic curve represents the total amount of work
done on the working fluid in the hydraulic system connected to the piezoelectric pump.

The pumping cycle for a piezohydraulic pump allows us to calculate the size of pump needed to
drive a pediatric ventricular assist device blood pump. Figure 5-4(b) shows the use of a
piezoelectric hydraulic pump coupled with a hydraulic cylinder used to drive a pediatric VAD
(as previously shown in Chapter 4). The piezohydraulic pump uses a piezoelectric stack and
diaphragm to send pressurized fluid to the hydraulic cylinder which subsequently drives a pusher
plate in the ventricular assist device. The piezohydraulic pump has a chamber with height h,
which contains a working fluid with bulk modulus . The amount of work that can be transferred
from the piezoelectric pump is constrained by the operating range of the piezoelectric stack,
which is defined by the piezoelectric load line (refer to Chapter 3) shown in Figure 5-4(a). The

piezoelectric displacement can be written in terms of the force output.
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Fo F,
60: 8free (1 _) = Sfree- K_p (5'1)
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_ Fblock _
Kp_ free (5 2)

Where 6y, is the free displacement of the piezoelectric stack actuator, Fy. IS the piezoelectric
blocking force, and K,, is the piezoelectric actuator stiffness. Continuing with the quasi-static
assumption and ignoring inertial terms in this analysis, the actuator, diaphragm (K), and hosing
(Khousing) COMponents can be modeled as a set of elastic springs connected in series and parallel.
The housing and the piezoelectric share the same stress and thus are connected in series, so the

effective stiffness of this structure is given by K.

KpKhousin
KIZ _p ~housing >~ Kp when Kp < Khousing (5_3)

Ko+ Knousing
If the stiffness of the housing is comparable to the stiffness of the piezoelectric actuator, some of
the force output of the actuator goes into straining the housing. This is undesirable and is the
reason the housing should be made much stiffer than the actuator. In addition, the diaphragm
shares the same displacement of the piezoelectric actuator and housing and is connected in
parallel to this structure. The effective stiffness of this combination (housing, piezoelectric
actuator and diaphragm) becomes K.

K,=K, +K; =K, whenKy <K, (5-4)

Equation 5-3 states that the effective stiffness of the pump structure simplifies to the stiffness of
the actuator when the housing is made much stiffer than the piezoelectric stack and the
diaphragm (which constitutes the diaphragm stiffener combination) stiffness is much lower than
the actuator. Finally, the fluid in the chamber is the last major compliance connecting the
actuator to the ventricular assist device. The effective stiffness of the entire fluid filled pump

becomes K.
81



K= 5 (56)
Where Ky is the effective stiffness of the piezoelectric pump chamber fluid, B is the fluid bulk

modulus, A4 is the diaphragm area, and h is the chamber height. The displacement of the

piezoelectric actuator becomes:
1 1
80: 8free' Fo (K_p +E) (5'7)

Assuming the hydraulic cylinder and ventricular assist device pusher plate are perfect
transformers, we can calculate the pressure generated by the ventricular assist device blood pump

as a function of the force output.

AHc
AvAq

PV: FO (5'8)

Where Anc is the cross sectional area of the hydraulic cylinder piston, Ay is the area of the
ventricular assist device pusher plate, and Ag. is the area of the diaphragm in the PHP. The work
output of the VAD blood pump can be written as a function of the piezoelectric force,
displacement, hydraulic cylinder area, and pusher plate area. The work output of the

piezoelectric pump can be written as seen in equation 5-9 by using equation 5-7.

1 1
Wc}’cle: 60Fo: Fo [Sfree' Fo (K_p +Ef>] (5'9)

Equation 5-9 can be separated into three separate terms and the work output can be written in
terms of the ventricular assist device pressure Py, and the hydraulic cylinder and ventricular assist

device pusher plate dimensions assuming these components act as ideal transformers.
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Figure 5-5. Graphical representation of the work output per cycle for various pump chamber
diameters, ventricular assist device pressure output, pusher plate diameter (38mm) and
hydraulic cylinder size (5/8” bore with ¥4” rod)

Figure 5-5 shows the graphical representation of equation 5-10. Because the piezoelectric stack
and hydraulic cylinder and pusher plate dimensions are typically fixed and based off dimensional
analysis presented in Chapter 6, the work output per cycle of the entire driver system (shown in
Figure 5-4) is dependent on the piezohydraulic pump chamber diameter. In this work output
approximation, a 800 N block force and 20um free displacement actuator is assumed (similar to
the stack used in these experimental setups). A 5/8” bore hydraulic cylinder (with ¥4” diameter
rod) and 38 mm diameter pusher plate were also assumed (these represent the actual dimensions
used in experimental tests). The work output per cycle can be optimized by choosing the

appropriate chamber diameter. For this piezoelectric stack and hydraulic cylinder and pusher
83



plate dimensions, the maximum 4 mJ per cycle when working against a 30 kPa load. This
analysis confirms that in order to optimize the amount of work transferred from a piezoelectric to
the circulation; the load needs to be impedance matched to the stack actuator by choosing the
appropriate hydraulic cylinder and ventricular assist device dimensions. Thus, for larger
ventricular assist device pressures, a smaller chamber diameter is needed to match the high
pressure requirement to the high force output of the actuator. Similarly, smaller VAD pressures
necessitate larger chamber diameters to amplify down the force output from the piezoelectric
stack. This impedance matching can also be achieved by modulating the hydraulic cylinder bore
or the ventricular assist device pusher plate diameter. As a result, his analysis can be repeated for
different cylinder and blood pump pusher plate geometries. Depending on if a 30 cc or 60 cc
ventricular assist device is needed, the piezoelectric pump dimensions can be optimized to output
the maximum amount of work per cycle.

While the work output is important, the flow rate and pressure output from the blood
pump are also important driving requirements. The VAD blood pump pressure is shown derived
in equation 5-11. Continuing with the quasi-static behavior and assuming that the valves from
the PHP have a larger frequency bandwidth than the frequency of operation of the piezoelectric

stack, we can approximate the flow rate from the PHP as:

1 1
Qup™ SoAgf= Adf(afree- F, [K—p + ED (5-11)

Where, f is the frequency of operation of the piezoelectric stack. Because we have assumed the

hydraulic cylinder and pusher plate are perfect transformers, we get the flow from the VAD as:

~ AvAd LIS -
QV: Anc f<8free' Fo [Kp +Kf]) (5 12)
Thus, the unloaded maximum flow from the VAD is just equal to:

84



~ AvA4
QV,unloaded: Afc Bfree (5-13)

Hydraulic Cylinder

The size of the hydraulic cylinder is important in sizing the piezohdraulic pump components.
The hydraulic cylinder used in this study has a small bore and short stroke. This is to minimize
the amount of fluid required to fulfill a forward pusher plate stroke. In this study, a %” bore, %2”
stroke double acting hydraulic cylinder (Clippard, AF-TDD-10-1/2) is used. The hydraulic
cylinder has a Y diameter rod and thus has an effective area, Ayc, of 1.7 cm? and 2.11 cm?®
stroke volume. This cylinder stroke volume dictates the highest flow rate needed from the
piezohydraulic pump. The typical electro-pneumatic driver must supply pressurized air at
pumping rates as high as 100 beats per minute (BPM) [104]. This means that one pumping cycle
(which consists of blood pump ejection and filling takes 0.6 seconds, 30% of which is dedicated
to systole or blood ejection. Thus the 2.1 cm® from the hydraulic cylinder must be output within
0.18 seconds (700 cm®/s flow rate). This flow rate must be achieved against a 16 kPa circulation
pressure (for left heart assist) and 2.5 kPa circulation pressure (for right heart assist).
Piezoelectric Stack Actuator

Five types of piezoelectric actuators were used in this study. The size of the actuator was limited
for two reasons: to keep the dimensions of the piezoelectric pump compact and to limit the
capacitance of the piezoelectric to reduce the peak current drawn from the electronic power
amplifier and power supply. With the exception of one piezoelectric stack, the heights of these
piezoelectric stacks were 20 mm or less. The two smallest piezoelectric stacks used were the 2
mm X 2 mm x 20 mm NAC2011 (Noliac Group) and the 2 mm x 3 mm x 20 mm AE0203D16
(NEC Tokin) piezoelectric stacks. These stacks were chosen based on the initial design analysis

carried on in Chapter 4. Two larger area stacks were also chosen to increase the pressure and
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flow rate outputs of the pump. As will be discussed later in this chapter, the smaller stacks could
not provide sufficient power output for the desired mechanical circulatory support requirements.
A 3.5 mm x 3.5 mm x 20 mm Pst150/3.5x3.5/20 (APC International), 5 mm x 5 mm x 30 mm
NAC2013 (Noliac Group) and 6.7 mm x 6.7 mm x 30 mm EPCOS piezoelectric stack were also
tested. The EPCOS piezoelectric stack, typically used in fuel injector systems, represents the
highest energy density actuator used in this research. The free displacements and blocking forces
for these five actuators, summarized in Table 5-2, range from 17 pum to 42 um and 168 N to

2500 N respectively.

Table 5-2. Five Types of Piezoelectric Stacks

Piezoelectric Dimensions Free Blocking Operatin
Stack Catalog Name (Ixwxh)mm Displacement Force Vo[I)ta e [\9]
Manufacturer [um] [N] J

Noliac Group NAC2011-H20-A02 2x2x20 20 168 0-150
NEC Tokin AE0203D16 2x3x20 17 200 0-150
. 20 0-150

APC International Pst150/3.5x3.5/20 3.5x3.5x20 28) 800 (-30-150)
Noliac Group NAC2013-H30-A02 5x5x30 42 1050 0-150
Wiuivora [R— 6.7%6.7%30 40 2500 0-160

All of the actuators in this study, shown in Figure 5-6, are low voltage unipolar piezoelectric
stacks. The voltage range for these devices is limited to 0-160V. The relatively low voltage
supplied to these actuators is a result of the thin (> 100 um) piezoelectric plates making up the
stack. Depending on the thickness of these plates (which can range from 50-100um for these
devices), the voltage range of these devices corresponds to electric fields between 0-2 MV/m. In
addition, all of these stacks, excluding the Noliac Group actuators, are coated with insulating
resin to prevent electrode shorting. A comparison of the different sizes of the piezoelectric stack

actuators is shown in Figure 5-6.
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Figure 5-6. (a) Noliac 2x2x20mm piezoelectric stack and (b) from left to right: NEC Tokin
2x3x20mm, APC 3.5x3.5x20mm, and EPCOS 6.7x6.7x30mm piezoelectric stacks

Diaphragm and Stiffener

The diaphragm, shown in Figure 5-7a, is made of 0.004” (101um) thin spring steel. The
diaphragm provides a seal in between the pump chamber spacer and the pump housing. It also
acts as a spring connected in parallel to the piezoelectric stack and actuator to effectively stiffen
the piezoelectric-stiffener-diaphragm combination. Most importantly it provides a returning force
to aid the piezoelectric pump chamber in refilling when the electric field to the piezoelectric
stack is reduced to zero in the second half of the actuation cycle. It is important that the
diaphragm be stiff enough to aid in pump refilling but not so stiff as to limit the displacement of
the piezoelectric stack.

The stiffener, shown in Figure 5-7b, is a stainless steel cylinder that is attached to the
diaphragm. Because the cross-sectional area of the piezoelectric stack is limited to the
manufacturer dimensions (and in some cases rectangular) an additional component is needed to
evenly distribute the stress applied to the diaphragm from the piezoelectric stack. The
diaphragm-stiffener combination can be modeled as an annular flat plate with a central boss,
outer edge clamped, and load on the boss [105] (shown in Figure 5-7c). The maximum deflection

of the diaphragm, which occurs at the center, can be calculated from equation 5-1.
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PR hamber
Xd=kd % (5-14)

k= 3(11;)2) (1_ (Rstiffener)4 4 (Estiffener)z log (%)) (5-15)

Rehamber chamber Retiffener

Where x4 is the maximum diaphragm deflection, P is the pressure applied to the stiffener, Rehamber
is the radius of the chamber, Rgisrener 1S the radius of the stiffener, v is the poisson ratio, Y is the
elastic modulus, and t is the thickness. From equations 5-14 and 5-15, the ratio of the stiffener
radius to the chamber radius constrains the maximum possible deflection for a given applied
force. This has important implications on the stroke volume of the piezoelectric pump. Various
diaphragm-stiffener combinations were fabricated and are shown in Figure 5-7d. As will be seen
in the 3D modeling section, there is an optimal stiffener to chamber radius ratio in terms of
piezoelectric pump stroke volume. This optimum ratio is especially important when the pumping
chamber and entire hydraulic system must be pressurized to increase the effective bulk modulus

of the working fluid and prevent cavitation in the system.
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Figure 5-7. (a) Diaphragm computer aided design (CAD) structure, (b) diaphragm-stiffener
structure, (c) schematic of a diaphragm with a central boss, and (d) different diaphragm-
stiffener structures with varying stiffener radii

Chamber Spacer

Two types of chamber spacers were fabricated. The first chamber spacer, which was the spacer
used in the majority of the research in this chapter, was fabricated from aluminum and had an
inner diameter of 25 mm and height of 2 mm (Figure 5-8a and 5-8c). From the discussion above,
we know that by decreasing the height of the chamber or by increasing the area of the chamber,
the power can be more efficiently transmitted from the piezoelectric actuator to the hydraulic
lines. Since the area is constrained by the desired size of the pump and the pressure requirement
of the pediatric ventricular assist device, the height of the chamber was reduced. A second
chamber spacer, 0.004” (101 um) in height, was fabricated from steel and was chemically etched
to get a thin profile (Figure 5-8b and 5-8d). The valves and valve seat were designed to give

enough clearance to avoid contact between the diaphragm and the valves.
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Figure 5-8. Computer aided design of the (a) 2 mm tall chamber spacer and (b) the 0.101 mm
tall spacer, and the images for these components (c-d)

Valve and Valve Seat

The valves are one of the most important components in the piezohydraulic pump design. The
valves are responsible for rectifying the high frequency strain oscillations into unidirectional
flow and pressure output. Three different valves were designed and fabricated. All of the valves
were cantilever reed valve designs. This design consists of a thin beam clamped at one end with
the unclamped beam covering an orifice (Figure 5-9). There are two important characteristics of
the reed valves that affect the performance of the piezohydraulic pump: the displacement of the
valve upon pressurization and the resonant frequency. The reed valve, assuming a rectangular
cross-sectional area, can be modeled as a one dimensional structure of length L clamped at one
end undergoing a uniform applied load. The displacement at any position along the length of the
beam is given by Equation 5-16.

qx>

Vreed (0= 3507 (6L7-4Lx+x7) (5-16)
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3
I= = (5-17)

Where yreeq IS the displacement of the cantilever beam at position X, q is the applied force per

unit length, Y is the modulus of elasticity, | is the area moment of inertia (calculated in Equation

5-17), w is the beam width, and t is the beam thickness. The maximum deflection occurs at x =

L. Knowing the maximum reed valve deflection, an approximate relationship between flow rate

and pressure drop across the valve can be determined. This relationship is given by equation 5-

18.
2AP
Qvalve: k.NA ’T’ Azanoriﬁceyreed(L) (5-18)
Where Q_, . is the flow rate through the valve, k. is the contraction coefficient of the valve

orifice, N is the number of orifices, A is the effective flow area (diameter of orifice multiplied by
the valve displacement), AP is the pressure difference across the valve, p is the density of the
fluid, and R;n.. IS the radius of the orifice. As can be seen in this equation, a larger
displacement in the reed valve can result in an increase in flow rate through the valve with a
constant pressure difference across the valve. While a large reed valve deflection is important in
ensuring the valve does not limit flow rate, the valve resonant frequency must be higher than the
piezoelectric operation frequency.

The natural resonant frequency (first mode) of a rectangular cross-sectional area cantilever valve

clamped at one end can be calculated from equation 5-19.

2 2
1.875 Yt
fnatural: . 12pL4 (5'19)

Where fraturar is the 1% natural frequency of the reed valve and p is the density of the cantilever
structure. From equation 5-19, the best method to increase the natural frequency is to shorten the

reed valve length. However, from equation 5-16, shortening the reed valve length also constrains
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the maximum valve deflection. As a result, there is a tradeoff between the valve resonant
frequency and the maximum deflection that can be achieved for a given reed valve length.

The first reed valve design was laser cut from 0.004” thick 1095 spring steel (blue tempered) and
had a four-leaf structure with the center clamped (Figure 5-9a,d,g). The purpose of this first
design was to develop a valve with multiple structures and orifices (increase the effective flow
area) and short valve lengths (for high resonant frequency). The valve has an approximate
dimension of 3 mm x 5.4 mm x 0.1 mm (L x W x t). The calculated resonant frequency for this
first design is 9.4 kHz and the maximum deflection (with 100 N/m load per unit length) is 10.2
pm. The orifices are 5/64” (1.98 mm) holes offset 3.5 mm from the center. While the resonant
frequency is in the kilohertz regime, the deflection of the valves is small. In addition, because
there are no alignment marks or stoppers, it is difficult to align the valve flaps with the orifices

on the valve seat. This leaves an uneven coverage of the valve flap over the orifices.
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Figure 5-9. (a, g) Outlet valve and valve seat for four-leaf seat, (b,h) outlet valve and valve
seat for laser-cut cantilever reed valve, (c,j) outlet valve and valve seat for chemically etched
cantilever reed valve, (d) four-leaf inlet valve, (e,i) laser-cut cantilever reed inlet valve and
(f,K) chemically etched cantilever reed inlet valve

The second valve design was simplified to increase the maximum valve deflection (but resonant
frequency was decreased) and align the valves to the orifices. This valve was cut from 0.005”
(127 pm) thick spring steel and has dimensions of 6 mm x 5 mm x 0.127 mm (L x W x t). The
calculated resonant frequency for this 2" design is 2.9 kHz and the maximum deflection (with

100 N/m load per unit length) is 90.4 um. The orifices are 7/64” (2.77 mm) holes offset 3 mm
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from the clamped edge of the valve. While this valve fixed the deflection and alignment issues of
the four leaf valve design, the oxidation caused by the laser cutting beam on the edges of the
structure resulted in valves that did not sit flush on the valve seat. This affected the metal on
metal seal between the valve and valve seat which had a significant effect on the pressure and
flow output of the piezohydraulic pump.

The last valve design (Figure 5-9¢,f,j,k) had similar dimensions as the 2" valve design.
However, these valves were chemically etched from 0.004”” and 0.0002” (50 um) thick steel. The
dimensions are 6.5 mm x 5 mm x 0.101 or 0.05 mm (L x W x t). The calculated resonant
frequencies for this 3™ and final design are 2 kHz (0.1 mm thick) and 1 kHz (0.05 mm thick) and
the maximum deflection (with 100 N/m load per unit length) are 240 pum (0.1 mm thick) and
1945 pm (0.05 mm thick). The orifices are 2.5 mm x 4 mm slots offset 2 mm from the clamped
edge of the valve. While this design gives the smallest resonant frequencies in vacuum, the
effective flow areas are much higher than the first two designs. This ensures that there is minimal
energy loss in the opening of the valves and the acceleration of fluid through the orifices.
Housing
The last component that will be covered is the piezohydraulic pump housing. From the above
discussion, we know that the stiffness of the pump housing can affect the power transmission of
the piezoelectric stack to the fluid in the pumping chamber. The housing typically must be at
least an order of magnitude more stiff than the stiffness of the actuator [103]. The pump housing
in this study consists of an end cap and the housing (Figure 5-10). The end cap is screwed to the
hosing with #0-40 machine screws. The end cap is made of 4 mm thick aluminum. The pump
housing is also made of aluminum. Typically, the housing should also serve as a heat sink for the

piezoelectric actuator. When operated at high frequency, heat generated by the piezoelectric must
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be dissipated. The housing in this research was not designed to be a hit sink. Future iterations of

this device should utilize the housing as a heat sink.

(a) (b)

Figure 5-10. (a) Computer aided design (CAD) model of the pump housing and end cap and
(b) finished assembly of the housing and end cap

Figure 5-11 shows the final piezohydraulic pump assemblies used in this study. Figure 5-10a
shows the final assembled pump that is designed for the smaller piezoelectric stacks (NAC2011,
AEQ0203D16, and Pst150/3.5x3.5). Figure 5-11b shows the final assembled piezohydraulic pump
that is intended to house the EPCOS and NAC2013 piezoelectric stacks. The smaller pump
weighs approximately 150g while the larger piezohydraulic pump weighs 190g. Both of these
designs constitute the smallest (non-MEMSs) piezoelectric pumps designed to provide useful
mechanical work. Before the pumps were mechanically tested, a three-dimensional multi-physics
model was developed in COMSOL Multiphysics to more accurately predict the pressure and
flow outputs of the fabricated piezoelectric pumps. A static analysis predicted the stroke volume
at different pump chamber loading conditions (to simulate bias pressure) for different
diaphragm-stiffener combinations. This was then translated to predict the amount of stroke work
the pumps could output. A dynamic simulation calculating the frequency response and electrical

impedance of the pump was also carried out.
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Figure 5-11. (a) Piezoelectric pump designed to hold NAC2011, AE0203D16, and
Pst150/3.5x3.5 piezoelectric stacks, and (b) pump designed to hold the EPCOS and NAC2013
piezoelectric stacks

5.2Three-Dimensional Piezoelectric Hydraulic Pump Model

The theoretical analysis and calculation up to this point (as seen in section 5.1 and 4.1) have been
one dimensional approximations to predict piezohydraulic flow rate and pressure output. A three
dimensional multi-physics finite element model was developed to accurately predict the
theoretical stroke work and diaphragm stresses in the piezohydraulic pump. Two models were
created on COMSOL Multiphysics® (COMSOL Multiphysics 4.2, Los Angeles CA). The first
model simulates the Pst150/3.5x3.5 piezohydraulic pump while the second model simulates the
EPCOS piezohydraulic pump. Both these piezoelectric stacks represent the highest energy
density actuators used in this research with volumes under 0.25 cm® and 1.5 cm® respectively.
The computer aided design pump components (Figure 5-12a) were imported into COMSOL
Multiphysics® software and meshed (Figure 5-12b). The piezoelectric devices module was used

and the aluminum and steel parts were modeled as linear elastic materials.
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Figure 5-12. (a) Components of the 3D piezohydraulic pump multiphysics model and (b)
meshed piezohydraulic pump

The pump model consists of an aluminum end cap, housing and chamber spacer. The
stiffener and diaphragm are made of steel AlISI 4340. The components are modeled as isotropic
materials and are taken to be in contact and form a union. The piezoelectric stacks,
Pst150/3.5x3.5 and EPCOS, are modeled as monolithic piezoelectric devices with thickness of
18 mm and 30 mm respectively. The compliance at constant electric field, piezoelectric coupling
coefficient, and electric permittivity matrices for the Pst150/3.5x3.5 stack are shown in equations

5-20 t05-22.
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Similarly, the compliance at constant electric field, piezoelectric coupling coefficient, and

electric permittivity matrices for the EPCOS stack are shown in equations 5-23 t05-25.

[ 1.3
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The end of the end cap and the bottom of the chamber spacer are taken as fixed boundary
conditions. All other boundaries are taken to be free. The top of the piezoelectric stack (touching
the end cap) is designated as an electrical terminal where the voltage to the device is applied. The
bottom of the piezoelectric stack was designated as the electrical ground. A zero charge
boundary condition is applied to the sides of the piezoelectric stack. A pressure load on the face
of the diaphragm (on the side of the chamber spacer) was applied to simulate the load from an
external bias pressure. Two types of analysis were carried out. First, the diameter of the stiffener
relative to the diameter of the inner chamber spacer diameter was varied to investigate the effect
of this dimension on pump stroke volume and the stress on the diaphragm. The effect of bias
pressure on the pump stroke volume for these different stiffener dimensions is also investigated.
From this study, the theoretical pump load line (pressure versus flow rate) can be extrapolated.

This plot gives the entire range of pump performance from the stall pressure to the maximum
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stroke volume in the unloaded condition. It also allows us to calculate the maximum stroke work
that can be achieved from the piezohydraulic pump.

Static Analysis — Stroke Volume and Diaphragm Stress

A static electric field of 2 MV/m was applied across the piezoelectric actuator (for both
simulations). A bias pressure of 344 kPa (50 psi) was applied to the diaphragm and the inner part
of the chamber spacer. A parametric sweep of different stiffener diameters was carried out on
both the EPCOS and Pst150/3.5x3.5 piezoelectric pump models. The diaphragm displacement

profile and the diaphragm stresses along the diaphragm length were plotted for all stiffener

geometries.
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Figure 5-13.(a) Pst150/3.5x3.5 pump diaphragm displacement profile with a 50 psi pressure
load and (b) stresses along the diaphragm length

Figure 5-13a shows the displacement of the Pst150/3.5x3.5 pump diaphragm along the

length of the diaphragm. In this plot, a negative displacement corresponds to a net displacement
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into the pumping chamber (stroke volume out of the pump) and a positive displacement
represents an undesired deformation in the opposite direction of the piezoelectric strain. As can
be seen in Figure 5-13a, the stiffener provides a relatively even diaphragm deformation to
increase the effective stroke volume. The maximum deflection is 20 um, which approximates the
free displacement of this actuator (23 um from Equation 4-4), and occurs when a small diameter
(Rs/R: = 0.48) stiffener is used. The maximum diaphragm displacement decreases nonlinearly
with increasing stiffener size. However, while decreasing the stiffener diameter increases the
maximum achievable diaphragm displacement, it also results in a volumetrically inefficient
pump. Decreasing the stiffener diameter also decreases the overall stiffness of the diaphragm-
stiffener structure. Thus, when a bias pressure is introduced in the pumping chamber (which is
often the case) the diaphragm deforms into pump housing and decreases the effective stroke
volume. In summary, the stiffener diameter should be small enough to allow the actuator
displacement to approach its free displacement but it should also be large enough to prevent
diaphragm deformation into the pump housing. The stiffener also affects the stresses on the
pump diaphragm.

Figure 5-13b shows the von Mises stresses along the length of the diaphragm for the
various stiffener sizes. Similar to the displacement profile, there is an optimal stiffener size that
results in minimal diaphragm stress along the diaphragm length. The largest stress values occur
at the diaphragm clamped edges (12.5 mm and -12.5 mm) and at the outer circumferential edge
of the stiffener. These values, which are greater than 100 MPa, are not realistic and are an artifact
of the clamping and fixed conditions at these edges. For stiffener radii that are above 80% of the
pumping chamber diameter, the maximum stress at the center of the diaphragm increases.

Smaller stiffener diameters result in smaller stresses in the diaphragm up to a point. If the
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stiffener diameter becomes too small (as seen when R¢J/R. = 0.48), the diaphragm stresses
increase as a result of the large deformation in the diaphragm. The maximum diaphragm stresses
measured are about 40 MPa for stiffeners greater than 96% of the chamber diameter and less
than 50% the chamber diameter. From this analysis it can be seen that a stiffener radius to pump
chamber radius of 0.64 gives the best diaphragm displacement and the smallest stresses along the

diaphragm length when a 50 psi bias pressure is applied to the pumping chamber.
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Figure 5-14. (a) EPCOS pump diaphragm displacement profile with a 50 psi pressure load
and (b) stresses along the diaphragm length

Figure 5-14a and 5-14b show the same diaphragm displacement and von Mises stress
profiles for the EPCOS piezoelectric stack pump. The trends measured in the Pst150/3.5x3.5
model are valid for this model as well but the displacement values and stress values differ. The
largest net displacement of the pump is 41 um and occurs for a stiffener diameter that is 48% of

the chamber diameter. However, similar to the Pst150/3.5x3.5 model, the diaphragm von Mises
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stress is large at the center, 95 MPa, because of the large diaphragm deformation. There is also
some diaphragm deformation into the pump housing. The best diaphragm displacement, 37 pum,
and diaphragm stress (21 MPa) profiles occur when the stiffener radius is 64% of the chamber
radius. Using these static models, the theoretical stroke volume of the pump could be calculated
by integrating the diaphragm displacement profile. Various bias pressures ranging from 0 MPa to
1 MPa (140 psi) were applied to the pump diaphragm and the stroke volume of the diaphragm

was calculated when a 2 MV/m electric field was applied to the piezoelectric stack.
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Figure 5-15. (a) Calculated stroke volume of the Pst150/3.5x3.5 pump at various bias
pressures and stiffener radius to chamber radius ratios and (b) calculated stroke volume of the
EPCOS pump at various bias pressures and stiffener radius to chamber radius ratios

Figure 5-15a shows the effective stroke volume of the Pst150/3.5x3.5 pump and Figure
5-15b shows the effective stroke volume of the EPOS pump as a function of the stiffener to
chamber radius ratio at various bias pressures. The stoke volume is calculated by taking the
surface integral of the diaphragm displacement and subtracting the volume loss associated with
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applying a pressure to the diaphragm. Thus, a negative stroke volume indicates that the volume
loss is greater than the stroke volume. The maximum stroke volume, 7 pL (Pst150) and 12 pL
(EPCOS), occurs when there is no bias pressure and when the stiffener diameter is 64% (16 mm)
of the chamber diameter. The stroke volume decreases dramatically for stiffener diameters
greater than 16mm. This volume loss is associated with an increase in the effective stiffness of
the diaphragm-stiffener structure. The stroke volume also decreases with decreasing stiffener
diameter. This change in stroke volume is increased when the pressure applied to the chamber is
increased and can be seen by the downward shift in the curves. The volume loss for stiffener
diameters less than 16 mm is associated with the diaphragm deformation into the pump housing.
Since the piezoelectric pump does require a bias pressure to provide a preload to the
piezoelectric stack, ensure adequate pump chamber refilling, and prevent cavitation within the
hydraulic system. Since the final design with utilize a 16 mm diameter stiffener and the bias
pressure will be between 0.25 MPa (36 psi) to 0.75 MPa (108 psi), the stroke volume of the
Pst150/3.5x3.5 pump will range from 4 pL to 6 pL and from 10 pL to 11 pL for the EPCOS

pump. This type of static analysis could also be used to predict the stroke work from the pump.
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Figure 5-16. (a) Pst150/3.5x3.5 piezoelectric pump load line for various stiffener diameters
and (b) stroke work versus stroke volume

Figure 5-16 shows the load line for the Pst150/3.5x3.5 piezoelectric pump and stroke
work versus stroke volume. Three stiffener radii (closest to the 64% optimal stiffener size) were
used in this model. Figure 5-16a shows the maximum operating pressure and stroke volume
outputs for the pump. For stiffener diaphragms 64-72% of the chamber radius (16-18 mm), the
maximum pressure output, called the stall pressure, is 1.9 MPa (275.5 psi) and occurs when there
is no net stroke volume out of the pump. The maximum stroke volume occurs when there is no
external pressure on the pump diaphragm and ranges from 6 pL to 7 pL, as confirmed by Figure
5-15a. The product of the chamber pressure and stroke volume gives the pump stroke work,
which is shown in Figure 5-15b. The stroke work varies parabolically with stroke volume and
has a maximum value of 3.5 mJ (for a 16 mm diameter stiffener) at 3.5 pL (or half the maximum

stroke volume). This represents an impedance matched condition and the optimal operating point
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of the piezoelectric pump in terms of work output. Thus, assuming quasi-static behavior, the

piezoelectric pump can achieve a power output of 3.5 W at 1 kHz operation.
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Figure 5-17. (a) EPCOS piezoelectric pump load line for various stiffener diameters and (b)
stroke work versus stroke volume

Figure 5-17 shows the load line for the EPCOS piezoelectric pump and stroke work
versus stroke volume. Similar to the Pst150/3.5x3.5 model, three stiffener diameters (64-72% of
the chamber size) were used in this model. For stiffener diameters between 16-18 mm, the stall
pressure is 6.5 MPa (942 psi). The unloaded stroke volume for these stiffener sizes ranges from
8.8-12 pL. The stroke work, shown in Figure 5-17b, varies parabolically with stroke volume and
has a maximum value of 14 W, 17 W, and 19 W for the 16, 17, and 18 mm stiffener diameters
respectively. The maximum work output occurs at half the maximum stroke volume and also
represents an impedance matched condition. Assuming quasi-static behavior, the EPCOS

piezoelectric pump utilizing a 16 mm diameter stiffener can achieve a power output of 19 W at 1
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kHz operation. While the quasi-static assumption is accurate for frequency ranges up to about
250 Hz, it does not hold above this frequency bandwidth. This is because there are three
frequency dependent phenomena that can affect the performance of the piezohydraulic pump.
These phenomena include:

1. The mechanical resonances of the reed valves (discussed in the previous sections)

2. The electromechanical resonance frequencies of the piezohydraulic pump

3. The resonance frequencies of the hydraulic fluid in the system
The valve resonance was discussed in the previous section of this chapter. When a mechanical
oscillation, like an oscillating pressure, is applied on the valve, the structure oscillates more
readily at the resonant frequency. There is also a resonant frequency associated with the
piezoelectric actuator and mechanical structure which it is attached to, known as an
electromechanical resonance. This electromechanical resonance occurs under an electrical
excitation and causes a mechanical vibration and change in the electrical impedance of the
piezoelectric structure. There are also resonances associated with the oscillation of fluid in the
hydraulic circuit attached to the piezohydraulic pump. As will be seen later in this chapter, this
fluidic resonance can have a significant impact on the performance of the pump. First, we will
predict the eletromechanical resonance frequencies of the piezohydraulic pump.
Dynamic Analysis — Piezohydraulic Pump Electromechanical Resonance
A frequency domain study step in COMSOL was added to find the resonance frequency of the
piezohydraulic pump structure. A 1 kV/m electric field was applied to the piezohydraulic pump
(both Pst150/3.5x3.5 and EPCOS) and the frequency sweep ranged from 1 Hz to 35 kHz. The
stiffener radius to chamber radius ratio was also varied from 48% to 88%. The resonance of a

piezoelectric actuator bonded to an external structure is typically measured by measuring the
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electrical impedance of the piezoelectric material. Generally, at low frequencies, the
piezoelectric impedance decreases with increasing frequency like a capacitor. However, at a
specific frequency, called the resonance, the impedance drops dramatically. This sharp drop in
impedance is associated with a large current drawn from the power supply and a large
mechanical displacement from the piezoelectric actuator and its attached structure. There is also
an anti-resonance associated with piezoelectric structures. This frequency occurs when the
electrical impedance of the piezoelectric actuator increases dramatically. At this frequency, there
is minimal current draw from the power supply and there is a small displacement in the actuator
and structure. The resonance and anti-resonance pair represent the piezoelectric structure’s point
of maximal and minimal power consumption.

Figure 5-18 show the impedance spectrum for the piezohydraulic pumps for different
stiffener radius to chamber radius ratios. The resonance frequencies for the various permutations
are defined as occurring at the first dramatic drop in the impedance plot. Figure 5-18a shows the
impedance plots for the Pst150/3.5x3.5 piezohydraulic pump and Figure 5-18b shows the
impedance spectrum for the EPCOS piezoelectric pump. The lowest resonant frequency for both
types of pumps occurs when the stiffener diaphragm is 64% of the chamber radius. As seen
previously, this size of stiffener corresponds to the ratio that results in the least stiff
configuration. Larger diameter stiffeners increase the resonance frequency of the pump because
of the increased overall stiffness of the diaphragm-stiffener structure. Smaller diameter stiffeners
(below 64% stiffener and chamber ratio) also result in larger resonance frequencies which are
attributed to the decrease in mass of the entire structure. Thus, from the static and dynamic
analysis of the PPst150/3.5x3.5 and EPCOS piezohydraulic pump, the optimal stiffener radius to

chamber radius is 0.64 or the stiffener radius should be 64% of the radius of the chamber spacer

107



to increase pump stroke volume, prevent large diaphragm stresses, increase stroke work, and

decrease the resonant frequency value.
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Figure 5-18. (a) Impedance versus frequency curves for Pst150/3.5x3.5 pump with different
stiffener radius to chamber radius ratio and (b) impedance versus frequency curves for
EPCOS pump with different stiffener radius to chamber radius ratio

Piezohydraulic Pump Impedance Testing

Figure 5-19 shows the experimental setup to measure the impedance of the EPCOS different
piezoelectric pump. The piezoelectric stack was attached to a 1Q resistor which was connected
in series to the piezoelectric actuator. A dynamic signal analyzer (Stanford SR785 DSA, Palo
Alto CA) was used to measure the impedance of the piezohydraulic pump. The signal analyzer

applied a small sinusoidal voltage (5 VPP) to the resistor-piezoelectric circuit. Impedance, which

is defined as the voltage applied to the stack divided by the current through the stack ( M), was

Lstack

measured by measuring the voltage across the piezoelectric stack and dividing by the voltage

across the 1Q resistor (gives current directly). The frequency was swept from 1 kHz to 20 kHz
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(2047 data points). The stiffener radii were changed (12 mm, 16 mm, and 19 mm) to verify the
resonance values seen in Figure 5-18a and 5-18b. The phase difference between the current and

voltage through and across the piezoelectric stack was also measured.

SR785 Dynamic Signal Analyzer

Mini PHP

Figure 5-19. Piezoelectric pump impedance measurement experimental setup

Figure 5-20a and 5-20b show the impedance and phase plots, respectively, for the EPCOS
piezoelectric pump using different stiffener sizes. Figure 5-20a shows the logarithm of the impedance
(201og,, Zyyp) In units of dB. At resonance, the electrical impedance of the pump drops off
dramatically. This resonance point occurs at 13.95 kHz for the 12 mm stiffener (15 kHz in
model), 11.75 kHz for a 16 mm stiffener (13 kHz in the model), and 12.7 kHz for the 18.75 mm
stiffener (16 kHz in the model for 19mm stiffener). These points represent the points where the
piezoelectric actuator draws the largest amount of current. It also the point of the largest
piezoelectric actuator displacement. The phase of the piezohydraulic pump is shown in Figure 5-
20b. The phase is defined as the phase difference between the voltage applied to the piezoelectric

stack and the current going through the actuator. At low frequencies the phase difference is 90
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degrees, which corresponds to a capacitive load. At resonance, the phase difference approaches a

more positive value, which indicates it becomes electrically resistive. Thus, while a higher

mechanical displacement can be achieved by operating the pump at resonance, it also

corresponds to the highest power dissipation.
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Figure 5-20. (a) Impedance versus frequency curves for EPCOS pump with different stiffener

Reed Valve Model and Testing

radius to chamber radius ratio and (b) phase versus frequency curves

In addition to the 3D piezohydraulic model described above, a two-dimensional model of the

reed valve flap was constructed to predict the valve losses. The 2D model was constructed in

COMSOL using the fluid-stricture interaction module (Figure 5-21a). The valve was modeled as
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a two dimensional linear elastic steel cantilever beam (6.5 mm x 0.1 mm) clamped at one end. A
fluid domain was constructed around the beam and consisted of an inlet channel (5 mm wide)
and outlet channel. It is important to note that the reed valve has a very small gap between the
unclamped edge of the cantilever valve and the inlet channel. This is because the fluid domain
must be continuous within the model. A pressure is applied to the inlet boundary condition and
to the outlet boundary condition. Flow rate through the valve was calculated by taking the line
integral of the y-component of the fluid velocity and multiplying this integral by the inlet
channel width (2.5 mm). Various pressure differentials (outlet pressure subtracted from inlet
pressure), ranging from 7 kPa (1 psi) to 139 kPa (20 psi) were applied across the cantilever
valve. Three different fluids were used: Dexron VI automatic transmission fluid (dynamic
viscosity: 24 mPas), SAE10 oil (dynamic viscosity: 65 mPas) and water (dynamic viscosity: 1
mPas).

Figure 5-21b shows the results for the two-dimensional valve model for three working
fluids with different viscosities. As can be seen, the flow rate increases parabollically with an
increase in pressure differential across the valve. This is not surprising, since from equation 5-18,
we know that the flow rate and pressure differential have a Qialveoc AP dependency. Because the
density, p, is proportional to the dynamic viscosity, fluids with more viscosity tend to resist flow
more readily than those with lower viscosities. Thus, because water is less viscous than both
Dexron VI and SAE10 oil, the highest flow rate that can be achieved with a 68 kPa (10 psi)
pressure differential is 0.075 cm®/s, 0.19 cm®/s, and 0.42 cm®/s for SAE10 oil, Dexron VI ATF
and water respectively. The results of this model show that automatic transmission fluid or some
water based transmission fluid can effectively transfer work from the piezoelectric transducer to
the load. Fluids that have fluid viscosities close to water would offer a superior choice over
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mineral oil fluids in terms of minimizing the pressure drop across the valve structure for a given
flow rate. Since we anticipate mean piezohydraulic pump flow rates well above 0.5 cm®/s we
need a valve design and working fluid that minimize pressure losses during the pumps open flow
operation. These plots can be experimentally verified by providing fluid flow through the reed

valve structure and measuring the resulting pressure drop across the valve.
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Figure 5-21. (a) Two-dimensional COMSOL fluid-structure interaction model of a simple
cantilever reed valve (b) flow rate versus pressure differential across the valve for various
fluids (Dexron 1V, SAE10 Oil, and water)

5.3 Piezohydraulic Pump Prototype Testing and Results

Initial Pump Prototypes
The initial prototypes were designed after a Kinetic Ceramics large volume flow pump (PHP2).
This design utilized a stiffener with a radius 80% the size of the chamber radius. It is important

to note that while the initial data is for a 20 mm diameter stiffener, the final design utilized a 16
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mm diameter stiffener to optimize the amount of work performed on the working fluid. Initial
prototype pumps were installed and connected to a hydraulic circuit. The hydraulic circuit
(shown in Figure 5-22) consists of a couple of static 4-20mA pressure transducers (Wika
Instrument Corp., A-10) to measure the inlet and outlet pressure. A positive displacement turbine
totalizer (Omega Engineering Inc., FPD1102B) is used to measure the flow rate out of the pump
and a pincher valve is used to modulate the resistance of the outlet branch. The totalizer counts
the volume that has passed through the device and flow rate is measured by using a stop watch
and counting the amount of volume that has passed over a set amount of time. A 40m L
diaphragm-style hydraulic accumulator (Hawe Hydraulics Inc., AC-40) was used to pressurize
the hydraulic circuit. The pump was attached to high pressure braided wire-reinforced Buna-N
rubber hydraulic hoses. Automatic transmission fluid (Dexron IV) was used as the working fluid.
A sinusoidal electric field was applied to the piezoelectric actuator. An oscilloscope provided the
sinusoidal waveform to a voltage amplifier. Initial tests (that involved the NAC2011 and
AEQ0203D16 piezoelectric stacks) utilized a low bandwidth high voltage amplifier (Trek, Model
50/750), as seen in Figure 5-22a. For higher bandwidth pump operation (>100 Hz), a high
bandwidth low voltage switching amplifier (PiezoDrive Inc., PDX200b) was used to ensure the

current drawn was sufficient for full actuation (Figure 5-20b).
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Figure 5-22. (a) Hydraulic setup used to measure the flow rate and pressure from the
piezohydraulic pump driven by the Trek Model 50/750 voltage amplifier and (b) driven by the
PDX 200b switching amplifier

In an effort to develop the smallest piezohydraulic pump in the field, the first iterations of
the miniature piezohydraulic pump utilized the NAC2011 and AE0203D16 piezoelectric stacks.
These stacks have volumes of 0.08 cm® and 0.12 cm® respectively and represent the smallest
piezoelectric actuators used in piezohydraulic pumps that can perform useful mechanical work.
The pumps utilized a 5/8” (15.85 mm) diameter stiffener and the 0.005” thick four-leaf reed
valves. The NAC2011 stack was driven with sinusoidal electric fields from 0-3 MV/m at
frequencies ranging from 5 Hz to 75 Hz. Similarly, the AE0203D16 stack was driven with a
sinusoidal electric field ranging from 0-1.5 MV/m at the same frequency range. The pinch valve
was left open to allow for open flow conditions. Lastly, a 20 psi bias pressure was applied to the
hydraulic circuit.

Figure 5-23a shows the open flow low rate versus actuation frequency of small stack
piezohydraulic pumps. For both pumps, the flow rate increases linearly with frequency, which

indicates the pumps are within the quasi-static regime of operation. The NAC2011 stack pump
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reach a maximum flow of 16.5 mL/min at 70 Hz and the AE0203D16 pump reached a flow of 17
mL/min at 70 Hz. The amplifiers could not operate the pumps above 150 Hz frequency since the
current drawn from the amplifier resulted in voltage sag. The stiffener diameter was varied to
experimentally measure the dependence of stroke volume, or flow rate in this case, on the
stiffener radius to chamber radius ratio. Stiffeners of different sizes (1/2”, 5/8”, and %" or 12.5
mm, 15.85 mm, and 19 mm diameter) were epoxied to three separate diaphragms (Figure 5-5d).
The AE0203D16 piezoelectric stack was used in this experiment and was driven at 60 Hz at
maximum electric fields ranging from 0.5-1.5 MV/m. Flow rates were measured by counting the
amount of volume passing the totalizer and using a manual stopwatch to record the time elapsed.
Three different flow rate readings were taken for each stiffener radius to chamber radius ratio

and averaged. The error bars represent the standard deviation of each measurement.
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Figure 5-23. (a) Initial low frequency flow rate measurements for the NAC2011 and
AEQ0203D16 piezoelectric stack pumps and (b) the dependence of piezoelectric pump flow
rate on the stiffener and chamber diameter
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Figure 5-23b shows the piezohydraulic pump flow rate dependence on the stiffener to
pump chamber radius ratio. As can be seen, the highest flow rate for all ranges of electric fields
occurs when utilizing a 5/8” (15.875 mm) diameter stiffener, which is close to the predicted
value of 64% of the chamber diameter. When the stiffener size is increased, there is a large drop
in flow rate due to the fact that the stiffened diaphragm-stiffener structure limits the piezoelectric
stack strain. The drop in flow rate when the stiffener size is decreased is a result of the
diaphragm deformation into the housing of the pump. This flow rate falls off more gradually and
was predicted in Figure 5-15. If the bias pressure were increased, the volume loss would be much
greater for smaller diameter stiffeners.

From the two-dimensional reed valve model above, it was shown that the reed valves
could be major contributors of power transmission loss. While they can be operated at high
frequencies (due to their large bandwidth compared to check valves), they require large cracking
pressures. To experimentally verify if the valves restrict the power (flow or pressure output)
output of the pump at low frequencies, the reed valve (0.005” thick 4-leaf valves) were compared
to commercially available check valves. The pump utilized the 5/8” diameter (15.875 mm)
stiffener, AE0203D16 stack, and Trek Model 50/750 high voltage amplifier. The actuation
frequency ranged from 50 Hz to 250 Hz.

Figure 5-24 shows the flow rate versus frequency for the piezohydraulic pumps using the
0.005” four-leaf reed valves and check valves. For frequencies below 150 Hz, the flow rate for
all permutations of valves and electric fields, the flow rate increases approximately linearly with
actuation frequency. This indicates that there are no frequency dependent phenomena that affect
the pumps flow rate performance. The relative magnitudes of the flow rate are very different for

the pump using the check valves and the pump using the reed valves. For instance, when a 0- 1.5
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MV/m electric field is applied, the check valve pump achieves a flow rate of 94.6 mL/min at 150
Hz. However, reed valve pump only achieves a 62.2 mL/min flow rate with the same electric
field and operation frequency. The 31% difference in flow rate performance can be attributed to
the losses across the valves. For a 0-1.25 MV/m electric field the flow rate for the percent
difference in the check valve and reed valve flow rates is 42%. For a 0-1 MV/m electric field the
flow rate for the percent difference in the check valve and reed valve flow rates is 72%. Thus, the
0.005” thick reed valves limit the stroke volume and reduce the flow rate that can be achieved.
The non-constant percentage difference between the check valve and reed valve flow rates
indicates that the valve response is very dependent on the force and strain output of the
piezoelectric stack. Reed valve response can be increased by either decreasing the stiffness of the
valves (make them thinner) or increasing the size of the stack so that the force or strain produced
by the actuator increases the valve response. The non-linear flow rate response at frequencies
higher than 150 Hz is a result of the limited bandwidth of the Trek Model 50/750 high voltage
amplifier. At this point in the research, a low voltage (0-200V) high bandwidth switching
amplifier was purchased to increase the operation frequency of the piezohydraulic pumps. In
addition, 0.004” thick reed valves and larger area stack (Pst150/3.5x3.5) were used to increase

the valve response and increase flow output.
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Figure 5-24. Flow rate versus frequency for piezoelectric pump utilizing AE0203D16
piezoelectric stack and the 0.005” thick 4-leaf reed valve (light lines) and check valves (darker
lines)

The following tests show the flow rate versus frequency plots of the Pst150/3.5x3.5 and
EPCOS piezoelectric pumps. Sinusoidal electric fields were applied with the PDX200b
switching amplifier and hydraulic circuits were pressurized to 275 kPa (50psi) bias pressure. The
Pst150/3.5x3.5 pump, which utilized the four-leaf reed valve, was swept from 100 Hz to 2 kHz
operation frequency (100 Hz steps) at maximal electric fields of 0.5, 1, and 1.5 MV/m. Operation
frequencies higher than 2 kHz were not achievable because of the capacitance of the
piezoelectric stack and current drawn above 2 kHz. Similarly, the EPCOS piezohydraulic pump,
which utilized the chemically etched reed valve, was swept from 50 Hz to 700 Hz (at 50 Hz
steps) at maximal electric fields of 0.5, 1, and 1.5 MV/m. Operation frequencies higher than 700
Hz were not achievable because of the larger capacitance of the piezoelectric stack and current

drawn above 700 Hz.
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Figure 5-25a shows the frequency dependent flow rate of the Pst150/3.5x3.5 piezoelectric
pump. At frequencies below 300 Hz, for all electric field strengths, the flow rate increases
linearly with frequency. This represents the pumps quasi-static regime in which no frequency
dependent phenomena are present. At 400 Hz, each of the curves hits a local maximum, with the
largest flow rate measuring 186 mL/min with a 0-1.5 MV/m electric field. The flow rate then
drops to a local minimum at 800 Hz which measures 72 mL/min with a 0-1.5 MV/m electric
field. The flow rate again increases to 138 mL/min to a second local maximum flow rate at 1.2
kHz. After this second local maximum the flow rate decreases linearly with an increase in
frequency. One important observation is that the flow rate does not scale linearly with electric
field. Theoretically, the displacement, and consequently the flow rate, should scale linearly with
applied electric field. While the 0-1.5 MV/m and 0-1 MV/m scale almost linearly, the 0-0.5
MV/m and 1 MV/m traces do not scale linearly. For instance, at 300 Hz, the flow rates for each
electric field (0.5, 1, and 1.5 MV/m) are 17.6, 84, and 138 mL/min. The flow rate at 0-1.5 MV/m
is approximately 1.5 times the flow rate at 1 MV/m. However, the flow rate for a 0-0.5 MV/m
electric field is more than 4.5 times smaller than the flow rate at twice the electric field (0-1
MV/m). This nonlinear scaling indicates there is some compliance within the pump and that a
minimum electric field is necessary to overcome this loss. Overall, the nonlinear dependence of
the flow rate on frequency indicates some frequency dependent phenomena in the system. In
fact, other researchers have seen similar phenomena, which are attributed to the resonance

frequency of the fluid in the hydraulic system and acoustic reflections in the piping.
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Figure 5-25. (a) Nonlinear flow rate versus frequency plot for the piezoelectric pump utilizing
the Pst150 stack and 0.004” 4 leaf reed valves and (b) nonlinear flow rate versus frequency
plot for the piezoelectric pump utilizing the EPCOS stack and 0.004” chemically etched reed
valve

Figure 5-25b shows the frequency dependent flow rate of the EPCOS piezoelectric pump.
Similar to the Pst150/3.5x3.5 pump, the EPCOS pump flow rate increases linearly with
increasing frequency below 300 Hz when a 0-1.5 MV/m electric field is applied. Interestingly,
the flow rate is not linear within the 50 Hz to 300 Hz range for the 0-1 MV/m and 0.5 MV/m
traces. Peak flow rate for all electric fields occur at 500 Hz, which is close to the 400 Hz
resonance for the Pst150/3.5x3.5 piezoelectric pump. A 600 mL/min flow rate is achieved at 500
Hz. Flow rate then decreases sharply at frequencies greater than 500 Hz. The nonlinear electric
field scaling is also observed in this experiment. Thus from Figure 5-25, the flow rate
performance of the pump is highly dependent on the dynamics of the fluid in the piping system.

In this case, when the piezoelectric is actuated at the resonance frequency of the fluid in the
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system the volumetric efficiency of the pump also increases and results in higher flow. While the
unrestricted flow rate is an important characteristic of the piezohydraulic pump, the stall
pressure, or the maximum achievable pressure output, is also important.

Figure 5-26 shows the differential stall pressure for the three types of pumps
(AE0203D16, Pst150, and EPCOS) in time. At approximately 4 seconds in the plot, the pincher
valve is fully closed which causes a spike in the pressure output of the pump. Theoretically, the
stall pressure is related to the blocking force and the size of the pump chamber diameter.
Specifically, the pump stall pressure, assuming the fluid is incompressible, should be equal to the
blocking force divided by the chamber area. Thus, the theoretical stall pressures should be 407
kPa, 1600 kPa, and 5000 kPa for the AE0203D16, Pst150/3.5x3.5, and EPCOS piezoelectric
pumps respectively. The measured stall pressures are 17 kPa, 85 kPa, and 275 kPa for the
AEQ0203D16, Pst150/3.5x3.5, and EPCOS piezoelectric pumps respectively. These measured
stall pressures are 18-23 times smaller than the theoretical values. Since the valves have changed
across tests, the cause of the limited stall pressures is related to some compliance within the
housing or the pumping chamber. In fact, the height of the pumping chamber, which was 2 mm
for all the experiments described, is too large. Because the bulk modulus of the working fluid can
be as small as 10% of the manufacturers reported value [103], the stiffness of the fluid can have
a significant effect on the pressure output of the pump. From equation 5-6, decreasing the height
of the chamber can linearly increase the pressure output of the pump. However, this is limited by
the space needed to clamp the inlet valve and machinability tolerances. Ensuring that there is no
internal leakage within the housing is also important. To optimize the final pump, the chamber
height of the pump was reduced to 0.1mm tall. The valve seat was machined to give enough

clearance for the inlet valve.
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Figure 5-26. Different stall pressures measured for the AE0203D16 (black), Pst150/3.5x3.5 (red) and
EPCOS (blue) piezoelectric stack pumps utilizing a 2 mm tall chamber spacer

Final Pump Prototypes
The final prototypes have taken into considerations the observations from the previous sections.
The following changes were made in the final design to improve the volumetric performance and
pressure output for both the Pst150/3.5x3.5 and the EPCOS piezoelectric pumps.
1. The chamber size was reduced to 0.4mm to increase the effective stiffness of the fluid.
Chamber sizes that are smaller can restrict the flow of fluid through the chamber.
2. The working transmission fluid used was changed to Hydrolubric 123B, a synthetic water
additive that has a larger bulk modulus and lower viscosity than Dexron VI ATF.
3. 15.875 mm (5/8”) diameter stiffener is used to increase the effective stroke volume of the
pump.
In order to mimic the hydraulic impedance seen when using the piezoelectric pump as an

actuator in the ventricular assist deriver, the pump flow rate, pressure and power output were
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measured by attaching the pump to a single rod hydraulic cylinder. The measurement system
(shown in figure 5-27) contains four pressure sensors (two are not shown in the schematic); two
mean pressure sensors (Wika Instrument Corp., A-10) at the inlet and outlet and two dynamic
pressure sensors (PCB Piezotronics Inc., 106B) at the inlet and outlet. Hydraulic cylinder rod
displacement was measured with an LVDT sensor (Omega Engineering; LD620). Flow rate was
calculated by taking the velocity of the rod and multiplying it with the effective area of the
hydraulic cylinder piston. A data acquisition card (National Instruments, USB-6218 BNC)
converted the analog signals for data collection on a computer. A piston-spring accumulator was
used to pressurize the hydraulic system. The low voltage switching amplifier (PiezoDrive Inc.,
PDX200b) provided the sinusoidal electric field to the piezoelectric stack.

X LVDT

Computer

Function
Generator

Figure 5-27. Experimental setup of final piezohydraulic pump design utilizing Hydrolubric 123B, a
0.4 mm tall chamber, and a 16 mm diameter stiffener

Figure 5-28a shows the measured flow rate versus bias pressure for the EPCOS piezoelectric
pump operated at 300 Hz with a 0-160 V sinusoidal applied voltage. The bias pressure was

varied between 10-90 psi (68.9 kPa-620.5 kPa) in10 psi increments. Flow rate increases with
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increasing bias pressure in the system up to a point. At 80 psi bias pressure (551.6 kPa) the
maximum flow rate measured was 200 mL/min. It is important to note that this was not a
measure of the free flow but the flow with 50 psi pressure differential across the pump. From the
data, increasing bias pressure helps piezoelectric pump filling by providing a return force when
the piezoelectric actuator is de-energized. However, above 90 psi, the total stroke volume of the
pump decreases, most likely from deformation in the diaphragm. Thus an optimal bias pressure

exists that gives the best volumetrically efficient design point.
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Figure 5-28. (a) The effect of bias pressure on the flow rate output of the EPCOS piezoelectric pump
(driven at 160 V and 300 Hz) and (b) flow rate as a function of frequency (driven at 160 V)

Figure 5-28b shows the flow rate frequency sweep plot of the EPCOS piezoelectric pump
driven with a 0-160V sinusoidal voltage and an 80 psi bias pressure in the hydraulic system. All
flow rates are flow rates with a piezoelectric pump differential of 40 psi. Between an operational

frequencies of 80-180 Hz, the flow rate increases almost linearly with frequency. However,
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above 200 Hz, some frequency-dependent flow rate phenomena, similar to that seen in Figure 5-
25, were observed for this setup as well. Maximum flow occurs at 320 Hz, 220 mL/min, but falls
off between 340 Hz and 580 Hz. The minimum flow output of 6 mL/min occurs at 580 Hz. It is
important to note that the flow rate frequency response is dependent on the hydraulic circuit
attached to the piezoelectric pump. These line dynamics affect the pump flow rate in two
different ways. First, the inertia of the fluid within the external piping adds a resonance to the
system which is much lower than the piezohydraulic pump resonance and smaller than the reed
valve resonance. Second, the reflection of acoustic waves also affects the inlet and outlet valve
dynamics and can lead to some flow rate maxima and minima as a function of frequency. Thus,
this hydraulic resonance and acoustic reflections can be used to increase pump volumetric
efficiency. However, this non-linear behavior is generally undesirable since it is dependent on
geometries outside the design of a piezohydraulic pump.

Figure 5-29 shows the piezoelectric stack voltage, current, and power delivered by the low
voltage switching amplifier when the piezohydraulic pump is driven at 330 Hz. The voltage,
shown in black on Figure 5-29a, oscillates between 0 V and 160V. The current, shown in red,
leads the voltage by 72° and oscillates between -0.8 A and 0.8 A. The negative current
corresponds to current that is returned from the piezoelectric actuator to the amplifier. This
represents reactive power which can theoretically be recycled if the appropriate electronic driver
was designed. The instantaneous power delivered, which is the product of the stack voltage and
current delivered, is plotted on Figure 5-29b. The power output oscillates between -60 W and 72
W. Similar to the current, the positive instantaneous power represents the power delivered to the
piezoelectric stack from the amplifier and the negative values represent the power returned from

the actuator. The total consumed power output can be approximated by taking the root-mean-
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square (RMS) value of the voltage and multiplying it by the RMS value of the current. Using this
methodology, the average electrical power for an EPCOS piezoelectric pump operated at 330 Hz
is 43 W. Knowing the electrical power input, the efficiency of the pump can be measured by

measuring the mechanical power output of the pump.

Instantaneous Power [W]

Time [ms]

(b)

Figure 5-29. (a) Voltage and current delivered to piezoelectric stack and the (b) instantaneous power
delivered to and returned by the stack actuator

The mechanical power output was measured by attaching a compression spring to the hydraulic
cylinder rod in the experimental setup shown in Figure 5-27. When the pump is turned on, the
rod retracts to compress the spring. The variable load allows the pump to experience an
increasingly higher load at the outlet. Mechanical power is calculated by taking the product of
the differential pressure across the pump (outlet pressure minus inlet pressure) and flow rate
(hydraulic cylinder rod velocity multiplied by hydraulic cylinder piston area). The pressure

differential across the EPCOS pump and the mechanical power output as a function of flow rate
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are shown in Figure 5-30a. The bias pressure in the hydraulic system was 80 psi and the pump
was operated at 330 Hz. The pressure difference across the pump, AP, decreases linearly for
increasing flow rate. At no flow, stall condition, the maximum AP is 700 kPa (101.5 psi). This is
2.5 times the stall pressure recorded when a 2 mm tall piezoelectric pump chamber was used.
Theoretically, the five-fold decrease in chamber size should increase the stall pressure by the
same factor. However, there is another source of compliance in the pump or hydraulic setup.
Figure 5-30a also shows the mechanical power output versus flow rate. The maximum power
output recorded is 1.6 W and occurs at approximately half the stall pressure and measures 250
mL/min. This represents an impedance matched condition and it is within the range of power
needed to drive a ventricular assist device. Theoretically, the maximum flow output, with no AP

for this pump is 500 mL/min.
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Figure 5-30. (a) Pressure differential versus flow rate and power output versus flow rate for the
EPCOS piezoelectric pump and (b) efficiency versus flow rate
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Figure 5-30b shows the efficiency of the pump versus flow rate. The efficiency is defined as the
ratio of the mechanical work output to the electrical power input. The maximum efficiency for
this pump is 3% and occurs at 250 mL/min. The high end of efficiency, hydraulic power output
over electrical input power for continuous flow ventricular assist devices is 15%. However, most
blood pumps operate at overall efficiencies around 10% (40-80% motor efficiencies). Thus the
currently design miniature piezoelectric pump is about three to four times less efficient than
commercially available blood pumps. While there still needs to be improvement, the potential for

using piezohydraulic technology is promising since this pump has yet to be optimized.
5.4Summary

This chapter detailed the development of a piezohydraulic pump specifically designed to drive a
pediatric ventricular assist device. An updated 1D model was used to get initial sizing of the
pump components that would be impedance matched to the flow and pressure outputs needed by
a pediatric blood pump. It was decided that a piezoelectric pump chamber size of 25-30 mm was
necessary to output 25 kPa pressure and 3 L/min from the entire driver system. In modeling and
testing two piezoelectric pumps, we noticed that various pump components had a significant
impact on the output of the device. The stiffener diameter relative to the chamber diameter
played a crucial role in determining the volumetric efficiency of the pump. Using COMSOL
Multiphysics and conducting several experiments, it was clear that using a stiffener with 60-64%
the diameter of the chamber size increased the stroke volume of the pump. The pump chamber
also had a drastic effect on the pressure output of the piezoelectric pump. Using a small height
increases the effective stiffness of the fluid in the chamber and leads to a better impedance
matched device. The use of a lower viscosity fluid coupled with a small height chamber and
appropriate stiffener yielded a, 8 W/kg piezoelectric pump. Nonetheless, while frequency
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leveraging can lead to high power output per unit size, the high frequency oscillation of the
piezoelectric also causes frequency-dependent phenomena to affect pump flow rate. These are a
few considerations to take into account when using piezohydraulic pumps in all applications. The

net chapter focuses on using the EPCOS piezoelectric pump to drive a pediatric blood pump.
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Chapter 6: Pediatric Blood Pump Design and Piezohydraulic Driver

This chapter discusses the design of a piezohydraulic actuated pulsatile ventricular assist device
driver. The design and development of a pediatric blood pump, also called a ventricular assist
device, is first presented. The blood pump presented in this chapter, unlike traditional
pneumatically actuated devices, has been designed to take the hydraulic input from the compact
piezohydraulic pump designed in Chapter 5. The sizing, component design, and fabrication are
covered in detail. A simple lumped element model of the blood pump and driver is developed to
predict the performance of the entire system given a specific flow and pressure output. Lastly, an
in vitro test setup is developed to test the performance of the entire system as a left ventricular
assist device. The results from this chapter confirm that piezohydraulic power transmission can

be a superior approach to traditional electromagnetic technology.
6.1Pulsatile Blood Pump Design

In Chapter 5, we introduced the system level components of a ventricular assist device system.
Chapter 5 focused on the design of an energy converter using piezohydraulic frequency
rectification to power a ventricular assist device. In this chapter, we will focus on the design of a
human interface (Figure 6-1) that effectively transfers the power from the energy converter, a
piezohydraulic pump in this research, to the load (human circulation in this study). The human
interface in mechanical circulatory support systems consist of the mechanical components that
convert the mechanical energy produced by the energy converter to useful fluidic power for the
human circulation. The human interface for mechanical circulatory support systems is known as
the blood pump. For the remainder of this chapter and dissertation, the human interface will be

identified as the blood pump. Because the development of pulsatile blood pumps dates back to
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the 1970°s, the design of a pediatric blood pump that can transmit the power from a

piezohydraulic pump will not deviate from the current state of the art.

Energy Source Power Energy ILIED Load
(Batteries) | ||  Circuit ]  Converter - EINISHECSRN = (Circulation)
v (PHP) (VAD)

Figure 6-1. The system level components that make up a MCS system (the highlighted boxes
indicate the topic of this chapter)

As discussed in chapter 2, the design of the first clinically used pulsatile blood pump was the
Pierce-Donachy blood pump [106], [107]. The design was derived from various prototypes that
ultimately paved the way for what is now considered the gold standard of pulsatile blood pump
designs. Figure 6-2 shows the first four pulsatile blood pump designs from Donachy et al.
(1979). The dashed lines indicate the movement of the sac during systolic pressurization with a
pneumatic source. All designs consist of a smooth sac that holds the blood, pneumatic drive port,
and inlet and outlet port to connect to the cannula, and inlet and outlet valves to ensure
unidirectional flow through the blood pump. The valves used were either ball-in-cage valves or
tilting-disc valves. The first design (Figure 6-2a) consisted of a blood sac that was tethered at the
inlet and outlet ports. The design exhibited poor washout at the apex of the pump which
corresponded to a thrombus formation at the location.

The second blood pump design (Figure 6-2b) consisted of the segmented polyurethane
blood sac tethered on one side in the longitudinal direction to the ports. The sac was tethered by
a ring that attached to the polycarbonate outer casing of the pump with glue. Similar to the first
design, there was poor washout and low fluid velocity at the apex of the blood sac which resulted
in thrombus formation in animal studies. Washout was improved by using the tilting disc valves

but the thrombus formation was still significant. Thrombus formation was also observed in the
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areas where the blood sac was glued to the ring, indicating a change in the chemistry of the blood
sac. The third design (Figure 6-2c) utilized a transversely tethered sac with a transversely
tethered diaphragm serving as the barrier between the pneumatic chamber and blood. The
diaphragm prevented contamination between the pneumatic chamber and blood. Washout at the
apex was improved but the stresses on the diaphragm lead to component failure that precluded
the clinical use of this design. The final design, shown in Figure 6-2d, utilized the intermediate
diaphragm with a blood sac tethered at the ports (not glues to the polycarbonate housing). The
ports were angled to limit the contact of the deforming blood sac and valves. This blood pump
design was successfully implanted for 651 days in calves (the longest support for all four blood
pump designs). Three important features of blood pump design were elucidated during the
Donachy study.

1. Blood sac washout and fluid velocity are crucial in preventing thrombus formation

2. Adhering the blood sac to the housing can undesirably alter chemistry of the sac

3. Utilizing an intermediate diaphragm lowers the stress imposed on the blood sac
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Figure 6-2. Adult pulsatile blood pump designs in which the (a) blood sac is tethered near the
valves, (b) longitudinally tethered, (c) transversely tethered, and (d) an angled port
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The angled port design is the design utilized by many researches and by Thoratec Corporation’s
Pneumatic Ventricular Assist Device (PVAD ®). Figure 6-3 shows the components of the
Thoratec PVAD®. As mentioned previously, the angled port blood pump consists of a
polycarbonate pneumatic chamber housing and blood sac housing. The PVAD® also contains a
smooth and seamless segmented polyurethane blood sac. A polyurethane diaphragm separates
the pneumatic chamber with the blood sac and tilting-disc valves, called Bjork-Shiley valves, are
used for the inlet and outlet valve. The valves consist of a Teflon concave disc that are supported
with titanium structure. Titanium cannula connecters are connected to the inlet and outlet ports.
The blood pump is designed to provide a 65 mL stroke volume and operate between 40-100
beats per minute (BPM) for adult patients. Pneumatic power is supplied via a large electro-
pneumatic driver. In this dissertation, we are concerned with the design of a smaller blood pump
to be used for children. Thus, the design can be scaled down to fit the stroke volume and pressure
output needs of a pediatric patient. However, before scaling down, the effect of pump scaling on
blood pump fluid dynamics must be considered. Fortunately, researchers at Pennsylvania State

University have studied the fluid mechanics of scaled-down blood pumps.

Pneumatic
Chamber Housing

Blood
Sac
Housing

Cannula Connectors \--

Figure 6-3. Components of the Thoratec PVAD®
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Blood Pump Scaling

As mentioned in Chapter 2, the design of pediatric ventricular assist device followed a few
decades after the development of adult systems. The first attempts to design a pulsatile
ventricular assist device was made by Daily et al. (1996) [108]. In this study, the 70 mL stroke
volume Pierce-Donachy blood pump was geometrically scaled down to have a stroke volume of
11 mL (from 70 mL). While the wall thickness, diameter and height were scaled proportionally
to the cubed root of volume ratios, the inlet and outlet diameters of the blood pump were
undersized to accommodate the small cannulas need for the pediatric population. The frequency
of thrombus formation in the down-scaled blood pump during animal in vivo studies was much
greater than for the adult sized blood pumps. Thus, while the pediatric blood pumps retained
geometric similarity to the adult pumps (except for the inlet and outlet diameters) and used the
same materials, the smaller blood pumps failed more frequently.

Daily et al. attributed the thrombus event discrepancy to the different fluid dynamics
attributed to the mean flow rate and inlet and outlet valve geometry of the small blood pumps.
They found that the smaller mean flow though smaller blood pumps results in fluid flow
characterized by low Reynolds’s number (ratio of inertial forces to viscous flow). This low
Reynold’s number flow affects the ability for inlet diastolic flow to washout the inner walls of
the blood sac. The undersized valves (6 mm diameter) contributed to pressure loss, and energy
loss, across the inlet and outlet ports. This has a two-fold effect. First, energy loss at the inlets
can potentiate blood cell damage and clot formation. Second, the pressure loss at the valve sites
can also reduce the momentum of inlet flow during diastole, which reduces washout within the

blood chamber.
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Bachmann et al. (2000) studied the fluid dynamics of a down-scaled Pierce-Donachy
blood pump in more detail. They indicate that the blood pump dimensions that are most
important, shown in Figure 6-4, are the chamber radius (R), inlet and outlet diameter (do, di),
and height (h). Thus, in order design a small blood pump, the dimensions can be scaled down

from an adult blood pump as follows:

1/3
SVadult _ Goadult _  diadutt _  Ragui
= = = (6-1)
Svpediatric do,pediatric di,pediatric Rpediatric

Where SV is the stroke volume, d,is the outlet diameter, d; is the inlet diameter, and R is the
blood chamber radius. It is important to note that the outlet and inlet dimensions are size much
smaller than the scaling law. This is because the vessels of children are much smaller than the
adult vessels and necessitate smaller cannula. Thus, assuming that the dimensions can be scaled
appropriately, with the inlet and outlet dimensions scaled more aggressively, Bachmann set out

to find out which features were most important in maintaining the anti-thrombogenic nature of

the blood pump.
[ 1 ] Ie)
)
R h
(a) (b)

Figure 6-4. Pulsatile blood pump characteristic dimensions

Bachmann et al. discovered that the fluid dynamic dimensionless parameters, Reynolds number
and Strouhal number, were important indicators of pump thrombus formation. The Reynolds
number is defined as the ratio of inertial forces to viscous forces in fluid flow. Fluid flow
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dominated by viscous forces is characterized by low Reynolds number and can transition to
laminar flow. Conversely, fluid flow characterized by inertial forces corresponds to large
Reynolds number and can lead to turbulent flow. In the case of blood pumps, large Reynolds
numbers are desirable to ensure blood is washed out during ventricular filling and ejection. The
Strouhal number is an important parameter that describes unsteady oscillating flows. It is the
relative importance of inertial forces to convective forces in unsteady fluid flow. For high
Strouhal numbers (>1) fluid flow is dominated by inertial forces, which is seen in normal

ventricular flow patterns. The dimensionless parameters are described by equations 6-2.

UL e U -
Re—U,St - (6-2)

Where U is the characteristic flow velocity, L is the characteristic length, v is the kinematic

viscosity, and T is the characteristic flow cycle time. Taking L to be d;, the flow rate Q= SV-f,

where f is the heart rate/pumping frequency, and the flow velocity to be U= %. Assuming we

only pay attention to diastolic filling, which is about half the cardiac cycle, the flow rate is

typically twice the mean flow rate Q. Then the Reynolds and Strouhal numbers become:

_ 8fSV o A4SV .
Re= —— St s (6-3)

For geometrically scaled blood pumps, the Strouhal numbers should remain constant. Equations
6-3 are used to compare the predicted fluid mechanics of the blood pump designed in this
dissertation with other commercially available blood pumps. The blood pump designed in this
dissertation is a scaled down version of the 65 mL stroke volume Thoratec PVAD®. It is
important to note that the blood pump design was deliberately scaled down from a clinically used

adult blood pump in order to prevent unwanted fluid mechanic phenomena from the addition of
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new components or design considerations. The goal is to keep the blood contacting surfaces and
geometries the same and simply change the driving mechanism of the device.

Blood Pump Components

The blood pump designed for this study was designed to take the piezohydraulic pump output
and convert it to useful circulatory work for pediatric patients. Specifically, the population of
children that this study targets are pediatric patients between the ages of 1-9 years old with
average weights between 6-25 kg. Patients this size, regardless of gender, typically need between
1-3 L/min of cardiac output to aid their failing hearts [109]. In addition, the pumping rates of
pulsatile blood pumps are limited to a range between 40-125 BPM. Below 40 BPM, the low
flows increase the incidence of thrombogenic events. For pumping rates above 125 BPM, the
fluid shear stresses result in blood hemolysis. Thus, the stroke volume for the blood pump in this
study was chosen to be 25 mL. With this stroke volume the mean flow rates of 1-3 L/min can be
achieved within the allowable pumping rates.

Because we want the blood contacting surfaces and blood pump geometry to be similar to
clinically used adult blood pumps, we used the scaling relation shown in Equation 6-1. The
linear dimensions of the inlet and outlet diameter and pump chamber radius were measured for
the Thoratec 65 mL adult PVAD®. The dimensions and scaling for the 25 mL pump, which will
be called the UCLA 25mL Pediatric PiezoVAD, is shown on Equation 6-4. It is important to note
that the inlet and outlet diameters of the PiezoVAD are the same and are 19 mm in diameter.
This is because the inlet valve of the Thoratec PVAD® are used in this design to prevent the new

design of a valve, which may complicate the fluid dynamics of the pump.

(gz—mmi)l/sz 1.38 =

1;.9;:1 (d 0)_1344mm (di) = 415mm(R) (6-4)
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Figure 6-5 shows the computer aided design of the UCLA 25 mL Pediatric PiezoVAD.
The front end of the blood pump consist of components seen in clinical pulsatile adult pumps and
other pediatric pulsatile ventricular assist devices. The front end consists of a front housing
which is the portion of the blood chamber and connects the angled ports with cannula
connectors. The ports are angled at a 30° angle from the vertical axis. The polymeric diaphragm
and blood sac are not shown in this rendering. The inner diameter of the blood chamber is 50
mm. The back end of the pump contains the actuator section. Unlike the pneumatically actuated
blood pumps, this pump utilizes a small hydraulic actuator and a pusher plate to eject blood from
the blood chamber in the front end. The pusher plate has a 38 mm diameter. A ventricular assist
back housing connects attaches the hydraulic cylinder to the front housing. Within the hydraulic
cylinder, a 6 mm diameter rod and 15.9 mm diameter piston convert the hydraulic power from
the miniature piezohydraulic pump to mechanical stroke work for the circulation. The hydraulic

cylinder also has a 12.5 mm stroke length. Schematic drawings are shown in Appendix B.
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Figure 6-5. (a) Side view of computer aided design of UCLA 25mL Pediatric PiezoVAD and
(b) isometric front and back views
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A prototype blood pump was fabricated using three dimensional (3D) printing from Solid
Concepts Inc. The parts, shown in Figure 6-6, were fabricated using an additive process known
as PolyJet printing in which a UV curable polymer is printed in 16 micron layers to create three
dimensional assemblies. The back housing, also called the hydraulic cylinder mount in Figure 6-
6, and the pusher plate were printed from a white photopolymer. The front housing and cannula
connectors are printed from an amber-clear photopolymer to allow for some transparency into
the assist device. The blood pump diaphragm was also printed using the PolyJet process and was
fabricated from a black rubber-like Shore 50 elastomer. The hydraulic cylinder (Clippard
Minimatic, AF-TDD-10-1/2) was a double-rod double-acting 5/8” bore cylinder with 1/4”
diameter rod. The 19 mm diameter inlet tilting disc valves used in the Thoratec PVAD® were
used as the outlet and inlet valves for this pump. O-rings were used to prevent flow around the

valves.
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Figure 6-6. (a) 3D printed fabricated parts for the UCLA 25 mL Pediatric PiezoVAD and (b)
the fully constructed blood pump prototype

The blood pump was fabricated (Figure 6-6b) by attaching the hydraulic cylinder to the VAD

hydraulic cylinder mount with #4-40 screws. The pusher plate was screwed on to the hydraulic
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cylinder rod. The elastomeric diaphragm was fixed to the pusher plate with cyanoacrylate and
the edges were fixed to the VAD back housing/cylinder mount. The VAD front housing was
attached to the back housing by using silicone adhesive. Similarly, the cannula connectors were
fixed to the angled port ends with silicone adhesive to prevent leakage. It is important to note
that blood sacs were not used in this initial prototype because there was difficulty in fabricating
smooth and uniformly thick sacs (which will be discussed later in this chapter).

Once the critical dimensions for the blood pump were fixed, the Reynolds and Strouhal
numbers were predicted using Equation 6-3. While this is a predicted number, and is no
indication of the actual measured ratios, the calculation can be compared to the predicted values
for the adult blood pump it was scaled from (Thoratec PVAD®) and other similar pediatric blood
pumps. Using Equation 6-3 and assuming the pumping rate for the blood pumps were 70 BPM
and the kinematic viscosity of blood is 3.77 ¢S, the calculated Reynolds and Strouhal numbers
are shown in Table 6-1. From Table 6-1, the calculated Reynolds number for the smaller
pediatric blood pumps indicates that flow in these devices are dominated by viscous flow more
than in the adult sized blood pumps. The Reynolds number for the UCLA 25 mL blood pump
falls in line with the numbers seen in clinically used pediatric blood pumps. The biggest potential

advantage of the UCLA blood pump is the calculated Strouhal number.

Table 6-1. Predicted Reynolds and Strouhal Numbers

Blood Pump Re St

Thoratec PVAD® (Adult) 2134 6.0
Berlin Heart 12cc Pediatric VAD 785 8.8
Penn State 15cc Pediatric VAD 1567 45.3
UCLA 25mL Pediatric PiezoVAD 1037 4.6
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From Bachmann et al. the Strouhal number for healthy ventricles, regardless of size and age,
ranges from 4-7. While the Penn State 15cc PVAD and the Berlin Heart VAD are out of the
normal range, the UCLA 25 mL PiezoVAD falls within range. This has to do with the fact that
the inlet and outlet ports are not undersized. In fact they are slightly oversized from the predicted
geometric scaling derived from Equation 6-4. This may pose a problem when the ports need to
be adapted to fit much smaller cannula (6-12 mm diameter cannula). While the geometric
dimensions of the blood pump are important in predicting fluid mechanics, the valve orientations
are also crucial in ensuring thrombus formation in the pump during in vivo studies are prevented.

Figure 6-7 shows the orientation references to the horizontal axis of the inlet and outlet
valves in the UCLA 25 mL PiezoVAD. Roszelle, Deutsch, and Manning studied the role of
tilting disc inlet and outlet valve orientation on the flow field generated during ventricular assist
device filling and blood ejection [110]. Using a transparent acrylic model of the blood pump and
two-dimensional particle image velocimetry, they showed that when the inlet valve was oriented
15-30° from the horizontal axis of the inlet port, the flow jet into the blood pump chamber
resulted in greater washout. For this reason, the inlet valve of the UCLA 25 mL PiezoVAD was
20° from the horizontal (Figure 6-7a). Similarly, Roszelle et al. demonstrated that an outlet valve
oriented 15-30° from the horizontal axis of the outlet port can increase the shear stress and
washout in the outlet cannula. As a result, the outlet valve of the UCLA 25 mL PiezoVAD
(Figure 6-7b) was oriented 15° from the horizontal of the outlet port. Thus, the geometry of the
blood pump, specifically the inlet and outlet diameters, and the valve orientations are important
in ensuring that there is adequate shear stress and washout within the blood pump. The blood

contacting interface of the device is also important.
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Figure 6-7. (a) Orientation angle of the blood pump inlet valve and (b) orientation of the
outlet valve (blood chamber is facing up)

Arguably the most important component to the pulsatile blood pump design is the blood sac.
This is the component that is in constant contact with the blood and undergoes cyclical stress
during compression. The blood sac not only needs to be able to withstand cyclical compression
(long fatigue life) it also needs to be biocompatible with the blood and its constituents. The inner
lining of the sac also needs to be smooth to prevent stagnation of flow and blood clot
accumulation. These three requirements make the fabrication of a blood sac crucial to its use in
pulsatile blood pumps. The requirements are increasing stringent for pediatric blood pumps
because of the lower flow fields though the device.

Research on the biocompatibility of materials in ventricular assist devices is abundant
[111], [112]. Specifically, the use of polyurethanes for blood sac bladders in left ventricular
assist devices is well documented. The blood sacs in this study were fabricated using a casting-
mold process shown in Figure 6-8. A smooth hollow ceramic form was fabricated into the shape

of the blood sac. A silicone rubber mold was then made by placing the ceramic form into a
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container and pouring the liquid silicone into the container while holding the form in place. The

silicone solution was allowed to cure for 24 hours and the resulting silicone mold was parted

along the circumference of the ceramic form. The ceramic form was removed.
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Figure 6-8. Cast-mold process for fabricating 25 mL blood
PiezoVAD

To fabricate the blood sac, melted casting wax (heated above 200° F) was poured into the

silicone rubber mold and allowed to cool once filled. The wax casts were then removed from the

mold for dip coating. The wax casts were dip coated in a solution of Biospan® segmented
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polyurethane (Royal DSM) heated at 105° F. The coated wax cast was then heated in an oven at
180° F for 1 hour to cure the layer of Biospan®. The dipping and oven curing process was
repeated a total of seven times. The wax casts were then melted out in 250° F oil bath and the
blood sacs were cleaned to remove excess oil. Figure 6-9a shows the ceramic form used to make
the silicone mold and the resulting wax casts. Figure 6-9b shows one of the fabricated blood
sacs. Unfortunately, none of the blood sacs that were fabricated were useable because of the
uneven surface finishes on the inner part of the blood sac. A better controlled dip coating setup is

needed to ensure the blood sac has a uniform thickness and smooth inner lining.
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Figure 6-9. (a) Blood pump wax casts and (d) fabricated segmented polyurethane blood sac
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6.2Piezoelectric Hydraulic Ventricular Assist Device Driver Design

The design of the ventricular assist device driver is similar to the driver design from Chapter
4 (Figure 4-4a). The driver consists of a piezoelectric pump, the EPCOS piezohydraulic pump
from Chapter 5, an accumulator, a 4-way directional solenoid valve, and a hydraulic cylinder
which is attached to a blood pump (Figure 6-10). Plastic high pressure fluid lines were used to
connect the piezohydraulic pump to the 4-way valve and blood pump. The design of the blood
pump was detailed above. As mentioned previously, the blood pump was designed to output a 25
mL stroke volume. In order to predict the stroke output of the blood pump hydraulic cylinder for
a given piezoelectric pump flow rate and pressure output, the entire driver system was modeled
on Simscape™, which allows the modeling of multi-domain physical systems. The model,
shown in Figure 6-10, combines a hydraulic and mechanical domain to simulate the

displacement of a hydraulic cylinder for a given input flow rate.
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4-Way
Solenoid
Valve

Pressure
Sensors

Blood Pump
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Figure 6-10. Piezoelectric Hydraulic Ventricular Assist Device Driver

The VAD driver is modeled as a system that contains a hydraulic motor that is driven by an

ideal angular velocity source. These two components combine to represent an ideal flow source
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which represents the piezohydraulic pump. A 4-way spool valve represents the 4-way directional
solenoid valve in the driver setup. The position of the spool simulates the applied voltage to a
solenoid valve. The 4-way valve is connected to a double-acting hydraulic cylinder, which
represents the double—acting double-rod hydraulic cylinder attached to the blood pump. The
effective piston area of the hydraulic cylinder is 1.66 cm® with a 1.27 cm stroke. A 50 g mass and
0.1 N/m spring was connected to the output shaft of the hydraulic cylinder in the model. The
mass simulates the fluid mass in the blood pump chamber and the translational spring represents
the compliance of the fluid within the blood pump. Different output flow rates were delivered
from the hydraulic motor component. The frequency of 4-way valve switching simulates the
stroke rate of the VAD driver. The duty cycle mimics the amount of time the blood pump is
actively ejecting blood (systole) and refilling (diastole). For a VAD stroke rate of 60 beats per
minute (BPM), the valve switches from the off stat, which is associated with blood ejection, to
the on state, pump refilling every 500 ms. The hydraulic cylinder rod stroke was predicted for
various pump flow outputs. The model predicts resultant VAD stroke volume at various VAD
stroke rates for a given piezohydraulic pump flow rate input. This will show us the minimum
flow rate needed to ensure the full stroke of the blood pump is achieved at different stroke rates.

The results of this model are compared to the in-vitro tests that will described in the next section.
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Figure 6-11. Simscape 1D model of a hydraulic cylinder driver that represents the
piezohydraulic pediatric VAD driver
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6.3 In-vitro Testing and Results

In conjunction with the 1D Simscape™ model developed for the VAD driver, the actual driver
was built (Figure 6-10) and tested to measure how well the EPCOS piezoelectric pump could
provide the necessary flow rate and pressure. The driver was attached to an in vitro mock
circulation which mimics the systemic circulation of a pediatric patient. The driver hydraulic
circuit was pressurized to 80 psi. The piezoelectric stack in the piezohydraulic pump was excited
with a sinusoidal voltage ranging from 0-160V. The 25 mL stroke volume blood pump is
attached to two compliance chambers. At the blood pump inlet, a large reservoir is attached to
represent the left atrium. The systemic arterial compliance is represented by a compliance
chamber attached at the outlet of the blood pump. A clamp was placed between the atrial
reservoir and arterial compliance chamber to mimic the arterial vascular resistance. Arterial
pressure and atrial pressure were recorded with pressure transducers (Utah Medical; Deltran).

Ultrasonic flow probes and flow meter (Transonic Systems Inc., ME12PXL) measured
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instantaneous flow rate directly from the outlet of the blood pump. Mean flow was determined

from integrating the instantaneous flow measurements over time.
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Figure 6-12. In vitro mock circulation used to test the piezohydraulic driver

The first test involved finding the best operational frequency of the piezohydraulic pump.
In this test, the 4-way solenoid valve was not switched at various stroke rates. The driver was
controlled to only provide fluid ejection from the blood pump (ie. the piezohydraulic pump was
used to provide hydraulic cylinder rod extension and 25 mL stroke volume ejection). The
instantaneous flow rate from the blood pump was recorded for various piezohydraulic pump
operational frequencies. The frequency at which the highest instantaneous VAD flow rate was
achieved represented the frequency at which the piezohydraulic pump delivered the best flow
rate to the blood pump. Because the external piping has changed for this setup compared to the
setup in Figure 5-27, optimal operational frequency has changed as well.

Figure 6-13 shows the instantaneous VAD flow rate versus piezohydraulic pump

frequency. Between 100-200 Hz, the instantaneous flow rate increases linearly with increasing
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frequency. The maximum Instantaneous flow rate occurs at a 250 Hz operational frequency. This
is lower than the 330 Hz maximum piezohydraulic pump flow rate measured in Chapter 5
(Figure 5-28b). The VAD flow rate decreases for frequencies higher than 250 Hz, with the
sharpest drop in flow rate performance between 400-450 Hz. Thus the best operation frequency
for this driver design is at 250 Hz. It is important to note that the length of the hydraulic lines
connecting the piezohydraulic pump to the blood pump can be increased to take advantage of
acoustic reflections that may increase volumetric efficiencies and operational frequency. While
this may easily boost performance, the resulting vibrations in the system may not be beneficial to

patients using this system.
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Figure 6-13. Instantaneous VAD flow rate recorded at the outlet of the blood pump as a
function of various piezohydraulic pump operational frequencies

Once the operational frequency of the piezohydraulic pump was chosen, the ventricular

assist device driver was tested at various stroke rates. In this case, the 4-way solenoid valve was
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switched to provide blood pump fluid ejection for half the cycle and blood pump refilling for the
other half of the cycle. The frequency of this solenoid valve switching is known as the stroke rate
and it simulates the heart rate of a natural heart. The stroke rate was varied between 30-100 beats
per minute (BPM) in 5 BPM increments. During operation, the piezohydraulic pump pressure
differential was recorded. The resulting arterial pressure and VAD flow rate in the mock
circulation were also recorded. Mean VAD flow rate was also measured by averaging the
instantaneous flow rate measured by the ultrasonic flow meter.

Figure 6-14 shows the in vitro waveforms for the ventricular assist device driver and the
mock circulation for the driver operating in 40 BPM stroke rate. During blood pump refilling,
highlighted in blue, the pusher plate in the VAD is retracted from a fully extended position to
allow fluid to enter the blood pump. The piezohydraulic pressure needed to retract the pusher
plate is 15 psi. This retraction in the VAD pusher plate causes the arterial pressure to decrease
from 90 mm Hg to 60 mm Hg. There is also leakage flow that goes through the outlet valve of
the blood pump during blood pump refilling. During blood pump fluid ejection, highlighted in
red, the 4-way valve switches the direction of the piezohydraulic pump flow rate to cause pusher
plate extension. The piezohydraulic pump pressure needed to achieve blood ejection is 30-35 psi,
which is higher than the pressure needed to refill the blood pump. This is because the blood
pump diaphragm and valves represent a larger load to the piezohydraulic pump than the simple
retraction of the pusher plate. The pusher plate extension causes the arterial pressure to increase
from 60-90 mm Hg and the VAD flow rate to increase from 0-2 L/min. These waveforms

represent physiological outputs that can assist a pediatric circulation.
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Figure 6-14. (a) Pressure differential across the piezohydraulic pump during the in vitro test
and (b) the resulting arterial pressure waveforms and VAD flow rates at 40 BPM stroke rate

Figure 6-15 shows the in vitro waveforms for the ventricular assist device driver and the
mock circulation for the driver operating in 80 BPM stroke rate. Similar to the 40 BPM
waveforms, the pressure needed to refill the blood pump (35 psi) is smaller than the pressure
needed to eject fluid from the blood pump (45 psi). In this case, the 4-way valve is switching
twice as fast as the 40 BPM case. This means that there is less time to eject and refill per cycle.
This explains why the arterial pressure oscillates between 75 mm Hg and 55 mm Hg instead of
60 mm Hg and 90 mm Hg as seen in Figure 6-14b. The smaller amount of volume per stroke
results in a smaller pressure output in the mock circulation. The flow rate from the EPCOS
piezohydraulic pump is not large enough to supply the volume needed to achieve a full stroke.

This issue is more clearly elucidated in Figure 6-16.
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Figure 6-15. (a) Pressure differential across the piezohydraulic pump during the in vitro test
and (b) the resulting arterial pressure waveforms and VAD flow rates at 80 BPM stroke rate

Figure 6-16 shows the average flow rate through the mock circulation for various VAD
driver stroke rates. The green line represents the ideal flow rate versus stoke rate relationship in
which full stroke is achieved. The blue line represents the progress to date. Ideally, the average
flow rate for a pulsatile blood pump is the product of the stroke rate and stroke volume (mean
flow is proportional to stroke rate). This assumes the full stroke can be achieved at various stroke
rates. Unfortunately, for stroke rates above 35 BPM, the EPCOS piezohydraulic pump cannot
supply sufficient flow rate to achieve the mean flow necessary to achieve a full blood pump
stroke volume. In fact, as the stroke rate increases, the resulting stroke volume of the blood
pumps decreased, leading to a decrease in the mean flow seen in the mock circulation.

In order to predict the flow rate that is being output by the piezohydraulic pump in this

driver configuration, the experimental data was compared to the Simscape™ model shown in
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Figure 6-11. In the model, the flow rate from the ideal flow source was varied from 3 cc/s (mL/s)
to 5 cc/s. The mean VAD flow rate was calculated by taking the stroke of the hydraulic cylinder
in the model and multiplying it by an area of 19.685 cm®. From the model, we can see that flow
rates larger than 5 cc/s are needed to achieve the full stroke above stroke rates of 65 BPM. It also
shows that the current piezohydraulic pump is outputting a flow rate less than 3 cc/s (180
mL/min). Even though we can achieve a 250 mL/min (4.167 cc/s) with the setup in Figure 5-27,
it does not translate to this driver setup. Nonetheless, the potential for this technology in
mechanical circulatory support is promising. The piezohydraulic pump can still be optimized in
terms of efficiency and flow rate and pressure output. Utilizing the frequency dynamics of the

hydraulic circuit can bring this technology closer to use in ventricular assist device systems.
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Figure 6-16. Average VAD flow rate from the piezohydraulic driven blood pump
(experimental) and the predicted performance (Simscape™)
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6.4Summary

In this chapter, the design of a hydraulically actuated blood pump was presented. The fluid
mechanics of pump scaling were presented to ensure that the flow characteristics of the
newly designed blood pump were not altered. The design and in vitro testing of the
ventricular assist device driver was also presented. The driver was able to output
physiological pressure and flow rates. However, the flow rate of the piezohydraulic pump

still needs to be improved to allow operation at stroke rates up to 100 BPM.
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Chapter 7: Fontan Mechanical Circulatory Support Research

In this chapter other mechanical circulatory support research projects are covered. This particular
chapter discusses the use of a commercially available left ventricular assist device, the Sushine
C-Pulse, in applications for pediatric Fontan circulations. While Fontan palliation in the form of
the total cavopulmonary connection has improved the management of congenital single ventricle
physiology, long-term outcomes for patients with this disease are suboptimal due to the lack of
two functional ventricles. Researchers have shown that ventricular assist devices (VADS) can
normalize Fontan hemodynamics. To minimize blood contacting surfaces of the VAD, we
evaluated the use of an external compression device (C-Pulse Heart Assist System, Sunshine
Heart Inc.) as a Fontan assist device. A mock circulation was developed to mimic the
hemodynamics of a hypertensive Fontan circulation in a pediatric patient. The Sunshine C-Pulse
compression cuff was coupled with polymeric valves and a compressible tube to provide non-
blood contacting pulsatile flow through the Fontan circulation. The effect of the number, one or
two, and placement of valves, before or after the compression cuff, on inferior vena cava
pressure (IVCP) was studied. In addition, the effect of device inflation volume and compression
rate on maintaining low IVCP was investigated. With one valve located before the cuff, the
device was unable to maintain an IVCP below 15.5 mm Hg. With two valves, the C-Pulse was
able to maintain IVCP as low as 8.5 mm Hg. The C-Pulse provided pulsatile flow and pressure
through the pulmonary branch of the mock circulation with a pulse pressure of 16 mm Hg and
180 mL/min additional flow above un-assisted flow. C-pulse compression reduced IVCP below
12 mm Hg with 13cc inflation volume and compression rates above 105 BPM. This application
of an external compression device combined with two valves has potential for use as an artificial

right ventricle by maintaining low I\VCP and providing pulsatile flow through the lungs.
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7.1 Fontan Physiology Background

Fontan palliation is routine in the management of the pathology associated with congenital single
ventricle physiology. The current adaptation of the Fontan procedure [1], the total
cavopulmonary connection (TCPC), involves bypassing the right atrium and directly connecting
the superior vena cava (SVC) and inferior vena cava (IVC) to the pulmonary arteries (PA). This
creates a circulation in which the pulmonary and systemic branches are connected in series and
are supported by a single ventricle. Unfortunately, the TCPC is prone to eventual failure
characterized by deterioration in single ventricle function, central venous hypertension, and
decreased ventricular preload. Without a dedicated right ventricle, low systemic venous pressure
cannot be maintained [2]. These hemodynamic abnormalities are deleterious to the liver, lungs,
and the systemic ventricle and can result in organ failure [3], [4]. Many Fontan patients with
failing single ventricles require heart transplantation. Researchers have hypothesized that the use
of a mechanical circulatory assist device could prevent, or alter the course of, a hypertensive
Fontan circulation [5].

Mechanical circulatory support devices, including pulsatile and continuous flow
ventricular assist devices (VADs), have been studied for use as bridge-to-transplantation (BTT)
in Fontan patients with suboptimal hemodynamics. Chu et al. and Mackling et al. have
successfully implanted the Berlin Heart EXCOR Pediatric VAD as a BTT for patients with
hypoplastic left heart syndrome who have been palliated with the Glenn Shunt [6], [7].
Continuous flow blood pumps have successfully maintained low IVC pressure in sheep animal
models mimicking the Fontan circulation [5], [8]. While these devices have shown promise as
BTT, they pose additional problems to Fontan patients. Pulsatile VADs require percutaneous
cannulae, valves, and a large diameter pneumatic driveline that collectively increase patient risk
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of infection and thrombosis [9]. Continuous flow pumps, including those designed specifically
for Fontan patients [10], [11], are associated with increased bleeding [12], blood cavitation, and
suction when used on the venous side of the circulation [13]-[15]. To circumvent these
problems, researchers have used skeletal muscles, namely the latissimus dorsi, to provide non-
blood contacting pulsatile Fontan assistance via compression of the right atria or a vascular graft
[16]-[18]. Nevertheless, studies on this type of support are limited and the use of skeletal
muscle is constrained by muscle fatigue [19]. Devices that reduce risk of infection, thrombosis,
and are fatigue resistant may result in improved Fontan patient outcomes.

One device that can potentially reduce the risk of thrombosis while mimicking the
external compression provided by a skeletal muscle is the Sunshine C-Pulse Heart Assist System
(Sunshine Heart, Eden Prairie, MN). The Sunshine C-Pulse, designed to treat patients with
NYHA Class Il and ambulatory Class IV heart failure, is an extra-aortic counter-pulsation
compression device used to unload the failing left ventricle [20]. The device consists of a
counter-pulsation balloon, cuff, and pneumatic drive console coupled with ECG leads. In adult
heart failure patients, it functions to increase coronary blood flow during aortic compression and
reduces afterload during aortic decompression. This combination yields an increase in cardiac
output and a decrease in ventricular wall stress [21]. The C-Pulse can be implanted via a mini-
thoracotomy or mini-sternotomy, which may allow for shorter implantation time and shorter
hospital stays. Since the device is extravascular, stroke and clotting risks are potentially reduced
[22]. The advantages of a cuff-based device for heart failure patients may be applied to patients
with hypertensive Fontan circulations. Extra-vascular cuff compression may lead to decreased
IVC and PA pressures while simultaneously reducing adverse outcomes seen with traditional

VAD:s.
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We hypothesize that the Sunshine C-Pulse and similar non-blood contacting, cuff-based
compression devices can effectively address concerns associated with current mechanical
circulatory support devices while improving hemodynamics in Fontan patients with venous
hypertension. In order to optimize the Sunshine C-Pulse for use in a hypertensive Fontan, it is
hypothesized that the external compression cuff must be coupled with two valves to maintain
low IVC pressure. A valve located after the compression site prevents retrograde flow upon cuff
decompression, and a valve located before the compression site prevents retrograde flow upon
cuff compression. We performed proof-of-principle bench testing to determine the number of
valves needed for effective Fontan assistance with compression devices, and to demonstrate that

the C-pulse device could function as a Fontan assist device.
7.2 Fontan Assist Materials and Methods

Device Description

The Sunshine C-Pulse Heart Assist System is comprised of an extra-aortic compression balloon,
cuff, and pneumatic drive console. The compression balloon and cuff provide “thumb-printing”
external compression with the balloon inflated via a percutaneous gas line connected to a
pneumatic drive console. The compression balloon offers a programmable stroke volume ranging
between 4-20 mL [21]. In order to use the Sunshine C-pulse compression balloon and cuff as a
Fontan assist device on the venous side of the circulation, valves and compressible tube were
used to aid flow through the pulmonary circulation.

The proof-of-concept Fontan assist device consists of the Sunshine C-Pulse Heart Assist
System coupled with polyurethane tri-leaflet valves and a compressible tube. The compressible
tube has a 19 mm inner diameter and a 25 mm outer diameter. The polymeric tri-leaflet valves,
which provide unidirectional flow through the Fontan circuit, are obtained from the disposable
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Abiomed BVS5000 (Abiomed Inc., Danvers, Massachusetts). The valves and tube used in this
study are not representative of the final assist device. In a clinical setting, vascular grafts and
transcatheter valves can be used. The effect of the number of valves and the placement of the
valves relative to the compression device on vena cava pressure and flow were investigated. For
the purposes of this study, the TCPC Fontan configuration was not used since it was difficult to
provide non-retrograde flow in both the IVVC and SVC with one device [23]. Instead, we envision
the SVC attached to the IVC in end-to-side fashion (IVC-SVC junction), with both subsequently
connected to the main pulmonary artery (MPA) (Figure 7-1). Before the Fontan assist was tested,

a mock circulation mimicking a hypertensive Fontan circulation was constructed.

RPA
C-Pulse
Compression -------- =
Balloonand S A AT /e Compressible
= Tube
L= A == Valves

Pneumatic Drive
Console

Figure 7-1. Anatomical configuration of an updated Fontan connection consisting of a non-
blood contacting C-Pulse compression cuff (Sunshine Heart Inc.), polymeric valves, and
compressible tube. MPA, LPA SVC, RPA, RA, IVC refer to main pulmonary artery, left

pulmonary artery, superior vena cava, right pulmonary artery, right atrium, and inferior vena

cava respectively

Mock Circulation
A bench-top circulation was constructed to mimic hypertensive Fontan hemodynamics of a

pediatric patient. Similar to previous mock circulations: a pulsatile blood pump was used to
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represent the single ventricle, compliance chambers were fabricated to mimic arterial and venous
compliance, and tube clamps were used to simulate vascular resistance (Figure 7-2) [24]-[26].
The single ventricle was modeled by using a pulsatile blood pump (Pulsatile Blood Pump 1421,
Harvard Apparatus) with a 4-30 mL stroke volume, and 20-200 BPM stroke rate. Arterial and
venous compliances were simulated by using air tight acrylic chambers (1.2 L for the arterial,
and 10 L for the venous). Compliance was determined by adjusting the height of the fluid
column and the amount of entrapped gas. The atrium was represented by a 1L reservoir that was
open to air to facilitate venous return. Vascular resistance was determined by the diameter of the
tubes connecting the compliance chambers (3/8” for systemic arterial, pulmonary arterial/venous,
and 2" for systemic venous) and tube clamps for fine adjustment of resistance. Pressures were
recorded with medical pressure transducers (Utah Medical; Deltran). Ultrasonic flow probes and
a flow meter (Transonic Systems Inc., ME12PXL) measured instantaneous flow rate at the

various branches in the circulation.

Table 7-1. Comparison of Hypertensive Fontan Mock Circulation to

Clinical Data
Propert Pediatric Non- H erlt)eer?sliizl;ontan Mock
perty Fontan (Clinical) P (Clinical) Circulation
MAP (mmHg) 81 82 87
2 *
CI (L/min/m ) 4.4 25 2.5
IVCP (mmHg) 43 17.1 21.5

2
* Assuming a 1 m body surface area (BSA), MAP — Mean Arterial
Pressure, CI — Cardiac Index, IVCP — Inferior Vena Cava Pressure
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Figure 7-2. Bench-top circulation representing a hypertensive Fontan circulation with the C-
Pulse compression cuff (Sunshine Heart Inc.) SVC, IVC, and PA refer to superior vena cava,
inferior vena cava, and pulmonary artery respectively

Experimental Procedure

The mock circulation mimicking an unassisted Fontan was tested to accurately model the
hemodynamics of the hypertensive Fontan physiology. The Harvard apparatus pump was set to
run at 100 beats per minute (BPM) with a 25 mL stroke volume to get a 2.5 L/min cardiac
output. The Fontan junction was represented by connecting the IVC, SVC, and pulmonary artery
compliance chamber with a Y-tube adapter. Pressures were measured in all of the compliance
chambers. Flow rates were measured in the systemic and pulmonary arterial and venous
branches. The assisted Fontan mock circulation was then tested to quantify how well the
Sunshine C-Pulse device could reduce pressure in the venous branch and provide pulsatile flow

in the pulmonary arterial branch.
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For Fontan assist, the Sunshine C-Pulse compression cuff was wrapped around the
compressible tube and was placed in between the IVC-SVC junction and the pulmonary artery
chamber. Three scenarios were used to test the effectiveness of the number and the placement of
the polymeric valves on maintaining low IVC pressure in the mock circulation. The use of one
valve, before or after the C-Pulse compression site, and the use of two valves were evaluated.
Fontan assist was initiated by compressing the compressible tube with the C-Pulse compression
balloon and cuff. The extent of compression was determined by the inflation volume of the
compression balloon which is set by the pneumatic drive console. The rate of compression was
adjusted by an ECG simulator which triggered the inflation and deflation of the compression
balloon. It is important to note that the rate of tube compression is independent of the Harvard
apparatus pump stroke rate. Pressures were measured at the IVC chamber and the PA chamber.

Flow was measured in between the PA compliance chamber and the atrial reservoir.
7.3 Results and Discussion

Hypertensive Fontan Mock Circulation Results

The mock circulation accurately mimicked the pressure and flow waveforms for a pediatric
patient with a hypertensive Fontan circulation, as seen in Figures 7-3A and 7-3B respectively.
Aortic pressure (AoP) oscillated between 75-112 mmHg, corresponding to a 37 mmHg pulse
pressure and an 87 mmHg mean arterial pressure (MAP). IVC pressure (IVCP) was non-pulsatile
and was elevated at 21.5 mmHg. Pulmonary artery pressure (PAP) was also elevated at 20
mmHg. The high venous pressure, represented by the IVC pressure, corresponds to the
hypertensive venous state seen clinically in hypertensive Fontan circulations. Mean aortic flow
(Ao Flow), in Figure 3B, was 2.5 L/min. IVC and SVC flow were steady at 1.7 L/min and 0.8
L/min respectively. Comparison of the mock circulation and clinical data [27] observed in
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pediatric patients with venous congestion is shown in Table 7-1. Thus, the mock circulation

approximately matches the hemodynamics of a Fontan patient.
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Figure 7-3. (a) Aortic (AoP), inferior vena cava (IVCP), and pulmonary artery (PAP) pressure
waveforms and (b) aortic (Ao), inferior vena cava (I\VVC), superior vena cava (SVC), and
pulmonary artery (PA) flow waveforms for the unassisted hypertensive Fontan bench-top

circulation

Fontan Assist Results

When the C-Pulse is used as a Fontan assist device with two valves, it was able to mimic the
pulsatile nature of the right ventricle and keep I\VC pressure as low as 8.5 mmHg (Figure 7-4A to
7-4D). The ECG simulation trigger (Figure 7-4A) pulsed at 125 BPM and triggered the driver to

output pressurized gas (Figure 7-4B) to inflate the compression balloon at the end of the T-wave.
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The driver then applied vacuum at the QRS complex for balloon deflation. The peak gas driver
pressure increases from -5 mmHg to 198 mmHg. This compression causes the instantaneous
pulmonary artery flow (PA Flow) to increase from 1.7 L/min to 2.8 L/min (Figure 7-4C). This
allows the IVC pressure to remain low at 8.5 mmHg (Figure 7-4D). Thus, when the C-Pulse
assists the venous side, oscillatory flow is restored through the lungs and low IVVC pressure is

maintained.
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Figure 7-4. (a) Simulated ECG signal used to trigger compression C-pulse Cuff (Sunshine
Heart Inc.) inflation, (b) drive pressure of the cuff from the driver, (c) pulmonary artery flow
(Qpa) and (d) inferior vena cava pressure (IVCP) during Fontan assistance of a bench-top in

vitro mock hypertensive Fontan circulation
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Without the use of the C-Pulse and two valves for Fontan assistance, the IVC compliance
chamber pressure increases due to a volume shift from the left atrial reservoir to the IVC
chamber. In Figure 7-5, the IVC pressure is 12.3 mmHg under Fontan assistance (first 20
seconds) with a 125 BPM compression rate and an 8 cc inflation volume. After Fontan assistance
is stopped (20s to 50s), the IVC pressure increases towards a higher steady-state value. With re-
initiation of Fontan assistance (50s to 90s), the IVVC pressure begins to approach a lower steady-
state value. Fontan assistance can be used to shift blood away from the large compliance of the
venous circulation. This illustrates that non-blood contacting Fontan assistance can be used to

achieve rapid reversal of increased venous pressure in the setting of a failed Fontan.
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Figure 7-5. Inferior vena cava pressure response when the C-Pulse cuff (Sunshine Heart Inc.)
is turned on, turned off, and turned on again
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Inferior vena cava pressure can be decreased to values associated with non-hypertensive
Fontan patients when the C-Pulse is coupled with two valves and a large inflation volume and
high compression rates are used (Figure 7-6). The steady-state I\VVC pressure is sensitive to the
tube compression rate, the number of valves, and the location of the valves (summarized in Table
7-2). Without the use of valves, the IVVC pressure increases as a result of vessel occlusion without
unidirectional flow. When one valve is placed after the C-Pulse, there was a minimal drop in the
IVC pressure from 18 mmHg to 17.5 mmHg. When one valve is placed before the compression
device, the IVC pressure drops from 18 mmHg to 15.5 mmHg. When two valves are used and
when using an 8 cc balloon inflation volume, the IVVC pressure decreases linearly with increasing
compression rate from 18.1 mmHg to 11 mmHg. For a 13 cc inflation volume, the IVVC pressure
decreases linearly from 18.1 mmHg to 8.5 mmHg with increasing compression rate. By
increasing the compression rate and the stroke volume (modulated by the inflation volume), the
IVC pressure can be decreased by virtue of the volume shift from the vena cava to the left atrial
reservoir. Consequentially, the magnitude of I\VVC pressure reduction is increased as the amount

of flow return to the left atrium approaches the cardiac output of the single ventricle.

Table 7-2. Comparison of Assisted and Unassisted Fontan Mock Circulation

Non Hypertensiv C-Pulse C-Pulse
© YPertetisive Assist*  C-Pulse Assist™* .
Fontan Fontan (Mock (Valve (Valve before) Assist*
(Clinical) Circulation) (2 Valves)
after)
IVCP
ve 4.3 21.5 17.5 15.5 8.5
(mmHg)

* All Fontan assist listed used 13cc C-Pulse inflation volume, IVCP — Inferior Vena Cava
Pressure
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Figure 7-6. Steady state inferior vena cava (I\VVC) pressure at various C-Pulse compression

Pulmonary artery flow, representative of venous return to the single ventricle, can be
increased when the C-Pulse is coupled with two valves and a large inflation volume and high
compression rates are used (Figure 7-7). The pulmonary artery flow above the unassisted flow
rate, plotted in Figure 7-7, is sensitive to the compression rate of the compressible tube. For
increasing compression rates, the flow rate from the venous circulation to the left atrium
increases but plateaus above 110 BPM. For an 8 cc inflation volume, 85 mL/min additional flow
above the unassisted flow rate can be achieved when actuating the compressible tube at 125
BPM. This additional flow rate is approximately doubled, to 180 mL/min above the unassisted

flow rate, when the inflation volume is increased from 8 cc to 13 cc. Additional flow return to
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the left atrium plateaus above a compression rate of 110 BPM due to a subsequent increase in

back pressure seen by the C-Pulse.
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Figure 7-7. Augmented pulmonary artery (PA) flow above the non-assisted flow at various
compression rates and for different cuff inflation volume (1V) during Fontan assistance

There exists a need for new technology to serve patients with hypertensive Fontan circulations
[5]. Some of the limitations of existing devices include clotting and risk of infection. An external
compression device coupled with valves could serve as a safe bridge-to-transplant for these
patients. The data shown indicates that the use of external compression cuffs in Fontan
applications has the potential to improve quality of life and reduce future risk of heart

transplantation in many of these patients.
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Using the C-pulse compression balloon and cuff in conjunction with two valves and a
compressible tube, adds an artificial right ventricle in series with the single ventricle in Fontan
circulations. This device has been shown to successfully “rescue” a failed Fontan circulation in
vitro. As seen in the pulsatile waveforms (Figure 7-4C), the pulsatile flow rate in the pulmonary
arterial branch mimics a functional right ventricle. While the need for pulsatile flow through the
lungs is debated [28], the results from Figure 4 show that the flow and pressure generated by the
C-Pulse mimics the flow and pressure of a native right heart. Although most Fontan patients
survive with non-pulsatile venous flow to the lungs, it is possible that pulsatile pressure from the
C-Pulse may help ensure that additional pulmonary capillaries are recruited, leading to improved
pulmonary perfusion and improved pulmonary vascular resistance (PVR) [29].

The Sunshine C-Pulse can potentially reduce central venous pressure by matching the
amount of Fontan assistance with single ventricle cardiac output and shifting blood volume from
the IVC back to the atrium (Figure 7-5). Because of high venous compliance compared to the
systemic and pulmonary compliance, the removal of Fontan assistance shifts the blood volume
back to the IVC and SVC. An increase in the single ventricle cardiac output would necessitate a
flow match from the right/pulmonary side in order to keep the IVC pressure low (Figures 7-6 and
7-7). By increasing the stroke volume and compression rate of the device, IVC pressure can be
reduced and additional flow can be returned to the single ventricle. Ideally, utilizing two valves
increases the volumetric efficiency of Fontan assistance (Figure 7-6). If one valve is used,
placing it before the compression device can lead to better flow return to the left atrium than if it
was placed after the device. A non-valved conduit was deemed to be a non-viable option for the

design of our external compression device.
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Use of the C-pulse may be clinically advantageous when compared to current VADS.
The risk of bleeding and thrombosis is potentially lower than in current VADs because the
amount of foreign material contacting the blood, namely the valves and the graft, is less than in
other VADs [22]. Because the C-Pulse device is external to the vasculature, access for
implantation, maintenance, and removal are potentially simplified. While using two valves in
this device may increase the overall risk for thrombosis, the hemodynamic advantages of both
valves are clear (Figure 7-6). Incorporation of valves may also lead to increased resistance and
potential occlusion in a Fontan circuit. This is detrimental since vessel constriction can further
increase elevated PVR in Fontan patients. While the ultimate success of this device will rely on
valve longevity, dysfunctional valves can be replaced with transcatheter valves without the need
for invasive surgical intervention. A vascular graft, like a GORETEX® vascular graft, can be
used as the compressible tube. Further studies need to be carried out to characterize the
importance of graft compliance and elasticity. In practice, it would be ideal to wrap the C-pulse
cuff around an extracardiac Fontan. Thus, future research should address how the C-Pulse and
valves can be placed to benefit patients with existing TCPC and extracardiac Fontans.

Accurately modeling the Fontan circulation on a bench-top is critical for studying
hypertensive hemodynamics with the purpose of developing devices that improve outcomes.
However, bench-top circulations have various limitations that keep them from accurately
mimicking patient hemodynamics. For example, the mechanical pulsatile pump that mimics the
left ventricle maintains a constant mean flow regardless of the filling pressure in the atrial
reservoir. This is not representative of the Frank-Starling mechanism seen in native hearts. As a
result, the mock circulation does not accurately model the complex relationship between cardiac

output and venous return. This mechanism can have significant implications on the effectiveness

170



of this type of assistance [30]. Additionally, the effects of respiration and patient position on
vena cava hemodynamics are not taken into account. The flow profiles associated with this type
of compression assistance were not studied. Since the local flow profiles and associated shear
stresses in the vasculature dictate the risk of thrombosis [31], future studies should take the
geometrical anatomy and fluid dynamics of compression into consideration. Lastly, in vivo
animal studies with hypertensive Fontan hemodynamics are needed to confirm bench data and to

study the durability of grafts under intermittent compression.
7.4 Summary

The Sunshine C-Pulse Heart Assist System can be used as a non-blood contacting Fontan assist
device. A bench-top model of a hypertensive Fontan circulation was developed to accurately
mimic the systemic and pulmonary flows as well as the pressures of a pediatric patient. In Fontan
assistance, the C-Pulse device was able to provide pulsatile pulmonary flow through the lungs
when used in conjunction with two valves. In addition, the C-Pulse was able to provide up to 180
mL/min of extra venous return while decompressing the 1VC pressure. By using two valves and
increasing compression rate and compression balloon inflation volume, the IVC pressure was
reduced from 18 mmHg to below 12 mmHg. With a 125 BPM compression rate and 13 cc
inflation volume an IVC pressure of 8.5 mmHg was achieved. These results show that the

Sunshine C-Pulse should be investigated further as a potential Fontan assist device.
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Conclusion

Piezohydraulic pumps offer the potential to miniaturize the drivers for pediatric pulsatile blood
pump drivers when operated at high frequencies. This technology has been successfully used in
the mechanical and aerospace industry in compact unmanned aerial vehicles and automotive
break transmission. In this dissertation a few key contributions to the field of mechanical
circulatory support and smart materials have been achieved. First, the first feasibility study
utilizing a commercially available piezohydraulic pump from Kinetic Ceramics Inc. was used to
drive a clinical FDA approved pulsatile blood pump (Berlin Heart EXCOR). The study, covered
in Chapter 4, demonstrated that piezohydraulic pumps, even when impedance mismatched, could
lead to drivers the same size as current electro-pneumatic consoles.

Second, the groundwork for developing a compact piezohydraulic pump designed
specifically for a pediatric blood pump was presented. The various factors affecting the power
transmission from piezoelectric stack to pediatric circulation were detailed. Specifically, the
optimal stiffener and chamber dimensions were elucidated. We also demonstrated that the
resonance and acoustic reflections in the external hydraulic circuit connected to the piezoelectric
pump could be a limiting factor in operating the piezohydraulic pump at high frequencies. The
fluidic phenomena however can be beneficial if the hydraulic circuit is designed to operate
within a narrow bandwidth. The final product was a 8.1 W/kg pump with a 3.5% efficiency.

This research also described the design of the first piezohydraulically actuated blood
pump and the first compact pediatric driver for a 25 mL blood pump. The driver was able to
output physiologic pressure ranging between 60-90 mm Hg. It was also able to impart 1 L/min
flow rate in a mock circulation mimicking the circulation of a pediatric patient. Improvements

with the flow rate need to be explored. However, this dissertation has laid the groundwork for
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achieving compact pediatric blood pump drivers to increase the mobility of children waiting
bridge-to-transplantation.

Lastly, this dissertation researched the use of a novel non-blood contacting ventricular
assist device for use in patients with the Fontan circulation. The results showed that this device
could deliver pulsatile blood flow to the pulmonary circulation as well as maintain low inferior
vena cava pressure, which are problems that plague these patients. It demonstrates the use of the

first minimally invasive device for the Fontan patient population.
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APPENDIX A: Piezohydraulic Pump Drawings
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APPENDIX B: Blood Pump Drawings
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