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Hearts will never be practical
until they can be made unbreakable

Wizard of Oz.






Abstract

Ventricular assist devices (VADs) basically are blood pumpd #re used
routinely in clinical practice for the support of end-stage hiegitire patients.
They are mostly used until the patient’s native heart is re@laath a transplant,
but in select cases they can heal a patient’s heart and sutibgdpeeremoved.
Especially in the latter case it is important to have aileéet knowledge of the
effect of the device on the native heart. In this dissertatiom,irtteraction
between a VAD and the heart’s left ventricle is studied on hyaadic level
with an in vitro and a mathematical model. The results are fucthmpared to
data obtained from animal studies.

First, a summary is given of the cardiovascular system, hedure, and
available therapies. Especially the different applications ADY¥ are
highlighted. Next, the newly developed in vitro and mathematical maseld
for the subsequent studies are presented.

These models are used to study the interaction between themdficle and a
rotary blood pump (Medos Deltastream / Medos-HIA microdiagonalppum
where aside from a stationary impeller speed (normal use)patap failure and
varying impeller speed (pulsatile use) are simulated. The narseabf a rotary
pump as VAD is also studied in sheep. It can be concluded that puome fa
does not bring about an acute threat if the VAD has a sufficibigly hydraulic
resistance. The normal use of such a VAD leads effectivelylmading of the
left ventricle, and this can be improved by using the device in a pulsatile mode.

Next, a minimally invasive VAD (PUCA IlI) consisting of a valveatleeter and
positive-displacement pump is studied in an in vitro model, wheoart be
concluded that the device can effectively augment aortic pregstiféoav, but is
less suitable to unload the left ventricle. Effective unloadingbeanbtained by
using this device in the (abdominal) aorta.

Finally, the lessons learned from these studies are sumnoharwel it is
demonstrated from sheep and calve data that the use of a VAPraltere heart
function in such a way that the most common modeling method for left
ventricular function becomes inadequate.
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The contents of this book is based on the research | have perfornied |astt
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am grateful to all of them for consciously or unconsciously ecugatie as a
researcher. | especially would like to thank the people | know aavén,
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didn’'t make as much time for my family and friends as | should.haweuld

like to apologize for this and thank you all for your understanding and support. |
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but | already experienced a major turning point when | managed toyself
free and move to Pittsburgh. | wish to express my gratitude toAditaki,
Harvey Borovetz, and Sanjeev Shroff for sharing their wisdom wéhand for
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All together they read over 3 kg of paperwork in the last fewkaie€hanks
Patrick, Pascal, Tom, Guy, Sunny, Gerhard, Bart, Esther, and Jim. | hopanyou ¢
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Laboratory. | hope | left a mark there and that this dissertatilbive read from
time to time. Doing the research was often stressful antetsmes fun, but |
hope there is more to it. This work is only valuable if it canedwow contribute
to the improvement of the treatment of heart failure patients.

Stijn,

Gent, February 2004
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Overview and rationale

Many ventricular assist devices have been developed since the drébdsany
more are currently in a development phase. The rationale rwibik was
therefore not the design of a new device or a contribution to the denetbjpf a
particular device. Nor was it the goal to demonstrate theysaiet efficacy of a
device as it is required by institutions such as the US Food Camd
Administration (FDA) or the CE directives. The primary goaltleé project
summarized in this dissertation was to investigate theraiction between
ventricular assist devices and the native (failing) heart, and tongestep closer
to the full comprehension of the intervening phenomena.

In spite of two decades of extensive experience with implantabiticudar
assist devices, it is still not clear how the heart experietiesissistance and
what the ideal device or operation mode would be. The fact that dessses
have been used as a therapeutic instrument (“bridge to recovesé)act cases
in recent years, further urges the need to understand the bege-thteraction.
The main component of such a device is a blood pump, and its irdaradth
the heart takes place on several levels, e.g., purely mechanieghction,
biochemical reaction, response on the nervous control of the heart. dtte he
device interaction is further complicated by the combinabfoventricular assist
devices with pharmacological therapy. In this work, the intentias to focus on
the mechanical heart-device interaction of two types of devltasare fairly
new and with which the experience is very limited: the (rotargyahal pump
(in standard and miniaturized version) and the PUCA Il volumetric pump.

The first chapter of this dissertation is intended for readetisouwt medical
background and it therefore introduces the basic function of the heart angsvar
forms of heart failure. Methods for treatment of heart failure hbriefly
explained, with special attention to ventricular assist devices hed various
forms and applications. There are basically two types of deuicesones that
generate a continuous blood flow (with a rotary pump) and those geneaating
pulsatile flow (with a positive-displacement (volumetric) pumpclEtype has
specific advantages and disadvantages and assist device investigadors
basically split in proponents for either type. Therefore the plogical effect of
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these two types of generated flow is discussed in detail atnthefethe first
chapter.

The following two chapters (Il and IIl) present the tools avaddbt the study of
the heart-device interaction. First, there are ithevitro models that are a
hydraulic simulation of the (systemic) cardiovascular systapart from the
complete cardiovascular model that is used for ‘dynamic’ interactimiest, also
a model of the vascular system without the heart can be usestdtc’ studies;
to assess information on the basic function of the device under &sstleBin
vitro models, also mathematical models are useful tools to studyetredevice
interaction. Chapter 1l gives an overview of methods to model the
cardiovascular system in mathematical terms, where the furaftible heart, the
vessels, and the ventricular assist device is simulated withtidoacand
equations, which can be solved by computer programs. A detailedptiescof
the model that has been developed in the course of this projectnsagitree end
of that chapter.

Chapters IV and V consider the interaction studies itself. Exeessudies with

the rotary (diagonal) pumps are described in chapter IV, whereddeon the
heart is investigated for three scenarios of pump use. Fiest ts the case of
sudden pump failure, followed by regular unloading of the heart with a
continuously running rotary pump. The final highlighted scenario is thefuse
rotary pump with a modulated rotational speed, in such a way tpalsatile
flow is generated. These three scenarios are investigated withatiematical
model and ann vitro model, further supported with unloading studies in real
sheep i vivo). Chapter V concerns volumetric pumps, with a main focus on a
catheter-based device that is intended for short-term support: B& Rpump.

This device is characterized in the staticvitro model, followed by a dynamic
interaction study. The heart-device interaction is further cordgarthe effect of

an intra-aortic balloon pump.

Finally, chapter VI summarizes the conclusions drawn from theique
chapters, and it highlights some drawbacks of itheitro and mathematical
models that are used for heart-device interaction. Theserkeraee generally
valid for models currently used throughout the world. Consequently, siayggest
are given for further improvement of ventricular assist modedsuidy the heart-
device interaction.
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A. ANATOMY AND PHYSIOLOGY OF HEART
AND CIRCULATION

1. Introduction

In the second century, the famous anatomist Claudius Galenusalen,G
performed animal experiments and produced many manuscripts in which he
revealed the secrets of circulation in the human body. Althougirding to his
theory, there wasn’'t much circulating (see Fig. I-1). He beliekat food was
directly converted into blood in the liver. Blood was needed for nutrdfaime

body and moved back and forth like tides in two completely sepangéshss:
arteries and veins. In the heart, he claimed, blood was mixed with air (pneuma
add spirit to the arterial system. This theory was readitgpted and taught by
physicians for the following 15 centuries.

independent ends
of the two flows

arterial

“Hindependent
l ends of the l

two flows
venous arterial

Fig. I-1: lllustration of Galen's view on circulation.
DC: digestive channel. ao: aorta. vc: vena cava.
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Throughout his versatile career as a botanist and anatomisaWHarvey has
always criticized Galen’s theory. His own experiments in th& &@ntury
revealed that there is a continuous movement of blood in a clogednsysthe
body of mammals, and that the heart is the pump that maintaingrutation.
He hereby laid the foundations for our current insights in the mamamal
circulatory system.

2. The circulation

The circulatory system is composed of a pump and conduits (bloogels)etbmt

lead to organs where exchange processes occur. The transport nsebtiood|
composed of plasma, red and white blood cells, and platelets. The islood
responsible for transporting heat and oxygen and supplying this to maades

end organs. The organs in turn release waste products (lacticiasid, ...) or
functional substances such as hormones which are then transported and
exchanged again in other organs. In the lungs, fresh oxygen is supplied to the
blood.

To provide an efficient circulatory system that allows su#fitigas exchange
through the lungs, the mammalian circulatory system is actuaaltyposed of
two circuits that are connected in series (see Fig. 1-2). Bloos through these
circuits at the same flow rate, which is about 5.5 |/min dt fdee largest loop is
the systemic circulation that is maintained by the left ©iflehe heart and
provides oxygen rich blood to all the major organs except for the luhgspart
of the circulatory system starts in the aorta, an elas#cyawith a diameter of
about 2.5 cm that originates directly from the heart. Attertilood has passed
the organs, it flows into the right side of the heart via the caval veins (inéewior
superior). The ‘right heart’ subsequently pumps the blood through thepatyn
circulation, beginning with the pulmonary artery. The main functiorthef
circulation is to pass blood through the lungs for gas exchange. The pulmonary
circulation ends in the left side of the heart via four pulmonanysyend from
there the oxygenated blood is again ejected in the systemic loop.
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Fig. I-2: Schematic overview of systemic and pulmonary circulation M pa; pulmonary artery.
RA: right atrium. RV: right ventricle. LA: left atrium. LV: left ventricle. PV: portal vein.
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3. Blood vessels

Blood needs to be transported fast and efficiently between the orggins,
allowing enough time for the exchange of substances with the organs.orégref
different types of blood vessels are present in the circulaj@ters. The large
arteries split into smaller arteries, which branch progressaetl form narrow
vessels that are called arterioles (see Fig. 1-4). Thaaeeibranch further into
innumerable capillaries with a very small cross sectionr{eiar below 1Qum).
Because there are so many capillaries, the total crossrsedtthe vascular
system actually increases as a result of the branching. Consggqtieatblood
will slow down (200 times slower at capillary level than in #weta) and allow
an efficient exchange. The capillaries will eventually convergendgavenules
and further into veins. In general, arteries are vessels thapdramdood away
from the heart while veins transport it towards the heart.

Elastic fiber
(longitudinal layer)

Nonmyelinated

Blood vessel
~ Collagenous

) fibrils

Collagen
Fibroblast bundles

Y\ =

Jjunction

Medial
layer

Flow

070\

Intimal I Endothelial cell
layer ndothelial cells

Fig. I-3: Detailed sketch of the general structure of a blood vessel.

fenestrated)

Basal lamina

In spite of all these different types, all blood vessels angposed of the same
three layers, albeit in different proportions (see Fig. |I-Bg ihiner layer is called
the intimal layer, which consists of a flat sheet of endotheéli$, resting on a
thin sheet of connective tissue. This layer is necessatydod contact because
it releases products that prevent blood clotting. The middle Iayealied the
medial layer and provides strength and constrictive power to the éssels. It

7
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Is constructed of smooth muscle cells embedded in a matrix ofnelast
elasticity) and collagen (~ strength) fibers. The outer lesyealled the adventitia
layer, made of connective tissue that binds the vessel to surrowtdiotures to
hold it in place. The only exception to this three-layer systerthe capillaries,
that only consist of a single layer of endothelial cells to atapid exchange of
substances between blood and surrounding tissue.

Wall/lumen \

2mm/ N —— Aorta
25 mm

1mm/4mm o ——Muscular artery

30 um _ Anteriole — /A
H /30 um o . vV

1 pm/G wm ° ——Capillary ——*—\o »,ﬁp
3um /30 wm —Venule ————|l

Fig. I-4: Wall thickness and inner diameters of different types of blood vessels @

From functional perspective, the large vessels such as the aadtathe
pulmonary artery act as dampers that convert the pulsating fbowtfre heart to
a more continuous flow. For this, they are very elastic by thgh bontent of
elastin fibers in the medial layer. Smaller arteriesnaoee muscular and have a
relatively higher wall thickness (see Fig. 1-4) and they only exéotv resistance
on the blood flow, making them function as regular conduits. The arterioles, on
the other hand, are true resistance vessels. They are stmaferegular arteries
and have a wall thickness equal to their own internal diametarglfpressure
drop is present over these vessels, and the actual total vasesikiance is
mainly regulated by the dilation and constriction of these vesBeéscapillaries
then act as exchange vessels and cause very little presspreatrause of the
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many parallel circuits. Venules and veins have the same tnattgre and differ
mainly in size. They all have a thin media layer that allthvesn to distend or
collapse and thus act as a variable volume reservoir. The veing limbs are
also equipped with valves to prevent backflow. Veins are relatiaefyer and
more numerous than arteries and as a consequence they contaitwakihirtds

of the circulating blood. Their innervation allows for active contrahef stored
volume.

4. The heart

The human heart is located in the mediastinum, the space betfweemgs in
the thoracic cavity. A normal heart has the size of a persast'safid weighs
about 300 grams. It consists mainly of muscle cells (myocyted)form the
myocardium, the muscle wall of the heart. On the inside, the lseaovered
with a layer of endothelial cells that is called the endocarditm outer layer is
the epicardium. The heart is further embedded in the pericarthupmevent
friction injuries as a result of the continuous pumping action of the aed the
tidal moving of the lungs. This pericardium is in fact a flat doublered
membrane that contains 20 to 30 ml of lubricating fluid to fulfdlgushioning
function.

To execute its pumping function and maintain the pulmonary and systemic
circulation, the heart is divided into four chambers (see F&j. FFhe two top
chambers are called the atria (sing.: atrium) and their fuattion is to provide
sufficient and well-timed filling of the chambers below. For thig atria can
function as a blood collecting reservoir, as a conduit, and as a pump, and
alternate between these functions during the cardiac cycle. filgehawever,

are only faintly muscled and thus have only limited pumping power. &ale r
pumping action of the heart is performed by the lower chambersegttigcles.
These have a thick myocardial wall, which is needed to erded pressures
necessary to eject the blood against the resistance of the l@ssels: To direct

the flow, the ventricles have an inflow and outflow valve, which areseiadd in

a fibrous disc (annulus fibrosus), which separates the ventricles from the atri
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Fig. I-5: Anatomy of the heart and the governing pressures !,

The atria and ventricles are divided in a left and a right pattid septum. From
functional perspective, the left atrium and ventricle (‘thi# keart’) provide
blood flow into the systemic circulation and the right atrium andtricte
maintain the pulmonary circulation. Sequentially, the blood thatesdnom the
lungs flows through the pulmonary veins, the left atrium, the leftriodat and
via the aorta into the systemic circulation. There it isectdld again in the vena
cava and flows further through the right atrium, right ventricle, pulnyoadery,
and back to the lungs. The left ventricle has the mitral valve teptdackflow
to the atrium and the aortic valve as an outflow valve, to prevent regiogi
from the aorta into the ventricle. The right ventricle has tleigpid valve and
the pulmonary valve for the same purposes.

Since the heart is an organ in itself, it also requires suppbxyfenated blood.
Therefore the left and right coronary arteries originate direllynstream from
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the aortic valve and form a network of arteries on the epicardem Kig. 1-6).

The main arteries on the left heart are the left anteriscedaling (LAD) and the
circumflex (LCx) coronary arteries. Through these arteriescapdlaries, blood
is supplied to the myocardium. The arteries go over into veing#tiaer in the
coronary sinus in the right atrium, where the oxygen deficient bloodllescted

and directed to the pulmonary circulation.

Left main
coronary artery

Circumflex
branch

Right
coronary
artery

Left anterior
descending

Posterior descending
branch of right \
coronary artery \

Fig. I-6: Sketch of the coronaries as they lay upon the heart .

5. The conduction and contraction system of the hea  rt

5.1. Electrical conduction

The contraction of the heart muscle is initiated by an etattpulse, stimulating
every muscle fiber that contributes to the contraction. Thigreakpulse is in
fact generated within the heart itself and propagated by a smeEriduction
system, so there is no need for external innervation to initiateaction. As a
result, the heart will keep beating at its basal rate whe&neaikcised from the
body. The intactn situ heart, however, has external innervation to regulate the
heart rate.

11
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The sino-atrial (SA) node in the right atrium is the actual pa&em that
discharges pulses at regular intervals. The pulse (or action pgtenpaksed on
through modified muscle cells over both atria, resulting in atrialractmon.
Because the fibrous plate between the atria and ventriclectsaally isolating,
that action potential is not passed on to the ventricle. Insteadyitheeatricular
(AV) node that is located just above that plate is activated r@md there the
action potential is spread over the ventricles through bundles of long ¢teeduc
fibers. The action potential is then passed on from cell toatelligh speed,
making the ventricles contract (and generate pumping power) virtasligne
entity. The AV node causes a delay in the pulse transmissiois ihgbortant for
the harmonization of atrial and ventricular pumping action.

5.2. The electrocardiogram
The collective electrical activity of all the heart muscédls is reflected in the
electrocardiogram (ECG) that can be measured at the bodgeswiin an ECG
monitor. The resulting waveform has a typical morphology (seelHigbottom
graph). The first bump is referred to as the P wave and itspmnels to the
electrical activity of the SA node, which indicates the sihtrial contraction. It
is followed by a plateau that is referred to as the PR irdtandh that indicates
the delay in the AV node. The following high-amplitude peak is the QRS
complex that indicates the electrical activity of the Jelgs, and thus the onset
of ventricular contraction. Because of the numerous muscle ddls are
activated almost simultaneously, this part of the signal reflgoe highest
electrical activity and it can be used for triggering of cardioviascdevices.
Finally, the asymmetrical T wave reflects the repolaionabf the ventricular
muscle mass.

1mV|: b T ECG
i LGS
] 10
«0.2 s
- :
5sg

Fig. I-7: The ECG: electrical activity of the heart as it can be measured at the body surface @,
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5.3. Contraction of muscle fibers

On microscopic level the myocardium consists of a structured Ilogna
muscle fibers with various orientations (see Fig. 1-8). Theyt@ptther as one
functioning entity that makes complex motions during the cardiac cyeleh
ventricular fiber is actually a cell (myocyte), that @nstructed of a bundle of
myofibrils which in turn contain sarcomeres. These are the actudtacting
elements, consisting of several thick myosin filaments surroubgesix thin
actin filaments (see Fig. I-8). These filaments are conne@ettossbridges, and
they can slide over one another by repositioning the crossbridgasisTdalled
the sliding filament principle and it results in shortening of theasaere (and
myofibril, and muscle fiber) and the development of force. Such a ctiotra
consumes a lot of energy and oxygen, while also a high quantitycidiroaions
(C&™) is mandatory for the activation and deactivation of the sliding mechanism.

Fig. I-8: Top: Sketch of the (simplified) orientation of the muscle fibers in the left ventricle!.

Bottom: composition of a muscle fiber &,
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6. The cardiac cycle

In order to pump blood through the circulatory system, the heart Qomggh
alternating phases of filling and ejection. Before decribing theseephasletail,

it has to be clear that both atria and both ventricles work synalsbndut that
atria and ventricles go through different phases. Consequentlyg #nertwo
pumping cycles going on in the heart, where the ventricles lag behintrithe a
Because the atria, just as the ventricles, can be seen asusok,nonly the
(normal) function of the left side of the heart will be discds€2n the right side,
the exact same phases occur but at lower pressure levels.

At a certain time in the cardiac cycle, the ventricle wilirt to relax and the
pressure inside will drop apidly while the volume stays congiaotolumic
relaxation, see below). Both the atrium and the ventricle agihtbe relaxed (in
‘diastole’) and the mitral valve will open as a result of the gawer gradient
(see ‘start’ in Fig. 1-9, (a)). The atrium has been functioag@ reservoir up to
then and the collected blood can now flow to the ventricle to ensuckfiléipg
(see Fig. I-10, ‘mitral inflow’). This filling phase is actuallyanaged by sucking
action of the ventricle that recoils to its natural shape. Onceollexted blood is
transferred to the ventricle, the atrium will function as aduit and blood from
the pulmonary veins will be channeled directly into the ventricles Pphase
(diastasis) is marked by slow filing of the ventricle. Theafi phase of
ventricular diastole is actually the atrial systole (Aveja the atrium contracts
and functions as a pump to fill the ventricle with extra blooé (Sg. 1-9, (b)).
This ‘atrial kick’ only contributes for 20% to the ventricular fill, which can be
seen in the small bump in the volume curve of Fig. I-10. If thet hezuld beat
65 times per minute, which is a normal heart rate at rest, thérla heart cycle
would last 0.92 seconds. The ventricular diastole (isovolumizaeta + rapid
filling + diastasis + atrial kick) would last almost two+tks of the beat (0.57
seconds).

14
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Fig. I-9:Different phases in the pumping cycle of the heart. a. early ventricular diastole; b. atrial
contraction and late ventricular diastole; c. ventricular isovolumic contraction; d. ventricular
ejection; e. ventricular isovolumic relaxation.

The volume contained in the ventricle at the end of the ventricllilag fphase is
appropriately called the end-diastolic volume (EDV) and isclpi around 120

ml in an adult human. Because there are different ways to dafith@etermine

the end of diastole (e.g., by pressure, ECG, etc.), this is nayslaqual to the
maximal ventricular volume, but EDV is at least an approximadiormaximal
volume. The corresponding pressure is the end-diastolic pressurg. (EizRe
values are often used as an indication of the preload that the ventricle is subjecte
to (i.e., to what level the heart is loaded and stretched at the start of conjract
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Fig. I-10: Overview of ECG, aortic, atrial, and ventricular pressure (P.), aortic and mitral flow,

heart sounds, and ventricular volume and their respective timing. Adapted from Yellin =,

Following diastole, the ventricular systole or contraction comngenitelasts
0.35 s and is divided in an isovolumic contraction phase and an ejectian phas
During the short isovolumic contraction (0.05 s), the ventricularchaugets
tensed and builds up pressure. Consequently, the pressure gradietlteover
mitral valve is reversed and the valve will close. The ventricotassure will
then be in a range where the governing pressure heads keep bothclededs
preventing ventricular volume variation (Fig. 1-9, (c)).

At the end of the isovolumic contraction, the intraventricular gunes will
exceed aortic pressure and consequently the aortic valve will opgnd Ra
ejection of blood through this valve will follow (Fig. I-9, (d)). The arterial syst
cannot drain at the same rate and as a result there wilbbfages of blood in the
compliant large arteries where the arterial pressure ngdl to its maximum
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(systolic blood pressure). After approximately 0.15 s, the ejectoamssdown

and the drainage rate of the arterial system will exceedjtioion rate of the
heart, resulting in a gradually decaying arterial blood pressurectid)

continues when the ventricular muscle has started to relaxrasul of the
momentum of the outward flow. The rapidly decreasing ventriculaspre will

Impose an inverse pressure gradient over the aortic valve andlttslwidown

the outflow. Eventually, a short backflow will cause the aortic vadvelose and
end the ejection. This can be seen as a disturbance in the acstarpréhat is
referred to as the dicrotic notch. Because of the continuing outflawesult of
momentum, and because of the different definitions of systole, ihardisparity
between end-systolic pressure and end-ejection pressurbend of ejection,
a healthy left ventricle will have ejected about 80 ml of blood instreke. This
is called the stroke volume (SV) and it is on average 67%efhd-diastolic
volume. This value is called the ejection fraction (EF) and imel@ as: EF =
SV/EDV-100.

The ventricular diastole of the next cycle will then start agath a phase of
rapid relaxation that is translated in an isovolumic pressure thepgension in
the muscle suddenly falls, resulting in pressure gradients thaptdath valves
closed and preclude ventricular volume variation (Fig. 1-9, (e)). Thiseplaests
0.08 s, followed by a new rapid filling phase of approximately 0.15 s.
throughout ventricular systole and isovolumic relaxation, the atwasirelaxed
and the mitral valve was closed. Blood coming from the pulmonary veass
then stored in the compliant atrium that thus functioned as evoaséuring the
ventricular diastole, when the aortic valve is closed, the artieloald pressure
decays to a minimum value (diastolic blood pressure) and thedesgees return
to their natural volume.

In total, the ventricular diastole lasted 0.57 s and the systole O@5asrésting
heart rate of 65 beats per minute (BPM). During exercise, theboiet demand
of the body will increase and thus a higher blood flow is required.i3 higinly
achieved by increasing the heart rate. The higher the hearthmatshorter the
cycle time will be, and it is especially the diastole tizashortened (see Fig.
[-11). Since this is the phase during which the myocardium is isdpplith
oxygenated blood, it means that the heart can only function properly ap
certain heart rate. At high heart rates, the ‘atrial kick’ gaimmortance because it
compensates for the lack of time to fill the ventricle passively.

17

All

to



CHAPTER |

systole
1000 ~ \ — — diastole
n \
£ 800 - \
S 600 - AN
S 400 - ~
_g \\
~
200 - ~—
. -

40 60 80 100 120 140 160 180
Heart Rate (BPM)

Fig. I-11: Duration of systole and diastole as a function of heart rate. Systole was defined as the
QT interval of the ECG and diastole as the remainder of the heart period.

7. Assessment of cardiac function

7.1. Cardiac pump function
The heart in its natural environment is subject to numerous regulat
mechanisms that adjust the function of the heart to the demand of theThed
vasomotor center from the brain regulates the inotropic statdréctility) and
the heart rate based on information it gets from various ‘presswgesgja
(baroreceptors) and chemical sensors (chemoreceptors). To quaatitynction
of the heart, the main interest goes to the pressures andwseitfican generate,
just as with a regular water pump. The function of these pumps (egntrl
heating pump) is usually visualized in a graph that covers a beoage rof
pressures and flows and from which the desired working point can be assessed. A
similar approach can be adopted for the heart. In the following discuiseon,
focus will be on the left ventricle (LV) as it is the most goful pump chamber
of the heart.

The pressures necessary to determine the function are measidedthe LV,

and averaged over the course of a heart beat in order to obtain ssie@nalue
(mean pressure) for a certain working point at a certain furadtistate. The
same is done with the flow generated by the heart (mean fleardiac output),

but this is measured at its output, i.e., in the aortic arch. Several wiiffeveking
points can be obtained, for example by changing the pressure that thiealsear
eject against (afterload). This will result in a number oEguee-flow data pairs
that will together form a parabolic pump graph as seen in Fig. I-13 and Fig. I-14.
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mean LV pressure
(mmHg)

mean aortic flow
(//min)

Fig. I-12: Schematic drawing of a cardiac pump characteristic.

The extreme points of the graph can be interpreted as follows: #édtia is
clamped, no flow will be generated but a high pressure will forrthénLV,

while if the aorta is completely open without afterload, a highv fcan be
generated, but no build up of pressure will be realized. The shape gfaph in
between these points seems characteristic for each individas] akthough its
position can change with functional state. Just as with water guaghs, the
rectangular surface under a working point is the mean power genbsatbd
left ventricle since it is the product of the governing pressure and flow.

In experimental setups it is further possible to change the functtatel of the
heart. Electrical pacing or chronotropic drugs change the heart rates w
inotropic drugs like dobutamine and epinephrine can change the contstatiée
(inotropy) of the heart. The effect of these alterationsas se Fig. 1-13 The left
panel of this figure also shows how the volume in the LV at eastale
(‘filling’) alters the position of the pump graph, where increaskiddiyields a
higher, and thus more powerful pump graph. This effect is known as the Frank-
Starling mechanism, which states that the pre-stretch of td@canuscle fibers
— as a result of increased filling — is a determinant for thergetkpower (Fig.
[-14). This is in fact a simple consequence of the sliding fildnaerangement
and the initial overlap between actin and myosin in cardiac mustieh is
determined by filling.
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Fig. I-13: LV pump function graphs of an isolated cat heart .

Although the effect was already known and reported decades B¥fo@to
Frank linked his name to this mechanism in the 1890s when he repated
increased filling results in increased isovoluhmpeessure in frog ventricles. Two
decades later, Ernest Starling was able to produce isbbaact beats with his
‘Starling resistor’ and found that increased filling lead$igher cardiac output
(CO).

50-

Mean ventricular pressure
(mmHg)

STARLING

0 Mean ventricular output 8
(//min)

Fig. I-14: Sketch of LV pump function graphs. The gray arrow indicates the influence of
increased filling, while the black arrows indicate the findings of Frank and Starling.

"In an isovolumic heartbeat the LV volume staysstant over the whole heart cycle. This can be
obtained by clamping the aorta.
*In an isobaric heartbeat the pressure in the Bysstonstant over the whole heart cycle.
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7.2. Pressure-volume loops and elastance
Another method of visualizing and quantifying cardiac function is plottiey t
instantaneous LV volume versus the instantaneous LV pressure e3iléng
pressure-volume diagram is typical for a given heart in afspéanctional state
and at a specific working point. Consequently, many pressure-volageadis
(or PV-loops) can be obtained from one heart. Where in the previousdrtbth
oscillatory effects of the heart were neglected by averamiagthe cardiac cycle
(mean values), here they are taken into account and thus a moileddeta
evaluation can be performed. As depicted in Fig. I-15, the pressure volume
diagram, which is run through counterclockwise, can be split up in fowsepha
that are representative for ventricular function: isovolumic rélaxafilling,
isovolumic contraction, and ejection.

Fig. I-15: Sketch of a pressure-volume diagram of the left ventricle. The letters indicate valve
action: A. mitral valve opens; B. mitral valve closes; C. aortic valve opens; D. aortic valve
closes.

Suga and Sagawa further elaborated on the pressure-volume digr&@me of
their important findings is that with different loading conditions plsition and
shape of this loop changes, but that the end-systolic points (approx. pwint D
Fig. I-15) always stay on the same line if the contractifitpot altered (see Fig.
[-16). This line is referred to as the end-systolic pressuraneluelation
(ESPVR). Altering the functional state of the ventricle withtiopic drugs
results in a rotation of the line around its volume intercepg}. (8onsequently,
the slope of the ESPVR is correlated to the contractility anadutld be of great
clinical importance if only it could be measured easily ingrda. The slope is
referred to as end-systolic elastancg)(Esince it is an indicator of the elasticity
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of the heart (elastance is the reciprocal of compliance)dsgstole, which is
approximately the maximal elastance that can be obtained baetitiecle when
in the same contractile state. Similarly, the end-diastdfistance () can be
found as the slope of a line that connects the end-diastolic poidif$eoént PV-
loops. Such a line (or curve) is known as the end-diastolic pressumaeol
relationship (EDPVR, see Fig. I-16).

Fig. I-16: The end-systolic pressure volume relationship (dashed line) and its volume intercept
(Vo) derived from differently loaded heart beat data !

Suga and Sagawa further defined the time-varying elastance :tliemry the
volume intercept of the ESPVR, a line can be drawn to each qgiciné PV-loop
and thus a slope or elastance can be calculated for each timeojpthet heart
cycle. Time-varying elastance is therefore defined as:

_ p®
E(t) = V- V] [Eq. I-1]

with:

E(t): time-varying elastance (mmHg/ml)

p(t): time-varying LV pressure (mmHQ)

V(t): time-varying LV volume (ml)

Vo: the volume intercept of the ESPVR (ml)
The elastance curve has a typical shape and its maximum isghailsto Es(see
Fig. 1-17). In spite the fact that the PV-loop varies in shape asdign as a
result of different loading conditions, the elastance curve its@hidependent of
preload (filling of the LV) or afterload (aortic pressuf&) Therefore the curve is
characteristic for a given heart in a specific functional staie valid for all

working points.
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Fig. I-17: PV-loops under different preload conditions (panel A) and the related LV elastance
curve (panel B). T1-T10: Various time points throughout the cardiac cycle.

Suga and Sagawa additionally found that normalization of this euthieespect

to amplitude and time results in a general elastance curvesthgiical for the
species. lIrrespective of loading conditions, heart rates, sickness, drug
administration or subject, each normalized elastance curveprxamately
identical. This was later confirmed by Senzaki et4l.
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Fig. 1-18: Energetic parameters in a PV-loop. PE: potential energy; SW: stroke work;
ESPVR: end-systolic pressure-volume relationship.

Other interesting information can be derived from the pressure-valisgeam
by quantifying areas. This results in parameters that eachlaterto a specific
type of energy consumption of the heart (see Fig. 1-18). The suwahbin the
PV-loop, for instance, is referred to as the stroke work (SWherekternal
work, and it is a measure of the amount of energy that is treedgféom the
heart to the blood. In other words, this is the amount of energysthested to
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eject blood from the heart. The potential energy (PE) can berdeésl from the
surface between the ESPVR, the EDPVR and the PV-loop aethies to the
energy that is necessary to contract the heart. Even if Wexee no ejection of
blood (isovolumic beat), the heart muscle would still consume grsgmgply to
build up pressure. This pressure is of course a consequence of thdlsitas
formed in the separate muscle fibers, which are the real mensiwof the energy.
The sum of the stroke work and potential energy surfaces eddak pressure-
volume area (PVA = SW + PE). It is a measure of the tatalgy consumption
of the ventricle and it appears to be linearly related to thgesxgonsumption of
the muscle™. Another index that is often used is the mechanical efficiency
(Meff) of the LV, which can be defined as the ratio of the stk to the total
oxygen consumption, or alternatively as the ratio of the stroke wmrthe
pressure-volume area.

Further investigation and validation of the time-varying elastancerythieas
revealed that the ESPVR and EDPVR are in fact curvilinedrtlaat the volume
intercept actually varies during the cardiac cyé¢fe Nevertheless, the linear
approximation as it was originally elaborated by Suga and Sagavilli
meaningful and much easier to use.

7.3. Other indices of cardiac function
To quantify cardiac function or contractility in a clinical sedt it is preferred
that indices can be calculated from less invasive data or frammpéers that are
used for standard monitoring of patients. Also, indices that are not {reneors
due to linearization would be of interest. Therefore a numbeterhatives have
been applied.

7.3.1. Maximum pressure derivative
One easy to obtain measure is the so called gg/dthich is the maximum of
the LV pressure derivative (dp/dt). This maximum is normally ges early
systole, at the end of the isovolumic contraction phase, and a higher val
indicates a ‘stronger’ heart.

7.3.2. Preload recruitable stroke work

Another alternative is the preload recruitable stroke work (PRSWe Frank
and Starling had already demonstrated the impact of the filfittgecheart on the
generated energy, it is logical that cardiac contractility ddaé derived from
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measurements at different preloads. Since every differefdaat level yields a
different PV-loop with a different stroke work, it is possibleplot the stroke
work of each PV-loop as a function of preload. A line can be f{iteth good
correlation) through the obtained data points and the slope is the RREN is
again a measure of contractiliff’. A disadvantage of this method is the
necessity of simultaneous LV pressure and volume measuremertt vehi
relatively unreliable with contemporary clinically available tegieis.
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Fig. I-19: Example of the preload recruitable stroke work (PRSW) determination for 2 sheep.

7.3.3. Preload adjusted maximal power
This method is based on the power generated by the LV. As discugketie
pump function graphs, the power can be calculated as the product oé&3pe
and aortic flow. This can be done for every time point of the camyigle, thus
yielding a power curve. The maximum of this curve is another meadure
contractility, which is again highly dependent on preload. Therefore an
adaptation of the power calculation can be applied by normalizingpdhver
with respect to the end-diastolic volume. A popular way of calagjathe
preload adjusted maximal power (PAMP) is tH&me:

_ p(t)Q,, (t)
PAMP = max CDy? [Eq. I-2]

with:
PAMP: preload adjusted maximum power (mmHd§'#ik)
p(t): LV pressure (mmHQ)
Qadt): aortic flow (ml/s)
EDV: end-diastolic LV volume (ml)
a constant (-)
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The constant ‘a’ is experimentally determined and it is negessamake sure
that identical PAMP values are obtained for heartbeats at ehiffe@reloads.
Without that correction, one particular heart in a constant fundtgtage but at
different working points would yield different values and thus it would be
impossible to quantify the actual contractility. Therefore, aemamcurate way
that also relates better to the time-varying elastaneeryh is to include the
volume intercept Y in the calculation (see [Eqg. I-3]) . This, however, has the
disadvantage that for each PAMP calculation there is need foiplauleats at
various loading conditions to allow estimation qf (¢ee Fig. I-16).

p(t)>Q,, (1)

PAMP = max .
(EDV-V,)

[Eq. I-3]

8. Wall stress

In 1958, Sarnoff demonstrated that one of the primary determinants of
myocardial oxygen consumption is the stress in the myocartflintt is also
accepted that ventricular geometry adaptations as a rexdtdific disease and
abnormal loading conditions, are a means to normalize altered wéartnveall
stress*®9 |t is therefore of interest for the understanding of heart diswasbe
possible therapies to calculate the ventricular wall stress.

The ventricular wall is a non-homogeneous, anisotropic matettialnenlinear
elasticity that is composed of layers of fibers with dédfer orientations
embedded in connective tissue (see Fig. I-8). A complex stras®utisn can
thus be expected. However, it has been demonstrated experiméimdally\/
wall stress is distributed homogeneously and that a single valuée used to
indicate the wall stress for the whole wafl.

In the simplest model for wall stress calculation, the veetigchpproximated as
a spherical shell. Laplace’s law [Eq. I-4] can then be appliediaberventricular
wall stress to the pressure, the inner diameter, and the (inverse of)ickalkss.
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[Eq. I-4]

IN
=

with:
s: wall stress (N/ff)
p: pressure (N/R)
D: inner diameter (m)
w: wall thickness (m)

More geometrically realistic is to approximate the ventrigke an isotropic,
homogeneous (thick-walled) ellipsoid (Fig. 1-20). Two types of steesar then
be defined: meridional (longitudinal) and circumferential waksdr which can
be calculated with modified Laplace equations specifically intnide the
assumed geometry ([Eq. I-5] and [Eq. I-6], respectivét)

SCQ = /7

Ism

Fig. I-20: lllustration of the parameters used for the wall stress calculation. D: internal diameter.
L: internal length. h: wall thickness. s.: circumferential wall stress. s,,: meridional wall stress.

|

_ Py XD’
™~ 4xh XD +h) [Eq. I-5]
DX2x.? - D?
=P e ) [Eq. 1-6]

4xh X(L? + D »h)

with:
Sm: meridional wall stress at the equator (mmHQ)
S¢  circumferential wall stress at the equator (mmHg)
puv: left ventricular pressure (mmHg)
D: internal ventricular diameter (cm)
L: long axis dimension (cm)
h:  wall thickness (cm)
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Apart from wall stress, it is also possible to calculatesthess in the individual
muscle fibers that form the ventricular wall. Remarkably,emalt properties or
geometry are not the major determinants for this type of sthass et al.
demonstrated that fiber stress is governed by ventricular peegsdrthe ratio of
internal volume to wall volume as given in [Eq. 1.

\Y
f = 1+3x——— Py [Eq |'7]

with:
St fiber stress (mmHQ)
Viv: LV internal volume (ml)
Vwai: myocardial volume (ml)
pwv: LV internal pressure (mmHQ)

9. Blood pressure regulation

In normal conditions, mean arterial blood pressure is maintained/sibfugical
values by the negative feedback mechanism of the nervous systach, is
controlled by the vasomotor center in the brain. If a too lowialtpressure is
present, the vasomotor center will decrease the parasympathdtincrease the
sympathetic activity to normalize the pressure. This works viat2wmags: a
vascular pathway (influencing peripheral resistance and volumédigin) and
a cardiac pathway (influences CO).

The peripheral resistance mainly depends on the arteriolar toteziokas only
have sympathetic innervation, which maintains a continuous vasoc@rsioice
via the thick layer of smooth muscle cells. To regulate the saoes
parasympathetic and sympathetic activity, the vasomotor centeformed of
the current arterial pressure by the pressure receptors (tEptoes) that are
present in the aortic arch and in the carotid sinus. These recdplives electric
pulses to the vasomotor center over the nerve of Hering and Cgdinegfuency
that is correlated to the mean arterial pressure (MAP).

Fig. 1-21 illustrates how the arterial baroreceptors influence the vasemd
cardiac pathway. Next to the arterial receptors there lace cardiopulmonary
baroreceptors that monitor the atrial, pulmonary and diastolic velairic
pressures. These receptors balance the effects of theladeeptors. When for
instance the arterial receptors react on increased pressurenhbyting
sympathetic activity and decreasing the heart rate, the pulmaceeaptors will
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In turn increase sympathetic activity to prevent a too low lreget In fact, the
baroreceptor activity is not only dependent on the mean pressureldevél is
also influenced by the pulse pressure and the pulse rate.

Apart from the vascular pathway explained above, vascular tonalss
determined by thermal and neurohormonal factors. Physiological ifaulf$aiv
for instance, brings about systolic shear stresses that inducedretias of
different vasodilators (like NO) from the vascular walls.

arterial pressure I

y
| arterial baroreceptor activity |

parasympathic activity sympathic activity sympathic activity sympathic activity
to the heart to the heart to the veins to the arterioles

& Heart Rate

SA node activit Venous tont ' arteriole tone |

| venous pressure |

v

| venous return |

v

| end-diastolic volume

Stroke Volume

\ 4 ¢ A 4

Cardiac Output | | Total Peripheral Resistance
[ |

arterial pressure I

Fig. I-21: effect of baroreceptors on arterial pressure regulation.

In serious trauma, when there is great loss of blood, vasocowstraétthe blood
vessels in the skin, the skeletal muscles, and the majonorgdl occur as a
means to keep the blood in the body. However, due to a safety sybtidmm
human body (sympathetic escape) the brain and the heart esoapehfs
vasoconstriction, since that would be more dangerous than the blood loss.
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B. HEART FAILURE

1. Introduction

At present, cardiovascular diseases (CVD) are still therlgathuse of death in
the Western world. It has the same death rate as the followneq sauses of
death combine&?. Worldwide, 16.7 million deaths were attributed to CVD in
2002, There are, however, many types of cardiovascular disease, @ee m
lethal than the other: 32% of the 37.954 CVD deaths in Belgium weeddy
diseased coronaries in 19%#. A primary target group for treatment with
cardiac assist devices are people suffering from end-stage stiwegéeart
failure (CHF). It is estimated that there are about 5 onilkmericans and twice
as many Europeans suffering from CE¥®. CHF is typical for the older adult
population, while new pediatric cardiac assist devices may beyspin the
treatment of congenital heart defects. Another condition where caadiist
devices are used is the so-called “Low Output Syndrome” (LO$%gse
conditions are briefly discussed hereafter.

Fig. I-22: Overview of the different cardiovascular causes of death in the US in the year 2000%2.
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2. Congenital heart disease

Congenital (‘existing at birth’) heart defects occur in childvémen the heart
does not develop normally during pregnancy. They are malformations of the
heart that come in various forms and about 8 out of every 1,000 infarit®@r

with them, which makes it also the type of birth defect withhigbest mortality

221 In some cases, mainly because of improved echographic techndiesg, t
defects may be detected before birth. This is not the cadeahthe patients,
however, and some children can live for years with a congeni@ttdeefore it

is diagnosed. Some small defects may heal naturally in the ,infecause the
heart keeps developing after birth.

Most congenital heart defects cause blood to flow through the heart and
circulation in an abnormal pattern. One of the most astonishing atuchdicely
rare malformations is the single ventricle, where a baby is @th only one
ventricle that connects to both the pulmonary and systemic circul&oone of
the more common defects are septal defects (both atrial armicukmy which
are perforations in the septum that allow intermixing of oxygenated
deoxygenated blood and thus cause a less efficient oxygen transigsorta
transposition of the great arteries is quite common (about 10% of rataige
heart disease), as is a tetrology of Fallot. In total thezeabout 15 defined
defects that can all occur in various combinations and in diffeyeades of
severity.

Most often, surgical treatment is required to remodel the hedrh& connecting
vessels. Since a number of pediatric cardiac assist devieesuaently under
development, congenital heart disease patients form a potengel taoup for
application of these devices. They cannot only keep the patiegsrlalive and
give time to the surgeons to see the natural development, but theysoan a
provide support while the heart is recovering from reconstruction surgeries.

3. Low Output Syndrome

Open heart surgery (cardiotomy), regardless of the indication fosuigery,
may result in a temporary depression of cardiac function. Thiscpodistomy
heart failure is apparent when the patient cannot be weaned feohednt-lung
machine that replaced the function of heart and lungs during the opeiatith
the low output syndrome (LOS), the heart seems incapable of producing a
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sufficient cardiac output in spite of the surgery and thus it carratake the
work that it did before. One might say that the heart is in sheckresult of the
operation. LOS may result from inadequate myocardial protectidheébyeart-
lung machine or from perioperative ischemic injury.

This condition is usually temporary and can be solved by supportirgetirefor
a while and take over part of its load. For this, a blood pump caneoketiugt
keeps circulating the blood through the patient. Due to lack of altersiatithe
past, the roller pump that was used in the heart-lung machine seassa#d for
treatment of LOS. Biocompatibility issues prevented use ofpinmsp for more
than a couple of hours. Nowadays centrifugal pumps are more poputaforals
use in the heart-lung machine. In some experienced centers ihipeferred to
use a more complex blood pump that can generate a pulsatile flowifetves
just for a short term.

Almost 1% of the patients who undergo coronary bypass surgery sufferttie

low output syndrome to such an extent that they need mechanical cardiac
support. Most often the patient will then recover from LOS withiee¢ days and

can be weaned from the blood pump, as the heart alone pumps strong tenough
maintain the circulation. However, mortality of patients afigpass surgery is
significantly higher if LOS has developed.

4. Congestive Heart Failure

Congestive Heart Failure (CHF) is a term used to indicatedhédition where

the heart's weak pumping action leads to a buildup of fluid (congestidhgi
lungs and other body tissues such as the legs, feet, ankles, abdidmeen. The
‘water’ in the lungs makes breathing difficult and in the legs, Mstaince, it
causes obvious swellings (edema). A large part of the patidrdssuffer from
congestive heart failure actually dies of the lung dysfunction tlatlys
suffocates them. Overall, the prognosis for CHF is poor: one out of five
diagnosed patients die within the y&ak

CHF always results from an underlying disease that initaffgcted the heart
function, and it is this primary heart disease that should be reswvade the
congestion. Possible causes are heart valve disease, corongrydegase, or
cardiomyopathy.
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In heart valve disease, one or more heart valves do not functionlgrapér
surgery is required to correct or replace the valve. The valesbe either
stenotic - which results in poor opening and high resistance - or regurgi
where insufficient closure results in backflow.

Coronary artery disease alters the supply of oxygenated blood to the
myocardium by obstructed coronaries. The obstruction can be a dtaoar a
plaque of fatty substances that has gradually formed inside tbracgrover a
long period. This can be treated by scraping or grinding the plaque away
(atherectomy) or by widening the artery by shortly inflatandpalloon inside
(angioplasty). Other options are the placement of a stent (wesh rtube) to
keep the artery open or to bypass the blockage with an additional blood vessel.

In case the heart muscle itself is diseased and becomes thdorgenerate
sufficient output, the term cardiomyopathy is used. This can faanos be
caused by viral infections or alcohol or drug abuse, but most ofteratlse is
unknown (idiopathic). Cardiomyopathy establishes itself in threaddsee Fig.
[-23): dilated (large thin ventricle with little power), restive (stiff ventricle
which impedes filling), or hypertrophic (thickened septum or myouardhat
obstructs blood flow).

The lung edema that results from CHF is specifically cabsedysfunction of
the left ventricle. When this ventricle is too weak to evacuaewthole blood
volume coming from the lungs, a compensation mechanism traéimtoish that
volume by extracting fluid from the blood and storing it in the luague. If the
right ventricle fails, a similar process will cause excesflivid buildup in the
veins and upstream organs, hence causing the edema in the legs. Beeause t
kidneys are responsible for the volume regulation in the body, CHRal®sayut
a large burden on them. The fluid buildup will affect their abilitydispose of
sodium and water, and therefore they often fail as a resultH#. @f left
untreated, the disease will progress and eventually other organweaiien,
resulting in a condition that is called multiple organ failure @ (Because of
the slow but steady progression of the heart failure and its eymspit is also
referred to as chronic heart failure.
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Fig. I-23: Different forms of cardiomyopathy (CMP):
A. normal heart; B. dilated CMP; C. restrictive CMP; D. hypertrophic CMP.

The severity of CHF is difficult to quantify because it hadedént possible
causes and expresses itself in different combinations of spmptA
classification method based on the functional status of the pat@snintroduced
more than 30 years ago by the New York Heart AssociatiorH@NYand it is
still popular today?”. It is, however, a very rough classification that is subjective
and lacks reproducibility. The NYHA scale was developed as aallitool, but
IS howadays also often misused as a research tool in sédtestialysis. Patients
within the same NYHA class may show a great variabilitguality of life, or a
patient may show clear improvements that are not indicated byNWi¢A
classification and thus stay in the same class after eessftl treatment.
According to the NYHA classification, a patient suffering from héafure can
be divided in one of the classes below, where class | is obvidoslynbst
favorable and class IV the most severe. Patients in claasel\¢onsidered to be
in an end-stage and are eligible for aggressive and invasive tgerappically,
cardiac assist devices that are used to treat CHF cangaiigmts from class IV
to class I.
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CLASS I

CLASS I

CLASS Il

CLASS IV:

This class considers patients with cardiac disdage without
resulting limitations of physical activity. Ordinary physieetivity
does not cause undue fatigue, palpitation, dyspnea, or anginal pain.

Patients with cardiac disease resulting in slighitation of physical
activity are contained in this class. They are comfortableest.
Ordinary physical activity results in fatigue, palpitation, dyspoea
anginal pain.

This class holds patients with cardiac diseaseltiag in marked
limitation of physical activity. They are only comfortald¢ rest.
Less than ordinary physical activity results in fatigue, palpitat
dyspnea or anginal pain.

This class contains patients with cardiac diseasdtmg in inability

to carry on any physical activity without discomfort. They are
therefore confined to bed or chair. Symptoms of the anginal
syndrome or cardiac insufficiency may be present eventatfrasy
physical activity is undertaken, discomfort is increased.
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C. THERAPIES FOR CHF

1. Introduction

For the fifteen centuries after Galen had spread his theory grhils#ology of

the human body (see section A.1), it was believed that hehntefahould be
treated with methods to bring balance between the four humors (blieck bi
yellow bile, phlegm, and blood). In 1683, up to date methods were edployt
Thomas Sydenham who promoted bleeding, purges, blistering, garlic and wine
In the 20" century, the pharmacological treatment of congestive heaureail
slowly evolved from mercury therapies to the actual pharmaaabtherapies,

but large randomized clinical trials of contemporary medicthésiot take place

until 1986%,

Better understanding of the causes of heart failure has alsoolethet
development of surgical approaches, e.g., to treat coronary diseasdver
failure. Current technology and medical experience also allowgglace the
heart when its salvation has become impossible.

It was already believed through the centuries that rest couldopeaime healing
of heart failure, and prolonged bed rest was therefore a populamérgat
method. In the 1950s, Burch even received a grant to study thedhetiects of
bed rest, and he reported recovery of ten out of 31 idiopathic ocaydpathy
patients®®!. Apart from allowing the heart to rest and ‘unloading’ it withioas
methods, a change in lifestyle is usually also part of therapyidhmbets are
prescribed to reduce the intake of sodium and cholesterol, alcohshaidng
become taboo and, when possible, exercise is recommended.

In summary, there are various therapies for congestive hédarefthat are often
combined with the traditional pharmacological treatment. Therd@renstance,
surgical interventions that attempt to reduce the wall stieshe heart by
changing its shape, or by limiting further dilatation. There areraklsthods and
devices that assist the heart in performing its pump function, anel ihehe
option to replace the diseased heart by a donor heart or by a device.
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2. Pharmacological treatment

Drugs are always part of the treatment of heart failure,usecthey can unload
the heart by controlling its activity or by diminishing the atiad that the

arterial system bears upon it. It is, however, only in the esddges of heart
failure that pharmacological support is the only therapy providedigDr
prescribed for CHF are dependent on the condition of the patient. iB@sd¢he

priority is to increase the blood pressure and flow, but in other dasms be to

normalize the heart rate and counter arrhythmias or tachycardia.

Diuretics are often administered to relieve the patients #dema and to extract
the fluid from the lungs. Digitalis or other inotropic drugs are giemcrease
the power generated in the heart by increasing the amount of ngaicithe
muscle cells. The load of the heart is diminished by reductiothefarterial
resistance, and therefore vasodilators can be administered. dlkedeave the
advantage that the blood flow through the coronaries and thus the oxygdy su
to the heart improves. ACE (angiotensin-converting enzyme) inhibiteralso
very popular drugs for the treatment of CHF. ACE is an enzyntestiproduced

in the kidney and is responsible for maintaining the tone in the bloodlsesse
Inhibition of this enzyme results also in a relaxation of the vesartl a
reduction in afterload. ACE inhibitors also lower the amount ofasaltwater in
the body, and consequently lower the blood pressure and relievaurtge |
congestion. A final series of popular pharmacological agents are the be
blockers. They block the beta receptors in the nervous system araffduighe
sympathic regulation of the heart. As a result, the heart matevark of the heart
will decrease and lead to a lower demand of oxygen. This tymkugf may
initially worsen the hemodynamics, but when tolerated they semteally
beneficial®®.

A careful determination of the drug regimen is necessary to btmmgatient to

an optimal hemodynamic condition. Inotropic drugs, for example, cannoinsusta
their benefits during chronic treatment, and therefore the drug isalemmd
dosage must be evaluated and adapted regularly.
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3. Surgical reshaping

3.1. Ventricular volume reduction
In dilated cardiomyopathy, the myocardial muscle cellsga&urze themselves
(remodeling), resulting in increased internal dimensions and redwedid
thickness. This leads to increased ventricular wall stressA§&eMore power
will be required from the heart to overcome these stresses agen&vate a
sufficient cardiac output. Consequently, more oxygen will be consamedhe
demand will exceed the supply.

A possible treatment for dilated cardiomyopathy is thereforéocus on the
reduction of ventricular volume so the stresses will be normadimddsentricular

function can be restored. It has already been shown that leficudgntrsize

correlates to survival in dilated cardiomyopathy patiéfits Based on this
observation, the Brazilian surgeon Randas Batista introduced a urgwas

technique called partial left ventriculectomy, also refén®@ as heart reduction
surgery or the Batista procedure (see Fig. 1-24).

Fig. I1-24: lllustration of the wedge that is excised from the left ventricle in the Batista procedure
B2 The exposed edges of the ventricle will be sewn together to yield a ‘remodeled’ ventricle.

Batista developed this technique because he lacked the technolbgyatha
available in Europe and North America to perform other treatmAftey initial
experiments in sheep, he first applied the technique in humans in 1994. The
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controversial technique was soon adopted by other heart failure catttessgh
many cardiologists and surgeons were skeptical about the irg@galts. The
heart failure population in Brazil did not have access to good pharogac|
treatment, and therefore patients in an early stage of theseligesie selected for
the procedure, which benefited the outcome.

The original procedure prescribed to remove a wedge shaped pigoe leftt
ventricular wall of about 100 g. After closure, the remodeled ventsicldd also
result in repositioning of the papillary muscles and therefasenpte the mitral
valve function. It is still a controversial operation nowadays which has evolved to
a number of modified procedures (e.g., the Dor procedure, where maamly sc
tissue is removed). The one-year survival has been reported ttbeB6%!*?

and more careful patient selection may improve this outcome.r&maining
cardiac function should be an important factor when the procedure is
contemplated: if terminal damage is present or when there is noacist
reserve, no benefits of this procedure can be expected. Some Isoegitsas
prefer to apply this procedure only on transplant candidates, so plaranis

still possible in case the Batista procedure is ineffecliveignificant number of

the Batista patients also requires a cardiac assist devieebsidge to a later
transplant. Consequently, the mortality resulting from this procedare be
reduced if it is only applied in hospitals that can provide transphardsassist
devices as a backup.

3.2. Ventricular splinting
In a ventricular splinting procedure, the shape of the heart is chantjenlitw
actually cutting into it. By permanently pushing the midlines ofptb&terior and
anterior walls of the left ventricle towards each other wittmall device, the
cross section becomes bilobular, or shaped like a figure of esgbtKig. 1-25
and Fig. [-26). This changes the stress distribution in the myoocardiu
considerably and the ventricle can roughly be approximated as twulendi
where the ratio of internal diameter to wall thickness is muateradvantageous
than in the original floppy dilated ventricle. Because thereoisieed to make
incisions in the heart, it is possible to perform a ventricydéinting procedure
on a beating heart without cardiopulmonary bypass (heart-lung madnemeby
seriously decreasing the peri- and postoperative risks. Two desieecurrently
in clinical trials: the CardioClasp and the Myosplint.
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The CardioClasp (CardioEnergetics, Cincinnati, OH) basicalhsists of two
curved pieces of polymer-coated titanium, joined with sliding cablesake an
adjustable, flexible oval (see Fig. I-25). This oval is positioned arthmdeft
ventricle along the long axis and fixed with the appropriate tension tondab&a
bilobular shape. The absence of blood-contacting surfaces and the fatietha
tension in the device can be adjusted non-invasively are major advaotaliss
device. Animal experiments revealed that the device acutely chahgeleft
ventricular shape, improves the contractility, and reduces the stralés of
failing hearts without altering ventricular pressure or cardiac ottt

Fig. I-25: Principle and application of the CardioClasp device.

The Myosplint (MyoCor Inc., Maple Grove, MN) uses the samacyple, but
instead of circumventing the heart with bars, it consists oétheparate splints
that perforate the heart (see Fig. I-26). Each splint consistdesfsion member
that crosses the left ventricular cavity and the myocardiumiamtached to
supporting pads on the outside of the heart. A special device musteleto
place the splints, but it can also be applied on a beating heart.alAnim
experiments showed reduced wall stress and improved systolicofurvehile
diastolic function was maintainéd®. Early clinical results demonstrated the
safety of the device and an effective increase in ejection frattioh
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Fig. I-26: Principle of the Myosplint device.

4. Dynamic cardiomyoplasty

In a cardiomyoplasty procedure, a skeletal muscle from thenpatown body is
wrapped around a dilated heart and stimulated to contract synchisonathsit.
This procedure can also be performed without cardiopulmonary byphss.
muscle is usually the left latissimus dorsi, a large mustléhe back, that is
dissected and rotated into the thorax cavity. A key issue iwliode concept is
the training and stimulation of the muscle. Skeletal muscles nigric@htract
intermittently and irregularly and they are subject to fatigue.aplying a
proper regimen of electrical pulses, the considered muscle ceonierted to a
fatigue resistant muscle that keeps working continuously, althoughlstiom
with pacemaker technology remains a requirement. Cardiomypplzsst first
used by Carpentier after years of animal experiments and rappétars that it is
especially effective in patients who have mild to moderate ctingekeart
failure *2. In those patients, it relieves the symptoms of the heanrdaind it
keeps the dimensions of the heart stable over a long term, thustprg\arther
dilation and remodeling of the heart. It is also concluded that theicxdat wall
stress (and oxygen demand) are reduced as a consequence of the @rdgedur
alternative is the use of a mechanical device for direct mezdacompression.
Several devices are available, but basically they all doo$i® cup that is
mounted over the whole heart and pneumatically actuated. Sohéar,are
intended to be used acutely, as an invasive form of cardiopulmonargitaisois
(CPR). One exception is the Heart Booster (Abiomed Inc., Danw#4$, an
investigational device that is actuated with a portable fluid pumpirdedded
for chronic support.
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5. Cardiac containment

The principle of cardiomyoplasty has often been questioned, partycuke|
contribution to the pumping action of the heart. This is diffitoliassess, but
long-term echocardiographic follow up of patients clearly demonstth&t end-
diastolic dimensions of the heart remain stable and that Eattbn has been
halted. Kass et al. stated that the systolic contribution ofkéletal muscle is
inferior to the effect during diastole, and he proposed a simple devipassive
containment®!. A device that is focused on only supporting the end-diastolic
ventricular function may be a suitable and less invasive alterndtve
cardiomyoplasty.

Fig. I-27: The CorCap device placed around the heart.

A device for cardiac containment is in clinical use as of 1999 ruthgename
‘CorCap Cardiac Support Device’ (Acorn Cardiovascular Inc., St. R&), It
consists of an elastic plastic mesh or net that is slipped éurooth ventricles
and fixed with sutures during a surgical intervention Fig. 1-27). The operati
can be performed on a beating heart, but a partial sternotomyirfgptitt the
breastbone) may be required. The device has been tested in animsdsetgr
and efficacy and has meanwhile been used in a few hundred patieltwide
B39t was concluded that the device offers relief of the ventricular wastnd
preserves diastolic function. The net not only prevents dilatationjt kalso
results in improved systolic function and ejection fraction. Evideves found
that the ventricular dimensions decrease over time, which igddiata reversal
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of the remodeling process and thus a healing of the diseased*fi&artNo
evidence was found that the net occludes the coronaries.

6. Heart Transplant

To transplant a heart must have been the dream of many surgeogsaakd
throughout history. The first successful orthotopic heart transplantatesn w
finally performed by Christiaan Barnard in 1967 in the Groote Schuypitdbs
South-Africa (Fig. 1-28). The patient only survived for 18 days. Tingd heart
transplantation was soon followed by many others in different centers vigeldw
but with an overall poor result. It was not until the availabitityanti-rejection
medicines (e.g., cyclosporin) in the 1980s that the procedure becamecpted
standard therapy. Nowadays, 85% of the transplanted patients$ adi\sti after
one year and 71% after five yedf3. Today, the demand for this therapy has
taken such proportions that the number of donor hearts is insufficiepeapte
die while they are on a waiting list.

Fig. 1-28: Prof. Christiaan Barnard with the first recipient of a donor heatrt.

Heart transplantation is still the most reliable, comfortanlé durable solution
for patients who have reached the end-stage of heart failuteother therapies
are in vain, and if the function of the heart has deteriorated fwothethat death
is an imminent threat, then replacement of the heart should be cedsider
Conversely, it is required that patients who will receive a dbeart are in a
suitable physical condition. Cardiac transplantation is an extremegive (and
irreversible) procedure with a very exhausting recovery processni3atho are
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not physically fit or who have low chances of survival after tloeguure will be
denied the therapy in order to preserve the scarce donor hegpetitorts who

may have longer benefit from them. Consequently, such patients will be excluded
from the transplant list, which is actually a dynamic ld&pending on the
evolution of their condition, patients can be signed on or drop off or change
priority status. Inclusion or exclusion is not only based on medidafieri but

also on psychological and social factors. Medical contra-indicatiociside:
severe liver, lung or kidney failure, cancer, certain infections asduberculosis

or HIV, age, smoking habits, etc.

Patients who are accepted for heart transplantation will havaitdow a suitable
donor heart. A heart will be selected on blood type and body size aedtpat
with extreme measures therefore have little chance of quickliinget
transplant. This means that they will have to wait for a long peluoithg which
their physical condition deteriorates, along with the chancermfvng a major
surgery.

Worldwide, only 3,122 cardiac transplants were performed in the 2@@d1,
which continues the decreasing trend since 1994 (4,402 transplantsdefdrte
Most of the transplants in 2001 were performed in the US (2,207) w296
patients were on the waiting list. The median waiting time fatus 2 patients
was 374 dayd*’. As for Belgium and Luxemburg, 32 patients were on the
waiting list at the end of that same year, while 80 transpladt®éan performed
throughout 2001.

Several surgical procedures are possible for heart transplantsstrcases, part

of the native heart (especially the atria) is kept in placeatlitate the
connection with the new heart. There are also techniques in whiclhible

heart is replaced, but these require greater skill and take tmoge In most
cases, the operation takes about four hours, while the donor heart should be
inserted within 4 to 6 hours after explantation. After the operati@rdcipient
needs to take anti-rejection medicine (immunosuppressants) foeshef his

life, which is 9.1 more years on average, starting with severakswveé
rehabilitation**],
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7. Artificial heart

Before heart transplants were feasible, physicians alreaeredtthe option of
replacing a sick heart with an artificial one. The Russian Bryukhiom already
demonstrated in 1927 that it was feasible to maintain the cirwolafi warm-
blooded animals with a devicé”'. He developed a complex apparatus that
consisted of multiple pumps, valves and tubes and was called arecautojin
1937, the first Total Artificial Heart (TAH) was implanted a dog by the
Russian team of dr. Demikhov.

The first successful mechanical support of the human circulatiorpgrésrmed
in 1953, when Gibbon repaired an atrial septal defect and used thdrisforen
development: the first working heart-lung machiné®. This first
cardiopulmonary bypass (CPB) was maintained for 45 min. and tessited to
the application of more inventions in the field of mechanical circulatory support.

In 1969, 32 years after the Russian dog experiment, dr. Denton Cogqleyied
the Liotta pneumatic artificial heart (Fig. 1-29) to replacdailing heart in an
end-stage heart failure patidff. This is reported as the first clinical use of a
total artificial heart, where the patient was supported for 64shbafore he
received a donor heart.

Fig. I-29: The historical Liotta (left) and Jarvik-7 (right) total artificial hearts.
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After several more isolated ‘experiments’ with artificlsarts, the notorious
Jarvik 7 was first implanted in December 1982. US national wteviurned the
recipient, Barney Clark, into a movie star as they broadcasteddasery — and
subsequent death — at the University of UtdhThe Jarvik 7 was the first device
that was intended to maintain the blood circulation permanentlyk @las not
on the waiting list for a donor heart. He never left the hospitabadi112 days
after the implantation. The device was implanted by Dr. DeVind® treated
four more patients in the following three years, one of which even sdriove
620 days. The Jarvik 7 was a pneumatically actuated device develppethért
Jarvik and Willem Kolff, the inventor of the artificial kidney. Thevite consists
of two separate polyurethane pumping chambers that are sutured separhtely to t
atria — after removal of the native ventricles — and are then ctthé each
other with Velcro. The pneumatic actuation came from a |lagesole that
tethered the patients and prevented hospital discharge. Pnewhatsdad to be
fed through the patient’s chest and increased the risk of infection.

These first trials with permanent support were very controversial giroe were

a lot of device-related complications: blood-clotting, valve failinieeding, etc.
Several surgeons suggested that the device received its FDA agdprasitadical

trial too soon and thus trials for permanent support were cancéheddevices

were from then on solely used as a bridge to transplantation irlJiBe
Parallel with the implantations by DeVries, Semb tried taldisge Jarvik 7
recipients from a hospital in Stockholm. He used a small, portineng
console, but the results were again disappointing. In 1990, the FDA even banned
the further production of the Jarvik TAH because the manufacturing teemi

did not meet the FDA standard¥.

Today, several total artificial hearts are still under ingesion. They are usually
very large, and even though the natural heart or part of it is takey) pressure
on the lungs is still a common problem. In most cases only the aleatare cut
away and the device is then connected with cuffs to the atriggusith the old
devices or in some heart transplant procedures. Two devicesuasntly in
clinical use in the Western world: the CardioWest C-70 and the AbioCor.

The CardioWest device (CardioWest Technologies Inc., Tucson, AZctuslly
an improved version of the Jarvik 7. It still consists of similarupmegic
chambers and its standard actuation is still a large, bulky eo(se# Fig. I-30).
Five heart transplant centers in the US are allowed to imptésitdevice in
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patients who are waiting for a donor heart, and several centetsopdEcan use
it for the same purpose. The Heart and Diabetes Center inCggdhausen
(Germany) has started trials to use the smaller pneurcansoles of the
Thoratec and Berlin Heart pneumatic ventricular assist devimesthe
CardioWest C-70 in order to increase the patient’s mobility.

Fig. 1-30: Sketch of the CardioWest TAH in situ,
with the patient tethered to the drive console °%.

The more recent AbioCor (Abiomed Inc., Danvers, MA) works with
mechanical motorized system that requires electricity idsbtéa@ompressed air.
Consequently, a compact battery system can replace the prewmasole,
providing maximum mobility. The necessary electronics and a snidirpare
implanted in the body and more power is provided from larger kegtdrat can
be worn on a belt. The energy is then transferred through the skinaw
transcutaneous energy transmission system (TETS): an impkardezh external
coil that work like a transformer. This means that there selabely no need for
skin penetration for tubes or cables and that the risk of infectiothassically
reduced. The use of this system even allows a patient to takktioé @xternal
components for a short time and, for example, go for a swim. Tgsd# of the
coin is that the patient may feel more uncomfortable becausall dhese
components that are stuffed inside the body. The cumulative sizbesé
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components also excludes many small patients from the chaegerafeceiving

a system like the AbioCor. The current version of the AbioCor weighs
approximately 1000 g and can only fit in the chest of a male weighing tinan

90 kg. The goal of the device is to permanently replace the hearorof
transplant candidates.

Fig. I-31: The AbioCor TAH with all the implanted components.

8. Cardiac assist

Another option for the treatment of end-stage heart failure patgetite use of a
cardiac assist device (CAD). Such a device can take over thgimmfunction

of the heart partially or fully when the heart is still ingdaand thus preserve its
important regulatory functions (for enzymes and neurohormones, pressact, bl
flow, ...). Normally, each CAD is intended to support only one ventricletasd
therefore also referred to as a ventricular assist devied)VSome devices
allow simultaneous use of two VADs to support both ventricles and comgbque
there is the following nomenclature: left ventricular assistae({LVAD), right
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ventricular assist device (RVAD), or bi-ventricular assist deWiBVAD or
BiVAD).

The clinical use of VADs started in 1961, when a simple rgienp was used

by Dennis and his colleagues to support a patient in cardiogevs& shth an
atrium-to-femoral artery bypass. The inflow cannula of the pwap actually
inserted from the right atrium through a trans-septal puncture iatefihatrium

B The first implantation of a VAD that bypassed the left \ieletfrom the left
atrium to the descending aorta was performed in 1963 by dr. Lio#a!®. A

left thoracotomy was used to implant the pneumatically actuated valved
tube-like device, which supported the patient for four days. In 1966, an updated
paracorporeal version of this device was used by DeBakey auldetesn the

first successful use of an LVAD for post-cardiotomy recovdtgrdlO days of
support. These successes resulted in more developments in the US unde
stimulation and sponsoring of the National Heart Institute. The aurae
balloon pump (IABP) was already invented in 1961 by Moulopoulos, huast

not applied clinically until 1967. This device is now part of thendaad
treatment of end-stage heart failure patients who end up in the intensive tare uni
and it is not considered a true cardiac assist device becadsesitnot really
pump blood. It does, however, support and unload the heart and it can keep
patients alive while they are waiting for a donor heart.

In 1978, Golding was the first to use a rotary pump that delivergulzatile
flow for left ventricular assist as a bridge to transplantatiotiout success. The
first mechanically actuated artificial left ventricl&étcurrent Novacor) was used
in 1984 to successfully support a 51-year old patient for 9 days priar to
transplantation. Soon after this event, the success of other dedliceget. Of
the devices that were developed in the 1970s and first used in th£960d,
three of them are still the most popular nowadays (Fig. [-32). &hreknown as
the Novacor (WorldHeart, Ottawa, Canada), the HeartMate (Tdwrat
Corporation, Pleasanton, CA), and the Thoratec VAD (Thoratec Canorat
Pleasanton, CA). Together, they have been implanted in over 7,000 patients.
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Fig. 1-32: Schematic drawings of the three most used VADs: A. Novacor, B. Thoratec, C.
HeartMate 2.

A ventricular assist device basically consists of a blood puntpsticannected to

a patient's native circulation with tubes called grafts or cannlaee tube
provides the inflow of blood into the pump, while the outflow tube directs blood
from the pump back into the native circulatory system, prefemablgrtery. The
device is capable of pumping blood and therefore takes over the work of the
heart. There are many different pumps that function according tousar
engineering principles and will consequently be actuated in manyedhtfeays.
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Some sort of power supply is therefore necessary, along with eoléemthat
regulates variables such as electrical power consumption and pump auodput
that can communicate danger situations to the patient or surgeon via alarms.

Several options are also available for the connection to the natowgaton,

with similar approaches for the left and right ventricle. On |#fe side, for
example, the inflow cannula can be fixed in the atrium, in the pulmoreang,

or in the ventricle via the atrium and mitral valve. The most popuwiay,
however, is to excise the apex of the ventricle and insert the inflow cannula there
This provides the most direct flow path for the blood, but permanenthagikes

the myocardium. The outflow cannula (often a flexible graft madevaien
Dacron or expanded PTFE) can be sutured to the ascending or descent@ing a
or in some cases even lower on the aorta. A connection with thedasg@orta
provides the most natural flow path since it is closest to the aortic valve.

The main complications after the implantation of a VAD diletee same as in
the early days: bleeding, infections, and thromboembolism (migratiogd bl
clot). Hemorrhages are often the result of a high anticoagulatgimeg in
combination with the prolonged effects of the cardiopulmonary bypads a
hypothermia applied during the implant procedure. Thromboembolism saih re
from an inadequate anticoagulation regime, but it is often deviageedelsome
devices provide insufficient biocompatibility of the blood-contactindaxes, or
the blood path through the device has stagnation areas as a resutingblete
ejection or kinked cannulas. Most VADs still require a mediamstemy for
implantation, which leaves a large wound, prone to infection. The long
hospitalization also ties the patients to a site where mucktiodfie diseases
circulate and thus increases the chance of complications. Undbaeot of
infections at and around the heart originate from the percutaneassthiat go
directly from the outside into the chest and into the heart, fymitrue highway
for bacteria.

In 1995, 777 patients were removed from the US heart transplanhgvési
because they could not survive the long waiting time. This number wésadjsa
brought down by the increased availability of and experience witBs/Anly
571 patients died while on that waiting list in 2002. Further experiemdeaa
more aggressive approach of early implantation are likely t@ lihis number
down even more. Studies have already shown that the survival of &ainspl
patients is higher if they have received a VAD before the tramspian*. This
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is due to the better physical condition that those patientdwioh up while on
support, in contrast with pharmacologically treated patients whd@urad to
their bed in the intensive care. Moreover, there are numerous patiemtare
not eligible for transplantation that can benefit from a VAD. €heatients are
often excluded from transplant because it is not ethical to ‘spijood donor
heart on them if there are other patients who can benefit muchahiréSince
the supply of VADs can be adjusted to the demand, within logistic anacfaia
limits, they can be used in many more patients. Their avatlalilso allows
carefully planned operations, in contrast with the hasty organizatioa of
transplant surgery. The devices do not only prolong life, but they als@vmpr
the quality of life, and thus they can be applied in heart fapateents with a
short life expectancy, such as AIDS and cancer patients. Consgguemsl
estimated that by 2010, when the devices will even be morécalplel due to
increased safety and reduced size, there will be about 70,00atpatreually
that may benefit from the implantation of a cardiac assist dEVice
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D. CLASSIFICATION OF VENTRICULAR ASSIST
DEVICES

1. Introduction

There are literally hundreds of systems for mechanical suppaireire either in
clinical use, in a development phase, or of which the developmenbden
halted. It is not the intention to give an overview of all these devisach an
overview would be no more than a snapshot of the current situation, tivlile
world of assist devices is very dynamic. It is strongly deedby the available
funding (e.g., the recent NIH grants for pediatric assist devicespam result
multiple collaborations between companies and universities ¥oened and
dismantled, companies were acquired and device names changed pidise ra
than their designs. Consequently it is not useful to give an overviel thiea
ventricular assist devices that once upon a time have pumpedhflaicgh ann
vitro setup or supported an animal for a number of hours/days/months eDetalil
overviews and descriptions of currently available devices can be faunither

literature!®%-56-58

The following synopsis of assist devices presents a classifichsed on the
duration of support, the position of the device in relation to therqaaed the
most popular pumping principles. Section E gives a more el@bdiscussion of
the different applications of ventricular assist devices. Destadlescriptions of
the devices used in the studies reported in this dissertatiobeapltovided in the
respective chapters.

2. Duration of support

To indicate the estimated duration that a patient will requeehanical cardiac
support, a rough (subjective) classification results in four groups lew).
This classification can be mirrored to the different availad#eices, starting
from cheap, simple, and easy-to-use short-term devices to compudeborag-
lasting devices. The first choice for patients suffering from L©O&ten a short-
term device, that is easier to implant and to remove, to sed&evhbe patient’s
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condition improves. If this is not the case, the device can stilepaced by a
long-term alternative. In general, short-term devices limit tlobilty of the

patient and wear out faster or cause complications and biocitipaissues if

used too long.

The four categories of support duration 'afe
Short-term:  ranges from a couple of hours to a number of days

Medium-term:at least a couple of days, up to several weeks

Long-term: from several weeks to months or years. Several patients have
already been supported for over three years

Permanent: Although this would seem the most obvious definition, it is rather
vague. It is sometimes defined as a five year period, but itb@may
clearer to define it as support until the patient dies of a dhase
is not related to the heart failure. The first patient thavised
five years on support was reported in Februari 2803

3. Position of the device

Ventricular assist devices can also be classified accordingetavay they are
connected to and positioned on or inside the patient. This brings albegiokif
levels of comfort and quality of life and it is therefore alsiated to the duration
of the support (see Fig. I-33).

IC fully implantable
IC wearable

intracorporeal (IC)

paracorporeal

extracorporeal

DEVICE POSITION - QOL

DURATION OF SUPPORT

Fig. I-33: Relation between the duration of support and the position of a device with its
according quality of life (QOL).
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The position of the device also determines the mobility of thematind it will
depend on the adjuvant technology of the controller and power setetber
the patient is allowed to get out of bed or even out of the hospithasic
distinction can be made between VAD systems where the blood pumngds
the body of the patient (intracorporeal) or outside the body (expaweal).
Although it may seem very uncomfortable to have a pump stuck inside your
body, this approach is actually safer with respect to infecaouisit also allows
the patient to move around more easily. An external pump is more abledo
mechanical impact or to temperature changes that may resytpathiermia. On
the other hand, an external pump is easier to implant (only canneéa to fit
inside the body) and it allows regular inspection of the pumpf.itbelthe
extracorporeal pumps, a further distinction can be made between phahpse
away from the body, often referred to as ‘bedside’, and pumpsteairectly
on the body of the patient. The latter are called paracorposgample: the
Thoratec VAD, see Fig. I-32, B). They have the advantage that carvamdse
made much shorter, which is mechanically safer and also prevastsven heat
loss.

Fig. I-34: Schematic drawing of a bedside extracorporeal device: the Abiomed BVS 5000.
Most extracorporeal devices are pneumatically actuated andvidreyoriginally

powered with large consoles that contained an air compressor arslirpres
chambers. The consoles were so large that even with the paraebgmriees,
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the patient could do no more than stumble around through the hallways of the
hospital even though his physical condition was improving. Nowadays, most
manufacturers provide smaller alternatives (briefcase 8ia¢)work with piston
pumps and that can be carried by hand or on a small trolley. Configque
patients with paracorporeal devices can and have been dischargedh&om
hospital.

Intracorporeal devices can also be subdivided, in partially and (fdlyotally)
implantable devices. Partially implantable devices have all therahlic
components (pump and cannulas) inside the body, but the controlleowaed p
source are still outside the body. Ventricular assist deviwasare composed
according to this system still require a perforation of the skifeed through
electrical lines, an air channel for compressed air, or boths Tihe is
traditionally fed through the skin of the lower abdomen, but electiiioad can
also run via the shoulder or a pedestal on the skull behind the ear. Since the pump
is out of the patient’'s way, it is easier to manage the surgitaland these
patients are routinely sent home after a recovery period in whigyathent and a
caregiver (partner or next of kin) learn to handle the system. Amm@&aof a
partially implantable pump is the HeartMate (Fig. 1-32, C). TWiD system
exists in a pneumatic and an ‘electric’ version. The pneumegision still
requires a small console for control and supply of compressedrairhence
limits the mobility of the patient. The electric version has xeraal controller
and two rechargeable batteries that can all be worn on a lnetster around the
shoulders. In this way, the patient has both hands free at al tamd he has
optimal mobility. Many other systems have adopted this approach, whith
also be referred to as ‘wearable’ because the patient wearsystem as if it
were a piece of clothing.

Fully implantable systems also incorporate an electronic drtiand a small
implantable battery in the patient’s body. They have no skin péidos, which
significantly reduces the risk of infections. Because the intdyaidéry only has
limited capacity, it is continuously recharged by an exterfedtgcal power
source (usually a larger rechargeable battery) through a transous energy
transmission system (TETS, see C.7). Telemetry at radio fiegus normally
used for adjusting the settings of the internal controller or faevaty data that
has been logged on the controller. Such a fully implantable systemawit
internal battery allows the patient to take off the externalpomants for a while
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(usually about 40 min.) and perform activities that are impossiblether VAD
patients, such as bathing.

Fig. I-35: Schematic drawing of the
internal components of the LionHeart
fully implantable VAD (Arrow Int.
Reading, PA)

A. Blood pump

B. Controller

C. TETS caoll

D. Volume compensator

4. Pumping principle

When considering the pumping principle according to which the VADsrgene
blood flow, two major classes can be distinguished: rotary pumps ariiygos
displacement pumps (see Table I-1). Rotary pumps have an imihpeltespins
around at high speed and transfers energy to the blood by velocity chéomggs
the impeller radius. Positive-displacement (or volumetric) paitmansfer energy
to the blood by periodic dimension changes in a working space. In other, words
they have a blood chamber that fills with blood during one part of trking
cycle and ejects the blood during the other part, very sinalaing function of
the native heart. Displacement pumps thus deliver a pulflatdeand are often
referred to as ‘pulsatile pumps’, while rotary pumps tradally deliver a
constant flow and are therefore also called ‘continuous flow pumpsieTdre,
however, innovative designs where it is hard to tell what kind of pangpar
what kind of flow is generated. More on the difference between pelsatd
non-pulsatile flow can be found in section F.
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Table I-1: Advantages and disadvantages of rotary and displacement pumps.

DISPLACEMENT PUMPS ROTARY PUMPS

only one moving part
very compact

silent

highly efficient

suited for mass production at lov
cost

generate pulsatile flow

=~

require valves
used membranes have a limited| Nnon-pulsatile flow

life-span difficult sealing

often complex driving mechanism complex physiologic control
generally large because of the | heating

necessary dead volume .
. bearing problems: wear and
not energy-efficient thrombus formation

very expensive

DISADVANTAGES ADVANTAGES

4.1. Rotary pumps
The impeller of rotary pumps is usually composed of a disc e @oth vanes,
but there are also vaneless alternatives. The design of samecomponents
determines the efficiency and biocompatibility of the pump. Th&pe and
number of vanes are extremely important, as is the housing geoametrihe
clearance between housing and vanes. The performance and position of the
motor are also determinants for biocompatibility and efficiebegause the
motor heat may destroy blood proteins and it therefore needs to be drained.

The rotary pumps can further be divided into radial (centrifugaljal saad
diagonal rotary pumps. Centrifugal pumps have been used clinicallg he

late 1970s. They are characterized by their flat and wppearance and an
inflow blood path that is parallel to the rotation axis while the owtfpath is
orthogonal to it. Consequently, most of the centrifugal pumps have a tubular
outflow connector that is tangent to the pump housing (Fig. 1-36). Diagonal
pumps also have an inflow parallel to the rotational axis, but théowut$
diagonal to that axis. For axial pumps, both inflow and outflow arelpki@ithe
rotational axis. Axial pumps often also have stator vanes and flousdifizanes

in front of and after the impeller to better guide the flow andntprove
efficiency. Each design results in a different pump chiaretic and, generally
speaking, centrifugal pumps are more suitable to build up pressure axtale
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pumps are best to generate high flows. As a result, the axial puseglsin
ventricular assist devices are smaller and run at much higlegioratl speeds
than centrifugal pumps. Some small axial blood pumps even run atsspee
25,000 rpm and aboV&. In the end, all rotary pumps aim at optimal efficiency
at a design point that reflects the hemodynamic needs, whiclersaftow of 5
I/min at a pressure head of 100 mmHg.

Typical example of

a centrifugal pumpCorAide (Arrow Int., Reading, PA)
a diagonal pumpDeltaStream (Medos Med. GmbH, Stolberg, Germany)
an axial pumpJarvik 2000 (Jarvik Heart Inc., New York, NY)

- e} =
CENTRIFUGAL DIAGONAL AXIAL

Fig. I-36: Drawing of the flow path through a centrifugal pump (top) and a sketch of the three
rotary pump types (bottom).

Impeller and housing geometry and vane shapes for rotary blood pan@ps
nowadays mostly computer designed, where the flow path and even the pump
characteristics are simulated with computational fluid dyosanThis results in
highly efficient designs where the high shear stress zones ayrthtam areas

are limited and improved biocompatibility can be expected. Qtbsign issues

are the design of seals and bearings. In earlier rotary blood pampspeller

was directly attached to the shaft of the electric motor thnd sealing was
required to prevent blood from entering the motor. This often led to lnégt
generation or thromboemboli that originated from the seal: blootd cot be
washed away sufficiently and started clotting at the seal.eNel@signs use
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magnetic couplings between the motor and the impeller, so the impafiebe
captured completely in the housing and a seal becomes superfluogs. It i
however, necessary to support the impeller to prevent impacthathousing.
The bearings used for that have the same problems as the s¢aeheration
and thrombus formation. The most recent designs apply a non-cogtsggport

of the impeller: it floats in the housing in a controlled way. Tikiseither
achieved with magnetic suspension or with a hydrodynamic bearimgr By

has the advantage that there is no longer any friction and thialiothe can flow
around the impeller unhindered, thus providing good washout and preventing
blood clot formation. In a magnetic bearing, permanent magnets aetided in

the impeller while electro-magnets in the housing control the posiind
rotation of the impeller. This technology has already been apphiezentrifugal

and axial pumps. In a hydrodynamic bearing, the impeller is desgmatdis
forced to the desired (central) position by the pressure distnbbetween the
impeller and the housing, eliminating the need for active position coiitnc
principle has so far only been used in centrifugal pumps.

4.2. Displacement pumps

To mimic the filling and emptying function of the heart, a blood chamilir
variable dimensions is necessary to collect the blood intemtit Most
displacement type blood pumps use a plastic sac as blood chamberigm

shell on one side and a membrane (diaphragm) on the other. The methbsane
forms a barrier between the blood and the other pump components. These
membranes are usually made out of polyurethane for its bioconepatdperties

and durability. Coatings are often applied on the blood contacting suifaces
order to prevent thrombus formation and to spare the patient a heavy
anticoagulantia regime. Still, thrombus formation is often a problsmally at

the seams of the membranes or at grooves and microscopic cnackiser
components. A sac can be formed of two halves that are glueddngmtit can

be seamless, but then there are still connection sites witlottier blood
contacting components of the pumps, such as the inflow and outflow connectors.
These connectors have to contain valves to direct the blood from thedtder

pump and further to the aorta. All types of valves that are ablailfor heart
valve replacement are used in VADs. In addition, a number of negndesre

used, for example polyurethane trileaflet valves that look likecawdives but

are more durable and easier to work with. Nonetheless, valvesafoartra risk
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in blood pumps because of the extra biocompatibility issues and behaysee
vulnerable and their failure has disastrous impact on pump function.

Apart from space for the ‘end-diastolic’ blood volume, the housinga of
displacement pump also needs to incorporate the actuation mechdaiism.
‘dead volume’ results in relatively large pumps (with the exoapaf pneumatic
actuated ones). An actuator is necessary to compress the gasslorthe
membrane towards the housing and thus achieve a powerful ejection.| Severa
mechanisms have been invented to actuate displacement type bhopd and

they will be briefly summarized below, based on the energy caowetfsat they

apply.

4.2.1. Pneumatic actuation
Pneumatic actuation is the simplest mechanism: the sac emnbrane is
compressed by pressurized air during ejection. The airflailt back out of the
pump during the filling phase, where a slight vacuum can be applietbtove
pump filling and unloading of the native heart. Since this actuatiechamism
requires a compressor of some sort, the true actuator igsabwaside the body
on a console and connected to the pump with tubes. The advantage I that t
pump can be smaller since it only needs the size of the maxstroke volume.
The disadvantage is that it limits the mobility of the pati@md it cannot be
implemented in a fully implantable version. Membranes also havestigency
to leak over time: as a result of diffusion, fluid from the bloodl emter the
actuator side of the membrane. Air, on the other hand, will alsosdiffo the
blood side and the use of pressurized air will promote this process.

Typical example: Thoratec VAD (Thoratec Corp., Pleasanton, CA), sek3g.

4.2.2. Electromechanical actuation

This type of actuation mechanism is usually built around a (brisgHs motor.
The rotational movement of the motor is mechanically transformiedai linear
movement that actuates a pusher plate (a plate that pushes @actha
membrane). Gear systems, nut and screw combinations and otherokinds
mechanical conversion systems are used to achieve the pugshenpton. The
required power form is electricity, which allows to incorporstieh pumps in
fully implantable systems, or as a wearable device with small portaldeidsit

Typical example: HeartMate VE (Thoratec Corp., Pleasanton, CA) gek 3
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4.2.3. Electromagnetic actuation
There are two types of electromagnetic actuators. Thetyjst uses magnetic
fields to move mechanical components. This can be a pusher plaiemra
valved tube. In the second type, electromagnetic fields are userkdte a
pressure in a ferrofluid. Ferrofluids consist of a fluid (e.g., kerosenehich
magnetic particles are suspended. Such a fluid can be moved by aimfgidet
The power form for inducing magnetic fields is also electriaitg consequently
the same advantages as for the previous type can be assumed. Mdresver
type of actuation has fewer moving parts and is therefore les® po friction
and heating problems.

Typical example: (first type) Novacor (WorldHeart, Ottavizgnada) see Fig.
[-32

4.2.4. Indirect electro-hydraulic actuation
Instead of using gas (air) as a fluidum to compress a sac obnaee) also
liquids can be used. Indirect electro-hydraulic actuators use célube of its
lubricating properties and its lower density. In contrast withupragic actuation,
these devices do not make use of an external compressor, but theynhave a
internal hydraulic pump (actuated itself with an electric motrd also an
internal oil reservoir. To achieve ejection, the pump moves fluidn fthe
reservoir towards the sac or diaphragm, which is consequently pressand
compressed. For filling of the pump, fluid is pumped back to the resefraer
reservoir and fluid pump obviously make these devices relativelgespa
consuming, but they have the advantage of electrical power supplyaangec
made fully implantable. This principle is in fact popular for tetdificial hearts,
where the fluid can be pumped from the left to the right side,dlmsnating the
need for an extra reservoir.

Typical example: HeartSaver (WorldHeart, Ottawa, Canada)

4.2.5. Thermo-mechanical actuation
There were two systems under development where heat was sshvato
mechanical forces. The two systems were both based oniagSérgine. The
energy was stored in form of electrically heated salt, whiab encapsulated in
highly isolated containers. The development of these systemdopped due to
unsolvable problems concerning efficiency and durability of the mistefinese
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programs were started with the intention of using nuclear powecesodor
VADs in the future, and initial experiments were even performedrbifolff in
the 1960s. It is however doubtful that the public will ever acceptripantation
of plutonium capsules as an energy source. The US government evdjit@dohi
further development of this technique that may be used in terrorist actions.

Typical example: n/a

4.2.6. Biological-mechanical actuation
There have been experiments with skeletal muscles as C#skat Devices
ever since 1931. There are two types: hybrid devices (pumps #hatmascle as
actuator) and strictly biological pumps.

A biological pump is different from dynamic cardiomyoplastyg(€.4) in that it
actually uses grafts and valves to attach a blood pump to the hiearpuip

itself is made of skeletal muscle that is sewn in a cupsforad with pericard,

and electrically stimulated, similar to cardiomyoplastiisTkind of ‘device’ is

referred to as a skeletal muscle ventricle (SMV). Most cmafpbns are related
to thrombosis and rupture of the SMV. However, they have alreadyusesl in

animal experiments for periods of more than two years .

The hybrid devices are actually mechanical pumps that useleatrically
stimulated skeletal muscle as an actuator. These devices camagategorized

into several types: mechanical, indirect hydraulic, or even patarft?.
Similarly to cardiomyoplasty, the latissimus dorsi is thefggred muscle. It
needs to be repositioned and trained to become indefatigable. The pumps
themselves are subject to the same problems as described abdheylman be

made smaller than the average device because there is no motgyraatia coil

that consumes space. Their main advantage, however, would be the low powe
consumption: only a modified pacemaker is required for musclaulstion,

which can last years with one small battery.

Typical example: n/a
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E. APPLICATION OF VENTRICULAR ASSIST
DEVICES

1. Introduction

Ventricular assist devices can be used for different indicatoadsin different
situations. The end-goal of the application of the device maydaffay from
patient to patient, and thus the type of application will havemizact on the
presumed duration of support and on the selection of the device. Posslble e
points of a ventricular assist treatment are recovery, transplantatioratr de

2. Post-cardiotomy failure and acute cardiogenic sh ock

In general, patients who are treated with a ventricular assigted®or a short
term period experienced one of the following indications: acute myata
infarction, acute cardiomyopathy due to myocarditis, or carthdare after
reparative open heart surgery (post-cardiotomy failure).

About 1.5% percent of the patients who undergo cardiac surgery in the US
cannot be weaned from the heart-lung machine and require prolonged
mechanical circulatory assiSf. The fact that they get the VAD ‘unplanned’
after a traumatizing operation, may decrease their chancegadcoutcome.
Apparently, only 20 to 40% of post-cardiotomy VAD patients survivesayMa
complications usually appear, but they are rarely devicéecklaThe low
outcome is mainly related to the age of those patients andctalition before

the initial surgery. Bleeding is the most common complbeatin post-
cardiotomy supported patients because a lot of them are on centipiwgal
support and require an intense anti-coagulation regime. The basic gbéd of t
treatment is to unload the heart and give it a period of ‘rest’ can gradually
become fit enough to maintain a stable hemodynamic statepafiemt can then

be weaned from the device, which is subsequently removed. The averade t
recover from a post-cardiotomy failure is 2 d&{s but several patients do not
recover and are enlisted as a transplant candidate, after theiahitial short-

term device is usually replaced with a medium- or long-term version.
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Post-myocardial infarction is the implant indication in 10% ofVaD patients.
Myocardial infarction is a major cause of death, mainly in pedptee@age 65,
and the survivors are not a popular target group for cardiac asseiseethey
show a high incidence of co-morbidities. However, the post-myocardial
infarction patients who are treated with a VAD have a high survate: 74% is
bridged to transplant or recover$).

Acute cardiomyopathy, usually resulting from myocarditighes indication for
implantation of a VAD in 15% of the VAD patients.

3. Bridge to transplantation

Although mechanical support may once become the preferred method to treat
heart failure patients, so far the majority of physicians izvitwed that a cardiac
transplant is still the ultimate option. The key issue in tramgation is the
availability of donor organs. They are scarce and their timing oéptatson and

size and type are dependent on chance. Therefore, ventriculardassists are

most often applied as an in between treatment to prevent the deaiticafly ill
patients while they are on the transplant waiting list. Indérisse, the devices are
used as a ‘bridge to transplantation’ (BTT).

About 15% of the transplant candidates in the US requires VAD sujapkeep
them alive until a donor heart becomes available. A resuthefincreasing
experience with BTT is that the number of patients who died whilehen t
waiting list has decreased over the recent years, but the disageasthat more
candidates remain for the few available donor hearts. The VABstwho are
effectively bridged and receive a transplant (60 to 70%) have a bettmme
than the traditional transplant candidate because they rehebilituring the
support period, making them physically fit and preventing - or possslrsing

- deterioration of lungs, liver, and kidney.

The duration of support with assist devices is still limited teva months or
(exceptionally) years and this is far less appealing thavenage survival of 9.1
years with a human donor hedff. The limitation for the assist devices is
partially due to the durability of the device, but also to the masgociated
complications (bleeding, infections, and thrombosis) that fornmaminent risk
throughout the support period. The currently used devices are also rglativel
difficult in management: percutaneous lines and their exit wounds aked) t
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care of, batteries need to be replaced, backup systems must besdchec
regularly,.... This in contrast with transplant patients who onlyedne
pharmacological management. A bridge to transplant can only be applied i
patients eligible for cardiac transplantation, which alreadyueled a high
number of heart failure patients.

Even though BTT is not the definite solution for end-stage hedutdgatients,
its application results in the longest survival time of patients avkceffectively
transplanted. It is therefore together with post-cardiotomy sugporeéntly the
major field of application of VADs. It is, however, clear that B@des not
eliminate the shortage of donor hearts and that a valuable alterrfat
transplantation is necessary.

The limited experience with ventricular assist systems igiBel is only gained

in the above-mentioned applications: treatment of acute failurebadge to
transplantation. Over the years 1999 and 2000, 73 patients received m&chani
support, of which 31 received it as a BTT. The survival for that growg648o,
while in the acute failure group only 31% survived. Only displacement type
pumps were used in the BTT group: the pneumatic Medos VAD and Ttorate
VAD for medium-term support, and the electric HeartMate amdasdor for
long-term support. For acute support, apart from extra-corporeal raeenbr
oxygenation (ECMO) systems, both pneumatic displacement pumps ang rot
pumps were used.

4. Permanent cardiac assist

To be a true alternative for cardiac transplantation and to forconaplete
treatment, an assist device should be used permanently, i.e., uptkigm@ dies,
without ever having the intention to transplant him. This applicationAdds is
therefore also referred to as ‘destination therapy’, becaiséi¢ final treatment
for the heart failure. Ultimately, the device will last teelime’ and the patients
will eventually die of non-device or non-cardiac related causes.

This type of treatment would be a hope for the many patients asaow
excluded from transplantation as a result of cancers, incurablgiorfs, severe
diabetes or non-cardiac organ dysfunction. Moreover, if VAD technolagy c
result in higher longevity and safer use with fewer compdoat it may become
the standard treatment for any heart failure patient asmadspiants may be

66



INTRODUCTION

preserved only for special strictly defined cases. This is ewaot to be
expected in the near future, but in the US alone it would le#ttktsalvation of
an estimated 50,000 to 100,000 patiéfits

5. Bridge to recovery

It was first reported in 1994 that a transplant candidate developedvied heart
function by the use of a long-term VAD and it was uttered thatirige and
subsequent device explantation were future optithsBefore, it was generally
accepted that end-stage heart failure, and particularly dlilzdediomyopathy,
was irreversible. Consequently, treatment was focusing more linghéhe
dilation rather than reversing it. The early reports of explantaifoa device
without implanting a donor heart were very controversial: had thd heslly
healed and had it sufficiently healed to prevent recurrence ofdidemse?
Nowadays, explantation of devices for chronic support is more acceyotenh,
the least due to the extensive experience of the Berlin zanter®>®. Dr,
Hetzer from Berlin reported in 2001 the explantation of VADs f28npatients
who were originally intended as a bridge to transplant, which galds 29% of
their BTT population. Nine of those recovered patients showed recurrary he
failure and needed a transplant later on, but the 19 others showtbla
recovery by keeping them on pharmacological support. Their longest re@aiver
that time was already 5.5 years. One of the conclusions drawn threim
experience was that there is a large variation in the reagesapport time to
achieve satisfactory recovery: from 30 days to 794 days. Acagpriai their
findings, this is related to the age of the patient and the duratibeaot failure
prior to the implantation. Young patients who only suffered from Hagutre for

a short period have the shortest recovery time. This recoverygithen also a
good predictor for the stability of the recovery: the sooner recasesghieved
the longer it will stay. These findings suggest that, to becomeffaative
therapy, assist devices need to be implanted sooner, when the hegustha
started to deteriorate and the patient is not yet a transplant candidate.

The routine use of ventricular assist devices as a bridge to rgamwald have a
major impact on the health care industry and on the quality afflifiee patients.
At present, only BTT patients are considered for explantation ibrigs been
determined that their heart has regained function. This resudtsly about 5%
of the BTT patients who currently benefit from this new ‘therapwyainly

67



CHAPTER |

because only a few specialized centers are screening for possitlery. More
experience and insight in this application would result in a drdsticease of the
demand for donor hearts, and a large number of patients who arecteallyas
they are discharged from the hospital.

However, the question still remains how recovery can be peeljipromoted,
and assessed. Prediction is difficult because little is known &gheupatient
group that has the capacity to recover, except that up to now moke of t
recovered patients suffered from idiopathic cardiomyopathy. 3sess the
function of the heart and to determine whether it is recovering, aever
approaches are in use. The easiest and most popular way is &enae
echocardiography, whether or not combined with exercise tests.r&tmstered
patients had a displacement type pump, of which the pump rate was
incrementally decreased during the echo protocol. If ventricular imstiays
stable and certain thresholds are obtained when the pump rateeied (e.g.,
ejection fraction > 40% and end-diastolic LV diameter < 55 mmj the pump

is finally switched off. This can only be performed for a shortogeand after
administration of heparine to prevent clotting in the pump. If the icéntalso
shows a hemodynamically stable condition in this final phase) daediac
recovery is assumed and the pump will be explanted. There is homesackfor a
weaning period before the explantation, so the heart can gradually gét tised
higher load that it will endure once it has to maintain theu@tion on its own.
The most obvious way to wean a patient with the currently availi@viees is to
gradually decrease the pump rate over a longer time period. It igvBgwot
possible to go down to extreme low pump rates over a long period beddbse
risk of clotting, while long term anti-coagulantia to prevent thisiaoncrease
the risk of bleeding. The VAD team of the Berlin Heart Certerinstance,
therefore decreases the pump rate from 80 beats per minute (BF32)BPM
over a 4-week period and then performs the explantation.

Better insight in the process of remodeling may also reveal toownitiate
recovery (where implant timing may be a key issue) and how togteoinin an
efficient way. It is now known that recovery is not only apparefat aeechanical
improvement, but also neurohormonal and electrophysiological improvement of
the heart has been observed. As a consequence, biochemical mackees s
anti-31 auto-antibodies and brain natriuretic peptide have been proposed for
prediction and functional assessment because they are presegit guhntities

68



INTRODUCTION

in heart failure patients and their concentration decreasesi@migavho recover

by LVAD use!® 8 No marker has so far been generally accepted, but it also
brings along the question whether promotion of the recovery should be sought
the mechanical or the biochemical field, or both. Barbone et al. pantmlly
answered that question by demonstrating that mechanical unloading of the
myocardium is a key factor in reversed remodeling, and that reduat wall
stress is necessaf”. This however, does not clarify whether biochemical
changes are a consequence of the mechanical changes or whetlssdahagy

an active role in recovery and reorganization of myocytes. Evaredhanical
load would be the only factor to consider, then it still needs to terndmed
whether it is best to relief the myocardium of all of itsess or whether it is
necessary to keep it under a certain amount of stresgvtentrthe muscle from
becoming ‘lazy’ or atrophic. Or more generally: over what timaogeand in
what quantity is unloading required, i.e., is there an optimal unloading protocol?

The studies presented in this thesis contribute to the reséatahili eventually
find an answer to this question. Related to this, it also needs detbemined
what type device is best for recovery, and the findings may hawe@act on
new designs for VAD systems. It may well be necessary to Haviees that
allow to accurately set the amount of unloading, to apply a protawol f
promotion of recovery as well as for weaning from the device.

6. Other applications

If a ventricular assist device is not used to cure a patiekéep him alive untill

his final breath or to keep him alive until he can be transplatited,it can still

be used to keep a patient alive until another event. It was mentehec that

part of the patients who get an assist device for post-cardiobeay failure is

eventually enlisted on the transplant waiting list because thayoti@eem to
recover. The initially implanted device is usually only intendedstoort-term

support, and thus needs to be replaced with a device that can beruséanger

period. In that case, the original device was actually a bridga bridge to

transplantation. This ‘bridge to bridge’ (BTB) is sometimeso gierformed

deliberately, for example if a tranplant candidate suffensifacute heart failure
he can first be stabilized with a little invasive (and lessirtratic) short-term
assist device such as the Impella Recover (Impella Cardimte&G, Aachen,

Germany) before he gets a long-term device.
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Another ‘bridge to ..." application will likely become more populathwvthe
current development of new pediatric ventricular assist devigelsridge to
corrective surgery. Congenital heart disease is often very crenagpld may
involve several re-operations. New technology specifically aintisose patients
and will allow corrective steps after which the heart doeshaoéssarily need to
be completely functional.

VADs have also been used as a bridge to the Batista procedures thier
procedure was an alternative to transplantafibnit was elected for young adult
patients who may survive for a longer period with Batista than with a tearispl

Finally, VADs have also been used experimentally in combinatitim adjuvant
therapies such as stem cell injection or gene therapy to heabiseased
myocardium.
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F. PHYSIOLOGICAL IMPACT OF CONTINUOUS
AND PULSATILE BLOOD FLOW

1. Introduction

Pulsatility in the human body and its significance for survival \aleady
studied in ancient Greece by Aristotle and Hippocrates. Ia fieentury it was
William Harvey who performed experiments to confirm the linkneen pulse
and the blood circulation and he published his findings in his book "Extocit
Anatomica de Motu Cordis et Sanguinis in Animalibus" (anatongxpériments

on the motion of heart and blood in animals, 1628, see Fig. I-37). Oneycentur
later, Stephen Hales succeeded in quantifying the pulse presshigefamous
experiment with the tied down mare and the glass manometer (Fig. 1-38).

Fig. I-37: Drawing by William Harvey to illustrate palpation of pulse.

When the first cardiac assist or replacement devices @exeloped in the early
1960s, it was generally believed that these devices should provideafidw
pressure that mimic normal physiological patterns. After theldewrent of the
first clinical rotary blood pump by Perry Blackshear, howeves,issue of non-
pulsatile cardiac assist became more imminent. The centrifugap soon
became popular in CPB circuits due to its air purging capabilitysaral size,
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which would also help to overcome some of the common problems s#en wi
cardiac assist devices. Nowadays, several rotary blood purepsliarcally
available for non-pulsatile cardiac assist and many more are dedelopment.
Several new studies have been performed to assess thelifgagidong-term
non-pulsatile assist or, on the contrary, as an attempt to demensteat
superiority of pulsatile assist.

Both pulsatile and continuous flow are used in the studies discussiis in
dissertation. However, the focus in these studies is mainly on #ne tvich is

in contrast with the many (often contradictory) studies thatpewed organ
perfusion and related physiologic effects under pulsatile and non-faikaiy.

As an illustration, the following section will discuss the adeges and
disadvantages of the two types of flow on the perfusion of organs during long-
term cardiac assist. More detailed information can be found incentre
publication by Thalmann et af’l.

Fig. 1-38: Depiction of Hales’ blood pressure experiment that was published in 1733.

2. Reasons of controversy

Many studies comparing pulsatile and non-pulsatile assist havedoldtie
conclusion that pulsatile flow and pressure patterns provide Ipettrsion and
oxygenation of end organs. However, there are as many studieagpbat no
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difference’?. An explanation for this discrepancy is that most studies invéstiga
different parameters or give other definitions to pulsatility, aat nany studies
were performed without the current experience in managing rotary blood pumps.

The duration of support may be an important parameter affectirgutbeme of
studies. Many comparative studies focused on the effects oftifiylsduring
CPB or over short-term support periods, while current and future appficof
non-pulsatile cardiac assist devices will concentrate on longdaepport. It has
been reported in long-term studl&8™ that important changes occur in the body
over time as it tries to adapt to non-pulsatile circulatory suppod thus a clear
distinction must be made between acute and chronic effects.

The inflow cannulation used for the cardiac assist (atrial vsrigalar) may also
lead to different results. Also outflow cannulation is importantedaing the
pump outflow to the ascending aorta results in a completelyreiffeflow
distribution than directing it to the descending adft&”. In the former case, a
better perfusion of the upper limbs and head is obtained.

The use of different animal species in experiments also leaddiverse
conclusions, just as a mixture of healthy animals and manyehtféeart failure
models may cause confusion. Finally, one of the major problerosniparing
different studies about the impact of pulsatility is the fact thierent pumps
with different control algorithms are used and therefore diffeparfusion
patterns are presefit.

Consequently there is a need for carefully defining and chamontgpulsatile

and non-pulsatile assist. The problem is especially distinct irfiotinger assist
type, where apart from amplitude, frequency and waveform of thee,puls
triggering is also an important determinant. The use of synchronous Vvs.
asynchronous assist and the phase shift with the cardiac ECG@wdéntly
influence the outcome of comparative studies with non-pulsatile assist.

One way of better characterizing the perfusion pattern thattseoin the

cardiac assist device and the heart is to quantify the enkagyittcontains.
Especially because the main advantage of pulsatility is néteipressure itself
but in the higher energy transfer. One suitable parameter sthalled energy
equivalent pressure (EEP), which was defined by Shé{faes:
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t t)dt
cep- P o

i p(t): time-varying aortic pressure (mmHQ)
Q(t): time-varying aortic flow (I/min)

When no pulse is present, the EEP is equal to the mean gotesalire (MAP),
but pulsatility can cause a big disparity between these two psgsndepending
on the morphology of the waveform. One of the requirements for thelaizbn
of this parameter is the acquisition of instantaneous aortisyreesand flow,
which is often omitted in experiments assessing the impact oftiptydaecause
they usually only concentrate on local perfusion of certain organs.

3. Insights from animal studies

3.1. Effect on pressure regulation
To grasp the impact of pulsatility on blood pressure regulationniggsssary to
understand the vascular and cardiac pathways for negative feedbapkaazee
in section A.9.

If non-pulsatile cardiac assist is applied in a patient witleakwheart, then a low
arterial pulse pressure may appear. It has already been reportduksegpatients
are actually ‘pulseless®*®2. The baroreceptors in the aortic arch and carotid
sinus will recognize this unphysiological situation and react ag Were
hypotension. Sympathetic activity will be increased by theontor center,
resulting in vasoconstriction and a pressure rise that actually causgtehgmpn.

Vasoconstriction and the resulting pressure rise have two majoeqr@®Iges:

the peripheral circulation becomes less effective and the worldbdde left
ventricle is increased. Several studies have demonstratedsarprese, while
others notice no pressure difference between pulsatile and nonlpudsatst®®.

A recent chronic goat study that investigated vasoconstritivetion and the
baroreflex during pulsatile and non-pulsatile support could not find any
difference between the two flow typ&§!, while previous acute studies had
demonstrated decreased constrictive function under non-pulsatile sépfort
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3.2. Effect on the heart and circulation
During cardiac assist, there is no significant difference letviee mean arterial
pressure and the cardiac output of pulsatile and non-pulsatile delieety the
applied manual and automatic control. This is however not easy taereal
because MAP and CO are linked by the peripheral resistances iBhaf course
a difference between the pulse pressures: non-pulsatile @ssistsult in a very
small and undetectable pulse presstffebut it can also create a pulse pressure
that is approximately half of the physiological pulse pressure, depeoditige
residual cardiac functio®. Reduced pulse pressure can lead in the long run to
structural changes of the aortic wall: a significantly thinmadl and higher
proportion of elastin was found in chronic goat experim&ftsThese changes
did not lead to a functional change with respect to elasticity aulastone,
while vascular contractility was significantly diminish&. Other parameters
such as left ventricular end-diastolic pressure, coronary aftery, and
epicardial and endocardial tissue blood flow are apparently not inflddrycthe
type of assist.

In the limbs of a healthy person, a pumping effect similar tastadtic
compression is present: the pulses in the arteries push thefbleadd in the
nearby veins. Consequently, the application of a continuous non-puftatile
decreases venous flow. Lymph flow, which mainly depends on this ‘pufsp’pu
may be seriously decreased as a result of chronic non-pulsgipers. It has
already been demonstrated in acute animal experiments thaintpé Flow is
almost nil during non-pulsatile pumpiffg®°.

Another effect of chronic non-pulsatile support is the unbalance betwee
systemic and pulmonary flow, or between left and right cardiac otitpiwhile

in normal physiology the left heart output is about 1% higher tharrighe
output as a result of bronchial and coronary flow shurtthghis becomes 10 to
16% in the presence of a pulsatile cardiac assist device. NonHpubssgist
would even result in a 30% unbalance, due to increased shunting ahialonc
level.

3.3. Effect on the brain
Little reliable details are known about the effect of pulsatite non-pulsatile
cardiac assist on the cerebral blood flow. Many studies deratettetrimental
effects of non-pulsatile support on cerebral perfusion and autoregulation, b
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these were all the effect of acute support (CPEY. As many other studies on
non-pulsatile CPB found no significant influence on cerebral metabBfisfi”

A recent chronic goat study demonstrated that there was no sighifigaact on
the cerebral metabolism after four weeks of non-pulsatile suppbith was
evidenced by a significantly lower pulse presstte The assessed metabolic
parameters were related to the oxygen consumption and lactdteylucose
differences between arterial and venous jugular blood.

3.4. Effect on kidney function
The kidneys have a very important physiological function. They do not only
filtrate the blood and regulate the fluid volume in the body, but thexy sdcrete
hormones for the pressure (e.g., agiotensine converting enzyme, ACE) and
hematocrit regulation (e.g., erythropoetine, EPO). Several studies hame be
performed on the effect of pulsatility on renal function, but theré ist
controversy. Some experiments show that non-pulsatile assistsresula
significantly lower renal microcirculation than pulsatile assistequal mean
pressures™. Especially the perfusion of the cortex is impaired by nonpulsatile
assist, while pulsatile assist imposes a redistribution dbltia flow in favor of
the cortex when it tries to restore a normal physiological tiondi This
redistribution only appears when the renal arterial pressurepis atmve 70
mmHg ®°%! Impaired cortical flow can eventually result in hypertrophyhef
smooth muscle cells of the renal arteries in that [é?Jéabut this effect is mainly
observed when low pump flows are applied. Other negative indicatiom®rier
pulsatile flow are decreased renin and sodium secretion and dinginisime
output'®”. There can also be a pathological change of the kidneys: deformation
of the arteries, expansion of Bowman's capsules and proximal tubuknal R
sympathetic nerve activity is apparently also influenced byyihe of assist. By
analyzing the frequency of action potentials, an increase in thigtyaavas
found with the use of non-pulsatile as§i&f. This increased sympathetic activity
resulted in an increased peripheral resistance, which in turn redpéhe
microcirculation. In conclusion, there is overwhelming evidence thaalre
function is better preserved when pulsatile assist is used, anthihaype of
assist is the best means to restore deteriorated renaiofuradter cardiogenic
shock. There are, however, also studies that lead to the conclhatonon-

pulsatile assist has no different effect on the kidneys than tipellsessist
[73,103,104]
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3.5. Effect on splanchnic function
In case of multiple organ failure, the liver is often the mofgcédéd organ. The
regional blood flows in the liver and in the mucosa of the stomacreakse
significantly as a consequence of severe heart failure. By usiagtiblcardiac
assist, these regional flows return to their normal values affmoximately two
hours, while under non-pulsatile assist these flows will only partialyves&®!.

A question that arises for the perfusion of all major organs ishtt extent the
aortic flow and pressure patterns still exist at the levéhefend organs. These
patterns are deformed by the inertance, resistance, and corapldnthe
intermediate vasculature. This is especially important Her liver, since three
quarters of the hepatic perfusion is maintained by the portal ¥éis blood
supply is collected from the veins of the intestines and is thuisdaect blood
supply that already passed the microcirculation of another orgéowlpatterns
are abnormal in the aorta, they will further be distorted in miesiines, and
consequently the liver is very susceptible to unphysiological support.
Gastric mucosal tissue is very sensitive to ischemic incekeand therefore the
pH of the stomach decreases in patients with a failing heartugéef an assist
device and the associated normalization of total blood flow will augtherpH
value again, but it will not recover to a normal level, nor under plelsaor
under non-pulsatile assist.

3.6. Transition period and ideoperipheral pulsation
Since 1977, Yukihiko Nosé claims that the negative effects causatbipy
pulsatile assist are only temporary and caused by adaptationnpévea’é®. In
1983, Leonard Golding and colleagues determined that there would be no
physiological differences (arterial pressure, neural activityne output, end
organ perfusion) between pulsatile and non-pulsatile assisted patitr@ pump
output of a non-pulsatile system is set 20% higher than the outpypwi$atile
system*®l., After maintaining this higher flow for six weeks, it could beéred
to the normal range while normal body function will be preserved.|&imi
experiments were later performed by Taenaka et al. in an ingpismténg and
they found no differences in hemodynamics, blood catecholamines or oxygen
consumption between pulsatile and non-pulsatile support with identawal f

levels!t0]
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Nonetheless, the early experiments of Golding et al. showed that, aft
transition period, the circulatory system starts to generatwits pulsatility at
the low rate of 40 beats per minute by varying the peripheratasse. The
pulse pressure that is initially generated is very low, biurtciteases with time
and it reaches a value of 15 mmHg after three months of non-pufsatiging.
This phenomenon was discovered by Dr. Tsutsui and his colleagdew/as
termed “ideoperipheral pulsation®®”. Similar findings were reported by
researchers that discovered some kind of ‘auto-pulsation’ gehdrgtehe
circulatory system under chronic non-pulsatile ad&¥8t°°! This pulsation
was explained by two known physiological phenomena: the Mayer arav¢he
Traube-Hering wave.

According to Tsutsui and Nose, the ideoperipheral pulsation phenonignon
similar to these two waves, but it is not one of them. The fattit only occurs
after six weeks, that it generates 40 cycles per minute, andhthajenerated
pulse pressure increases with time, suggests that it is anotiteroki‘auto-
pulsation'. It may be an emergency backup system of the body thetiviated
when there is lack of natural heartbeat, as with non-pulsatile assist.

4. Clinical experience

Many studies regarding the feasibility of long-term non-pulsatil@oort have so

far been performed in animals. The clinical experience, howevezlasvely
limited. The effects of non-pulsatile flow on patients that have been supported for
several months (with a maximum of more than two years) hawntigdeen
reported and it appears that the occurring problems are very diffeoen the
findings described aboVE?.

One of the consequences of the decreased pulsatility is moireatafhow and
lower shear that can result in augmented platelet aggregatioh tdistkeady
present atherosclerotic obstructions. This may eventually resulrterial
occlusion. Another effect that is probably related to the altel@d is the
occurrence of gastrointestinal bleeding from arterio-venous malfmmsaas it
also appears with aortic stenosis. As mentioned before, descendingatilow
graft anastomosis causes a different (unnatural) flow pattern &scending
aortic anastomosis. In certain patients it was found that desgeadita grafting
results in stasis in the aortic root, which hampers the opening abttie valve
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and can cause occlusion of the coronary arteries. Positive tlioieaequences

of chronic non-pulsatile flow on end-organs is the optimization of the rati
between cardiac oxygen supply and consumption, and the maintenance or even
improvement of renal and hepatic functiétt**? This is in contrast with many
predictions from animal experiments.

It has to be taken into account that in clinical situations, tiseedways some
residual pulsatility due to the native heart function. In severd faaure, the

pulse pressure may be very low in the post-operative phase, hlitgemerally

increase over time due to some degree of myocardial rec8¥e§ome clinical
centers even select patients for non-pulsatile support in a dtate there is still
significant residual cardiac function, which will ensure a notableepptessure
113 The underlying idea is to truly assist the heart rather thaake over the
whole circulation. This is in contrast with many older animatligts where the
heart was fibrillated to avoid pulse or any contribution of the He&H>!

Another disparity with the animal studies is the refuted idied higher non-
pulsatile flows are necessary to maintain adequate nextratyaand end organ
function. No extra high pump flows are used for non-pulsatile suppdreatt

failure patients, and no adverse effects indicate that this shmulthe case
[116,117]

5. Pulsatile alternatives

The most common way to provide pulsatile assist is by using ivEssit
displacement pumps that make use of cyclic filling and emptging blood
chamber. These devices have obvious disadvantages like size, biabomypat
issues, vulnerable valves, etc. Consequently, researchers have bségating
the feasibility of alternative methods to generate pulsatile cardset.as

One possible method is the use of rotary blood pumps in a pulsatle. fibis
can be realized by switching between a high and a low rotatepesd, or by
switching off the pump intermittently. In chapter IV, it is delsed how the
modulation of the rotational speed — i.e., superimposing a waveform on the
steady rpm — results in more efficient unloading of the lefitnae. A possible
problem with this kind of pulsatile alternative is the decreaskdemcy and
durability of the device: the current rotary blood pumps are dedigo work
optimally at a continuous rotational speed. Continuously varyingspgaed will
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result in higher loads on the device components and cause a ditfistebution
of shear stresses and stagnation and turbulence areas. Therefafie, dpaces
should be designed if this alternative path is to be pursued.

A different method for pulse generation with rotary blood pumps is to
intermittently shift the impeller axially so it can keepatotg in the same
direction and at the same speed, but generate a completelydifiere path.
This results in relatively low turbulence, but the two actuatysgesns that are
required make the system more vulneraBfé Alternative ‘rotary blood pumps’
make use of positive-displacement principles as used in théaiaiVankel
motor or in vane pumps'®*2%

Another way to obtain pulsatile flow is the combined use of aydiiamod pump

and an intra-aortic balloon punf3*. The balloon pump can be triggered to the
R-wave of the ECG, which can yield a pulse pressure of 40 mmHg thaile
rotary blood pump provides an appropriate mean flow. Although this pulse
pressure is sufficient, regional blood supply to several organs is mpt ve
satisfying.

6. Conclusion

A patient who suffers from heart failure shows a deteriorationthie
physiological function of multiple organs. If the patient can bestesiwith a
cardiac assist device, this deterioration can be reversed ahtblpartial or full
recovery. Various studies suggest that pulsatile assist deviodacprthe best
results when it comes to recovering and maintaining the physialogpadition
of various animal species. There is, however, a huge discrepanicg many
studies that have been performed on this topic. Some claim thatlpwdsaport
provides significantly better outcome, while others demonstratdifference
and conclude that long-term assist with non-pulsatile perfusiopossible
[74.76,104.122] At least there is agreement on one issue: no one has yetthtted
non-pulsatile perfusion may be superior to pulsatile perfusion. Ererfimited
clinical experience it can be derived that the complicationsngrisrom
decreased pulsatility are limited and differ strongly from thedigtions from
animal studies.
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CHAPTER I

A. INTRODUCTION

Before considering evaluation of ventricular assist devices ircalitiials, it has
to be demonstrated in vitro andin vivo tests that they are durable and that they
can actually provide the required flows and pressures to sufficisaflport a
heart failure patient. Even though device testing and certificatiohegi@nd the
scope of this dissertation, some guidelinesiforitro andin vivo testing are
summarized below. These guidelines were formulated by a wordgiagp
consisting of members of the American Society for Artifitraernal Organs and
the American Society of Thoracic Surgedttd. The working group focused on
recommendations to demonstrate the long-term reliability ofthar@cal
circulatory support systems, but their findings are also useful faergke
characterization of such devices. In particular forimrvitro test setup that
simulates the systemic circulation (a mock circulatoryesysbr mock loop), the
working group advised to consider the following variables:

Vascular resistance

Arterial compliance

Venous compliance

Left inlet or left atrial pressure

Left outlet or aortic pressure

Flow rates
The long-term reliability recommendations further stated thanharitro setup
should be able to simulate normal as well as ‘worst casgsiglogical
conditions. Additionally, special attention must be paid to the wktre device
and therefore it was advised to use normal saline at body tennmeess a test
fluid to simulate the corrosive nature of blood. The discrepancy in wigcos
between blood and saline was then supposed to be eliminated by adfsstime
the setup variables. For characterization of devices or intanettidies with the
heart, however, there is no need to simulate corrosion or device wear.

Thein vitro tests should allow to answer two main questions: (i) does theedevi
produce sufficient outflow to support a patient, and (i) does it generate
appropriate pressures? Those questions are in first place intptwtachieve
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good perfusion of the major organs and to keep the patient alive. Howetrer, wi
the growing interest in bridging patients to recovery, it is alsoastmg to find

out how well the device unloads the native heart. To assess thiggitessary to
have ann vitro model that simulates both the heart and the blood vessels of the
patient. In contrast, if the perfusion is of primary interest iihés sufficient to
simulate the ‘afterload’ that the device has to work against, the.,arterial
circulatory system. In this setting, it is still necessarintorporate the device as

if it was filled with blood coming from the heart, but it is notndatory to
simulate the whole heart function.

In summary, eachn vitro setup for ventricular assist studies consists of an
afterload and a preload. This chapter first describes somekmelin afterload
models, which can be lumped or distributed. Available preload matels
described next, and these come in two forms: time-invariaatiq)s for basic
characterization or time-varying (dynamic), as a simulatiornexrt function.
Each section also describes the models fabricated at the Hgdrhaboratory
and thus presents the vitro tools that were used for the studies described in
chapters IV and V. More details on these models and their tiahdaan be
found in chapter V (section B).
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B. AFTERLOAD MODELS

1. Characterization of afterload

The afterload of the left ventricle can be defined as thetluaidthe heart has to
eject against. Ventricular assist devices are often sutljéctdhe same afterload
(depending on the outflow cannulation site), which is formed bystlséemic
vascular system. The large arteries of that system havanfhe@rtant task to
damp the pressure pulses coming from the heart (or assist Jdeviosder to
transfer a more constant pressure to the organs, which need costparfusion
rather than intermittent. The arterioles, which have a thickcotas wall, are
mainly responsible for the pressure drop and thus vascular resistan
Consequently, the main characteristics of the arterial systamneed to be
simulated are compliance (vessel elasticity) and resistance.

As discussed in the first chapter, the main purpose of veins besideseling
blood back to the heart, is storing blood: they can adjust the voluméhéya
contain according to the needs of the body. They therefore act afen dfa
low pressure level and are of lesser importance for the perfo$itme body,
which mainly depends on the pressure in the arterial system. Conggqueins
are often neglected in vitro tests.

To characterize the arterial system, the principle of impeglaas known in
electronic systems has been applied and extensively studied.inplog

impedance of an arterial system is defined as the ratio efuarying pressure
and flow, measured at the aortic root. As in electronics, impedareceamplex
number that is calculated by decomposing the measured datanartia Fourier

components. The impedance characteristics can then be presentediulas

and a phase diagram as a function of the frequency, where the freqfighey
first harmonic equals the heart frequency (beats per second).

Impedance matching of the native and artificial arterial systdnas been
performed since the 1960s. It was attempted to simulate thi@lastestem in as
much detail as possible by breaking it up in many different copts that were
easy to characterize, and the preferred method was to drawndlmyy with
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electrical components. The functions of different branches of tegahrsystem
are then mimicked by a combination of coils (inertance)st@s (resistance),
and capacitors (compliance) of which the specific propertiekrayen. Instead
of breaking up the arterial system in distributed componentsintdion can also
be simulated as a whole by assuming that specific propstisdsas compliance,
resistance and inertance are not spatially distributed over lib&e wirculatory
tree, but lumped and effective at only one site. This results-aalssd ‘lumped
parameter models’ as introduced in in vitro cardiovascular resdmradtto
Frank in 18992 Frank applied a model containing only two components: a
compliance element and a resistor. Meanwhile it is found th&kast four
components are necessary to obtain impedance characteristicuffir@aently
approximate the human arterial impedance: a compliance and ahgrei)
resistance component, an inertance component, and a charactempsdance
component that simulates the function of the proximal a6rta

In summary, the arterial system can be simulated with aldistd system that
tries to contain as much anatomical details as possible,canite simulated
with a lumped system that merely focuses on the main characteristics.

2. Lumped in vitro afterload models

2.1. Introduction
Westerhof et al. stated in 1971 that “vascular aspects, such ssungravave
travel and distributed periphery are, for studies of the heart, ofrect diterest”
(126 This is also true for studies of ventricular assist devicégravthe sole
purpose of thein vitro setup is to create an afterload similar to the one
experienced by the deviae vivo.

The classic lumped model, consisting of a peripheral resistarpaaallel with a
compliance, was directly derived from Stephen Hales’ conoglptsorated in
1733. It was first routinely applied by Otto Frank, who used ant@amber
(Windkessel in German) to simulate compliance, and hence all tusnperial
models are referred to as windkessel models. The concept of tegopeed air
proved to work well, due to the compressibility of the air, whidh ot subject
to fatigue as opposed to a spring system. Further advantages andinibe

supply of air and the nonlinear behavior in the same way as blooelsiesisa
higher working pressure, the blood vessel will be less complianthanair will
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be less compressible. A disadvantage is that it is more igensittemperature
changes and that a container with a relatively large diansetequired to avoid
large variations in the fluid level (and the related pressura)rasult of pulsatile
pumping action.

Frank’s windkessel model was later (1930) extended by Broemser amd R
who added a third (resistive) element proximal to the classiehiS’”. They
believed that this was necessary to simulate the resistarice abrtic valve, but
it was Westerhof who described the real function of this eleimeh968 ™%,
This third element takes into account the high frequency propertigbeof
proximal aorta, while the classic model is merely a bundlinghef general
elastic properties of the large arteries and the resistofgerties of the arterioles.
Hence, the classic model mainly simulates the low frequermyepies of the
aorta (< 4 Hz). By building a hydraulic 3-element windkessalpsé¢see Fig.
[I-1), Westerhof et al. set the trend for the following decadesmatk loop
studies*?®l.. Meanwhile several other, more complex models have been proposed,
but it is more difficult to construct and to handle theseininvitro setups.
Therefore complex models are mainly used in mathematical modeling.

Fig. lI-1: Schematic drawing of Westerhof's artificial afterload for pumping hearts.
LV: left ventricle; LA: left atrium; R.: characteristic resistance; C: compliance;

R,: peripheral resistance .
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Westerhof's experiences were applied by others to design moaklatory
systems specifically for studies with ventricular assisiads. One of the first
controllable mock loops was designed by Donovan for total artificial hetriges
(129 "1t was relatively compact and made of a transparent atryig203 x 406 x
609 mm) subdivided into four chambers. It simulated both the systamic a
pulmonary circulation, where the artificial heart was connecidd avcannula to
each chamber. An adjustable air volume was present in each chiansbaulate
compliance, and a bellows-operated valve provided resistance. Accdaling
Donovan, this valve provided baroreceptor feedback by the (adjustahley spr
action of the bellows. Pressure could be measured in each chambisrrabtk
loop, and it was even supplied with a home-made turbine flow reeterquire
aortic flow. This mock circulatory system was easy to ugkvery versatile, but

it required a lot of fluid to obtain the desired compliances.

Fig. 1I-2: Schematic drawing of the Donovan mock loop 9!,

Another historicalin vitro setup for both artificial hearts and left ventricular
assist device testing is the Pennsylvania State University foopk originally
designed in 1971 and temporarily adopted by the National Institute dthHesa
the ‘standard mock loop**”. It was updated a decade later, although the main
configuration stayed the same: a systemic compliance chambawddllby a
resistor, an inertance element, and a venous compliance chétbeThe
systemic and venous compliance chambers did not contain air, dinder
with a piston that was sealed with a rolling diaphragm. The camg#i effect
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was realized with a cantilever spring that was mounted in athayits flexing
point and thus the resulting force-displacement relation atghe ttompliance)
could be adjusted. The resistor consisted of a number of paralldldldéxbes
that were mounted between two plates and thereby compressedrdéase
resistance.

More recent exemplary designs of mock loops are constructed by research groups
in Aachen (German¥$¥, Rome (Italy}**®, and a collaboration between the
Universities of Utah and Louisville (USAJ". The group in Aachen designed a
very compact and portable system that comes in a systemia @atmonary
version. Two systems can easily be used side by side for bietdatriassist
device or total artificial heart testing. The setup consistthi@e cylinders of
identical dimensions, mounted adjacent to each other on a triaqdatear One
of the cylinders acts as a reservoir and is not involved in ¢el8op. Another
cylinder is a compliance chamber in which the considered dejests. The
flow will go through the compliance chamber and pass through acalerti
rotameter that indicates mean flow and through a ball valve ¢teata a resistor.
From there, the fluid enters the third cylinder from the top. Tyliader acts as a
venous (or atrial) compliance chamber from which the device is filledwhioée
system can be equipped with extra manometers and flow meterscimate data
acquisition. The compliance chamber simply uses a trapped air &ohurhit is
innovative in that it has an internal cylinder (open at the top)efyulation of the
compliance. To decrease the compliance, air is replacediiblyirl that internal
cylinder and so the fluid level in the outer cylinder - through whichflihe
circulates - can stay constant, thus preventing additional miestsefThe fact
that a simple ball valve is used as a resistor has the disagedhtd it is highly
nonlinear and that it is very difficult to regulate within the physiological range

In contrast, mock loops designed by Sharp et al. (USA) and Ferari(&aly)
use resistors comparable to the one described by Westerhoffoaafmelr or
porous plate with a slide in front. Ferrari further automatedstite with a
stepper motor. He used spring loaded compliance chambers, whiteuSled air
chambers equipped with a piston to regulate the compliance. Sharp raawd Fe
also included a characteristic resistance element proximal to the coraplianc

All the recent designs are provided with access ports and dciles-Ifor
instrumentation and accurate measurements. The sophisticated mosidtap
of Italy even incorporates automation of the resistance elenmritapparently
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not for simulation of the autonomous nervous system changes. Motorized
control is used to accurately set and maintain a certastaase value (or mean
arterial pressure if desired) and thus to overcome nonlineasines the
inaccuracies of manual resistance settitry

Fig. 1I-3: Schematic drawing of the mock loop designed at the Helmholtz Institute Aachen "2,

2.2. The Hydraulics Laboratory lumped afterload

2.2.1. Requirements
Apart from the vague recommendations for long-term reliabil@gting of
mechanical circulatory support systeftfs!, further requirements were defined
for the lumped afterload designed at the Hydraulics Laboratory nf{Ghe
University, Belgium):

modular system

simple design of individual components that can be reproduced

easy and accurate change of settings that simulate vascular properties
reproducible settings

properties adjustable during operation

manageable: filling, emptying, and purging has to go clean and swift
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allow connection of various devices and cannulation types

allow different test fluids

visual control

transportable

easy access for instrumentation (pressure gauges, catheters, flow probes)

2.2.2. Overview
The lumped afterload model was primarily designed to mimic systemic
circulation. The main components are an air chamber (windkessehicking
the compliance of large blood vessels, and a resistance, mimickimgstbve
action of arterioles and capillaries. The resistance is fotlole an overflow
reservoir that maintains a constant venous afterload press&renafHg (with
water as a test fluid) and provides an infinite venous compliancemall
(characteristic) resistance can optionally be placed proxiondie windkessel,
resulting in a three-element windkessel afterload as definéd/dsterhof*?°,
An additional valve can be installed between the resistor and theuse
overflow reservoir to facilitate filling, purging and component exgea All
components are connected with threaded couplings and 21 mm inner diameter
PVC piping all at the same center level (60 mm above tabletoppections are
kept as short as possible to minimize the inertia of the systdme the
inevitable remaining inertia can be considered as the fourth eleimethie
lumped windkessel model as described by Stergiopulos &alLuer-locks for
pressure transducers or catheter access are present imthkessel and before
and after the resistor at the center level of the connectons.rte measurement
is provided proximal to the windkessel.

The compliance chamber consists of a hermetically sealeadaogkl reservoir
and makes use of the elastic properties of trapped air. Thelianogp is
adjustable with a three way valve on the lid to add or purge airp&hpgheral
resistor consists of a foam that is contained in a cylindmeahbrane which is in
turn fixed in a horizontal cylindrical housing. The membrane (and ffaam be
compressed for resistance regulation by adding fluid in betwedrotisng and
the membrane. The smaller characteristic resistance isljustable and consists
of a piece of foam that is fixed in the inflow of the air chamf@de venous
overflow reservoir is a cylindrical reservoir, open to atmospheitl, a central
funnel that connects to a drain pipe.
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More details on the different components, their validation, and thefude
afterload in combination with a static and a dynamic preloadbeafound in
chapter V, section B. Studies performed with this afterload modebedgound
in chapter 1V (section D) and chapter V (sections C and D).

Fig. lI-4: Top: overview of the lumped afterload. A: windkessel. B: resistor. C: valve. D: venous
reservoir. Bottom: detailed view on the composition of the resistor, with the foam on the inside
and the flanges of the membrane and the housing around it.
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3. Distributed in vitro afterload models

3.1. Introduction

It is virtually impossible to make an exact artificial copy tbé mammalian
arterial system, given its vastness and complexity. Consequeinslyibuted

arterial systems that are used as afterload in mock diocylsystems are limited
to rubber versions of the large arteries. Their main benefitslorgred models
are: (i) they allow realistic introduction of a device, fti)s possible to mimic a
realistic flow distribution over different vascular regions, (pilessure wave
propagation and reflection is more physiologic.

Besides the realistic simulation of the introduction of a devather surgical
procedures can be simulated in a distributed model, e.g., the usescoiava
grafts, aneurysm treatments, and coarctation correction. Sucuea ailows to

connect the outflow graft of a device to a rubber aorta and doing seffelee of

a compliance mismatch or the optimal insertion angle can be edsd#dest

benefit, however, is achieved when studying ithesitu performance of small,
catheter-based devices such as intra-aortic balloon pumps or takalmpmps.

The fact that the flow distribution can be investigated is pdstity relevant for

these devices: since they are introduced through a periphemgt ard shifted
retrograde through the arterial system, it is obvious that they the natural
flow distribution and hence the perfusion of certain regions.

Distributed arterial models are more difficult to fabricatel to handle compared
to lumped models, because of the multiplicity of components: eanobhreeds
a separate end-load to provide adjustability of the flow distribu8ach an end-
load consists of a resistance element and occasionally alsopdianace element,
each adding an extra variable to control. Due to their complexity, bdittd
models are rarely used for ventricular assist device stueien though there is
no doubt that these models are physiologically more correct hkinaped
afterload models.

3.2. The Hydraulics Laboratory distributed afterloa  d
A detailed distributed model of the arterial tree was previofadlyicated at the
Hydraulics Laboratory from latex rubber for studies on cardiovascul
hemodynamics in general and wave reflection in partictial*” Based on this
experience, a new model from more durable silicone was develofiea wual
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goal: allow introduction of a catheter-based VAD and allow assest of the
flow distribution over the arterial tree.

This afterload model consists of an aorta with eight main drier@éches, the
dimensions of which were derived from literattif8 and are representative for a
human male of 85 kg (Fig. 1I-5). The relative portions of the totat fin each
branch were also adopted from the same reference. Although theuceivbthe
aortic arch is neglected, the branches are connected to the #brtaspect for
their anatomic location. Also the geometric tapering of theeless taken into
account. The branches represent the carotid, the subclavian, the nehtiga
femoral arteries, all for the left and right side. On the rgitie, the subclavian
and carotid arteries are connected to the brachiocephalic trunaedity. The
renal arteries also represent other abdominal arterieqispleepatic, gastric)
and hence their dimensions are rescaled with respect tootheligtribution. In
reality, coronary arteries are subject to intermittent emlecompression from
the myocardium and their correct function is therefore diffi¢altsimulate.
Nonetheless, two coronary arteries were appended to the didriatiezload
because they can also serve as instrumentation sites.

The distributed afterload was fabricated with silicone rubbeng8h LSR
2050, Artois Plastics, Ostend, Belgium) that was brushed on a slpwlyirsg
metal mold and vulcanized in an oven at a temperature of 150 °C for & hour
Static and dynamic compliance measurements revealed hatinal model
required eight layers of silicone to obtain realistic propefgesipliance = 0.5
ml/mmHg). The aorta and the arterial branches were all reeferately and
afterwards connected to each other. Silicone was selecteds fetreingth and
durability. Alternatives are polyurethane which is more diffidolthandle, or
latex, which is very cheap and manageable but less durable.

The end-loads of each branch are identical and consist of a vetiicaler that

is glued to a rectangular overflow reservoir. The cylinder lisdfiwith foam,
which can be compressed with a piston for resistance regulatienovierflow
reservoir contains a vertical pipe that connects to a drainagensyThe test
fluid can be drained to a buffer reservoir via an open channel, @anitbe
collected in small reservoirs for each branch individually. Theservoirs are
mounted on a slide mechanism and can be used for synchronous graaimetric
flow measurements.
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This distributed afterload model has been used in the studiesbaesirichapter
V, sections D and E.

Fig. lI-5: Top: overview of the distributed in vitro afterload with the eight branches and their
individual end-loads. Bottom: view on the collection reservoirs and slide mechanism.
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C. PRELOAD MODELS

1. Static preload models

Depending on the type of assist device and the preferred cannulgtmna
device can be filled by the atrium or by the ventricle. In hgadiubjects, the
atrium would yield a relatively constant filling pressure, whigh pressure
variations would be present in the left ventricle. In end-staget liaidure
patients, however, the ventricular function is severely compezhasd the end-
systolic pressure and ventricular pulse pressure are dedrddserefore, and for
practical reasons, a static preload can be used to simulatenealy ventricular
pressure for validation of a ventricular assist device. A maxirmean filling
pressure of 40 mmHg was deemed sufficient as a standard, wlaiclaise that
can be found in healthy subjeéls

The static preload reservoir of the Hydraulics Laboratory candxk either fully
independent of the afterload, or coupled to it (the afterload dir&tidythe
preload reservoir). The latter method is most often used in wthatro setups

for assist device testing, possibly with an atrial compliancenbka in between.
The resulting preload value is then related to the amount of fluid inséhe
circuit. This direct coupling is very compact, and it may seenelate closely to
the real circulation where venous pressure also forms the pretahe heart.
However, this method neglects the pulmonary circulation where aticaadli
pump and buffer vessels actually decouple preload and afterload. ét dire
coupling will result in fluctuation of the preload pressure due to volume
variations - maximally equal to the applied stroke volume - iisplacement
type device is used. To minimize these pressure variationdjrttesions of the
static preload component were chosen rather large so volumeorariatsult
only in small pressure variations. With the current dimensensyiation of 100

ml would result in a fluid level change of 6.67 mm or a pressurati@riof 0.49
mmHg if water is used.

If the static preload is used in a decoupled way, the fluid fileenafterload
(either lumped or distributed) is drained to a buffer reservoirsam$equently
pumped up with a centrifugal pump (model UPS 25-40 B, Grundfos, Aartselaa
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Belgium) to the preload reservoir, which then acts as a Wensequently, a
constant pressure level is present at the bottom of the predeadsoir, where
the connection to the device under test is located. Two additional ¢cormare
present next to the device connector: one to pump in the fluid froroutifer
reservoir and the other to drain the overflown fluid back to thatveiseihe
preload reservoir is made out of Plexiglas and measures 150 x 100 7608 m

x | x h). Two vertical grooves are present on the inside betweenftoes and
outflow connector. Separate panes can be slid in the grooves to dojust t
overflow height, and thus the preload pressure. That pressure can be varied
between 5 and 40 mmHg and it can be monitored with a luer-lock ondthefsi
the reservoir, at the center level of the connectors. All conneatergustom
made and exchangeable to allow different sizes and types of devices.

The static preload model has been used for assessment of punip dedate
mathematical models and for the studies described in chapter V, sections B-D.

N

VAD buffer reservol

Fig. lI-6: Connection of the static preload reservoir for use in a decoupled way. The most left
connector in the photograph was especially designed for a catheter-based device. The middle
connector serves as inflow (from the buffer reservoir) and the right connector as drain.

2. Dynamic preload models (heart simulators)

2.1. Introduction
Worldwide, there are various vitro models that simulate the function of the
heart (i.e., the left ventricle) and can thus be used as a dypaehad for a
ventricular assist device. Most of these ‘heart simulatorg)use duplicators’
were custom made in cardiovascular research labs and originahded for
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artificial heart valve testing or for general simulation purpd$€s*® Such
systems are, to a lesser extent, also commerciallyabiai(e.g., Superdup'r,
Vivitro Systems Inc., Victoria, Canada). Apart from heart satarsk, it is also
possible to use a displacement type ventricular assist devicedte a dynamic
preload™**.

Heart simulators mimic the hydrodynamic function of the hemniether or not
with respect to its anatomy. The most basic simulatorssisb of a valved
container in which the volume is varied by a membrane, piston, lowsethat
can be actuated with either a servo motor or a voice coil or essgd air
[135.142.143] |t the anatomy of the heart (left ventricle) is respecteis, mimicked
with a rubber sac that is suspended in water of3&i**1**%I The actuation is
then indirect, with one of the previously mentioned methods.

The simulation of heart function can be obtained by computer caunptessure
generation™*® or volume variatiot**!, where ventricular pressure or volume are
fed back to the controller that tries to match them to a given fame In
cardiac physiology, however, generated pressure and volume ated rated
therefore a more realistic simulation would be based on ventrieldatance.
This can also be achieved with either pressure or volume cobtrblactual
volume and pressure need to be fed back simultaneously and incorporated i
algorithm with a given elastance wavefdrii.

2.2. The Hydraulics Laboratory heart simulator

This heart simulator or pulse duplicator mimics the anatomyefléft atrium
(LA) and the left ventricle (LV) with two silicone rubber sabtat are suspended
in a water-filled Plexiglas housing (see Fig. II-#f°. Bioprosthetic or
mechanical heart valves of different sizes can be incorporatacén the sacs
as mitral valve and at the aortic root of the ventricle ascavaive. The fluid
flow to the atrium comes from two pulmonary veins (PVC tubind)ictv are
connected to a static preload reservoir that simulates pulmonesgupe. The
aortic root ends in an arch and a connector suitable for a lumped rdyudiest
afterload model. A tubular extension of the ventricular apex iséere in the
silicone sac for insertion of a cannula.

For actuation of the heart chambers, their housing communicatesawith
actuation column that is partially filled with water. Applyipgessurized air on
the water surface in such a column results in compresdithe connected heart
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chamber and a decrease of the water level in the column. Asaulicalevel
sensor (Superprox SM606, Hyde Park Electronics LLC, Dayton, OH3talled

on top of the ventricular actuation column to measure ventricularmeolu
changes. Ventricular and atrial pressure can be measured wigtecatdirectly

in the heart chambers or with pressure transducers on the housing: Aorti
pressure can be measured at the aortic root via a luer+dchatic flow can be
acquired with a clamp-on flow probe a few centimeters distal to the aortic valve

The heart simulator is computer controlled with LabView softéwgMational
Instruments, Austin, TX) and pressure feedback. The error betwesredseired
pressure and a given waveform is translated (with PIl-circuitoy)the
displacement of a proportional pneumatic valve that regulates ohe df
pressurized air to the actuation column. During systole, the piass$air comes
from a pressurized air chamber and during diastole the actuatiamrcab
connected to atmosphere.

This dynamic preload model has been used for the validation ofutheed
afterload model, which is described in section B of chapter V. Tt
simulator has further been used as a dynamic preload in the in vitro stittlies w
rotary blood pump (chapter IV, section D) and with a catheter-bagdd V
(sections D and E of chapter V).

Fig. 1I-7: Overview of the Hydraulics Laboratory heart simulator.
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CHAPTER I

A. OVERVIEW OF MATHEMATICAL
CARDIOVASCULAR MODELING

1. Introduction

The history of mathematical models is closely related to ebelution of
mathematics. A model can be as simple as one equation, but thengoragy
available computing power has opened the doors for much more complicated
models. The main advantage of mathematical models over, for iasitamiro
models is that they are cheap and flexible. In addition, paramdtezsvin a
mathematical model can be set exactly and kept constant, iwhileo models

are more difficult to control.

When focusing on the cardiovascular system, models of different duatti
levels can be created, e.g., electrophysiological models thatasamadchange of
substances between cells, models that simulate the electr@@lictivity of the
heart, or models that simulate the mechanical behavior of valitetdedodels
related to heart failure and ventricular unloading are mainly déatsvo forms:
finite element models and lumped models. In this dissertatiorfotus is on
lumped parameter models in a mathematical form. The prinafidach a model
Is similar as described in the previous chaptemovitro models: geometrically
distributed properties of the cardiovascular system are condenaeauimber of
discrete components. Models of cardiovascular function are often littked
electronic circuit theory and the depiction of such a model asleutrieal
network facilitates composition of the necessary equations. Ldimnpadels
focus on pressure (~ voltage), volume (~ charge), and flow (~ cutrettare
generated in the cardiovascular system. To simulate thedtiterdbetween the
heart and an assist device, the total model needs to combine aahttaeheart,
a model of the assist device, and a model of the afterload experiepdbose
two ‘pumps’. These three components of a total model will hevdiscussed in
further detail.
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2. Cardiac models

2.1. Time-varying elastance
The original time-varying elastance theory of Suga and Sagawaxtansively
discussed in Chapter I. In short, ventricular elastance is defindtke astio of
instantaneous left ventricular pressure to left ventricular volwmeected for a
‘dead volume’ (\)), the volume in the ventricle at zero presstire

LV t
E‘“M or o (F EGfY, ®-V] (Eq. 111-1]

i E(t): time varying elastance (mmHg/ml)

puv(t): left ventricular pressure (mmHgQ)

Vv (t): left ventricular volume (ml)

Vo: volume at zero pressure (ml)
In a pressure-volume (PV) plane, instantaneous elastance gaeseated as the
slope of a line connecting theoMntercept on the volume axis with the
considered pressure-volume data point at that instant. Over thee aofua heart
cycle, the left ventricular pressure and volume variations widate a
counterclockwise loop in the PV-plane. Consequently, the slope of theiline
rise and fall, resulting in an increase and decrease of tharelasiThis elastance
varies according to a certain pattern that is typical for a dieant, independent
of preload or afterload condition. Therefore the time-varying elastéheory is
suitable for use in models of the heart where different loading comslvill be
simulated.

It is assumed in the original time-varying elastance theorytttgatnd-systolic
and end-diastolic pressure-volume relations (ESPVR and EDPVK|gelel6)
are linear. It has meanwhile been shown, however, that the ED&\lHest
presented by an exponential or a logarithmic relation. The EDRVRact
characterizes the passive compliance of a relaxed ventticdd®en extends to
negative pressures, suggesting that the ventricle is able to suck calaad
filling within a certain volume rang&*®. It was found that the ESPVR is also
curvilinear but to a much lesser ext&ft.

Several approaches are possible to implement the elastance tineay
mathematical model. The equations used are normally set forandiac cycle
and are solved repeatedly, where a scaling in time is applielbtam results at
the desired heart rate.
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1) A first approach is based on the original elastance thees [q. IlI-1]),

where all relations are assumed linear, including the EDRVi&e elastance
curve is plot as a function of time, then its maximum is tbpesbf the ESPVR
in the PV-plane and its minimum relates to the slope of th@\HD Since
diastolic pressure is always positive and non-zero - with thepéen of extreme
low volume conditions -, the EDPVR will have a positive value anctlfigtance
curve as a function of time will consequently hover completely abiovdime

axis. This first approach is the most simple one, but it has praveet
sufficiently accurate in many casé® %%

i) Another approach is to recognize the EDPVR as the passiveibeloa the
left ventricle, which is always present. The pressure geneiatetie left
ventricle can then be described as:

Py (D=Pwe (O + Bassre ) = EQf Vi, (1)-V] +EDPVF [Eq. 11I-2]

where the active pressure .{po iS generated by the contraction of the
myocardium and the passive pressuigs{p) is the result of the compliance of
the myocardium. This latter part can be modeled as an exporerbgarithmic
term (the mathematical description of the EDPVR), that is adadéde active
part. For the active part, the linear elastance theory can thersdek where
minimum elastance equals zero. Thus in contrast with the pre\ppusazh, the
diastolic part of the elastance curve would coincide with the éxi® In other
words, the active part alone simulates a PV-loop where the ldidgtmg phase
(see Fig. 1-15) coincides with the volume axis, while the ipagsart lifts the
loop onto the EDPVR. Both approaches i) and ii) can obtain an increase i
contractility by rescaling the elastance curve and increagggnaximum,
resulting in a steeper ESPVR.

iii) A final approach to implement the time-varying elastarieoty is to define

the ESPVR and EDPVR as (time invariant) boundaries by a matioan
equation with a level of complexity chosen by the developer. Thisbadipear,

but this approach easily allows to define curved boundaries. A dgudtion

then describes a time-varying activation functia(t)j that determines in what
proportion each boundary contributes to the instantaneous pressure and.volum
In other words, it is a transition function between 0 and 1 that desdrdve an
instantaneous data point migrates from the EDPVR to the ESPMRReGuently,

102



MATHEMATICAL MODELING OF VENTRICULAR ASSIST

the equation that defines the left ventricular pressure as adorgtvolume and
time has a term for ESPVR and a term for EDPVR:

p(V,t) = () XESPVR+[1- (t)]*EDPVR [Eq. 111-3]

When the activatiom(t) = 0, the instantaneous pressure-volume data point will
be on the EDPVR, while when the activation equals 1 it wilbbeéhe ESPVR.

To increase the contractility of the left ventricle in this apph, it is necessary
to redefine the ESPVR, while the activation function can stay the same.

A simplification adopted by all models is that the volume intgrd4 remains
constant throughout the cardiac cycle and thus acts in the PVdiagahe
pivot point for all the instantaneous pressure-volume relations. lityrethe
volume intercept varies over the cardiac cycle, although withimigéetl range
151 Especially during systole the variations are very small andefing it as a
constant value is acceptable. A more realistic approach woutduse a volume
value at a slightly negative pressure as a pivot point. This wealthcile with
the idea of Sunagaw&? that ESPVR and nonlinear EDPVR cross below the
volume axis.

Fig. IlI-1: Schematic diagram to indicate the difference between V, (volume intercept of
ESPVR) and V4 (volume at which no pressure variations can be generated).

2.2. Examples of elastance/activation curves
For modeling purposes, it is desirable to use relatively sim@thematical
functions that can be created within the model, based on the titeeasth a
minimum number of parameters. A commonly used activation curvestoé
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the combination of a raised cosine function for activation with an exgpiahe
decaying function for deactivatidi®®. A similar approach can be applied for
elastance curves: mathematical functions can be combined intordbtain an
elastance curve that mimics patient or animal elastance dasctihe simplest
way is to combine linear segments, but this has the disadvattitagenany
parameters are required to define the total ‘curve’, and that of steps are
necessary to position the line segments relatively to one an&tier
Polynomials may be used instead, but the elastance curve is Stesidwesplit
up in several parts. Splitting the curves adds one extra difficsipgogally when
they have to be rescaled: the connecting points need to be continuodigein va
and first derivative. Below are some examples of elastancescuses in left
ventricular mathematical models.

2.2.1. Sinusoidal approximation
In the normalized elastance curve that is used as an exampl€Hhetee cardiac
cycle is split into three parts: a rising part for contractiorfalang part for
relaxation and a part where the elastance is zero for ventriglitg. This curve
can be used in models according to approach ii) as described above.

%

rising part: E, (t) =sin [Eq. 11-4]

rise

(t_Trise) X

falling part: E,(t)=1- sin [Eq. 1lI-5]

fall

with:

E.(t): normalized time-varying elastance (-)
: time (s)

Tise 0.833 x duration of systole (s)

Tran:  0.167 x duration of systole (s)
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1.2

= Trise | Tfall
g 1.0
T
= 0.8 1
&
~ 0.6
®
§ 0.4 -
1% 0.2 Fig. IlI-2: Sinusoidal model of a normalized
% human elastance curve.
0.0 | T = 0.333
00 02 04 06 08 1.0 ey = 0.066

time (s)

2.2.2. Exponential approximation
This method allows to model the elastance curve with only twis:parrising
exponential and a decaying exponential with an asymptote equalrortimeum
elastance. Four constant parameters plus the time indicatitme ahaximum
elastance are necessary to define the elastance curve in thi8®ay

t

rising part: E()=E x(l-ef;l) +E_ [Eq. 111-6]

max

- (t- thax
falling part: E()=E,, xe% +E_ [Eq. 11I-7]
with:
E(t): time-varying elastance (mmHg/ml)
t: time (s)
Emax Emin: scaling factors (mmHg/ml)
t1, t2: time constants (s)

. 3.0
?Em 25 -
L 20
E .5
o Fig. IlI-3: Exponential model of a human
2 10 elastance curve.
% 05 4 Emax = 2.6 mmHg/ml
> Emin = 0.3 mmHg/ml

0.0 ‘ ‘ ‘ ‘ t;=0.15s

00 02 04 06 08 10 t,=0.03s

time (s)
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2.2.3. Double Hill function
In contrast with the previous methods, the ‘double Hill’ function dbesrihe
elastance curve as a whole, with five parametéfs The first part of the
function is an actual Hill function that determines the rising ledghef curve,
while the second part is an inverted Hill function that determimedalling leg.
The alpha parameters define the timing of the separate paitisedb the period
T, and thusa; needs to be smaller than. The exponents control the steepness

of the rising and falling leg, and there toowill be smaller than 5 resulting in a
much steeper falling leg.

E,(t)=ax R o [Eq. 111-8]
1+ t 1+ t
XT , ¥
with:
En(t): normalized time-varying elastance (mmHg/ml)
t: time (s)
T: period of a heart cycle (s)
a amplitude scaling factor (mmHg/ml)

ai, a»:. shape factors (-)
n;, N: exponential shape factors (-)

1.2
£ 10/
T
= 0.8
3 0.6 Fig. lll-4: ‘Double-Hill' model of a
© ' normalized human elastance curve.
% 0.4 a = 1.66 mmHg/ml
a 0.2 a; =0.303
(U .
° a, = 0.508

00 T T T ' nl = 132

00 02 04 06 08 10 n, =21.9

time (s)

2.3. Right ventricular and atrial modeling
Most studies and models are focusing on the left ventriclét igsthe most
powerful heart chamber that provides flow to multiple organs. Pressiume
measurements on patients have mostly been performed in thvendficle, and
data are readily available. The situation is different forrigiet ventricle, where
only limited patient data are available. Compared to the Mefitricle, right
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ventricle PV-loops exhibit a more triangular shape. This is cause a
combination of a distinct right ventricular geometry and a naiykdifferent
afterload. As a consequence of the low pulmonary afterload presshees, t
isovolumic contraction and relaxation phases of the right ventrieleslaorter
than in the left ventricle. From geometric point of view, thé \ehtricle can be
considered as one symmetric cavity (often approximated byipscédl or cone),

but the right ventricle consists of two distinct parts: the sems the conus.
These appear not to work perfectly synchronous, resulting in a tweghas
contraction**"**8 Therefore it is questionable whether the whole right ventricle
should be modeled as one part and whether its function should be determined
from one complete loop. The situation is even more confusing for soti¢éhe
atria, where PV-loops show a figure of eight shape. Atria obviohale a
completely different geometry compared to the left ventraeld their function
and timing is also incomparable.

In summary, experience and good data are available for LV models, inoidel
the right ventricle and the atria, several assumptions need tmdue, or
conversions from animal data have to be used.

2.4. Alternative cardiac modeling methods

2.4.1. Elastance-resistance model
Although the original time-varying elastance concept of Suga and Sagaw
described above is still widely used in mathematical modelsast revised by
the same authors in 1980. They suggested the following extension:

v |,

_ ) 5 dv(t)
p()=E(t)f V(1)-V,] +C, " t

C, —= +G ¥(dt [Eq. 111-9]

d max 0

with:

C1, &, Gz weighing factors

other variables as described above
Since ventricular volume decreases during the ejection, thedtdokgonal right
hand terms are negative and result in an extra ventricular predsy. The
second term of [EqQ. llI-9] represents the visco-eleastic behasforthe
myocardium, which origins from the extra-cellular matrix, of whaollagen is
an important component. The two following terms are dependent on the
deactivation of the muscle fibers. Basically, the second ternEqf 111-9]
contains the ejection flow of the ventricle. It appears that higjestion rates
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result in a lower pressure generation. The third term is the geaton flow
rate, while the last term is in fact the total volume tlsaejected from the
ventricle since the start of the beat. The term with the highmgsact proved to
be the ejection flow and as a consequence, the elastance-resistzaelewas
created and used in different forms and variations by various resedtehéts

Ignoring the two last terms in [Eqg. 11-9] and reformulating the asmmg extra
term results in a common way of incorporating ventricular @st& in the
model:

p(t) = E®) V(D) - Vo)- R, Q(t) [Eq. 11I-10]

with:
Q(t) = dv(t)/dt:  ejection flow (ml/s)
Ry: ventricular resistance (mmHg-s/ml)
The ventricular resistance is an intrinsic property of the headt it can be
guantified by creating a situation where p(t) equals zeeo, & beat with no
afterload. The generated flow will then be the maximum flow.{hat can be
generated by the specific ventricle that is modeled.

_E@®[VE) - V]

Rv
Qmax

[Eq. I1I-11]

Consequently, the instantaneous left ventricular pressure can bdeddne
substituting [Eqg. 1lI-11] in [Eq. I1I-10] :

Q(t)

max

P = E@){V(R) - Vo] *1- [Eq. 11I-12]
This model contains three parameters that characterize dispecitricle in a
specific contractile state: E(t),oVand Q.. The first parameter, E(t), is a
waveform similar to the ones discussed before whilg,@nd \4 are constants.
Since it is not feasible to create a no-load condition innavivo experiment
without dissecting the aorta, a method based on the combination of ingejec
beat and an isovolumic beat is usually applied to estimate the parameters.
In short, the combination of these beats allows the model to béteemso that
only two parameters need to be determined. These can betedtwith curve
fitting techniques from the pressure data of the two beats and lieoffotv data
of the ejecting beat. An isovolumic beat has the advantage thais@é&jo and
V(t) is a constant: end-diastolic volume ./ Consequently, the isovolumic
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pressure waveform f{gt)) will reveal the shape of the elastance curve
waveform.

Peolt) = EQ AV, - Vo] = B0 [Eq. 1ll-13]

The eventual equation needed for the estimation procedure is given below. Only
A and Q.. Need to be estimated and E(t) can afterwards be obtained from [Eq.
-13].

P t Q(t) ‘
1- =AX t)dt + —= 1- A x Q(t)dt . -
piso(t) 0 Q( ) ' Qmax 0 Q( ) [Eq ”I 14]

Depending on the available equipment, volume measurements can be pérform
instead of flow measurements and Q(t) can be replaced witlVatv/{This latter
approach is more exact, especially in hearts where mitralrgegtion is
expected. After all, the generated pressure depends on musclecfiber and
matrix interaction that results in volume variations, but theqagtium does not
sense that this results in an effective ejection. A disadvataties method is

the need for an isovolumic beat, thereby excluding human validation.

2.4.2. Isovolumic description
The elastance function obtained from ejecting beats is incfertacteristic for
the combination of the ventricle with the particular arteriatl [teat was present
at the time of measurement. Grignola et al. stated that theigreslidpe of the
right ventricular pressure-volume loops, for instance, is notectlad different
contracting mechanisms, but is due to the different load imposed by the
pulmonary circulatiod*®®. Nevertheless, elastance is used in models to describe
the function of the ventricle alone, regardless of the load. A mahstre model
of the ventricle would be based on data acquired with the pump sEp&@n
the load. In practice, this can be achieved with isovolumic bebtrevihe heart
always works against the same afterload, independent of the lastgsiam.
Consequently, isovolumic beats are directly related to the glerdricontractile
state and therefore a model based on isovolumic pressure nmeastsevas
proposed by Palladino et af®®. In an isovolumic contracting ventricle, the
instantaneously generated pressure is dependent on the volume cointdireed
ventricle and on the time point in the heart cycle. The volumetckes out the
myocardium and thereby creates a passive pressure, independsrd. ¢idtive
contracting mechanisms add an active pressure that is dependen¢ amd the
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contained volume, as was already discovered by Frank in tHecdsStury.
Isolated dog heart experiments revealed the following relationshthdgrassive
(diastolic) pressure:

ppassive: aX(V-b)2 [Eq 1 |-15]

i Ppassive Passive left ventricular pressure (mmHg)

V: left ventricular volume (ml)

a,b: constants
This is in fact a quadratic description of the EDPVR, in contvaigh the
exponential or logarithmic definitions that were mentioned before.cbhstant
b can be perceived as the volume intercept at zero pressurettvehdenstant a
relates to the end-diastolic elastance. A description of theeagrressure
generation during an isovolumic beat, however, differs more from the
instantaneous elastance concept. The active pressure is dividexbmbraction
and relaxation phase, taking the form:

t oty

Paie =AX 1 - ' > 2 [Eq. I1I-16]
with:
Pacive  active left ventricular pressure (mmHg)
A: volume dependent factor (mmHQ)
a: exponential shape factor (-)
t1, t2: shape factors for contraction and relaxation (s)
tp: time delay for onset of relaxation (s)

The total description of the left ventricular pressure is giveia [lI-17]. Eight
parameters are required for this equation, which can all bedefrom
experimental data with curve fitting procedures. Isovolumic beatiff@rent
volumes are therefore required and the resulting equation theactdrares a
particular ventricle. The timg, is the point at which the maximum ventricular
pressure is reached, and ¢ and d are constants that are propootitheahctive
pressure.
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p(V,t) =axV - b)’ +(cxv -d)x [Eq. 111-17]

The pressure in this model is instantaneous and dependent of V, efiebants
here the time varying left ventricular volume, and not the con§sotolumic)
volume at which the measurements were performed. Consequently,citied m
can be used for both ejecting beats and isovolumic beats. In the trddihoa
varying elastance model — which is derived from ejecting bedl® pressure
waveform of an isovolumic beat would have the same shape adastance
curve. The factor (V-Y) will be no more than a constant, and thus a scaling
factor that relates elastance to pressure. This means tharekaure waveform
would be skewed to the right, while experimentally measured isovolumi
pressure waveforms are symmetrical. Therefore this alteenatodel performs
better on isovolumic beats than the traditional elastance appiseelig. 111-5).
Moreover, it can also be used on ejecting beats and it describamttiord of
the heart independent of the arterial load. However, this moddfimuldito use
because of the many required parameters and the necessarynerpedridata
that is difficult to obtain fronin situ hearts.

Fig. IlI-5: Fitting (solid lines) of [Eqg. 111-17] to isovolumetric pressure waveforms acquired in
dogs at different volumes (crosses) ™.
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3. Afterload models

3.1. Windkessel models

Simulating the vascular system with a mathematical modamsar toin vitro

setups, though mathematical modeling is more flexible, and the contpaare
ideal and really discrete. Various models with a wide rangewiptexity have
been developed, some of which are shown in Fig. IlI-6. It may bheatkesthat
the lumped afterload model is set up with components that each lspeeific
meaning and translate to the actual properties of the vascutamsttsat they
model. The addition of one component that does not relate to dispecperty
will result in a ‘meaningless model’ that may fit the vascudgstem input
impedance well, though with meaningless values for the parameters.

Lumped afterload models that are currently in use for cardiovasstudies
contain either 2, 3, 4, or 5 components and they are all based atasisec
windkessel model as it was used by Fr&if. The basic components are a
compliance (electrical: capacitance, abbreviated as C) aesisor (abbrev. R)
that are connected in parallel. As explained in Chapter II, theefosimulates
the elasticity of the large arteries and the latter tisestance formed by the
arterioles. This model, also referred to as an RC model, sunamahe basic
functionality of the arterial system, but its impedance speculiffers notably
from measured mammalian data. The modulus tends to O for higherrfcezgie
and the phase angle has an asymptote at —90°, while it should go toh@dgh At
frequencies the ventricle sees an afterload that is freeflettion and is thus
equal to the local high frequency behavior of the proximal aortd tlasre were
no further arterial system. This observation suggested that anoceximaonent
was necessary to model the proximal aorta: the characengtedance (Zor
R.), which is mainly a resistive component. This characteristmponent was
added in series to the windkessel circuit by Westerhof and stteraned the
modified windkessel model (RCR modEffl. At high frequencies, the capacitor
will behave like a bypass over R and thysaiRl be the ruling component. Hence
the phase of this model in the impedance spectrum tends to 0° at high frequencies
and the modulus has.Rs asymptote, which is a major improvement over the
classic windkessel model.
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Fig. 1l1-6: Electric analog of various
windkessel models on the left and their
impedance characteristics on the right.

Adapted from 34,

A third model that is very popular is the four-element windkesselat where

an inductance (L) is added either in series or in parallel tughcharacteristic
impedancé™®. This inductance represents the total inertance resulting from the
mass of fluid in the arterial system. Pulsatile flow requaesacceleration (and
deceleration) of this mass and thus an extra force or pressure buldup.
inductance component blocks all high frequencies and thus if it isdplaceries

with the characteristic impedance, it will be the only ruling ponent at high
frequencies. Therefore it only relates to reality if iuged in parallel with the
characteristic impedance, although the series composition miayeyien better
fitting results®**®! The value of the inductance in the series model will be a
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magnitude lower than in the parallel model, and the value. afilRbe higher,
which is out of the physiological ran§fé”. This four-element model can further
be extended with another compliance element that represents theacwemf
the proximal aorta. It is split off from the total arteriahgdiance and separated
from it with an inductor. In the impedance spectrum, this fifth el#gnseems to
result only in a small improvement that does not justify thetiaadof the extra
complexity. Comparison of the flow waveforms generated with thie tyf
model, conversely demonstrates a superior match with humaH-dafghe key
is that the presence of two compliance elements introduces laresaance

into the model, which is not present in any of the other models peesbate
[166]

3.2. Combinations of windkessel models
Windkessel models are mainly used to mimic the systemidarggistem. The
whole pulmonary circulation can in fact be neglected, wheragssmed that the
blood volume ratio between pulmonary and systemic circulation staysant
(no storage¥™®’l. Nevertheless, windkessel models contain the passive properties
of a branched system of elastic vessels and they even incerpoisime extent
the sequence of different types of vessels with different piepdglastic vessels
before resistive). The same models can also be used to @rthgapulmonary
arterial system with adjustments of the resistance, indugtamcke capacitance
values. A meaningful model for the arterial system, however, may be
meaningless for the venous circulation because of the inverted acatomi
buildup: venous diameters increase downstream and junctions are prstead
of bifurcations. The only model that is useful for both circulationgh(adapted
component values) is the classic windkessel model becauseyitsiomlilates
basic compliance and resistance. The modified windkessel mddsd tato
account specific behavior at higher frequencies, which is partly dueave
propagation and reflection. This type of behavior is completely diftein the
venous system and consequently the meaning. of e arterial system cannot
be translated to the venous system. The same reasoning caroweddior the
four- and five-element windkessel models.

When ventricular assist is simulated with an outflow cannulation tosttending
aorta, the afterload for both heart and pump is the same: thes \ahielrial
system. However, it may be of interest to study the impihah assist device and
the altered flow and pressure patterns on the circulation towardssfance, the
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brain. In that case, the arterial system can be split up in am appea lower
body part, where the former originates from the aortic arch andvinesthe
carotid and subclavian arteries and their branches. Since thaoparsts of the
same structure of vessel types as the whole arterial systerman be
meaningfully modeled with one of the windkessel models discussecebé&fus
model should be used in parallel with an alike model that sienildie lower
body part, with the inclusion of the proper component values. In sos&s,ca
however, the outflow graft of a ventricular assist device is amased to the
descending aorta because it offers an easier surgical arwkfsr some devices
also a more direct flow path (e.g., the ‘Jarvik 2000’ axial rotary bpaodp). To
simulate this, it is necessary to split up the arterialesysh a part downstream
of the cannulation site, a part for the upper body, and the part betiae@ortic
root and the cannulation site. In this latter part, the flow gésetay the pump
will be retrograde, while the heart tries to force an antegtade Eince this part
is only a piece of large artery, it needs to be modeled with an adapted windkessel
while the other parts can use traditional models.

3.3. Transmission line and T-tube model
Although windkessel models (except for the classic one) try toiartime high
frequency behavior that results from pressure wave propagation fextioa,
they do not actually model pressure waves. Taylor was thetdirsjpproach
arterial hemodynamics with a transmission line model thacebkely simulates
these pressure wave®!. Taylor's first model was a single transmission line that
ended in a high resistance, which can be compared to an elastic itbba w
uniform diameter and a closed end. A transmission line is deriveddiextrical
network theory and it allows to calculate the pressure and fsoa fanction of
time and location in the tube. Consequently, the input impedance can\edderi
from the pressure and flow wave patterns at the inlet of the tuibat @an be
compared to human data. Such a model has the advantage thas$ thepatial
distribution of the vascular properties. Further studies with tresssmn line
models revealed that a better approximation could be obtained byimgotte
tube as geometrically and elastically tapered, and by usingldiedowindkessel
as a terminal 10a®**"® Experimental data also revealed that there appear to be
two major reflection sites in the arterial circulation: aakbmn near the iliac
bifurcation and the hedd’. The latter results in a faster reflection due to its
location closer to the heart. To cope with this dual reflectioncomeept of the
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T-tube model was developed, where two parallel elastic tubeferfedit lengths
are used that each end in their own terminal load. The short tulesents the
upper body part while the long end represents the lower body. This ceadel
accurately simulate mammalian input impedance spelffa The basic
asymmetric T-tube model is not much more complex than windkessidIsn it
has only 6 independent parameters if a 3-element windkessel mageldias a
terminal load. Such a model may be useful in studying the impadtieoéd input
frequency spectra as a result of the interference of thedrahd pulsatile pump.
It further offers the advantage that the impact of an assistaleait be studied
separately for the upper and lower body part.

3.4. Arterial network models
Since the models above do not take into account the actual ageoietry,
they do not allow to predict pressure and flow at a specific mtati the body.
This requires mathematical arterial network models thaiulsite the entire
geometry, just as Westerhof did in his analog model with oegsjstoils, and
capacitord™®®, Avolio et al. composed a linear transmission line model of 128
arterial segments'”® which is very complicated and difficult to use in
simulations. Nevertheless, such complex network models are not very
meaningful for ventricular assist device studies.

4. Assist device models

4.1. Cannulas

To simulate the energy losses in the inflow and outflow cannulas @ssist
device, several aspects need to be taken into account. Basicafiygskare drop
in the cannulas is the result of viscous losses and a resistivgeonent is
necessary to model this behavior. When pulsatile devices areamsadditional
pressure drop exists due to the acceleration and decelerati@nffid, and thus
an inductance should be added. Still, this also applies to ‘continuous flow
devices’, because the interaction with the heart and the varyingupgelsead
may also result in a pulsatile pump flow. Additionally, a piemce component
can be added, but this is often superfluous because the used canawasyar
stiff compared to blood vessels. Compliance elements may howeugseful to
simulate ventricular suction as a result of rotary blood pumpsimg at high
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speed. Vollkron et al. mimicked ventricular suction with a presdapendent
variable resistance in the inflow canntifg!,

4.2. Pumps

4.2.1. Rotary pumps
Various rotary pump models are found in literature. Some ordgemnthe
hydraulic part, while others include the motor and thus the energyecsion of
electrical current to fluid flow. This latter approach is esgBcof interest to
relate the model to parameters that can actually be meashbesdtiae device is
implanted: consumed power (or current) and rotational pump speed. Madels
be created to validate parameter estimation methods whecertieat and speed
are used to estimate ventricular contractility, or other paemetf the
circulation that otherwise require invasive measurement techmiqlibe
simulation of the motor is also necessary for development and t@thdaf
physiological control algorithms for rotary blood pumps. These aressacy to
provide higher flows when a patient becomes more active, and alsoittthke
risk of ventricular suction.

An example of a purely hydraulic model of a rotary pump is the meshsl for
numerical simulations of the current CorAide centrifugal pumprg# Int.,
Reading, PA) while it was still in a development pHa%k

Q? =+[3.57140° x ?- 2.838x p- 12.66 [Eq. 111-18]

with:

Q: pump flow (I/min)

w: impeller rotational speed (rpm)

Dp: pressure head over the pump (mmHgQ)
Below is an example of a model including the electromechanikdiares, where
the current can be used as an input or controllable paraffétefEq. 111-19]
defines the hydraulic characteristics of the device (an asiaty pump) while
[Eq. 11-20] defines the function of the brushless DC electromotorralades the
current to the electromagnetic force, the resulting torque, and tpeetof the
load in function of the flow (last term).

(?j?:-b()@-blx 2 4, x p [Eq. 111-19]
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JC;:Z’xKxI-Bx -a,x +aQx? [Eq. 111-20]

with:
Q: pump flow (ni/s)
impeller rotational speed (rad/s)
: pressure head over the pump (R/m
impeller inertia (kg-
constant of back electromagnetic force (V-s)
motor current (A)
damping coefficient (kg-frs?)
a, o, by, bp: constants

W ACYE

4.2.2. Pneumatic displacement pumps

With the modeling of displacement pumps, more parameters neael taken
into account. Of importance are the stroke volume and the fillidgegaction
timing. These pumps can again be modeled only as a hydraulic component
with inclusion of the actuation mechanism. The latter option alkmn@mulate
control algorithms, which can be based on feedback from speeifgoss. The
Thoratec pneumatic VAD, for instance, has a switch to indicate wie=blood
chamber is completely filled. Pneumatically actuated pumpenofalso
incorporate a means to monitor the air flow rate to and from th@ pai@stimate
the blood flow generated by the pump. The derivative of the air filom the
pump can also be an indicator for the contractility of the ventricle.

The older driving consoles of pneumatic assist devices are loasatternate
switching between pressure reservoirs (vacuum and positive presstiregn

electronically controlled valve. Simple mathematical models@ftydraulic part
of pneumatic displacement pumps are based on this principle, almsitive

and a negative constant voltage source in the electric analog repthse
pressure reservoirs. More sophisticated models that integratelaoed to use
time-varying voltage sources or combine the sources with contmaestances.
The tubes between the driver and the air chamber of the pump emenaitieled
similar to cannulas, but a compliance component (capacitoramslatory in this
case to simulate the compressibility of the air.

The pump chamber of a pneumatic actuated device contains asaweonbrane

to separate the air from the blood. Often, the pump housing is sligigbr than
the membrane in unstressed state, leaving a gap between the two.th&hen
pump is then actuated, the membrane’s elastic properties complay at the
end of ejection and at the end of the filling. At that time, ntileambrane cannot
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rest against the housing and will be stretched out by the presstaerdie
between blood and air chamber. At other times in the pump cycle Wilebe a
balance between the pressure in both chambers, and the membrame will
unstressed, and in reality even wrinkled. A volume dependent compliance
component can be used to model this behavior of the membrane, where
compliance is only present below and above certain volume threshdlds. T
elasticity of the membrane is not necessarily equal in bo#ttns: stretching
towards the blood side may show a different compliance thactstrg towards

the air side. This is due to the multi-layered composition datemembranes

and to the unstressed shape of the membrane. The compliance oihtbeane

can be combined with the compliance of the gas and the values can be
determined experimentally.
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Fig. llI-7: Pressure-Volume relation of a pneumatically actuated assist device with a stroke
volume of 70 ml. Vit 15 ml, Vs 55 ml. Suction compliance: 0.06 ml/mmHg, Ejection
compliance: 0.05 ml/mmHg.

An example of a constitutive equation for a pneumatic displacepuenp can
therefore be presented with the equation below, which refers to Fig. IlI-8.
axp +HL-axp - (1) dp (t

axR +(1-apR =Q (1)~ Q (b C(V)XT [Eq. 111-21]

The constant ‘a’ is a binary term that determines the aictivatf the pump: the
pump ejects when ‘a’ is 1, while it fills when ‘a’ equals 0. ‘&osimulates the
control of the electronic valves and it determines the pump rate.

119



CHAPTER I

L; Ri Do Ro Lo
Qi Qo
Rs Ry 7} C
Ps T 1T Pd
L

Fig. IlI-8: Electric analog of a pneumatic displacement pump. Q;, Q,: blood inflow and outflow,
respectively; L; Lo: inertance of cannulas; R;, R,: resistance of cannulas and valves; py: pump
pressure; R, Ry: resistance of the pneumatic tubing for pump systole and disastole,
respectively; ps, pq: positive pressure and vacuum in the pressure reservoirs; C: pump
compliance.

4.2.3. Electromechanical displacement pumps
Simulation of a mechanically actuated displacement pump cam doai
performed by either modeling only the hydraulic part or the hyuragoart in
combination with the actuator. However, these device are morglexithan the
ones described in the previous sections, and they usually incorporateomor
better sensors to feed back information to the controller. Eatatan
mechanism results in a specific pressure or flow waveform aréftre this
type of device should be modeled with the inclusion of the actuatichanesm.
If desired, the control algorithms used by the controller can alsogdlemented,
or algorithm prototypes can be simulated. As a result of the oatidm of
control algorithm and actuation mechanism, it is not possible to Intbese
devices with a time-varying compliance or elastance, as isatbe for the heart.
More complicated experiments and fitting techniques are usuailyiregl to
obtain a model that eventually gives pressure and volume as afunttiime,
preload, and afterload. The model discussed below simulates the fupiction
Novacor N100 assist device (see also Fig. 1-32), which is inafacagnetically
actuated device.

In summary, the device contains a valved blood sac with a pusheoplatther
side. Each pusher plate is connected to one end of a beam sprirgth&lother
ends of the springs are fixed in a frame with a central pivais The springs can
rotate towards each other and compress the sac. To actuate itigs, spach
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frame half contains an electromagnet, and powering the magrsettsran a
collapse of the frame (latching) which flexes the springs and |teds. The
springs will flex back to their unloaded geometry by moving the pushggspla
and squeezing the blood out of the sac.

Fig. l1I-9: Electric analog of a mathematical model of the Novacor N100 device . See text for
description of the parameters.

To model the pump function of the Novacor N100, the actuator is simuagd
parts: the spring and the latching systéffl. A combination of a capacitance
(Cso and a resistor (& is used to model the dynamic behavior of the latching
(solenoid) system, wherefCs, forms the time constant of solenoid closure. A
time varying capacitance (&) simulates the spring behavior. Consequently,
the P(V) point in the model describes the static pressure-valelaison that is
only dependent on the springs. The solenoid parameters ang,ghdu@ction
were derived from isovolumic beats at different volumes. Mock eqeriment
data allowed to refine the model by adding a resistgr éRd a flow-dependent
inductance (L(Q)) to simulate the dynamic fluid behavior, i.e., the viscosity and
inertia effects. All together, these parameters and functioms &l compute the
pump chamber pressurecfPas a function of the instantaneous pump volume
V(t), and it can therefore be implemented in a model of the castiola
system. Yu et al. modeled the cannulas of the device as desitribection 4.1,
with the exception of the outflow cannula resistor: a flow dependestaewas
used to better match the experimental data. Presumablycdiniection is
necessary because of the turbulent flow pattern at the outflow.
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B. THE HYDRAULICS LABORATORY
MATHEMATICAL MODEL

1. Introduction

The mathematical model developed at the Hydraulics Laborator§hait
University is intended for studies of heart-arterial load intee. It is developed
in Matlab 5.0 (The MathWorks Inc., Natick, MA) and makes use of thE4%
solver for the computation of variables that are embedded inretitial
equations.

The mathematical model has previously been validated in sdoenad. In one
study it was used to predict the stroke volume and aortic blosdyeein sheep,
where the model generated data proved to accord well with experincetdal
(150 |n another study, normotensive and hypertensive patients wentasgithto
assess the concept of wall stress normalization as an infiattaft ventricular
hypertrophy™®. The maximum discrepancy between modeled and simulated
diastolic blood pressure was 7% and for systolic pressure it measured 4.8%.

In this work, the existing basic model was extended to allow simulatiocotary
blood pumps. In particular pulsatile control of these devices wasedtudihas
not been the intention to simulate or predict specific clirsdalations, but the
goal was to indicate the impact of this new concept on lefticafdr load. In its
current form, the model does not work with a fixed volume of blood andat
simulate effects of bleeding or infusion. All simulations werdquared with a
cardiovascular model matched to sheep data to allow validation witlakdea
animal data. Yet, the model composition was chosen as basic aslepdss
minimize the number of assumptions and estimations and to elemimatneed
for parameters from literature data. All necessary paeméor this basic model
can be derived from an animal experiment where left ventricusspre and
volume and aortic pressure and flow are acquired. Even though sheep with
induced heart failure were used as a reference for some dsekeshapter V),
it should be taken into account that clinical heart failure gl more severe
than it can be modeled in animals.

122



MATHEMATICAL MODELING OF VENTRICULAR ASSIST

2. Cardiac model

2.1. Elastance
The cardiac model is restricted to the left heart, with theoopid include or
exclude the atrium. Both heart chambers are modeled according ¢oighmal
time-varying elastance theory, where the EDPVR is assulimedr. The
elastance curve can be chosen from a normalized curve that isnempézl as a
Fourier series, or a double Hill curve. The choice of elastancee comly
determines the shape, since this curve has been normalizeanen amd
amplitude. In a next step a rescaling is performed based on the atherefes
that can be set for each heart chamber. These parameténs anaximum and
minimum elastance (&yx Emin, resp.), the heart rate (HR), and the time of
maximal elastance (},). Additionally, the volume intercept (¥needs to be set,
but this is not required for the elastance curve.

A disadvantage of the linear time-varying elastance concept ishinatiastolic
filling in the pressure-volume plane is linear instead of curved i85, however,
only the case if a predefined elastance curve with a flatalia phase (e.g., the
double-Hill curve) is used, as the filling of the heart chamber th#n be
prescribed completely by the linear EDPVR. This can be pregidnt creating a
custom elastance curve where the diastolic part is notlflahis case only the
minimum of the elastance curve will actually fall on the EBPNhe. The non-
linearity of the real EDPVR is then in fact incorporated in eélastance curve.
The remaining discrepancy with reality will be the effectasge volume shifts,
where the PV-loop in this model will be trapped between linear bowsdari
while in reality it are curvilinear boundaries. This will wés in an
underestimation of filling pressure when dilation of the heart is hadde
Conversely, the linear approach of the ESPVR may result in apstiveation of
systolic LV pressure in the simulation of hearts with extrgnielge volumes:
the ESPVR is believed to curve down towards the volume axis acetan
volume. Differentin vivo ESPVR characteristics can be found depending on the
type of contraction (e.g., isovolumic, isotofi®}) and both convex and concave
curvature have been reported for the lower volume réAgE® Therefore, the
choice for a curved ESPVR is not obvious.

In summary, the cardiac model is an approximation that is not Yalich
seriously decompensated heart as seen in terminal patientischutbe used to
model heart failure as it is observed in animal models.
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Table IlI-1: Fourier series data for human and sheep normalized elastance curve

HUMAN SHEEP
harmonic  Modulus M phasg Modulus M phasg
- (mmHg/ml) (rad) (mmHg/ml) (rad)
0 0.2839 0 0.2251 0
1 0.3759 0.0837 0.2771 0.6298
2 0.2102 -1.4868 0.2227 -0.3252
3 0.0767 2.8657 0.1491 -1.3229
4 0.0481 0.1677 0.0767 3.8192
5 0.0418 4.6302 0.0326 2.0308
6 0.0194 3.0884 0.0395 0.0551
7 0.0059 -0.3054 0.0450 -1.1606
8 0.0118 4.4107 0.0355 4.0587
9 0.0084 3.1815 0.0187 2.9214
10 0.0002 1.2429 0.0067 0.9517
11 0.0031 4.1568 0.0108 -1.0987
12 0.0032 2.9462 0.0125 4.0776

E. =M(0) + N M(h)xsin( h>2f tx/ (h))

h=1

E.: normalized elastance function
h: harmonic number
f: harmonic frequency: 0.2890 Hz for human and 0.2 Hz for sheep

A means to implement a custom (normalized) elastance curttee i$-ourier
series description (Table 1ll-1). This is available for humaomfliterature!*”’,
and for sheep from own experimental data. An example of both recdastruc
curves is shown in Fig. 11I-10, scaled for an identical contractlitd heart rate.
The normalized sheep elastance was constructed with presdunee data of
four healthy sheep and 2 sheep with induced chronic heart failurgelsyion of
microsphereé”g]. After determination of Yfrom caval vein occlusion data, the
real elastance curve for each sheep was calculated fromeeagad beat. The
data were then normalized with respect to time and amplitudéesmaximal
elastance was 1 and it appeared at time 1, where time ataheka are both non-
dimensional measures. Next, the data were consecutively resaimpleder to
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obtain the same time step, averaged over all the animals, and decompose
Fourier components. A subprogram in the mathematical model recontpeses
Fourier series up to the harmonic with the time step that is also used in the
solver of the differential equations, so no further interpolation is meduirhe
obtained normalized curve is then rescaled according.4@ Eyin, HR, and Thax
given by the user. i« is set at 30% of the heart period by default, but it can and
should be adjusted by the user. Since no control of the heart cateliag to
autonomous nervous activity was incorporated, an algorithm for datgrom of

the systolic/diastolic time ratio was superfluous. In mosesathe simulations
will be based on actual experimental data and thus the acfalcan be
determined, without the use of an estimation algorithm.
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Fig. I1I-10: Reconstructed left ventricular elastance curves for sheep and humans at a heart rate
of 60 BPM. Epax = 2.6 mmHg/ml. Eqin = 0.3 mmHg/m.

2.2. Preload
Since the right heart is completely neglected in this mathemhatiodel, the
preload of the left heart needs to be decoupled from the aftenl@ubther way.
A common approach is the use of a constant pressure (voltage¢ $amnween
the afterload and the atriuffi®*®? This method simulates a constant pulmonary
venous filling pressure which roughly approximates reality because the
pulmonary circulation is a very compliant circuit with a low gree source. The
venous filling pressure can be set by the model user and it caderived from
animal experiments as the end-diastolic atrial pressure or patsnarenous
pressure, although these data are rarely available.
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2.3. Valves

The mitral and aortic valves are basically modeled asistoe#n series with an
inductor. Leakage is also included and consequently the electricgaofkhe
valves can be seen as a parallel circuit of two resistor—iodecmbinations
with a diode in each branch. The diodes are opposed to each other and their
purpose is to determine the flow direction through the valve in functigheof
pressure (voltage) difference. The practical method in the modedhes
comparison of downstream and upstream pressure. If upstream pressure
highest, then forward flow will open the valve and the resistor-indoeta
combination with the lowest values will be used so a high flog amall
pressure drop will be present over the valve. In the opposite dase, t
combination with the highest resistance value is used whithesilt in a small
backward (regurgitant) flow. The resistance and inductance valubs whlves
can be set manually for forward and backward flow. The default valiwgetaken
from literature and from fitting procedures on experimental data.

2.4. Wall stress

According to Arts et al., wall stress in the left ventriclddédnogenous so it can
be represented by one indicative numB®r The cardiac model therefore allows
to estimate the wall stress in the left ventricle asiglsiparameter over the time
course of the cardiac cycle. For this, the ventricle is modeleghasotropic,
homogeneous thick-walled ellipsoid as depicted in Fig. I-20 andndredional
wall stress at the equator is calculated according to [E€2]ll which is a
replicate of [Eq. I-5] in chapter I.

p,, XD?

with:

Sm: meridional wall stress at the equator (mmHQ)

puv: left ventricular pressure (mmHg)

D: internal ventricular diameter (cm)

h:  wall thickness (cm)
The internal diameter of the left ventricle is required for daikculation, just as
myocardial wall thickness (h). The diameter is computed frdorraula used in
echocardiographl®¥, that relates the ventricular volume (Mml)) - which is a

variable in the mathematical model - to the internal diameter.
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_ 7D

v =D [Eq. 11I-23]

Because wall thickness is rarely measured and recorded imlagxmeriments,

an estimation of the variations in wall thickness throughout thdiazacycle is
used. It is based on the knowledge that the myocardial wall vol\ipg) (is
constant. So, if wall volume and instantaneous internal volume are klosvn,
outer dimensions and wall thickness of the ellipsoid can be computed. T
calculate the wall volume, an arbitrary value of end-systohad thickness is
assumed (e.g., 1) and the resulting wall stress data should dopreted as
normalized with respect to end-systole.

_ P XDX(ZXLZ' DZ)
¢ 4xhXL? +Dxh)

[Eq. I11-24]

with:

S¢ circumferential wall stress at the equator (mmHQ)

L: long axis dimension (cm)
Circumferential stress can be calculated according to [E@4]ll(replicate of
[Eq. 1-6]), which additionally requires the internal long axis lén@t) of the
ellipsoidal model. Because the model is assumed axisymmeidcha diameter
(D) and internal volume are already known, its internal lengthbeacalculated
from the standard formula for volume calculation:

! [Eq. 111-25]

It was found that this method yields only very little variation leé tong-axis
dimension L and, consequently, the circumferential wall stcetsulated with
this method was deemed unreliable. Furthermore, according to Ard., e
circumferential stress is very much dependent on the geometirgnaellipsoidal
approximation is not a good starting point for calculation of that typstrets
201 The result depends on the curvature, and thus higher stresses are thend at
equator compared to the top of the ellipsoid. The circumferentsisstalculated
according to [Eq. [lI-24] is in fact the equatorial stress, whgltherefore an
overestimation of mean stress.

The three variables necessary for fiber stress calculatemrding to [Eq. I11-26]
(replicate of [EqQ. I-7], suggested by Arts et al.) are alreamiyputed for the
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meridional wall stress, and consequently a calculation of the $ibess ;) is
easily implemented in the cardiac model.

¢ = 1+3x 1 Py [Eq. 111-26]
wall

The three possible stress calculations were compared onacéd isevivo data,
with special attention to the waveform morphology over a hearecycimost
cases the end-systolic wall thickness will be set at Jaedh‘normalized stress
will be compared between simulations, so that the amplitude of trexedit
types of wall stress is of lesser importance. For comparieergircumferential
and meridional wall stress were scaled to match the maxiofuiber stress. It
can be noted that the variation in meridional wall stress and §tress fit
closely, while circumferential stress deviates from thtwe. The relatively
simple approach of the thick walled ellipsoid and the resultingdmeal stress
calculation of Falsetti et al. was recommended previously parameter that
suffices for clinical evaluation of myocardial wall str&&8.

BASELINE UNLOADED

50
0

wall stress (mmHQ)

00 01 02 03 04 05 00 01 02 03 04 05 0.6
time (s) time (s)

Fig. llI-11: Example of different wall stress calculation methods applied on sheep data at
baseline and with support of a rotary pump (unloaded) that produced 3.5 I/min. sy. muscle fiber
stress. s,,: meridional wall stress. s.: circumferential wall stress. s, and s are rescaled to
match the amplitude of s;. The original maxima of s, and s, were respectively 310.0 and 81.7
mmHg at baseline and 183.4 and 61.4 mmHg when unloaded.
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3. Afterload model

Two options for the afterload model are programmed and can beeselect
three-element windkessel model and a four-element windkessell,mddeh

both have been discussed before. The three-element model is theedodifi
windkessel model consisting of a characteristic resistamseries with a parallel
combination of a resistance and compliance elenféflt The four-element
model has an additional inductance in parallel with the cheisiot resistance
(123 Even though the series combination of the inductance and characteristi
resistance tends to give better results for data fitting, thellglacombination
was implemented because it relates more closely to the gutyalological
afterload. This model, jusst as all the others, is solved in the time domain.

To obtain the parameters of the windkessel model from an ankpatiment, a
fitting procedure can be applied similar to the one used fomtiwero model
validation (chapter V, section B). A separate program is avaifablhis and it
requires pressure and flow waveforms that are measured at tieeraot. In
summary: aortic flow is offered as input to the afterload maddlthe resulting
calculated aortic pressure is compared tot the actual meagtessure. The
values of the afterload model components are adjusted to minimizerrre
between measured and calculated pressure and the best fit pakineter
values that represent the real arterial system in whigldldta was acquired. It is
important that the data are measured synchronously and at thesisanoe that
time delays are corrected. It is important to realize tmatrésulting parameters
characterize the considered arterial system in a spaafidition. Interventions
may alter the system, e.g., by inducing vasodilation, and thus the parameters need
to be adjusted or recalculated from another data set. The fitoggam models
the afterload in the frequency domain, which offers identical esalta time
domain approach but in a more flexible way.
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4. Assist device model

The mathematical model studies discussed in this dissert&timapter 1V,
sections B and C) focus on a specific rotary blood pump: the Medbs-HI
microdiagonal pump. More details on the device and its intendeccaipmh are
discussed in the following chapter. Since it is still in a devaek phase, all
studies were performed with a prototype of the pump. The pumptlrend
cannulas were modeled separately because the pump is only availableireone
while the cannulas can vary in size and are cut at lengthebgurgeon during
the implantation. Only the hydraulic part of the pump is modetetithe only
pump parameter that can be set by the user is the rotatioedl apthe impeller.
The device is modeled as to simulate apical to ascending aaralaton, and
the cannulas are assumed to be cylindrical. Consequently, the length and
diameter of the inflow cannula and of the outflow cannula are thenemdour
parameters that can be set.

The microdiagonal pump model was obtained from fitting procedures on
experimental data acquired from the Helmholtz Institute Aachére. Qasic
experimental data consist of standard pressure head-flow maasiiseof the
pump when running at different speeds. A broad range of pressure heads and
according flows was obtained by varying the afterload resistépaat from the
different speeds, data were also acquired when the pump wabkesWoff as to
simulate pump failure. These data characterize the hydrastious losses over
the pump and were performed with both forward and backward flow. The
different flow levels through the switched off pump were achieveld an extra
pump. Note that backward flow can also octurivo, even when the pump is
running: in diastole aortic pressure is higher than left ventriquiessure, and
thus a negative pressure head will be imposed on the pump. Huitngng at a

low rotational speed, the pump may not generate sufficient p@vevercome

this pressure head, and blood will regurgitate from the aorta teetitacle. This
situation was not mimicked in the experimental setup. To attainppum
characteristics of backward flow through a running pump, the fonflavd
characteristics were mirrored by switching the sign of thepuesistance (see
below).

In electrical network theory, a realistic voltage source candosidered as a
series combination of an ideal voltage source and a resistomtdls the

130



MATHEMATICAL MODELING OF VENTRICULAR ASSIST

energy losses. Analogous, a rotary pump can be considered asnihi@ation of
an ideal pressure source and a resistive element. Consequenglyntpecan be
modeled as the sum of a term in function of the rotational sfpsEterated
energy) and a term in function of the flow (energy losses). $irecow pattern
in the pump can be expected to be turbulent, the pressure logspartip will
correlate to the square of the flow, rather than to the flowf.it§Bk resulting
pump equation, that was used to fit to the data, is given below.

p=Ax? 4R, & [Eq. 111-27]

with:
Dp: pressure head over the pump (mmHg)
A: pump constant (mmHg/r
w. rotational speed (rpm)
Rp: pump resistance (mmHg-raiif)
Qp: pump flow (I/min)

160 1 — measured

140 - fitted
120 -
100 -
80 -
60 -
40 -
N \
0 ‘ ‘ ‘
2 4

0 6

pressure head (mmHg)

oo

10

flow (I/min)

Fig. llI-12: Example of the fit of [Eq. 11I-27] on a data set of the microdiagonal pump (r* = 0.99).
The rotational speed was varied from 3000 rpm (most left plot) to 9000 rpm (most right plot) with
a 1000 rpm increment. The final parameters of the fit are:

A=2.956-10"° mmHg/rpm*and R,=-2.415 mmHg-min’/I*.

To offer flexibility for future implementation of other devices, henp equation
is in fact rewritten in the following form:

Q)= % °+ ,xp+ [Eq. 11I-28]
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The a parameters in this equation are constants that are stoeedeparate file,
containing other possible pump models in the same format. In the wiothe
microdiagonal pump,a, and a, represent A and Rfrom [Eq. [ll-27],
respectively, whilea; andas are 2. These parameters can be retrieved from the
pump model file for combination with the cannula model.

The cannula model consists of a series combination of an incauudoa resistor
for each cannula. The values of these components are calculatedttHe
cannula dimensions as given by the user. The extra pressure dropgegebgra
the cannulas is then:

P.= Pt Pr [Eq. I1I-29]
dQ
p. = (L, +Lc))><d—tp+(Ri +R,)Q: [Eq. 111-30]

with:
Dp.: pressure drop due to inertance effects (mmHQ)
Dpr: pressure drop due to viscous effects (mmHQ)
Dpc: pressure drop over the cannulas (mmHg)
Li:  inlet cannula inertance (mmHg-rfii
Lo: outlet cannula inertance (mmHg-Aiin
R: inlet cannula resistance (mmHg-Afif)
Ro. inlet cannula resistance (mmHg-ffif)

The inertance L of a cylindrical tube is given by:

4> 3|
L= ;DZ [Eq. 111-31]

The flow through the cannulas is expected to be laminar, given theaaihyi
low Reynolds numbers (Re < 3000). Therefore the resistanceractdrazed by
a linear relation between pressure drop and fl@w ¢ Q). However, to be
conform with [Eq. IlI-27] and to allow an easier implementationhi@ imodel,
the relation was inserted in [Eqg. I11-30] as being quadrafip ¢ Q). To
transform this back to a linear relationship, the pump floy s included in
the denominator of the resistance calculation. The linear pessisap due to
resistancel@pg) is thus calculated from the Poiseulle equation for laminar flow:

64 | u? 1
= % X % —x— Ea. 111-32
Pr Re D 2 133.3: [Eq ]
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_32x k xQ) 60 1¢f
= X— X

Eq. 111-33

Pr =707 "A? 13333 [Eq ]

e = 2 Ax 8040 Q2 Eq. I1-34

"TQ, D’ A 13333 [Eq. 111-34]
_128x ¥ 6040 ., )

x Qs =R, XQ; [Eq. 111-35]

Pr = qQ, x 0" 133.33

with:

Re = u- Dh: Reynolds number (-)

u: fluid velocity (m/s)

D: cannula diameter (m)

I: cannula length (m)

r: fluid density (kg/m)

n: dynamic fluid viscosity (fs)

m=n : kinematic viscosity (N-s/f)
In these equations, flow and pressure are respectively expresfetdnirand
mmHg and the other variables in Sl units. As a consequence of Erpgréise
resistive behavior as a quadratic relationship, the pump flownighe
denominator of the cannula resistancg,Rvhich makes it a flow dependent
variable. The alternative is to express the resistive behaviorn dmear
relationship, which would give a non-flow dependent resistance. Howéeer, t
dimensions of Rand R would differ from the dimensions of ,Rand as a
consequence they would make two separate terms in the resuffegrdial
equation. A combination of the formulas above leads to a differegisation

that describes the hydraulic part of the assist device in the following form:

dQ
Poo-PLy =A% 2 + R, (Q) X + Ly, < [Eq. 111-36]

with:

Pac  aortic pressure (mmHgQ)

pwv: left ventricular pressure (mmHQ)

Riot = R, + R + Ry: flow dependent resistance (mmHg-ffif)

L= Li + Lo: cannula inertance (mmHg-niih
Additionally, the assist device model was extended with the optiorotiulate
the rotational speed throughout the cardiac cycle. This is a siomulaf
synchronous pulsatile use of rotary blood pumps. Two additional paramete
need to be set: the type of modulation and the phase shift betlhe@gump

cycle and the heart cycle. This latter is set in percerghge total cycle. There
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are three types of modulation, besides the option to have a constanhtEpele
type was scaled in order to have a peak to peak difference ofrg@0and set
off to obtain a mean rotational speed equal to the speed valuetbetimer. The
implemented modulation waveforms are: an inverted elastance cumegative
part of a sine wave, and an inverted complete sine wave (Fig. 111-13).

type 1 type 2 type 3

rot. speed (rpm)

0.0 0.5 1.0 15 2.0 2.5 3.0
time (s)

Fig. I1I-13: lllustration of the three rpm modulation types that are implemented in the

mathematical model. All modulations have a peak to peak value of 4000 rpm and an average of
4000 rpm.
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5.2. Program sequence

When all the required parameter values are inserted via thentesdéace and a
simulation is started, the program determines the appropriaters@ecause
valves can be simulated as a simple resistor or a resistotandimnbination,
and because there is a choice of pump and afterload models| soheers were
implemented. The following discussion assumes the presence aflan and a
rotary pump in the chosen solver, relating to the whole model agetmcFig.

111-14.
insert / load
parameters
[

save
parameters
START
detelrmlne based on:
SOVEL heart model
¢ arterial model
load default pump model
initial values
calculate
—»
cycle

determine new / plot / append/
initial values wa\/jforms

calculate
RMSE value

NO

RMSE < precision

calculate output
from last cycle

plot graphs
fill textboxes
Fig. l1-15: Simplified flow chart of the mathematical model simulation sequence.
RMSE: root mean squared error.
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The selected solver starts with calculation of the inductandeesistance values
of the pump cannulas and with determining the A apd/&ues of the pump
model (see [Eq. IlI-27] and [Eq. I1I-28]).
The solver will then create an empty vector for each varialslere the length is
determined by the time step and the heart rate as given byeth& he rotational
speed of the pump will also be calculated as a vector, as aolunctthe type of
modulation and the phase shift that is chosen. Initial estinhatebe first time
point of each variable are also set by the solver before itligcsa@ves the
differential equations with Matlab’s ODE45 function for every tipoent of one
cardiac cycle. There are seven state variables in the complete model:

flow through the mitral valve (Q)

flow through the aortic valve (£

flow through the pump (Q

the pressure proximal to the arterial compliange (p

the aortic pressure

left ventricular volume (W)

left atrial volume (\(a)
Once these are solved over the heart period, further output variabbesvare
derived from them: left ventricular pressure and left atriabsuree. Since the
volumes of these heart chambers are known from the calculation,eb®upas
can be derived with the original elastance formula from SagaSagawa ([EqQ.
[1I-1]). A temporary output is then plotted on the user interfacéhs user can
follow the progress of the simulation. Next, the values of the state varialtes at
end of the cardiac cycle are used as the initial values fdoltbeiing cycle. The
differential equations are then solved for a second time, the outpablesriare
calculated once more and this second cycle is plotted adjactrg fost cycle
on the user interface. Before continuing the simulation, a convergetes®n is
tested: the root mean squared error (RMSE) value of the aorsisupeebetween
the last beat and the previous beat is compared to a preseiquretiat is
entered by the user at the start of the simulation (defaoitm2ig). The RMSE
value is defined as:
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1 n
RMSE = Jnx [Pao (e - Pao(M)c.)’ [Eq. 11-37]
1
with:
n: number of time points in a heart cycle (-)
Pac  aortic pressure (mMmHgQ)
C: last calculated cycle

C-1: previous cycle

If the RMSE value is lower than this precision, convergence israss$ and the
simulation is halted. Otherwise a following cycle is caltadauntil convergence
is achieved. In case divergence is detected, the initial valugbddiollowing
beat will be taken as the average of the end values of the prawouseats,
instead of the values of only the last beat. Once convergence iiseobéad the
simulation is stopped, additional parameter calculations are pedoand the
output is displayed on the user interface, as explained in section 5.4.

5.3. Differential equations
The complete set of differential equations is given at page l4tbdamodel as
depicted in Fig. 1lI-14. The equations are given in matrix notation and the
parameter and variable abbreviations relate to the ones in Figt #hd above.
The matrix notation should be interpretedasA xx B u, wherex is a vector
with the unknown (state) variables andhe inputs. The matrix A is usually
referred to as the system matrix and B is the input matrix.

Additional parameters that are not indicated in Fig. Ill-14 or the text are:
E: left ventricular elastance (known vector)
E. left atrial elastance (known vector)
Vo. volume intercept of the left ventricular ESPVR (known constant)
Voa Volume intercept of the left atrial ESPVR (known constant)

The studies that are discussed in the following chapter were based on
experimental data where no atrial parameters were acquirede@antly, a
solver was chosen that did not include an atrium. The inertanbe vhlves was

also omitted because those values could not be determined frexpidr@mental

data and estimation is unreliable. As a result, only four statmbles were
required: left ventricular volume (V), aortic pressure £g, pump flow (Q), and

the pressure proximal to the arterial compliancg. (@dditional outputs were
then left ventricular pressure, mitral flow, and aortic flow.
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Fig. 1-16: Overview of the graphical user interface of the mathematical model after a simulation
where the microdiagonal pump was run at 4000 rpm, the heart was modeled only by the left
ventricle, and the arterial system by a 4-element windkessel model.
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5.4. Model input and output
The possible settings and inputs for the model were described prateus
sections. Parameters are inserted in textboxes, while a lisloovxs @0 make
choices, e.g., for the different elastance curves or the pump rtiodul@heck

boxes are further used to include or exclude components such as tiaeoinire
heart valves.

After a simulation has ended, output data is presented on the estacatand it
can be saved to a data file. It concerns time-varying varialdgsate given in
vector format over the whole last heartbeat and averaged and dearaadeters
that are given as a single value. These separate output pamareteisplayed
on the user interface in textboxes:

left ventricular stroke volume and end-diastolic volume;

mean, systolic, and diastolic aortic pressure;

EW, PE, PVA, and mechanical efficiency of the left ventricle (see p.23);

systolic and diastolic wall stress;

average mitral and aortic valve flow and assist device flow;

forward and regurgitant flow for each heart valve plus the leakage duration

The vector data contains the following variables:

time mitral flow

left atrial pressure and volume pulmonary venous flow
left ventricular pressure and volume left ventricular wall stress
aortic flow and pressure assist device flow

These data are displayed on the user interface in graphs. Thmég giraphs
(one for pressures, one for flows, one for volumes) show data in fureétione

for all the calculated beats. Other graphs display data only obthora the last
calculated heart beat: a PV-loop with indication of ESPVR andE)R plot of
wall stress over time and a plot of aortic and left ventricular pressureimeer
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CHAPTER IV

A. INTRODUCTION

1. Overview of the chapter

Many ventricular assist devices based on a rotary blood pump)(RBe
currently available in different forms and sizes with control algorithm&anfing
complexity. The goal of this chapter is not to assess the diffesebetween
these pumps or to evaluate optimal control. Instead, the studies ptesettis
chapter focus on the load imposed on the left ventricle by RBPs atherfur
hemodynamic consequences in three different circumstances (scenarios).

The two pumps used have a diagonal flow path and were both developed at the
Helmholtz Institute in Aachen (HIA). In than vitro study (section D), the
clinically available Medos Deltastream was used, while ther ath&lies were
performed with the Medos-HIA microdiagonal pump. This section further
discusses the details of these pumps, while the following sectmres the
individual studies.

The studies are all performed in three different models: a matiwal model
(sections B and C), an vitro model (section D), and an vivo (sheep) model
(section E).

The first scenario that is modeled concerns sudden failure of 8nuR&d as
assist device. This scenario is not simulatedvo by the author, but reference is
made to a relateith vivo study that was previously reported by Nishida et 3l.

A second scenario is the use of an RBP running at different constant
rotational speeds to provide different levels of ventricular assist.

The third and last scenario that is simulated involves the usen dRBP
running with a sine modulated rotational speed, thus providing pulsapiod.
This scenario requires special attention for the effectigddring in the case of
synchronous ventricular assist. N vivo simulation of this third scenario is
performed, but then vivo sheep model is additionally used to investigate the
impact of the inlet cannulation site for ventricular assist with an RBP.

The results and conclusions of the different studies are sunemarizthe last
chapter (section A), where the three models used (mathamatieitro, in vivo)
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are compared and their advantages and disadvantages discussed. Even though the
studies are performed with a specific type of pump, to somengexhe
conclusions are valid for all types of rotary blood pumps.

2. The Medos Deltastream pump

The Deltastream diagonal pump (Medos Medizintechnik GmbH, Stolberg,
Germany) is a rotary blood pump intended for use in (miniaturized)
cardiopulmonary bypass (CPB) circuits, which also has potentials®ras an
extracorporeal ventricular assist device.

The pump comes in two versions: the fully integrated DP1 thatgnical use

as of October 2000 and the more recent DP2 version. The latterdeparate

pump head and pump drive that are magnetically coupled. This yetdsre

cost efficient operation since the drive can be re-used and onjyuthp head

has to be disposed of. In contrast, the DP1 is one complete single-use component.
However, its integrated design allows use up to 24 hours, whileRBecBn only

be used for 6 hours. The vitro studies described below are all performed with

the DP1 pump since the DP2 was not yet available at the timéheof
measurements.

Fig. IV-1. Deltastream DP1.

The DP1 pump consists of an electric motor embedded into a stagtéel tube,
which is in turn integrated into the plastic pump housing. An impuelitr four

straight vanes sandwiched between two conical surfaces is mouriietivieen
the inflow connector and the motor. The outflow connector is locatdt aear
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of the motor, which makes the blood flowing all around the motor aunsl th
provides cooling. The housing and impeller material is polycarbonatehand t
whole pump has an outer diameter of 40 mm, a length of 150 mm, andta wei
of 300 g. The motor further incorporates a temperature sensor andidityrum
sensor that help in predicting failure of the seal and required pxohamge. At
least two and a maximum of four external pressure sensors, togéthean
ultrasonic flow probe, need to be connected upstream and downstretm of
pump for monitoring and control.

The clinical drive console allows the pump to function in several modes:
Rotational speed controlyhere the user can set a constant rotational speed.

Preload limitation in combination with the previous mode this will
automatically reduce the rotational speed as soon as the prelecsdirpréas
fallen below a preset threshold. This to prevent suction in the venous cannula.

Flow control where the controller calculates the rotational speed in aoder t
maintain a constant flow as set by the user.

Zero flow-control where the pump automatically maintains a rotational speed
that generates a flow of O I/min, comparable to pump stoppage of a roller pump.

Additionally, the DP1 pump has pulsatile controlfeature that is intended to
provide a more physiological flow and pressure waveform for use assast
device. Pulsatile perfusion is sometimes also used in CPRitsire.g., to
improve the cerebral perfusion in patients with carotid stenasithi$ control
mode, the user has to set the average flow, the desired pulse @rasduihe
pump frequency in beats per minute (BPM). The pump will then genera
sinusoidal varying speed of which the average and amplitude are determined with
a control algorithm that evaluates these three parameters.

For the studies described below, a laboratory console intended siearch
purposes was used. This console served as a basic platform fopdeset of
the clinical console, which was still under development at the tGoatrol was
provided via two LabView programs: one for rotational speed control anfbone
pulsatile control.
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3. The Medos-HIA microdiagonal pump

The microdiagonal pump is just as the Deltastream a raafhizaif the
cooperation between Medos Medizintechnik GmbH and the cardiovascular
division of the Helmholtz Institute for biomedical engineering achen (HIA).

The microdiagonal pump is basically a scaled down version of thadrelam,

that further underwent modifications for use as an implantableio@air assist
device. The pump has a diameter of 30 mm, a length of 80 mm and weighs 120
g. As can be derived from Fig. 11l-12, the device can generateradfi® liters

blood per minute against a pressure head of 100 mmHg at a rotaieea of

7000 rpm.

The miniaturization of the pump will allow to implant the devivia a left
thoracotomy (between the ribs), which is less traumatic thantraditional
approach where the whole breast bone is sawn apart. Moreover, ¢he les
traumatic implantation and smaller size justifies the uséhis device in an
earlier stage of heart failure, where the device should only deliver part otdhe t
blood flow. Consequently, the device is intended for use as a bridgeaweery

or to transplantation and it aims at a use of two years, wipcal ar atrial
cannulation can be applied. The pump is currently not yet availabldiraral

use and the studies described below were performed with data olitaimeahe

of the prototype versions.

Fig. IV-2: Picture of the microdiagonal pump prototype that was used in the studies below (left)
and a schematic drawing of its intended placement (right).
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4. Characterization of the Medos pumps

4.1. Introduction
The flow generated by a rotary pump is dependent on the pressurevhedudis
in contrast with displacement pumps where preload and afterload are
independent determinants. This is illustrated by the general qoanp equation
as given in chapter Il and repeated below ([Eg. IV-1]). Consequentgn be
expected that the preload and afterload have an inverse effect amigetflaw
sensitivity to either variable is equal for a certain rotatiepaled. An increase in
preload has the same effect on the pressure head (a decreasé¢@sase in
afterload with the same increment. To characterize a rotamp pa pump graph
presenting the generated flow as a function of pressure head campesed,
and this for multiple rotational speeds.

p=Ax* R, & [Eq. IV-1]

with:

Dp: pressure head over the pump (mmHg)

A: pump constant (mmHg/r

w: rotational speed (rpm)

Rp: pump resistance (mmHg-raiif)

Qp: pump flow (I/min)
Such a characterization has previously been performed at theoHtihe Medos-
HIA microdiagonal pump and the resulting data was presentetiapter I,
section B. The Medos Deltastream pump was characterized iHytheulics
Laboratory with then vitro model that was described earlier (chapter 1), making
use of the static preload reservoir that was decoupled fromftérdoad. The
Deltastream pump was controlled by a laboratory console in dmthnuous
mode and pulsatile mode. The experiment was performed with a-ghaterin
mixture with a kinematic viscosity of 2.22:3@?s at an average temperature of

29° C. Instrumentation was provided as described before.

4.2. Medos Deltastream: continuous mode

4.2.1. Methods
In continuous mode, the rotational speed was varied from 1000 to 900Qittpm
1000 rpm increments. At each speed, the resistor was sek atiff@rent
resistance values and this was combined with three differelaapis (5, 20 and
35 mmHg), yielding 18 data points for each rpm. The resistancesclesen as
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to obtain a broad range of afterload pressures (50, 100, 125, 150, 175, and 200
mmHg) at a flow rate of 6 I/min. A data point was obtained femquiring the
pressures and pump flow for 5 seconds at 200 Hz and averaging thengesulti
flow and pressure head (= windkessel pressure — preload pressare] luat
protocol for continuous mode was repeated with water as a twestfdr 2000,

4000, and 6000 rpm.

4.2.2. Results and discussion
A pump graph was composed of the continuous mode data and is shown in Fig.
IV-3 for rotational speeds of 1000 to 7000 rpm. The plot of the measurements
with water as a test fluid coincides with the glycerin one fepeed of 2000 rpm,
while for 4000 rpm a slightly lower pressure is generated and #pardy is
even larger for 6000 rpm. This is due to the higher hydraulic resestasulting
from the more viscous glycerin mixture. The pump has to generate more
hydraulic power to produce a given flow compared to water expesmEnt
increasing pump speeds, the plots shift to the upper right and theyndeco
steeper, thus covering a larger pressure range while they allaswailar flow
range. At higher speeds, the plots are also farther apart, whig¢bsrétathe
general pump equation ([Eqg. IV-1]) that contains a term with tjuare of the
rotational speed.

It can be noted in Fig. IV-3 that a negative pressure head aositev flow are
measured at low rotational speeds. This is a result of the statk loop testing

with a decoupled pre- and afterload. The pressure head is definedpasshigre
downstream of the pump minus the pressure upstream of the pump, land at
speeds the pump cannot generate high afterload pressure. Consequently, a
negative pressure head can occur if the set preload pressure dkeegitisrload
pressure. The forward flow is then generated by the pressureedd&between

the preload reservoir and the venous overflow reservoir, rather yhige ipump

itself.
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Deltastream DP1 pump graph
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Fig. IV-3: Two-dimensional pump graph obtained from the continuous mode data. The
rotational speeds (1000 to 7000 rpm) are indicated in italic.

The Deltastream pump is intended for use on CPB circuits andheasfdre
generate physiological flows over a large pressure range. Aeqossce of
performing the measurements with resistances in the physiologiuge is that
the data only cover a small part of the pump’s capacity. To lofiseacterize the
pump, it is necessary to create pump flows from O I/min to theinmosn
achievable at a certain speed. For low speeds, a no-flow sitcatide obtained
with a relatively low resistance, while for higher and more pwespeeds a
much higher resistance is required. Hence, the protocol shouldhtakaccount
various resistance ranges rather than being restricted to ts®lplgycal range
and adopting the same resistance values for each pump speed. @algs is
confirmed by the fact that at higher speeds, the data points as ghévg. 1V-3
are clustered together. This indicates that there was litdetérom varying the
parameters within the predetermined range.

4.3. Medos Deltastream: pulsatile mode

4.3.1. Methods
In pulsatile mode, a parameter study was performed to evdheatesponse of
the feedback algorithm implemented in the laboratory console.imhatro
model and pump were regulated to a reference setting (seeVab] bold), and
each of six parameters was subsequently varied over a predeteramge (see
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Table IV-1), while the other parameters were kept constatheat reference
value. Three settings of the pump console were varied: the ptptite pulse
pressure, and the mean flow to be generated (set flow). The rem#ingsg
parameters were set in tire vitro model: the preload pressure, the resistance,
and the compliance.

Table IV-1: Parameter values used in the pulsatile protocol

PR" pulse press setflow preload resistance compliance
(BPM)  (mmHg) (I/min) (mmHg) (mmHg-s/ml (ml)* (ml/mmHg

40 10 3 10 0.5 250 0.28
60 20 5 20 1 500 0.51
80 30 7 30 1.5 750 0.82
100 40 9 40 2 1000 1.05

The bold numbers indicate the reference values.
"PR: pump rate
* compliance expressed as the amount of air in the windkessel

4.3.2. Results and discussion

Fig. IV-4 presents pressure and flow waveforms acquired with gladdream
DP1 functioning in pulsatile mode. The displayed data was measutiedhsi
pump console and setup regulated to the reference values. Wheatiegathe
waveforms, it can be concluded that both ‘aortic’ pressure iwihékessel and
flow deviate from physiological patterns. The Deltastream pump, Vewe

mainly intended for use in CPB circuits where physiological feowl pressure
patterns are less important. The main goal of the pulsatility isansfer blood
with more energy to oxygen deprived body parts, e.g., through stenod thus
the waveform shape is inferior to the contained energy. Moreover, éeenae
of an artificial lung and arterial filter in a CPB circuitlvalter the waveforms,
and when the Deltastream pump is used for ventricular assisterianing

pumping action of the native heart will have the same effect.
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Fig. IV-4: Example of the pump flow and afterload pressure (P,,) with the Deltastream DP1
working in pulsatile mode, with all parameters set at their reference values (see Table IV-1). Py,
is measured in the windkessel, and is therefore indicative for the aortic pressure.
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Fig. IV-5: Results of the parameter study in pulsatile mode. Panel A shows the impact of the set
flow on the afterload pressure (black data, left hand side axis) and the generated flow (gray,
right hand side axis). Panel B shows the impact of resistance variation in the in vitro setup on

the same parameters.

The panels in Fig. IV-5 demonstrate the effect of the mean sktting and the
resistance on the generated pump flow and afterload pressure. Eaqgtoihat
was calculated as the average of pressure and flow data (esyedsph Fig.
IV-4) over a number of ‘pump beats’. Although the reference value fdildhe
was set at 5 I/min, it can be determined from panel B thatatteal flow
(measured with external instrumentation, see chapter Il) Wtk aver 6 I/min.
This was confirmed with the data where the other parameters vegred: a
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mean flow setting of 5 I/min results in an actual flow of 6.3 I/nilanel A
demonstrates even clearer and for other flow levels that thel 6w (gray
plot) is underestimated by the control algorithm.

In spite of this discrepancy between actual flow and flow medshyethe
console, it can be concluded from Panel B that the flow is the det@tminant
for the pulsatile mode algorithm. Regardless of the resisthatét has to work
against, the pump always delivers the set mean flow. Fromdteiplpanel A, a
similar conclusion can be derived: the pump generates the demémaehd it
does not take into account that this can lead to extremely higbupeesf the
resistance is not adjusted. The console allows to set aldramsgive high
pressure warnings, but there is no automated algorithm that tesguilae
rotational speed based on an evaluation of both pressure and flow. A control
algorithm that is simply based on maintaining the required ttaw apparently
lead to dangerous situations and a more sophisticated contr@ndatory for
clinical use. The data of panel A also reveal a shortcomimgafro setups: the
resistance is not adjusted as itinsvivo, where baroreceptor feedback helps to
regulate the afterload pressure.

Variation of the remaining parameters (pump rate, pulse pressw@®agr
pressure, and compliance) revealed only negligible changes irnaftgntessure
and actual flow and are therefore not displayed. These measurghwemever,
revealed that there is an algorithm that determines the imgitiade and mean
rotational speed required to obtain the desired pulse pressure, buis thi
completely secondary to the flow requirement. As a result, thee garessure
derived from Fig. IV-4 is higher than the set reference value of 26ignrA
similar overestimation was noted for all pulse pressure levels.

4.4. Comparison of Deltastream and Medos-HIA microd  iagonal
pump
When the general pump equation is fitted to the pump graph obtained for the
Deltastream pump, it yields the following equaticn=(10.99):

P=6.289X10°x ?- 0.756><Q§ -7 [EQ. IV-2]
with:
Dp: pressure head over the pump (mmHg)

w:. rotational speed of the impeller (rpm)
Qp: pump flow (I/min)
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Previously (chapter Ill), [Eqg. IV-3] was found for the microdiagonal pump.
p=2.9x10° x* 2.41 & [Eq. IV-3]

Consequently, the equation that characterizes the Deltastrearp pan be
written as:

Pps » 2XA,0p X0° ¥+0.3 R vop (jg(-_/ [Eq. IV-4]

Where App and R vpp are the values found for the microdiagonal pump and
Dpps is the pressure head generated by the Deltastream pumpeVéads that
the pressure head generated by the Deltastream is apprdyiddiees more
sensitive to changes in rotational speed than the microdiagonal punihg the
latter is three times as sensitive to changes in pump flow. i3 hatso derived
from the graphs in Fig. IV-6, where the Deltastream plots arenrhigher for
comparable rotational speeds and the microdiagonal plots are much steeper.

microdiagonal Deltastream

250

\\\

flow (I/min)

pressure head (mmHg)

n
o
|

Fig. IV-6: Comparison of the pump graphs of the Deltastream pump and microdiagonal pump.

The Deltastream function is displayed from 2000 rpm (lowest graph) to 8000 rpm (top right) in

1000 rpm increments and the microdiagonal pump from 3000 rpm to 9000 rpm with the same
increment.
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B. MATHEMATICAL MODEL STUDY OF ROTARY
BLOOD PUMP FAILURE "

1. Abstract

In this study we used a mathematical model to study the infuehbackflow
through a failing rotary blood pump. We performed simulations based oralani
experiments that were published earlier by Nishida et alif (A&dtgans 2000),
who used the Medos-HIA microdiagonal pump to assess the acuté¢ efffec
sudden pump failure. The mathematical model consists of validatdhc and
arterial modules and a pump module. We could evaluate the influence pf pum
failure with mechano-energetic parameters and wall stressnedtdiom model
output. Simulations were performed at baseline and after 15 minckfidaa in

a control group and a heart failure group. Simulation results agrdedithethe
experiment.

Stroke volume, aortic flow and stress time integral increaggifisantly as a
result of pump failure. However, total systemic flow and artgniassure were
not altered by backflow, and a life-threatening situation did not appear.

2. Introduction

The use of rotary blood pumps in extracorporeal circuits is arblissiad
phenomenon in perioperative cardiopulmonary bypass and post-cardiotomy
support. These compact pumps can have a centrifugal, axial or diagace)t

and are easier to handle than displacement pumps. Their desigatizelye
simple since there is no need for valves. Most parts candtevdaich makes
these pumps suitable for mass productidre last years a boost could be noticed

in the research of rotary blood pumps, which are an easy tardedrfmiysis and
anticoagulant testing, numeric flow simulations and driving algorithm

" The contents of this section was published infAtgans 2002;26(12):1032-1039:
Effect of rotary blood pump failure on left ventricular energetics
assessed by mathematical modeling
Vandenberghe S, Segers P, Meyns B, Verdonck P
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development. Recent improvements have made these pumps morengpaedli

suitable for long-term or even permanent implant as a ventriaskist device
[185,186]

Although reliability of all cardiac assist devices increasestinuously by
improved material selection, parallel electronic circuitry aedtended
performance testing, failure of a rotary blood pump is still omconcern.
When such pumps are implanted, pump stoppage is harder to detect and
emergency handling is more difficult and more invasive. Pump failure catdea
severe backflow through the pump and might end in a fatal incidentessilt of

the extra load imposed on the heart. Nishida et'dl.concluded in a recent
study that sudden pump failure leads to an acute depression ofhibdymamic

state, which is not lethal and reversible if pump support wasmned after 15
minutes.

In our study we used a mathematical model to evaluate the effestary blood

pump failure on left ventricular function. Mathematical models thé
cardiovascular system allow evaluation of the impact of cardssist while
saving on the expenses of extended experimental testing and preventing the
sacrifice of numerous animals. We studied hemodynamic and meehangetic
parameters of the left ventricle (LV) in simulations based previously
performed animal experiments. This allowed us to validate the Inaodk to
generate extra information on the myocardial wall stress ¢batd not be
measured in the experiments.

3. Materials and methods

3.1. Invivo data

This simulation study is based on experimental data acquirddidbyda et al.
(1791 Nishida et al. used 2 groups of sheep to study the effects ofldyackf
through the Medos-HIA microdiagonal pump (Medos Medizintechnik GmbH,
Stolberg, Germany). The first group (n=7) consisted of healthy coslextp
while chronic heart failure was induced by coronary (LAD ox).€mbolization
several weeks prior to the experiment in the second group (n=7). Theetiata
we selected for this study were acquired at baseline (Bdl)after 15 minutes of
backflow (BF), with ventriculo-arterial cannulation. Measured véemlvere left
ventricular pressure and volume (Rand \{y), mean aortic flow and pump flow
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(Qu) and carotid pressure. Volume was measured by conductanceecathet
(Cardio Dynamics BV, Leiden, The Netherlands) and calibratddmean aortic
flow and hypertonic saline injections for parallel conductance determination.

3.2. Computer model

The computer model used for the simulations was programmed iadvaB
(The Mathworks Inc., Natick, MA). It is a modification of an exigtimodel that
has already been used and validated for heart-arterial couplings$titfi®l The
model can be divided into 3 modules, each representing a part of fhldisdn
circulatory system proposed for this study (see Fig. IV-7ardiac module, an
arterial module and a pump module. The complete model is progransnaeskea
of differential equations based on electrical analogons of the different modules

LV

Fig. IV-7: Schematic representation of the simplified circulation model containing LV, diagonal
pump and 4 element windkessel model. E(t): time varying elastance; L; and L,: inertance of inlet
and outlet cannula; R; and R,: resistance of inlet and outlet cannula; R.: characteristic
resistance; L: arterial inertance; Ry,: peripheral resistance; C: total arterial compliance.

3.2.1. Cardiac module
This module is based on the time-varying elastance theory asakabby Suga
and Sagawd”®. During the experiment of Nishida et al., filing of the left
ventricle (LV) was altered by inferior vena cava occlusions. @h@ved us to
determine the slope (& and volume intercept @Y of the end-systolic pressure-
volume relation and thus to calculate time-varying elastanégtgs RB\/(V -
V(). It has been shown in do§ and human$® that elastance curves can be
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normalized in amplitude (EE/E.9) and time (f=t/teed In order to obtain a
characteristic curve (&,)) for the species. The shape of this curve is similar for
each subject of the species, whether healthy or with cardioeastiséase. From
the pressure-volume (PV) data provided by Nishida et al., a gem@rahlized
elastance curve for sheep was derived and implemented in theccaamtial as a
Fourier series. Mitral and aortic valve are modeled as linear resistors

The experimental steady state data of Nishida et al. weragageover a number

of beats and were used to determine the input of the cardiac moodedhch
individual sheep. With Y known from the vena cava occlusion measurements,
end-systolic (E) and end-diastolic (g elastance angdswere derived from the
steady state measurements. Sincgt,E is known for sheep, only these
parameters are needed to fully describe the time varyinguetasE(t) for each
subject.

3.2.2. Arterial module
The arterial module is a four-element windkessel m86&| consisting of total
peripheral resistance (R total arterial compliance (C), total inertia (L) and the
characteristic impedance of the aortg)(Rhe 4 parameters of this module can
accurately be derived from continuous aortic pressure and'fioi#”) However,
only the mean of the aortic flow was known, and consequently alternative
methods™® had to be used based on mean carotid pressure (MCP), pulse
pressure (PP), stroke volume (SV) and heart rate (HR). Tighpeal resistance
and compliance were calculated as

MCP
= mmHgxs/ml Eq. IV-5
P =gyspr (MMHG>s/m) [Eq. IV-3]
SV
= ml/mmH Eq. IV-6
PExL4 | 9 [Eq. 1IV-6]

R, and C were calculated for each sheep according to these forimutashe
averaged data during baseline, whileaRd L were adjusted within limited range
to improve the goodness of fit of the measured (averaged) and t&dula
pressure-volume loops.

3.2.3. Pump module

This module consists of an equation that was fitté=d0(89) to pressure head-
flow curves assessed from the Medos-HIA microdiagonal pump nn a
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experimental setup with continuous flow. Additional resistive andiaiéerms
are calculated in real-time, based on the cannula dimensionadaled to the
equation to make it valid for pulsatile flow. This results in ti®Wing equation
that expresses the pressure head over the pump as a function of the pump flow:

dQ
P~ Pv =AX ? +Rtot(Qp)>Q[2) +|—t0txd71p [Eq. IV-7]

al

with:
A:  pump constant (mmHg/rfin
rotational speed (rpm)
Rt total resistance (mmHg-s/ml)
Ly total inertance (mmHgf#snl)

3.2.4. Model output

Model output is calculated over one cardiac cycle after model ogpevee and
consists of left ventricular pressure and volume, aortic pressdréoav (P,, and
Qa0), mitral flow and pump flow. To calculate the wall stress, #feventricle is
approximated as a thick-walled ellipsoid in which the muscle ssrasd to be
isotropic and to have a constant volume. The wall thickness (walcsilated
throughout the cardiac cycle in relation to the end-systolic wadkness.
Meridional wall stresss(;) can be calculated &

P, xD*

m :m (mmHg) [Eq. IV-8]

with:

w: wall thickness (mm)

D: inner diameter, short axis of the ellipsoid (mm)
Furthermore, a number of parameters that evaluate left veatrituiction are
derived from the PV-loop®*®! The external work (EW) is the area within the
PV-loop and quantifies the energy that is delivered to the bloothdyeft
ventricle. Potential energy (PE) is the triangular area l@iviESPVR, EDPVR
and PV-loop. This area quantifies the energy that is used befiheehtricle
merely to contract the muscle. The sum of these ardawusn as the pressure
volume area (PVA) and is closely related to the oxygen consumgt the heart
(11191 The mechanical efficiency (Meff) of the LV is defined as thtio of EW
to PVA. Finally, arterial elastance {Eis derived as the ratio of end-systolic
pressure to stroke volume, 5 used as an indicator for the load that is placed
upon the heart by the arterial systéf'®?
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3.3. Methodology
Data from 4 sheep of each group (control and failure) were used gn thi
simulation study. We performed 2 series of simulations witlh ggaoup. In the
first series we simulated the baseline conditions, where tessary cardiac and
arterial input parameters were derived from the experimeatal at baseline for
each sheep. The pump model was excluded for these simulations.skectirel
series we simulated pump failure and the resulting backflowe ke also
derived the cardiac parameters from the experimental data,atetial
parameters were copied from baseline. The pump model was indludbis
series, with a rotational speed of O rpm.

The parameters described in model output were derived from thdagson
results. EW, PVA, Meff and Ewere also derived from the experimental data
(averaged over a number of beats) to allow comparison betweetnesmms and
simulations. Statistics were performed on the simulation teesuth two-way
ANOVA with repeated measures (SPSS 10.0, SPSS Inc., Chicago, IL).
Significance level was p=0.05.

4. Results

The agreement between measured and simulated PV-loops is demdnstrate
Fig. IV-8 for an animal of the control group. Especially the baselmelation
shows a good fit, while at backflow there is an overestimation of.thend-
diastolic volume (LVEDV). Comparison between measurementsiemdagions

for each studied subject is given in Fig. IV-9. The mathematwadel
underestimates aortic and pump flow at backflow, while there is ggatment

at baseline. The same effect is observed in the stroke volumd) shotosely
related to the displayed flows. Simulated mean aortic pressiA®)( shows a
very small but consistent underestimation at baseline and a vellyagoeement
with the measurements at backflow. Measured and simulated &yAe
strongly. The simulations are thus valuable as an indication of the roxyge
consumption of the left ventricle.

The effect of pump failure is noticeable on different parammgi@s shown in
Table IV-2. The graphs in Fig. IV-10 show a more detailed view oeffieet for

a sheep of the control group, while a summary of all simulatiodsjgayed in
Fig. IV-11, grouped in control and failure subjects.
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. IV-8: Comparison of measured and simulated PV-loops at baseline (left) and after 15 min

of backflow (right) in a sheep of the control group.
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IV-9: Comparison of measured and simulated hemodynamic parameters at baseline(BL)
and after 15 min of backflow (BF) in the whole studied population.
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These illustrations of the simulation results show how aodw & significantly
increased in the occurrence of pump failure. Due to the pump efaitbis
increase in aortic flow does not lead to a significant change tersits flow,
which is calculated at the mitral valve. Our simulations sugtest there is
continuous backflow through the pump throughout the cardiac cycle, even during
ventricular ejection when a negative pressure gradient appearshevpump

(Fig. 1V-10). The PV-loop demonstrates how LV volume is altergdttis
overload situation: end-diastolic volume is much higher compared ®&irgs

and end-systolic volume is also increased. Nevertheless, puome fasults in a
significant increase in stroke volume.

Aortic pressure at backflow is almost identical to the pressubaseline. This is
the case for all simulations, giving a constant MAP for each group.

Backflow results in an (non-significant) increase in both systmhid diastolic
wall stress, which is a direct consequence of the higher ventrivallame (and
thus thinner wall) and the maintained pressure. The increase is\otcsiable at
peak ejection.

When considering PVA (Fig. IV-11), an increase is noticed at baekibr both
groups, especially for the group with induced heart failure. The laffgat en

the failure group can be explained by the large increase in pbeEmei@y in this
group, while this energy remains constant in the control group. The dxterna
work increases equally in both groups but is higher in the control group
compared to the failure group. There is no significant differenceeeat EW,

PE and PVA at baseline or at backflow, in either group.

Finally, the arterial elastance decreases significantitligroups when backflow
is induced. This could be expected since pressure is maintained strioike
volume increases.
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Table 1V-2: Hemodynamic and mechano-energetic parameters
at baseline (BL) and during backflow (BF)

BL BF
S\, C 32+ 4 44 + 5°
(ml) F 33+5 44 + 13?
LVEDV C 82+ 9 98 + 18
(ml) F 132 + 35° 161 + 34°
P aomax C 79 + 7 80 + 11
(mmHg) F 65 + 7 68 £ 9
MAP C 64 + 7 64 + 8
(mmHg) F 48 + 9° 51+ 9°
Q:o C 33+0.3 5.3 + 0.4°
(I/min) F 2.8+ 0.8 43 + 0.9
Qp C 0+0 -2.0 + 0.4°
(I/min) F 00 -1.8 £ 0.4°
EW C 2186 + 370 2838 + 764
(mmHg-ml) F 1679 + 493 2092 + 869
PE C 1494 + 629 1602 + 821
(mmHg-ml) F 1250 + 345 2233 + 1007
PVA C 3680 + 706 4439 + 1346
(mmHg-ml) F 2929 + 192 4325 + 1790
Me C 61 + 11 65 + 10
(%) F 57 + 14 49 + 8

E. C 25+ 0.4 1.8 + 0.2°
(mmHg-s/ml) F 2.0+ 04 1.6 + 0.3°
S max C 74 + 7 87 + 16
(mmHg) F 72+ 4 80 + 15
STI C 205 + 2.3 24.0 + 4.4
(mmHg-s) F 25.3 + 3.6 29.9 + 5.8°

p < 0.05 vs. baseline

®p < 0.05 vs. control group

C: control group; F: failure group

SV: stroke volume; LVEDV: left ventricular end-diastolic volume; Paomax. Max. aortic
pressure; MAP: mean arterial pressure; Q. aortic flow; Qp: pump flow; EW: external
work; PE: potential energy; PVA: pressure volume area; Meff: mechanical efficiency; E.:
arterial elastance; s : max. wall stress; STI: stress time integral.
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Fig. IV-10: The effect of backflow on aortic flow and pressure, PV-loop and meridional wall
stress in a simulation of a sheep of the control group.

5. Discussion

It has already been verified by Nishida et al. that the gstbisc elastance,
dp/dt,ax and mean arterial pressure differ significantly between dméra and

the failure group, proving that coronary embolization was successful fomcha
of chronic heart failure was present. This result is confirmesbmsimulations
by significant differences in LVEDV and MAP for the control ahé failure

group. Still, Nishida et al. point out that conclusions must be intexgbnetth

care since the degree of induced heart failure is less thannseknical implant
candidates.

Since no accurate estimation of the arterial parametersdoutit pressure and
flow was possible, no effort has been undertaken at this stage to yuhatif
error between the measured and the simulated data. Additionally? cidyals

(LV pressure and volume) are available for comparison of model and
experiment. There is good agreement between measured and esihiRNatoops
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in general, especially at baseline. The arterial parameteascRL are adjusted to
improve resemblance between the PV-loops at baseline, whileihless (and
R, and C) are copied for the backflow simulations. If these parasnetaild be
derived from the backflow experiments, the influence of backflow wdeld
included in the parameters, thus giving a false representation airtiweal
system. Therefore it is assumed that the arterial systays constant and the
parameters are copied. It is however possible that changesantehal system
occur due to the altered circulation, explaining the inferior flvaatkflow. This
might also be the reason for the underestimation of aortic flow angd flam in
the backflow simulations. The underestimation of the flows indicdtat &
further evaluation of the model is necessary utilizing timeiagrflow signals,
which would also allow accurate arterial parameter determination.

Our simulations indicate a continuous negative pump flow, even during LV
ejection when LV pressure is higher than aortic pressure. Thisthg @ae to the

large resistance and inertia in the long cannulas used in thigregpe(inflow:

395 mm, outflow: 290 mm), which cause a low flow profile. These dasnu
were used to allow visual inspection of the pump by placing iaeatporeally.
Simulations with shorter cannulas (80 and 150 mm) revealed a more distinct flow
profile reaching small positive flows during LV ejection. Nevers| the high
pressure gradient during diastole causes such high backflow that it cée not
compensated by the small reverse pressure gradient during systole.

We anticipated that total arterial flow would have diminished dupogp
failure since part of the aortic flow regurgitates into the veetrthrough the
failing pump. However, both the simulation results and the experimdatal
indicate that the backflow is compensated by an increased stobkme and
consequently a higher output through the aortic valve. Stroke volume afthe |
ventricle is augmented at backflow to maintain an effective stroke volumiars

to the baseline condition.

The averaged results of the animal experiments show a very, smoaH
significant decrease in mean aortic pressure due to backflow. ifluéatgons
also show that arterial pressure is hardly altered at backiweh is in contrast
with aortic regurgitation, where a dramatic decrease in MAPaapp&’. Again,
cannula resistance and inertia may be responsible for thist eifeze they
prevent fast pressure changes over the pump. MAP is an easyasorm@&on-
invasive parameter that is widely used as a diagnostic tool. Wowéhese
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results show that it would be impossible to diagnose a failing rbtand pump
even by invasive arterial blood pressure measurements.

Fig. IV-11: The effect of backflow on hemodynamic and mechano-energetic parameters,
derived from the simulation data for the control (grey) and the failure (black) group. Data are
presented as mean and standard deviation for each group.
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Ventricular wall stress cannot be measured in a simple nonidigt way.
Several methods have been proposed to calculate this stress or dse of
components starting from the ventricular geometry and the interessure, but
apparently there is little difference between the mot&t8*. Meridional wall
stress s, is less sensitive to geometric changes in comparison with
circumferential stress and it better approximates mean $itoess.s,, slightly
overestimates total stre$d), but it is a good indicator for changes in left
ventricular wall tension by different loading conditions. Although shesses
resulting from these simulations are not true absolute valueeféalt end-
systolic wall thickness of 10 mm was assumed), we consigdewtil stress
model as an important tool that gives valuable information ofdhditon of the
ventricular muscle. No statistically significant change in vealess could be
demonstrated, but there is a clear trend in both groups. The sanslatiggest
that the high wall stress is maintained longer when backflow a@sept. To
quantify this, we calculated the stress-time integral (Sdmd found a
significantly higher STI at backflow (see Table IV-2 and Fig. IV-11).

The increase in potential energy due to backflow in the faguoep indicates
that more energy is required to make the muscle contracttisithation (failing
heart with failing pump). There is no difference in PE betw&en2 groups at
baseline, which shows that the failure group is more sensitivectdlda. This
is also illustrated by the mechanical efficiency, whichrdases due to backflow
in the failure group, while it increases in the control group.

The decrease of arterial elastance should indicate that &neisesubject to a
smaller arterial load, which is in contrast with the PVA andl staess, both of

which demonstrate an increased load on the heart. Since PVA Hredress are

more direct measures of the effective load on the headnibe concluded that
E. is a bad indicator for this load in rotary blood pump failure.
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6. Conclusions

We used a mathematical model to study left ventricular nmeckaergetics in
the occurrence of rotary blood pump failure. Simulations weredbagsean
experimental sheep study by Nishida et al., in which they uselli¢des-HIA
microdiagonal pump to assess data at baseline and during pump failote.
model there is an underestimation of pump flow and subsequently heerfurt
evaluation is necessary with more accurate data.

Our findings confirm the conclusions of Nishida et al.: backflow through a
failing pump increases stroke volume, but has little effect oricapréssure.
Aortic flow increases to compensate for the backflow. The pressluene area
(as a measure of oxygen consumption) and ventricular wall gtersase during
pump failure, indicating a larger load on the heart. However, nohlitsatening
condition seems to appear. The arterial elastance decreases plump failure
and should not be considered as a parameter for loading of the heart.
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C. MATHEMATICAL MODEL STUDY OF
VENTRICULAR ASSIST WITH A ROTARY
BLOOD PUMP IN CONTINUOUS AND
PULSATILE MODE"

1. Abstract

Due to the increased appeal of rotary blood pumps for long-termacaadsist,
we conducted a study of their capacity to unload the left veni{isl). We used

a validated mathematical model of the cardiovascular systeniaiemented
the pump characteristics of an investigational microdiagonal puredd®). The
influence of the pump on systemic hemodynamics, LV energetic panansatd
wall stress was evaluated in continuous and synchronous pulsatile ahode
operation. For the continuous mode simulations, the influence of hegrt¥Aat
contractility and pump speed was assessed in a parametric studye pafdatile
mode, different onsets of a synchronous time-varying pump speedchpatee
tested.

Our data indicate that the effectiveness of unloading in continuous mpeedse

on the contractility of the native ventricle. Hypocontractile sielets are most
easily unloaded, while ventricles with moderate contractiliéguire high
continuous pump speeds to achieve notable unloading. In pulsatile mode, the
pump timing is an important determinant of pump/cardiovascular myste
interaction, with a counterpulsation setting yielding the best unloading.

" The contents of this section was published infAtgans 2003;27(12):1094-1101:
Unloading effect of a rotary blood pump assessed by
mathematical modeling
Vandenberghe S, Segers P, Meyns B, Verdonck P
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2. Introduction

Cardiac assist devices of various types are widely used toekekptage heart
failure patients alive for a limited period, to bridge them &mgplantation. As
opposed to that, approximately 20 years after the first expesemith the Jarvik

7, new devices have recently been introduced specifically for dastirtherapy

or permanent support of patients. However, it is questionable witstkmation
therapy is the ideal alternative to cardiac transplantatioce sssist devices still
have a relatively short lifetime (new devices strive usualiyaf5 years lifetime)

and only provide approximate physiological control. Consequently, recent
research efforts have focused on using assist devices as a toridg®very’, to

heal the patient's own heart. The improved heart function following aardi
support and the possibility of subsequent device explantation was repgrted b
Frazier in 199464], and has since been demonstrated in clinical practice in a few
hundred patients with various devicé®. Unfortunately, the underlying
biochemical and biomechanical processes of cardiac recovemotnget fully
understood, which makes it difficult to select patients for this tlewapeutic
option and to determine the optimal recovery protocol. Clinical expei
indicates that ‘bridge to recovery’ can probably only be applied tonited
number of patients suffering from primary myocardial disé&¥ewhere the
progressive remodeling of the heart can be halted and even reversed.

Barbone et al. recently demonstrated that the load imposed on théshwar of

the major determinants of the remodeling pro¢®§sbut the question remains
how much unloading is required in relation to the patient's condition. To
investigate recovery and eventually to apply the optimal protdaslnecessary

to have the possibility to prescribe different grades of unloading, aagstss
the attendant response of the native ventricle.

In this study, we have used a computer model, previously validateldeart-
arterial interaction studie$®® and applied to study the effect of rotary blood
pump failure™®*, to assess the unloading capacities of a rotary blood pump in
different conditions. In a first series of simulations, the unloadihghe left
ventricle (LV) by a rotary blood pump running at constant speetudsesl for
different cardiac parameters and pump speeds. In a second dezigsiary
blood pump is simulated in a synchronous pulsatile mode wherein the pump
speed varies throughout the cardiac cycle. Variation in the trigday dé the
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pulsation pattern is performed to assess the influence upon cardiadingloa
Consequently, this study evaluates the difference between ijeulsatl non-
pulsatile support and their effect on cardiac function, without consglehie
impact on general physiology or other end-organ function.

3. Materials and methods

3.1. Computer model
The computer model used for this study is programmed in Matlab (The
MathWorks Inc., Natick, MA) and consists of 3 separate moduledliéc,
arterial, and pump module) as described elsewti&feln our model (see Fig.
IV-12), we disregard the pulmonary circulation and the left atriwhich offers
the advantage that all necessary input parameters for the nattievascular
system can be derived from a standard in-vivo experiment. Thexcardidule
embodies the left ventricular function based on the time-varyingaal@siE(t))
theory as presented by Suga and Sad3dywahere

I:)LV (t)

"0 v - vl

[Eq. IV-9]

P.v and My represent LV pressure and volume, respectively, apds\Mhe
volume intercept of the end-systolic pressure-volume relatiomodnalized
elastance curve for sheep was derived from previously acquirediregptal
data*’® and has been implemented in the program. The data of that experiment
(8 sheep) were also used for calibration of the m8d8l When end-systolic

(Ec9 and end-diastolic (g elastance and the time of end-systolgJ(tof a
specific sheep are known, the normalized elastance function cestabed
accordingly, and thus left ventricular function is fully charagttiby Ey Eeg

tees Vo and heart rate.

The simulations in this work are based on data from one (referanceal, of
which the necessary parameters were derived from measurefment®, and
Vv) during vena cava occlusion and steady state. Thus cardiamoefer@ues
for the simulations are:E= 1.55 mmHg/ml; & = 0.12 mmHg/ml, heart rate =
104 beats/mingts= 0.275 s and y= 14.8 ml.

The systemic arterial system of a subject can be compld¢sicribed by a four-
element windkessel mod&f*, which is our arterial module. It consists of total
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peripheral resistance (R total arterial compliance (C), total inertance (L) and
the characteristic impedance of the aortg.(Rhese 4 parameters can be derived
via curve fitting procedures from pressure and flow continuously meésguthe
ascending aort&®’l. Due to the unavailability of continuous aortic flow, an
alternative method was used to determine the systemic load akefauence
animal: mean carotid pressure (MCP), pulse pressure (PP), sthkee (SV),
and heart rate (HR) were used in the following formulas:

MCP
= mmHgxs/ml Eqg. IV-10
» =gy,pr (MMHg>s/mI) [Eq ]
SV
= ml/mmH Eqg. IV-11
PEx4 \ 9 [Eq ]

R. and L were adjusted within limited range to improve the agreebedween
measured and simulated pressure-volume loops when there was no pserg.pr
This yielded the following arterial reference parameter $&f: = 1.13
mmHg.s/ml, C = 1.27 ml/mmHg, R= 0.15 mmHg.s/ml and L = 0.05
mmHg.$/ml.

Fig. IV-12: Schematic view on the 3 modules of the mathematical model: the left ventricle (LV),
the diagonal pump and the arterial 4 element windkessel module. E(t): time varying elastance; L;
and L,: inertance of inlet and outlet cannula; R; and R,: resistance of inlet and outlet cannula;
R.: characteristic resistance; L: arterial inertance; Ry: peripheral resistance; C: total arterial
compliance.
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The third (pump) module is built upon an equation that was fitted tsi-gtadic
pressure head-flow curves assessed from the Medos-HIA migosdibpump in
an experimental setup with continuous flow. Additional resistive R and
inertial (L, Lo) terms are calculated in real-time, based on the inlet andtoutl
(index i and o, respectively) cannula dimensions and added to theoedima
make it valid for pulsatile flow. This results in the following et that
expresses the pressure head over the pump in function of the pump fimh, w
demonstrated an excellent correlation to experimental da2.98):
2 2 dQD

Pao = Py =AX TR (Q)Qp + Lo X = [Eq. IV-12]
Where B, is the aortic pressure (mmHg), A is the pump constant (mmHg/rpm
o is the rotational speed (rpm),, @& the pump flow (I/min), Bi= R + R, +
Roump is the total resistance (mmHg-s/ml), ang; E L; + L, = total inertance
(mmHg-$/ml).

The pump module was introduced into the cardiovascular model to sirtheate
LV to aorta cannulation that was used in the animal experiment.iniée
cannula dimensions were 50 Fr x 290 mm (diameter x length) anduthes
cannula dimensions were 8 x 395 mm.

3.2. Model output
The output variables consisted of time-varying left ventriculasquee and
volume (Rv and \{y), aortic pressure and flow {Pand Qg), mitral flow (Qg)
and pump flow (@. The term aortic flow in this context indicates in fact the
flow through the aortic valve, s®,,+Q, =Q,. The output variables were

reported for one cardiac cycle following convergence of the simulation.

To allow more detailed evaluation of left ventricular function andritexaction
with the pump, additional parameters related to LV mechanictrpsnce and
energetics were derived from the pressure-volume (PV) I88hsThe external
work (EW) was calculated as the area within the PV-loop arahtifies the
energy that is delivered to the blood by the left ventricle. Palesiergy (PE)
was calculated as the triangular area between ESPVR, ECPMRPV-loop.
This area quantifies the energy that is consumed by theelefiticle for a single
muscle contraction. The sum of these areas is known as the presbume area
(PVA) and is closely related to the oxygen consumption of the h&4rt
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To estimate the meridional wall stress,) imposed on the myocardium, a
formula based on Laplace’s law was used:

P, xD?

m :m (mmHg) [Eg. IV-13]

with LV pressure (R/), inner diameter (D, short axis of the LV ‘ellipsoid’) and
wall thickness (w) as variabléd!. This formula was derived assuming a thick-
walled ellipsoid model for the LV. To calculate the wall thick#soughout the
cardiac cycle, the muscle is assumed to be isotropic and to ah@emstant
volume. This wall thickness is calculated relative to the srstielic wall
thickness, which was assumed to be 10 mm.

3.3. Simulations
Unless otherwise stated, all simulations were performed adogpkngeference
model parameters as given in the previous sections, which avedi&nom data
measured in a healthy sheep (56 kg). The reference pump spedtbaas 4000
rpm since preliminary simulations pointed out that this is thangptsetting at
which there is still cyclic flow through the aortic valve (s¥s), while the
backflow through the pump (diastole) is minimal.

Table IV-3: Parameter values used in the first simulation series

heart rates elastances pump speeds
(BPM) (mmHg/ml) (rpm)
A 50 0.5 2000
B 75 1.0 4000
C 100 1.5 6000
D 125 2.0 8000
E 150 2.5 10000

One of the three variables was varied over the range A-E while the other two were kept
constant at their reference value (104 BPM, 1.55 mmHg/ml and 4000 rpm, respectively).

In a first simulation series, the pump was operated in continmodg (constant
pump speed) and the following three parameters were individuallgdvdreart
rate (HR), end-systolic elastance.dEand pump speed. Each parameter was set
to 5 different values, as summarized in Table V-3, while all rofa@ameters
were kept constant at their reference value. The time of enolesygt) was
adjusted in relation to the heart rate.
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In a second simulation series, a sinusoidal modulation was appligtiet
reference pump speed, as shown in Fig. IV-13. The resulting speech etk
the same cycle length as the cardiac cycle (synchronous sy@ogverage of
4000 rpm and an amplitude of 2000 rpm. Only one parameter is variagsin t
series: the phase lag between the onset of ventricular systadlleeaodset of the
pump speed “diastole”. The phase was varied between 0 and 100% il
cycle in 10% increments. All other parameters were set to their meteralues.

30% 100%

Pump rate (rpm)
N
o
o
o

|
F
~
\
>
I//
Or R
;oo wu
E(t) (mmHg/ml)

0.0

0.0 0.5 1.0
time (s)

Fig. IV-13: lllustration of the pulsatile pump speed pattern, here indicating a time shift of 30% of
the full cycle. The reference point is the onset of systole assessed from the time-varying
elastance curve.

4. Results

4.1. Continuous mode simulations

To illustrate the effect of pump speed on the calculated vasiabig. 1V-14
shows a calculated PV-loop, LV wall stress, LV and aortic presand aortic
flow at 2000 and 10000 rpm. The increase in speed results in a redudbioii of
LV volume and pressure. The combination of these effects resulta i
considerable decrease in maximal wall stress (31%). The peakstneds is
always reached before the end of systole. At 2000 rpm, the aonie @pens
and closes cyclically as evidenced by the partial overlap ofcaand LV
pressure and the aortic flow pattern. This is in contrast wittd@te at 10000
rpm, where there is no aortic flow (0 I/min). This is rediate the pressure head
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over the aortic valve, where the aortic pressure is high and resar$yant (150
mmHg) while the LV pressure stays below 65 mmHg. When increasing thet spee
from 2000 to 10000 rpm, the increase in aortic pressure is much greatdhe
decrease in LV pressure. When comparing panels 9 and 12 from Fl&, IV
appears that this effect (increase in aortic and deciedsé pressure) is most
pronounced between 6000 and 10000 rpm.

Fig. IV-15 further summarizes the effects of heart ratgakd pump speed on

the different mechano-energetic parameters under study. Therioél of heart

rate is much smaller than the influence exerted by LV coilira¢E .9 or pump
speed. All parameters - except for pump flow - rise by an isereaelastance.
Panel 2 shows that at the reference pump speed of 4000 rpm, the @widpr

the total blood flow in a weak heart (lowest)Eresulting in cessation of mean
aortic flow (continuously closed aortic valve). Improved contragtikads to
increased aortic flow and decreased pump flow, although not to treeesdent.
Consequently, the contribution of the pump to the total mean flow is 160% f
the case of minimal elastance and only 9% at maximal elasgpacels 2 and 5).
Obviously, increased contractility also leads to higher pressuvesydll stress

and oxygen consumption (~PVA), which is demonstrated in panels 8,11,14 and
17. The major determinant of mean flow with the cardiac assisp purming at
constant speed is clearly the pump speed itself, which haslalarger impact

than heart rate or contractility. Aortic flow decreases @yesvith increased
pump rate and becomes zero from 6000 rpm on (when mean aortic @IEasts
rising). Mean pump flow increases linearly with increasing pupged, starting

at a flow of —=1.4 I/min at 2000 rpm (i.e., backflow through the pump) and
resulting in a maximum flow of 8 I/min at 10000 rpm (not compjesdlown on

the graph), which is rather high for sheep. The contributions of the putofato

flow are —49% and 33% for 2000 and 4000 rpm, respectively and 100% for the
higher pump speeds. The increasing pump speed also results in improved
unloading of the LV, which can be concluded from the decreasing wah sinels
PVA (panels 15 and 18).
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Fig. IV-14: Comparison of results obtained with a constant pump speed of 2000 (solid lines)
and 10000 (dotted lines) rpm. The gray lines represent left ventricular pressure, while the black
lines in the same graph show aortic pressure. Aortic flow is calculated at the aortic valve.
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Fig. IV-15: Summary of the results of the parameter study with the pump running at a constant
speed. P, systolic is the systolic aortic pressure; Py, max. is the maximal left ventricular
pressure; s, max. is the maximal calculated meridional wall stress of the left ventricle and PVA
is the pressure-volume area of the calculated PV-loop. The values of A-E can be found in Table
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4.2. Pulsatile mode simulations
The simulations with the time-varying pump speed show that tirhamy an
important effect on the hemodynamics and ventricular energetas [Fig.
IV-16). The thin horizontal lines in Fig. 1V-16 represent the resultenfthe
constant speed simulations at 4000 rpm, which is our point of c@opalt can
be deduced from Fig. 1V-16 that a higher mean pump flow can be readthed w
the pulsatile pump speed pattern if the phase shift is below 40%0wve &0%.
The aortic flow reacts inversely to the phase shift, thus negutt a total mean
systemic flow (the sum of pump and aortic flow) that is flugchgaaround the
mean total flow that would be obtained if the pump were running at daobns
speed of 4000 rpm.

] Flows 100 Aortic pressures
- aortic flow pump flow S
—— total flow T " N
/C\ [ p E —
E 4 g ] E ] ~_—7
; O |
>
22 B 50 |
< systolic pressure
o -+ - - diastolic pressure
0 20 40 60 80 100 0 20 40 60 80 100
phase shift (% of full cycle) phase shift (% of full cycle)
soo0 ENETgetic parameters max. LV wall stress
— PVA - - - - external work 100 T
= ) N
\/ —~ g
. < 50
2000 | e :
.. £ o5
n
o o
0 20 40 60 80 100 0 20 40 60 80 100
phase shift (% of full cycle) phase shift (% of full cycle)

Fig. IV-16: Results of the pulsatile mode simulations as a function of the phase shift (thick
lines). The thin horizontal lines represent the values calculated with a constant pump speed of
4000 rpm.
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For a 0% phase shift, a mean total flow of 4.1 I/min is obtainedpared to
only 3.7 I/min with the constant speed simulation. For a phase shift range of 20 to
50%, systolic and mean aortic pressure for pulsatile operatiateareased from
the case of constant speed, while diastolic aortic pressurduisectin a slightly
higher range. Consequently, the pulse pressure in the pulsatile simailatonly
higher than in the constant speed simulations for shifts of 50% kane:.aThe
PVA and the external work delivered by the LV are both lowen tha constant
speed value when considering phase shifts below 30%. Higher sisifis ire
external work that is markedly higher than the constant speed valutheRoall
stress, 50% phase shift is the limit up to where the valuesnebt with the
pulsatile pump speed stay noticeably lower than the constant spkred The
maximal decrease in PVA that can be obtained with a welldtimalsatile
pattern is 14% of the constant speed value. The maximum wall stfggscan
be reduced by 16%.
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Fig. IV-17: Comparison of results obtained with a constant pump speed of 4000 rpm (dotted
lines) vs. a pulsatile pump pattern with 20% phase shift and an average speed of 4000 rpm
(solid lines). The gray lines represent left ventricular pressure, while the black lines in the same
graph show aortic pressure.
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5. Discussion

Although reduction of wall stress, LV pressure and end-diastolic lian
desirable for unloading of the heart, it is not yet clear whethenplste
unloading (where all flow is delivered by the pump and the aortic \aths
continuously closed) is more favorable than partial unloading. Ouiegions in
continuous mode show that complete unloading can only be achieved at high
pump speeds. Complete unloading requires the pump to deliver enough energy to
surpass the cardiac work thus elevating mean arterial peef3ue to regulatory

and compensatory effects in the real cardiovascular systempleghures will

be normalized by decreasing the vascular resistance (withimiedi range),
which is not the case in our simulations. Consequently, an overestinohtion
arterial pressure is present in our results.

Typical for unloading at high constant speeds is the triangular siiape left
ventricular PV-loop™®, as illustrated in Fig. IV-14. Even though isovolumic
contraction and relaxation phases are very short in the norma) treagump
evacuates blood rapidly from the LV resulting in volume variataunsng these
phases. A phenomenon noticed at low pump speeds, when there isalminim
unloading, is backflow through the pump due to the negative pressure head
during diastole. According to our simulations, this is particularly inukighly
contractile ventricles, although the main determinant is the gedesgaterial
pressure.

It is clear that the pump (running at constant 4000 rpm) contributescegipye
to the total flow when it is cooperating with a weak heart. Wiitreasing
contractility (elastance), the ventricle assumes more work the pump, which
is reflected in increasing aortic flow and decreasing pump flowign IV-15.

Such changes may be experienced clinically due to recovery diete or
sympathetic response; however the variation in elastance widamoinonly be
as large as the range we simulated.

When heart rate increases during cardiac assist, it can beexkpeat the natural
physiological responses dominate the parameter chafiflesvhich is seen in
Fig. IV-15. This is somewhat expected, as the (time-varying) peesisap over
the pump does not drastically change as a consequence of heahaages.
Pump flow is thus only altered by changes in inertia due tombee rapid
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pressure variations. In contrast with the elastances, the sathuleeart rate
variations may occur in daily life.

Our data demonstrate that modulation of pump speed allows to uhledeifit
ventricle without increasing the aortic pressure, by selettiegight phase shift.
As compared to continuous speed operation, it would be impossible taskecre
the load on the LV (by increasing the rpm) without an increasarterial
pressure. The use of modulated pump speed only causes limited chmatajab i
flow and therefore these simulations suggest that a pulsattlerpats used in
this study can maintain perfusion while providing superior preload daedoad
reduction to the LV.

Bearing in mind the analogy with the intra-aortic balloon pump, mieipated
that a counterpulsation pattern (highest pump speeds during diastolel) lveoul
ideal to enhance unloading and stress reduction. This operational anbde
causes a mild increase in arterial pressure during systole, dilmisishing
ventricular afterload compared to continuous speed operation. The highpr pu
flow during diastole reduces the end-diastolic LV volume, which ®snlta
favorable shift on the Frank-Starling curve. In addition, counterpulsation
augments flow and pressure in the aorta during diastole, thereby imgrovi
coronary perfusion as seen with intra-aortic balloon pumps. In ordssess the
optimal phase shift yielding the most favorable unloading of the L\Vstudied
mechanical/energetic parameters such as derived oxygen consuaratiovall
stress. Our results indicate that a phase shift of approxinz@@tyyields most
favorable results for these parameters, which supports the cousdtiqruidea.

In Fig. IV-17, the results of the simulations with a pulsatildgoa and a 20%
phase shift are compared to the constant speed simulation at gid0C0rme
influence of the pulsatile pattern is reflected in the pump flomere it has to be
taken into account that the pressure head over the pump variesr Btutheis
required to determine the optimal pulsatile pattern for this spguifnp, but the
pattern used in this study is easy to implement in control algorithms.

For this inverted sine wave pattern, we found that the pulsatile puwpidl
higher than its constant speed counterpart up to a 40% phase shifis Tres
result of concentrating pump energy in diastole, where it is mested to
overcome the adverse pressure head. During systole there is abmmsissure
head over the pump and thus a sufficient flow can be obtained atratiiwnal
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speed. This lower speed also results in a lower aortic pressimg dystole and
consequently the LV has to perform less work to eject the blood.

All of our simulations were performed with the pump in synchronous fialsa
mode. In clinical practice, however, triggering for synchronous sumaortbe
difficult, especially in patients with recurrent arrhythmiAsynchronous support

is therefore favored. Several beats then have to be taken into acoount f
evaluation and we expect that timing and time-shifts will alsonortant in

that case.

In the simulations all parameters, except the one studied, ket constant, thus
neglecting the physiological response of the cardiovascular systece e
considered sheep data, the simulations cannot simply be translatédical
cases and as such, our results are to be seen as indicativethathabsolute.
This is particularly true for the calculated wall stressjcWwhshould be seen
relative to the end-systolic value, where it is assumed that the ve&ldéiss is 10
mm regardless of end-systolic volume. The most important consexuEnc
keeping the parameters constant is the overestimation of khnpeessure.
Nevertheless, the model gives a good view on the influence of unloadirtigeand
variations in effective wall stress.

For the pulsatile mode simulations, the physical limits ofrtdtary blood pump
are not taken into account, meaning that the inertia of the ragrrestrict the
possibilities for pulsatile support. This study is to be seen aselaninary
investigation of pulsatile support with a specific rotary blood pump reviiee
amplitude of the pulse pattern is arbitrarily chosen and the fneguiefined by
a previous animal stud}’®. It remains to be studied whether the resulting
acceleration and deceleration of the rotor can be achieveiro andin vivo.
Furthermore, the characteristics of the pump we implemented agsessed at
different constant speeds, while in the pulsatile pattern the vgppamt actually
shifts continuously from one characteristic to another. It is iplesshat a
dynamic characteristic slightly differs from the combinatiaf static
characteristics. It can be expected that the pulsatile uaeratrry blood pump
leads to higher shear inside the pump and consequently a higher hematysi
will appear. It has been demonstrated by Wang et al. and Tayamha &t*%]
however, that it is possible to use a rotary blood pump in a pulsatbe
without increase in hemolysis, if the pump operation is resttiatithin certain
limits. Finally, it should be studied whether pulsatile suppoitt &irotary blood
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pump is more or less susceptible to suction problems than continuoustsupp
Our model currently does not allow simulation of suction, a problemcéra
best be evaluatdd vitro andin vivo.

6. Conclusions

We used a validated mathematical model to investigate the unloeftizeg of a
rotary blood pump (Medos-HIA microdiagonal pump). This effect exaduated

by hemodynamic data and mechano-energetic parameters deroradL¥
pressure-volume data. Our results indicate that for a rotaog lpump running

at constant speed, complete unloading of the LV can only be achieveghat hi
pump speeds.

A more efficient unloading is achieved by running the pump in a plelsatide

in a counterpulsation pattern. This operation mode can decrease emadxt
work, wall stress, and oxygen consumption without impeding the flowthus
beneficial to have a low pump speed during ventricular systole and high pum
speed during ventricular diastole.
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D. IN VITRO MODEL STUDY OF ROTARY BLOOD
PUMP FAILURE AND VENTRICULAR ASSIST
WITH A ROTARY BLOOD PUMP IN
CONTINUOUS AND PULSATILE MODE

1. Introduction

The Medos Deltastream (Medos Medizintechnik GmbH, Stolberg, Ggjnsaa
rotary blood pump with a diagonal flow path which is intended for inose
miniaturized CPB circuits or ECMO systems. Nonetheless, thealés also
applicable for short-term ventricular assist. In spite of thregrsy of clinical
experience and numerous animal trials, no detailed investigation dfetre
device interaction has been performed so far, according to our knowledge.
Previous investigation was mainly focused on the safety and duraifilithe
device, rather than its unloading capacities. Moreover, the devicethibas
possibility to apply a pulsatile flow waveform but the interactad that with a
beating heart has not yet been assessed. The waveform is obtaisgdiswedal
modulation of the rotational speed, and it has already been obsarveack
loop testing**® that the resulting pressure and flow waveforms do not fulfill the
criteria for true pulsatile flow as stated in literatuf&, Nevertheless, the
pulsatile pattern may have an important impact on the loading condaidhe
heart.

This study investigates the interaction of the Deltastreantelevith anin vitro

heart simulator in both continuous and pulsatile mode. Special attestiven

to the load that is imposed on the heart by the device, but no autonomous nervous
feedback mechanisms are simulated and thus only the pure hydngeraction

Is assessed.

2. Materials

An in vitro setup was constructed that consisted of a pneumatically driven heart
simulator, an arterial afterload section and the Medos Daltastdevice. The
heart simulator consists of a left atrium and a left vent(ic\é), made out of
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silicone rubber and contained in a Plexiglas housing filled with wtgtails on

the system were described earlf8¥. For this study, the ventricle was extended
with a silicone tube at the apex to allow apical cannulation. ftedaad section

was also described earli€f”! and consists of a windkessel, a resistor with
compressible foam, and a venous overflow reservoir. The Deliaspemp was
connected between the heart simulator and the windkessel as taesiapital to
ascending aorta cannulation. The pump inflow cannula was 170 mm long with an
inner diameter of 10 mm, while the outflow cannula consisted of I80frthe
same tubing, and an additional 70 mm of %" tubing to accommodate two
separate flow probes for control and data acquisition. The tedtvitas a 60/40
vIV% water-glycerin mixture with a kinematic viscosity of 3.65 ftsmat an
average temperature of 26°C.

Fig. IV-18: Picture of the setup with the afterload section of the mock loop in the back, the heart
simulator in the front, and the Deltastream pump on the most left. A: heart simulator. B:
Deltastream. C: windkessel. D: resistor. E: venous overflow reservoir. F: preload (lung)

reservoir.

The standard driver of the heart simulator is a computeraitatrpneumatic

actuation system where a proportional valve follows a programmedupees
waveform based on feedback information of left ventricular pressureevéow
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such a feedback control prevents unloading of the ventricle, where lower
pressures than the predetermined curve are expected. The feedbsslrer
transducer was therefore set to a fixed (threshold) pressure wilua water
column. As a consequence, the proportional valve acted as a singffevaih/e

that was switched when the programmed pressure waveform crdssed t
threshold pressure. This resulted in an operation similar to the diiders of
pneumatic assist devices: systole was obtained by opening @& hetween a
pressurized buffer reservoir and the device. These drivers usagyed a
slightly negative pressure in a separate buffer reservoir &stade, while our
system is restricted to atmospheric pressure.

The Deltastream pump was driven by a laboratory drive corgaeided by the
manufacturer, that allowed rotational speed control - where a $ipeed could

be set - or pulsatile control. The console comes with two pressmsors for
feedback, which were connected to the LV (preload) and the windlkesse
(afterload). A flow probe - clipped on the pump outflow cannula - alae
required. No triggering was available on the laboratory console so only
asynchronous pulsatile support could be simulated. The pulsatilelcordde
imposed a sinusoidal rotational speed pattern upon the pump and its
characteristics were derived from three parameters that doml set: pulse
frequency, pulse pressure, and average flow rate. The software fdwdhe
control modes allowed data logging of the variables that were cewutrol
measured by the console. The logging interval, however, was not constant and
the maximum sample frequency was approximately 10 Hz.

The data that were captured in the log file contained a timepstidua preload
and afterload pressure, the pump flow, the rotational speed, and thécale
power consumed by the pump. Further data were acquired witlotteller of
the heart simulator at a sample frequency of 200 Hz for at3esestonds under
steady state conditions. These data included left ventriculasye (R))
measured with a hi-fi cathetertip transducer (Millar Instmt®dnc., Houston,
TX) and aortic pressure {ff measured in the windkessel with a DTX+ strain
gauge pressure transducer (Ohmeda, Gent, Belgium). Aortic flQy (@s
measured at the connection tube between the aortic valvehandiridkessel
with a H16C probe and HT207 flow meter (Transonic Systems lhacgdf NY)
while the pump flow (Qmp) was sampled at the pump outflow cannula with an
H11X flow probe and HT109 flow meter. Additionally, the volume in ték |
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ventricle (My) was acquired from an ultrasonic level meter (Superprox SM606,
Hyde Park Electronics LLC, Dayton, OH) in the water columnt tha
communicates with the ventricle housing for pneumatic actuation.

For synchronization of the data captured with the heart simulatspleoand the
Deltastream console, a signal generator was used to pass onfeedowncy
triangular signal (approx. 0.2 Hz) to a pressure channel on each console.
Consequently, this signal was acquired and stored in the log fildsotbf
consoles.

3. Methods

3.1. Continuous mode
The Deltastream pump was ran according to a protocol thatdstaite a
baseline acquisition (BL) where the pump was shut off and the irdeowula
clamped. Next, the clamp was removed to simulate pump failu@r(f) which
was followed by incrementally increasing the rotational speed @0 to 5000
rpm in steps of 1000 rpm. At each of the seven steps in this pwtgel; data
acquisition was performed when a steady state was readmisdouimp protocol
was repeated for various contractile and rhythmic conditions ohd¢het. The
heart’'s contractile state was varied by altering the pressiutee pneumatic
buffer reservoir in the actuating system. The pressure IBigifas set to obtain
systolic aortic pressures of 80, 100, and 120 mmHg at baseline, asw the
conditions are further indicated B&80, PL10Q andPL12Q respectivelyPL120
simulated a healthy subject whitt.100andPL80 mimic assorted grades of left
ventricular dysfunction. Within each pressure level, the heat(kHiR) was set
consecutively at 50, 100, and 150 beats per minute (BPM), where 100 BPM
comes closest to the clinically observed rates. Thel@dtwas set to obtain a
total vascular resistance of 1.2 mmHg-s/mIPatl20 and a heart rate of 100
BPM. The afterload was not varied during the measurements anthénasvere
63 different conditions: 7 pump states, 3 heart rates, and 3 contractile states.

3.2. Pulsatile mode
All experiments in pulsatile mode were performed®ai0OQ Two combinations
of heart rate and pump rate (PR) were tested at two @liffesettings for pump
flow and pulse pressure to assess the interaction between theapdrtige heart.
An overview of the four tested combinations is given in Table IV-4aDsere
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acquired repeatedly over 10 second spans to create an observationhariges
in flow and pressure patterns over time.

Furthermore, a simulation of synchronous ventricular assist wasrmed
where different trigger settings were analyzed. This was achigyeombining
a heart rate of 100 BPM (BL100 with a pump rate of 95 BPM while data were
acquired over 150 consecutive heart beld® (00 — PR 96 This was repeated
with a pump rate of 98 BPM where 165 heart beats were acquiRd00 — PR
98). As a result of the small difference in frequencies, each heat and pump
beat had approximately the same period, but for each consecutiihdeaset
of the heart beat was a little delayed with respect to thet @fishe pump ‘beat’.
In this way, co-pulsation, counter-pulsation, and all intermediatgetriigg forms
were simulated. For each beat, the shift between the onsets ofgndhipeart
beat was calculated and expressed as a percentage of the hedrtTe onset
of the heart beat was defined as end-diastole, while the onspuaf@beat was
defined as the point where the rotational speed falls below thegavefahe
sinusoidal speed variation pattern (see Fig. IV-19), which agreds that
minimal derivative.

Table IV-4: Overview of the tested combinations of heart rate and pump
settings.

Combinatior Heart Rate Pump Rate Pump Flow Pulse Press.

) (BPM) (BPM) (//min) (mmHg)
1 100 50 2 40
2 100 50 3.5 20
3 80 60 2 40
4 80 60 3.5 20
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Fig. IV-19: lllustration of the phase shift definition, here indicating a shift of 30%.
E(t): left ventricular elastance.

3.3. Data processing
The data captured with the driving consoles of the heart simulatbrttee
Deltastream pump were consecutively synchronized, interpolated, agddrie
obtain one data file per measured setting. For the continuous modeaulata,
averaged beat was calculated from this file that was useditbief calculation
of average pressures and flows, hydraulic power generation (= flon@ssure
head), stroke volume (SV), end-diastolic and end-systolic volumé# (EBSV),
and pressure volume area (PVA). This last parameter isuthenation of the
surface area within the left ventricular pressure-volume loop thedarea
between the end-systolic and end-diastolic pressure-volume relatiba same
plane. For the calculation of these relations, a volume intercgptot\135 ml
was assumed, based on the results of the pulsatile mode simaulége®e Fig.
IV-24). V, is the volume at which the ventricle cannot generate anyuyseeaad
it is therefore an intrinsic property of a ventricle and its i@mtion mechanism.
In ourin vitro model, however, Yis related to the dead volume in the rubber
ventricle and thus PVA and other volume-related parameters shoultenot
compared blindly to clinically observed values. Nonetheless, thesmetara
serve well as a means to compare the different interacsiomslated in this
experiment. It has been demonstrated that the PVA is a meea$uxygen
consumption of the myocardium in a real h&akt
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The same pressure, flow, volume, and power parameters were denviee f
pulsatile mode simulations, but based on individual beats instead vemged
beat.

4. Results

4.1. Continuous mode

An example of baseline pressure and flow data is shown in panel i§.dVR22
for a heart rate of 100 BPM and a pressure levé?ldfOQ The results of the
generated power and the resulting flows are displayed in Fig. 1V-2@héor
different pressure levels and rotational speeds for a heafra@ BPM. The
generated heart power increases with increasing pressure level tkehpump
power is mainly sensitive to pump speed. As a result, the total palser
increases with pump speed. The heart power that is generateaine is
higher than any other. At a speed of 5000 rpm, the heart even ‘abgowie,
while aortic regurgitation occurs at that speed.

The total generated flow remains constant (mean * st. dev.: 4.8 a3, I/
while the balance between pump flow and aortic flow shifts in faf/tine pump

flow for higher rotational speeds, where the pump also generatds moie
power. A pump speed of O rpm is a simulation of pump failure, aisdctm
apparently result in regurgitation up to 2 I/min, depending on the remaining
contractility (pressure level) of the heart. At a heart @tel50 BPM, this
regurgitant flow is higher (up to 3 I/min), and also the generatedacaodiput is
increased, thus leading to an equal total flow (4.7 £ 0.3 I/min). A heta of 50
BPM has an opposite effect, so lower regurgitation (1 I/min) anerl@ardiac
output yield a similar total flow (4.4 £ 0.3 I/min).

As a result of pump failure (0O rpm), the mean aortic predddAd) drops from

80 mmHg at baseline (fdPL100)to 43 mmHg (Fig. IV-21). Increasing pump
speed augments the pressure gradually to a value of 147 mmHg at 5000 rpm
heart rate of 150 BPM results in a MAP of 178 mmHg for theeseomdition. A
similar trend is observed for the PVA, where the highest val#eseached at a
heart rate of 50 BPM: 10,445 mmHg-ml at baseliPke1(00, compared to 8,177
mmHg-ml for the baseline value at 100 BPM.
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Fig. IV-20: Top panel: the power generated by the heart and the Deltastream pump as a
function of the rotational speed. Bottom panel: Pump flow (Qpump), aortic flow (Q), and their
sum (Qyot, White dots) as a function of the rotational speed. The bars are grouped according to
the pressure level (PL80, PL100, PL120), which simulates three different contractile states (see
text). The heart rate was 100 BPM.

Pump failure results in an increase in stroke volume of 6 mipeoed to BL
(PL10Q HR 100 BPM) and it takes a rotational pump speed of 3000 rpm to get
the SV back to the baseline level. At a speed of 5000 rpm, the sthkee has
decreased 37% from baseline and measures 36 ml. For the santmisneind-
diastolic volume increases 10 ml from baseline if pump faikigmulated and it

can be decreased 5 ml from baseline by setting a pump spbé@M®mfpm. Both

SV and EDV are very dependent on the heart rate: while baseliaa@&EDV at

100 BPM PL100 are 57 and 235 ml, respectively, these values are 104 and 265
ml at 50 BPM, and 39 and 254 ml at 150 BPM. In fact, at 150 BPNEENé is
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not reduced with increasing pump speed, but it gradually rises tie ofa262
ml at 5000 rpm.
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Fig. IV-21: The effect of rotational pump speed (w) and pressure level (PL) on mean aortic
pressure (P,), stroke volume (SV), pressure-volume area (PVA), and end-diastolic volume
(EDV) at a heart rate of 100 BPM.

4.2. Pulsatile mode
A few examples of the heart-device interaction are shown inl+g2. Panel B
and C show 2 samples of the combination of a heart rate of 100 vtV
pump rate of 50 BPM. It can be observed that a pattern of 2 diffeitentating
beats appears, which is most distinct in panel B. In panel C, wlashacquired
approximately 3 minutes later, the pattern is also present butldbat? are very
alike and consequently the aortic pressure waveform looks almesah While
the left ventricular pressure is generated by the heartateaf 100 BPM, the
flow waveforms of panel C indicate that the ventricle is erdpdikernately via
the aortic valve and the pump. At times when the pump ‘beats’pautfirough
the aortic valve is completely suppressed. The mean pump flowthisr
combination was set at 3.5 I/min on the drive console, while in $atiples it
turned out to be 4.3 I/min. Pulse pressure generated by the pumptveasiBe
mmHg and it measured 39 mmHg in the data of panel B, while only 28 mmHg
was reached in the data of panel C.
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Fig. IV-22: lllustration of the interaction between the heart and a pulsating Deltastream diagonal
pump. Panel A: baseline at a heart rate of 100 BPM. Panel B: Combination 2 of Table 1V-4 with
a heart rate of 100 BPM and a pump rate of 50 BPM. Panel C: Identical settings as panel B, but
at a later time. Panel D: Combination 3 of Table IV-4: heart rate 80 BPM and pump rate 60
BPM. The flow scale is on the right hand side.
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Panel D shows a sample of combination 3 of Table IV-2, wherara ta¢e of 80
BPM and a pump rate of 60 BPM are set. The mean pump flow wasZ&min
and it yielded 2.4 I/min, while the pulse pressure was set at 2dgrand the
actual measured value was 86 mmHg (330% overestimation!) if prdssure is
defined as the difference between maximum and minimum aorsyree over
the whole sample. Panel D further shows how a pattern of 4 consebetirt
beats is formed. This can best be observed in the left ventricekssyoe, where
each beat differs distinctively from the previous in wavefonth amplitude. The
aortic pressure also demonstrates a recurring pattern, whicktegevery much
from a normal aortic pressure pattern and exhibits various wawmefand
pressure levels. The aortic flow is characterized in the seagewhile the pump
flow seems to have a pattern that consists of 3 beats inrtieetsae span as the
four beats of the pressure patterns.
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Fig. IV-23: lllustration of the effect of gradual phase shift change on left ventricular pressure
and volume.

The simulation of synchronous ventricular assist at different triggéings
(phase shifts) by combining a heart rate of 100 BPM with a puatgaf 98
BPM results in a sinusoidal varying pattern in LV volume andsgues, as

displayed in Fig. IV-23. This translates to a gradual shape change of the pressure
volume loops, as displayed in Fig. 1V-24. The loop with the highest estrok
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volume also yields the lowest systolic ventricular pressurevaraversa. The
loop with the highest stroke volume was achieved when a phase shift at@8%
present. According to the definition given above, this means that thigonat
speed decreases steeply approximately at end-systole, whichpoordgdo co-
pulsation. The loop with the highest systolic ventricular pressure anesstow
stroke volume occurred at a phase shift of 83%, which can be consiaere
counter-pulsation.

The varying phase shifts induce changes in loading conditions of the LV and
consequently an end-systolic pressure-volume relationship (ESE#®iR)be
determined. The ESPVR is assumed linear and an iteration anl&this used to
estimate { (135 ml), which is necessary for PVA calculation.

160
140
120 H
100 H
80 +
60 -
40 H
20

P,y (mmHg)

Fig. IV-24: lllustration of the change in left ventricular pressure-volume loops as a result of a
shift in triggering, induced by a pump rate of 98 BPM and a heart rate of 100 BPM. The widest
loop has a shift of 38% and it evolved to the smallest loop (shift: 83%) in 13 seconds. Every
other beat is displayed.

An overview of averaged parameters is given in Fig. IV-25 for thelavrange

of phase shifts. It is found that the minimum MAP and PVA occurcpately

at a 30% phase shift, while SV and EDV have their minimum at &38064%,
respectively for thedR 100 — PR 9&ombination. MAP then varies between 74
and 133 mmHg and the stroke volume between 44 and 64 ml. The mean pump
flow stays constant over the whole phase shift range at 2.4 #tl While no

trend could be found for the mean aortic flow, which yielded a totlage of

2.7 £0.7 I/min.
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Fig. IV-25: Overview of the effect of the whole range of phase shifts. The cross marks indicate
data points for which the shifts were obtained with a heart rate of 100 BPM and a pump rate

(PR) of 95 BPM. The lines indicate that the shifts were obtained with a HR of 100 BPM in
combination with a PR of 98 BPM.

5. Discussion

5.1. Continuous mode
The use of a rotary blood pump at a low continuous rotational seekbad to
regurgitation of fluid from the aorta to the LV through the pump. This evew
iIs compensated by a higher cardiac output in order to keepotak fliow
constant. A similar phenomenon was previously observed in healthy lanima
[202.203] 1t here it is clear that there are no biological compensatmhanisms
involved. A possible explanation is that the ventricle gets belied flue to the
regurgitation, and that the pneumatic actuation system can swoskygeject
more fluid.

Fig. IV-20 indicates that the net flow through the pump at loatianal speed is
negative, which means that the integral negative pump flow during diastole
is larger than the integral positive pump flow that is generatedgisystole.
This is due to three reasons: the longer duration of diastole, ther liigdgative)
pressure head during diastole, and the functioning of the aortic valvdasthe
two reasons are closely related: due to the valve the régpuirdiow can only
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pass through the pump, while forward flow is split up in a part thréuglipump
and a part through the valve. Opening of the valve also makes that wantric
and aortic pressure are approximately at the same presselrenhbile the closed
valve can bear a high pressure difference. However, the presence of the
regurgitant flow path through the pump also alters the pressures, vémcdbec
determined from panel A in Fig. IV-21. The mean aortic pressulewisat a
pump speed of O rpm because it communicates with the zerocwdantpressure
during diastole. At high rotational speeds, the added pump energtaished
as a pressure rise since the total flow stays constant. ThE BEtomes
extremely high because the pump keeps generating flow (and resultirigaalfte
pressure) even during diastole, and because of the nonlinearity refstsir in
combination with the more continuous flow pattern.

In accordance with aortic valve insufficiency, regurgitation thhotlge pump
leads to a volume overload of the ventricle. This can be derivedtf®i8V and
EDV in Fig. IV-21. Although the relative change in EDV seems sniashould

be stressed that tlhie vitro ventricle has a low ejection fraction and a large non-
functional volume, which is comparable to a dilated failing hetars. therefore
more interesting to compare absolute volumes. The strong deperalesi¢yand
EDV on the heart rate is also a limitation of auwvitro system where no Frank-
Starling mechanism is implemented and filling occurs at atmosppegssure.
Consequently, a lower heart rate results in more time fogfiind ejection, thus
yielding a higher EDV and SV.

5.2. Pulsatile mode

The combination of a pulsatile rotary blood pump with a functioningcledrly
results in large, unphysiologic, variations in cardiovascular pressndeficavs
and the resulting load on the heart. A similar interaction can bectexjpéor
displacement type assist devices, although the waveforms probyceach a
pump are more physiological. The pulsatie mode of the Deltastanp
theoretically generates a sinusoidal rotational speed patterhusddds energy
to the cardiovascular system in such a way. For characterizafiothe
Deltastream pump and controller, it would be interesting to assesspoase of
the control algorithm to the observed variations. However, such an isradysd
not be performed due to the undersampling of the pump speed on the drive
console (10 Hz). Judging from the extreme variations, it can be shatedn
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appropriate control algorithm is mandatory to compensate foutipikysiologic
behavior.

If the combination of the two pulsating ‘pumps’ (heart and Deltast)eis
compared to harmonic wave transmission theory, two phenomena can be
observed. One is interference of waves at equal frequencies, adresteuctive
and destructive interference can occur, dependent on the phase sletrbéte
two waves. If the two waves are in phase (co-pulsation), the sigddl up and
the amplitude becomes the sum of the two wave amplitudes. Watlies are in
counter-pulsation, the signals cancel out and the amplitude becorasThis
is similar to the data acquired at a heart rate of 100 BRiMagpump rate of 98
(if the difference in frequency is neglected), where the whalgeaaf phase
shifts was observed. This leads to times where there is cdipalsand thus
increase in amplitude, and times where there is a reduced amplitabeuld be
taken into account that the pressure waves generated by the aheas
superposition of several harmonic waves and that the resultindgenetere is
therefore more complex. Nonetheless, the (sinusoidal) rise dnd falessures
and volumes observed in Fig. IV-23 and in the data of Fig. IV-25 aae\ckhe
result of interference that changes with phase shifts. The meap flow per
beat does not really show this pattern because it is the primary cahtratiable
by the algorithm and is therefore approximately constant.

Another phenomenon that is known in wave transmission theory, is the
combination of waves of different frequencies. With harmonics, #sslts in a
recurring pattern that is called ‘beating’ in analogy with the sdanded when

two such sound waves interfere. The beat frequency is the diféebetween the

two original frequencies, and here it will be referred to asghtéern frequency’

to avoid confusion. In the case of a heart rate of 100 BPM (1.667 Hz) and a pump
rate of 50 BPM (0.833 Hz), the pattern frequency would be 0.833 Hz,ldrayie
pattern period of 1.2 seconds. This is the duration of 2 heart beatpump
‘beat’, which agrees with the data displayed in panels B andR@jofV-22. For

the combination of a heart rate of 80 BPM (1.333 Hz) and a pumpfr&é

BPM (1 Hz), a pattern period of 3 seconds occurs, which again reda@gsump
beats at 60 BPM and 4 heart beats at 80 BPM. The 3-beat padierbec
observed in the pump flow of panel D (Fig. IV-22), while the 4-beatpait
most apparent in the LV pressure.
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If the pattern period is not an exact multiple of the individual pesbds, then a
gradual shift will occur in the pattern. The length of the patteith remain
constant, but the shape of the waveforms will change cyclicakytd altered
(constructive/destructive) interference. This is in factghenomenon observed

in theHR 100 — PR 9&ombination, where the pattern lasts only 1 beat and its
variations relate to a gradual phase shift. A more apparent forpattérn
changes is shown in panels B and C of Fig. IV-22, where the dataawcreed

for the same experiment, but just at a different time. Apparéindyrates were
not exactly 100 and 50 BPM, hence the shift. The closer the heart and pump
frequencies are to a divider of the pattern frequency, the sloweshiftein
pattern shape will occur. Since the interaction can result ge laariations in
pressures and volumes, a fixed pump rate can lead to high loadiammhdind
thus an automated trigger mechanism or feedback control is ngcessavoid
extreme situations.

6. Study limitations

Thein vitro model contains a drastic simplification of the afterload as seen by the
heart and the pump. Nonetheless, such windkessel models have proven their
value in the simulation of physiological arterial pressure and #S#***3% even
though they do not allow to study arterial perfusion on a detailed level.

The lack of baroreceptor feedback in our afterload model resultsnin a
overestimation of MAP in continuous mode (Fig. IV-21). It can be erpect
vivo that resistance decreases to normalize the MAP, whichdwesllt in an
increase in flow. On the other hand, a constant total flow ie spitardiac assist
was previously observed vivoin healthy animal&°22%4

Due to the neglect of autonomous feedback mechanisms, the observedepressur
and flow variations in pulsatile mode may appear more extreamethtiey will be
observedn vivo. However, this means that in anvivo setting a higher load is

laid upon the nervous system and active control processes, stioh st®00th
muscle tone. In any case, it can be expected that stable, physablpggssure

and flow waveforms are more appropriate for ventricular assistleat the here
observed unphysiological hydrodynamic variations will also be expedease
unphysiologicaln vivo.
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The heart simulator used in this study has no elastance-based camdrol
consequently the sensitivity of the heart to preload (Frank-Starieghanism)
and afterload is ignored. Bypassing the original drive system witbsynre
feedback, however, results in a constant energy at end-diastfiier (leservoir
with fixed volume at given pressure), making the ejection afténttegendent: a
lower afterload results in a higher flow (and thus stroke voluame) a lower
pressure buildup. Therefore, the constant pneumatic energy tledivesreid will
result in a constant stroke work over a certain range of afterleddsh is
similar to the in vivo findings of Glower et &t¥. Afterload variations in the in
vitro model will thus result in pressure volume loops as knownténature
[412.178] similar to Fig. IV-24.

7. Conclusions

Experiments performed with the Deltastream diagonal pump in continuoas m
demonstrated that a too low rotational speed leads to regurgitdtienflow
effect is compensated by a higher cardiac output, while the peesisaps
severely and may lead to underperfusion. Too high rotational speedsahimre
a high mean arterial pressure while the total flow stays imokd of the
rotational speed.

A complex heart-device interaction appears when the same piary is used
in pulsatile mode. A repeating pattern with large pressure and floatigas
emerges as a result of the interference between the pumg’sha heart’s
pulsatile function. The resulting pattern is highly unphysiological amy m
change slowly as a result of phase shifts. This can lead to dasggtuations if
no proper patient monitoring or pump control is implemented.
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E. IN VIVO STUDY OF VENTRICULAR ASSIST
WITH A ROTARY BLOOD PUMP IN
CONTINUOUS MODE:

IMPACT OF CANNULATION SITE |

1. Abstract

Ventricular assist devices are gaining ground in the therapeeatntent of
chronic heart failure. These devices are sometimes usethr&dge to recovery
by unloading the left ventricle (LV) and restoring its function.slttherefore
important to preserve the heart muscle and apply less invasivaniapbn
methods. In this study ventricular unloading was achieved in 7 kestitbep
with a rotary blood pump at different pump flows. Ventricularntdation via
the left atrium (LA) and through the mitral valve was comgate atrial
cannulation. The unloading of the heart was assessed with LV prestumse
loops, derived energetic parameters and an estimate of LV wall stress.

No significant difference between the cannulations was found forflawyor
pressure. LA cannulation, however, resulted in significantly loweoketr
volumes and stroke work for all pump flows. Irrespective cannulatten lsvV
volumes and energetic parameters showed a significant decréhsacngasing
pump flow. From this study can be concluded that LV assist withaasy blood
pump can provide sufficient unloading with atrial cannulation.

2. Introduction

The clinical history of cardiac assist devices begins with dgierrpump and
centrifugal pumps that were used in cardiopulmonary bypassy Wesre
followed by paracorporeal devices like the Abiomed BVS5000, the Tdwrat
VAD and the Berlin Heart, that are still popular for short-temad medium-term

" The contents of this section was accepted forigatidn in Artif Organs 2004: July issue
The impact of pump speed and inlet cannulation site
on left ventricular unloading with a rotary blood pump
Vandenberghe S, Nishida T, Segers P, Meyns B, \eldB
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support?®2%7l For all these devices, cannulation of the left atrium waisliit
preferred for the inflow connection of the device to the circutatUse of the
(larger) intracorporeal devices like Novacor and HeartMateredethe way for
apical ventricular cannulation that is also foreseen in the designewer
generation devices. Rotary blood pumps take a prominent placia wits new
generation of assist devices, and keep gaining importance and popolatig
routine use of mechanical support for heart failure patiehits**#%'% Some of
the rotary blood pumps have already been used extensively in pébeltsg-
term or even permanent cardiac asSft'!%¢2M! while others are still in a
phase ofin vitro or in vivo testing. The new designs are intended for
intracorporeal use with an apical inlet cannulation, which is spaesg and
supposed to ensure a good inflow directly from the mitral valve.alAtri
cannulation often results in severe complications: it is moreepto thrombus
formation in the ventricle and on the cannula and it results in meeslibl,
regardless of the lower pressure at that site. Furthermore, it has pegadéehat
left ventricular cannulation with rotary blood pumps allows highemp flows
than left atrial cannulatio*?. This is due to the different pressure conditions
combined with the different geometry and cannula approach angle. The flow
generated by rotary pumps is inversely related to the pressack tich
implies that atrial cannulation will result in lower flow foomparable rotational
pump speed. On the other hand, atrial cannulation preserves the myocandiu

it provides an easier surgical insertion. This can be beneficial for the iaujdant
of the newer and smaller devices, particularly miniaturized rdibrgd pumps.
These are intended to provide only partial unloading of the heart andttialis a
cannulation would be satisfactory. It would allow the implantatiornthefse
pumps through a left thoracotomy without the use of a heart-luiching thus
sparing the patient a very traumatic surgical procedure.

The decision on the cannulation site should not only consider surgical
complications and pump performance, but also the effect on thedesae
interaction. Especially with the growing application of assist ésvas a bridge

to recovery, the load on the heart (i.e., the left ventricle) shouldkass tinto
account.

In this study, the difference between left atrial and left vaular cannulation for
ventricular unloading with an implantable rotary blood pump is ass@ss#vo.
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The assist ratio was varied over a wide range. and speciai@itgvas given to
the analysis of the load imposed on the left ventricle.

3. Methods

3.1. Surgical procedure and instrumentation
Seven healthy sheep with an average weight of 54 kg (range8 &8) were
used for this study. All the animals received human care in canggl with the
Guide for the Care and Use of Laboratory Animpisblished by the National
Institutes of Health (NIH publication No. 86-23, Revised 1985). Tieepg were
all subjected to the same surgical procedure that was despriagdusly™™. In
short, a left thoracotomy was performed in the third intercagtate and the
fourth rib was removed. A Medos-HIA microdiagonal pump (Medos
Medizintechnik GmbH, Stolberg, Germany) was connected to thevenati
circulation with a 50 Fr inflow cannula (29 cm long) inserted vialdffieatrial
appendage and fixed with two purse string sutures. The tip of this camasila
initially positioned in the left atrium (LA) in 3 sheep and in te& hentricle
(LV) through the mitral valve in the remaining 4 sheep. A 24 Hiawtcannula
(39.5 cm long) was sutured to the descending aorta. Each sheep was further
instrumented with a high-fidelity catheter-tip pressure traredu@illar
Instruments Inc., Houston, TX), inserted in the LV via the apex andFa 7
conductance catheter (CardioDynamics BV, Leiden, The Netherldmod$)V
volume measurement inserted via the left atrium. A disposdoié filled
pressure transducer was used for acquisition of the mearalptessure (MAP)
in the left carotid artery. Mean flow through the ascending gaxgic flow,
Qa0 Was monitored with an HT107 ultrasonic flow meter and H20A flosber
(Transonic Systems Inc., Ithaca, NY), while the flow through thepp(@ump
was monitored with a HT109 flow meter and H11X flow probe.

All parameters were continuously recorded on a heat-writing decqNihon-
Kohden Co, Tokyo, Japan), online digitized at 200 Hz and saved on a computer
for further data processing.

3.2. Measurements

The measurement protocol started with the conductance cathébeatizi 2.
To assess the parallel conductance; (Mfset correction) of the surrounding
tissue, 10 ml hypertonic saline (10% NaCl) was injected imptt@onary artery.
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The mean aortic flow during this steady state condition wasspobively used
for appropriate scaling of the acquired stroke volumes¢aling factor; gain
correction). During these measurements, the pump was shut off amdlome
cannula clamped.

The inferior vena cava was then occluded to obtain pressure-volimdo(ps

at different preloads in order to assess the slopg 4&d volume intercept Y

of the end-systolic pressure-volume relationship. We assumed ghbeixig an
intrinsic property of the heart, stayed constant throughout each caonulati
protocol as described below.

With the inflow cannula still clamped, baseline data (BL) warquired during
steady state conditions. This was followed by unclamping of the carama
subsequent acquisitions of the hemodynamic data during steadgatdiBons
at increasing mean pump flows. Starting g¢.-0 I/min, the mean pump flow
was increased with 0.5 I/min increments until complete unloadaw)achieved
(Qa=0 I/min). Note that when £,,~0 I/min, the pump is running at a certain
speed in order to keep the average flow through the pump at zer tlusa
simulation of pump failure, where the speed would be 0 rpm. After lediop of
this protocol, the inflow cannula of the pump was either advanced thtbegh
mitral valve into the LV (in 3 animals) or withdrawn through therahitvalve
from the LV into the LA (in the remaining 4 animals), depending onritigli
placement. The same protocol was then performed with the new camulat
starting with a recalibration of the conductance catheter, followesddady state
measurements at BL and the same incrementally increasing pump flows.

3.3. Data processing
In one animal, the LV-cannulation part of the protocol was not perfornndd w
in another animal it was impossible to obtain calibration data #8ba cava
occlusion and saline injection) of sufficient quality, also forlthecannulation.
We excluded these data, leaving 7 data sets of LA-cannulation atsl &f $.V-
cannulation. An average beat was calculated from a minimum ofnseve
sequential beats for each steady state acquisition. Hemodyparaioeters such
as stroke volume (SV), end-systolic LV pressure (ESP), and meenala
pressure (MAP) were derived from these beats.

Energetic parameters were calculated from the PV-loops tesase unloading
of the heart. The stroke work (SW) was calculated as thendit@a the PV-loop
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and is a measure of the energy that the LV transfers tbldloe. The potential
energy (PE) was calculated as the area enclosed by thdisetolic and end-
systolic pressure volume relations and the descending limb of tHeopyand
represents the energy consumed by the LV merely to contraetsurh of SW
and PE gives the pressure-volume area (PVA), which is a mezsiine oxygen
consumption of the LW, We further defined the mechanical efficiency (Meff
(%)) of the LV as the percentage of the PVA that is takerhbySW (Meff =
SW/PVA-100). Since the heart rate (HR) varies during the expetiraed
between each subject, the energetic parameters were madltiph HR/60 to
obtain values per second rather than per beat.

Additionally, the stress in the LV myocardium was estimatedagguming a
thick-walled ellipsoidal geometry using the formiff

P>xD?

With s = meridional wall stress (mmHg); D = internal short-axisé diameter
(cm); P = LV pressure (mmHg); h = myocardial wall thickn@sa). These are
all time-varying parameters.

Internal diameter D at any instant in time was derived fromm volume
measurements B

7D

= Eq. IV-15
v 5ae5 [Eq. 1V-15]

with V| y as instantaneous LV internal volume.

Wall thickness was not directly measured but its variation theecardiac cycle
was computed, based on the knowledge that myocardial volume stayantonst
throughout the whole experiment (LA and LV cannulation). An arbitrary value
for this volume was calculated per sheep by assuming an etaticsymdex es)
wall thickness (k) of 10 mm in the LA baseline measurements. With this
assumption, myocardial wall volumeg,¥an be calculated as

_ 7D, 2 k)

W T 54+ D +2x%h LVes [Eq IV_16]
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This fixed myocardial volume and the varying intra-ventricular volath@wved
calculation (with the same formula) of the ventricular waltkhess throughout
the averaged beat.

To obtain a single parameter as an indication of the overall LY sivaks for a

certain pump setting, the stress was integrated over one béding/ithe stress
time integral (STl (mmHg-s/beat)). This was further multgbliy the heart rate
(beats per second) to give a comparable value in mmHg. Sinceahve&lhess

was not directly measured but estimated on the basis of dragrhialue, only

the relative changes in wall stress and STI should be ietetprrather than their
absolute values.

All the data are presented by their mean values * standardioleviahalysis

was performed with paired t-tests to investigate the influentleeo€annulation
site and the pump flow level, and to determine the pump flow |¢atsyielded

significant differences compared to baseline. The significadmesiold was set
at p = 0.05 for all tests.

4. Results

The effect of LA and LV cannulation on measured pressure volume Isops
shown in Fig. IV-26 for subject #7 as a typical example, while T#ié
summarizes hemodynamic data measured in all subjects. Time affact of
increasing the pump speed (and resulting pump flow) is the shiftheof
iIsovolumic ejection phase to lower volumes, thus a decreasadkudliastolic
volume. The loops show a much smaller decrease in end-systdlime and
when averaged over all the subjects, it decreases from 65 + 27Bhlto 58 +
29 ml (p = 0.12) at a pump flow of 3.5 I/min for atrial cannulationr Fo
ventricular cannulation, the numbers become 60 + 14 ml at basetng3at 12
ml at Qumg= 3.5 I/min (p = 0.03). The end-diastolic volume decreases more:
from 95 + 28 to 69 + 27 ml (p < 0.00) for atrial cannulation and from 23 to

68 + 11 ml for ventricular cannulation (p < 0.00).
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Fig. IV-26: Panel A and B show pressure volume loops of the left ventricle of subject #7 (see
Table IV-5) with atrial and ventricular cannulation, respectively. The presented loops were
acquired at baseline (BL) and with a pump flow of 1.5 and 3.5 I/min. Panel C and D show the
according LV wall stress over one cardiac cycle.

As a result, the stroke volume decreases significantly under meBuef the
pump flow, which is demonstrated in panel A of Fig. IV-27. A pump flovl of
I/min or more yields a stroke volume that differs significantom BL,
irrespective of cannulation site. Both the PV-loops and panel A of Vig7|
show the impact of cannulation site on stroke volume: a significaower
stroke volume is obtained with atrial cannulation. The differencesases with
higher pump flows, but no interaction between cannulation sitgpamgp flow
was detected.

In the PV-loops shown in Fig. IV-26, there is an increase ttiejepressure due

to the increased pump speed, but this is not an overall observEtiere is no
significant influence of pump flow or cannulation site on end-systokssure
(Fig. IV-28). The end-diastolic pressure on the other hand, decreaes w
increasing pump flow and both cannulation site and pump flow have a
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statistically significant impact for £3,,, 0.5 I/min. Atrial cannulation results in
lower end-diastolic pressures compared to ventricular cannuldign{/-28).
While increased pump flow clearly diminishes the flow throtlgh aortic valve
(Fig. IV-27, panel C), there is hardly any gain in total blood flovg.(FV-27,
panel D). On average, there is a slight (non-significant) incrieasetal flow
when high pump flows are set, but there are also subjects thatlashowed a
small decrease in total flow by increasing the pump flow. Rgrgven pump
flow level, the type of cannulation has no effect on aortic flow, amté@n
total flow.

LV wall stress is relieved by increasing the pump flow, gsatied in the STI
plot of Fig. IV-29 (panel A). The impact of pump flow is signifitawhile no
significant difference can be found for the different cannulationstrefd
towards higher STIs for atrial cannulation can be seen ingtaph. No
significant influence of either cannulation or pump flow was detetbe the
PVA. The graph in Fig. IV-29 indicates a clear trend: the PVA — #isis the
oxygen consumption — decreases with increasing pump speed. Atrrallation
results in lower averages for PVA compared to ventricular dation and this
for every pump flow. While stroke work of the left ventricle significantly
dependent on the cannulation site and the pump flow, the potential d@sergy
independent of both. LA cannulation will result in a lower SW, jusha®ased
pump flow will (Fig. IV-29, panel C). In combination with the trendsRVA,
this results in a higher mechanical efficiency of the LV wihcannulation. The
mechanical efficiency also decreases significantly with asirg pump speed
(Fig. IV-29, panel D).
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Table IV-5: Overview of parameters derived from the left ventricular pressure-
volume loops of all the subjects and for the two types of cannulation.

LA cannulation LV cannulation

sheer Qpump ESV SV EDP s ESV SV EDP s .
(I/min) (ml) (ml)  (mmHg) (mmHQg) (ml) (ml) (mmHg) (mmHQg)

BL 327 249 5.9 63.6 n/a n/a nla nla
1 1.5 32.8 1856 5.1 61.3 n/a n/a n/a n/a
3.5 33.7 7.1 3.7 50.1 n/a n/a n/a n/a
BL 108.7 33.4 8.9 90.7 777 39.7 95 61.0
2 1.5 103.1 26.8 6.3 90.1 70.3 379 75 60.0
3.5 101.0 10.9 5.4 86.5 648 29.7 6.0 50.3
BL 69.9 41.0 12.1 93.3 n/a n/a nla nla
3 1.5 520 31.6 75 69.6 n/a n/a n/a n/a
3.5 486 18.2 5.8 54.3 n/a n/a n/a n/a
BL 442 376 6.6 68.7 455 409 8.1 72.4
4 1.5 40.1 27.8 5.9 54.5 442 325 6.0 65.4
3.5 39.3 9.4 4.8 39.7 425 159 4.4 50.7
BL 66.0 34.9 11.1 80.4 685 36.4 10.1 92.8
5 1.5 58.1 28.7 9.0 71.7 60.4 26.3 7.6 77.7
3.5 nla n/a n/a n/a 61.4 152 6.7 66.7
BL 86.5 33.2 9.4 96.4 600 33.3 12.2 79.4
6 1.5 86.7 229 6.8 94.3 58.4 23.6 9.3 71.2
3.5 87.4 9.8 5.8 90.1 59.0 11.0 7.7 62.2
BL 450 35.7 8.5 71.6 47.0 335 10.5 83.0
7 1.5 41.0 309 6.1 63.5 419 31.2 7.7 77.7
3.5 398 174 4.7 48.9 373 216 6.2 57.5

LA: left atrium; LV: left ventricle; Quump: pump flow; ESV: end-systolic volume; SV: stroke
volume; EDP: end-diastolic pressure; smax: maximum wall stress; BL: baseline (pump
clamped)
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Fig. IV-27: The effect of pump flow and cannulation site on different hemodynamic parameters.

The bars indicate the average over all subjects and the error bars indicate the standard

deviation. A: stroke volume; B: mean arterial pressure; C: flow through the aortic valve; D: total

blood flow. LA: left atrial cannulation; LV: left ventricular cannulation.
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Fig. IV-29: The effect of pump flow and cannulation site on left ventricular wall stress
(represented by stress time integral, panel A) and energetic parameters, all expressed as mean
+ standard deviation.

5. Discussion

With modern long-term cardiac assist, inflow cannulation is usyeijormed

via the left ventricular apex, which damages the myocardium anfefurt
impedes left ventricular function. This study was intended tosassee
hemodynamic influence of different cannulation options that presdrge t
myocardium. This approach may gain importance, given the potersialof
assist devices as bridge to recovery. Obviously, for this applicatipocardial
damage due to the cannulation is to be avoided. An additional — methodological
— advantage of our approach, where the atrial cannula is shifted through the
mitral valve, is that all measurements are performed witlexhet same cannula
length and diameter. The only change from the pump’s point of view is the
completely different pressure condition: LV cannulation imposegarging
pressure head on the pump, while LA cannulation yields a constasumes
head. In fact, rotary blood pumps are often optimized for a workingt pdi5
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I/min at a pressure head of 100mmHg, which approximates more iae atr
cannulation situation than the ventricular.

An advantage of ventricular apical cannulation is the direct flolw fram the
mitral valve to the cannula inlet, and also the fact that LVh{lithrough the
mitral valve is not impeded. This is different in our experimengretihe flow
actually has to turn 180 degrees to get from the mitral valeeth@ cannula,
which may have consequences for thrombus formation and emboli. However, no
hemodynamic evidence was found in this study to indicate that the aannul
through the mitral valve hinders the valve function. Isovolumic ejectiomedls

as isovolumic relaxation is present as vertical lines in tkeline PV-loops with

LV cannulation, which indicates the absence of leakage or impdted. fOn

the other hand, it can be observed that the LV end-diastolic peestsbaseline
(Fig. 1V-29) is higher with a cannula through the valve (LV cannulatibah
without.

In spite of the different pressure conditions imposed on the pump, ithee
effect of the cannulation site on either pump flow, aortic flowtptal flow. This
is intrinsically due to the experimental protocol, where we chtmssmpare
data at given pump flow levels, rather than at given pump rotatie@dspk has
also been reported previously that cardiac assist does not augeéotiat blood
flow in healthy animals?*?*¥ probably due to feedback mechanisms that
normalize blood flow. Aortic pressure is most likely also norpeali via
baroreceptor feedback, but still a rise in mean aortic pressupeesent for
increasing pump flows. The rotary pump actually decouples the\stdlic LV
pressure from the MAP, because the end-systolic pressure asfecied by the
pump speed at all.

In an earlier animal experiment, Cohen et '8! measured aortic pressure,
coronary flow, and myocardial oxygen consumption in swine with badl atrd
ventricular apical cannulation in combination with a Biomedimtary blood
pump. They found no significant difference between the two cannulabobs,
they reported local ventricular wall impairment as a resulthef ventricular
apical cannulation. This was also reported by Sethia Et%lwho performed a
similar study with atrial and ventricular apical cannulatiordags and focused
on regional ejection fraction around the cannulation site. Theaésrese thus
comparable to ours: the cannulation site has no significant impaateneal or
ventricular pressure or ejection fraction.
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In contrast with these findings, Kono and colleadt®srecently stated that with

a centrifugal pump, LV cannulation results in a sudden drop of LV pressure,
volume, and oxygen consumption when the assist rate exceeds 75%th®ince
authors only investigated the assist rate in steps of 25% (whe¥e @86 their
maximum attainable pump flow situ), it is impossible to pinpoint the support
level at which this sudden drop actually occurs. A similar coimiusowever,

was drawn earlier by Pennock et al., Dennis at al., and Pieatd?et. They all
found a sudden drop in myocardial oxygen consumption of the LV of about 50%
by decompressing the LV completely, which they could only achagtreapical
cannulation. In our present study, it is observed that a gradual stdlnmear —
trend can be seen for most parameters (Fig. IV-27-Fig. IV-29), whialso the
case in Kono's study up to 75% support. No reduction in LV pressure was
observed in our experiments, not even for a pump flow of 4.5 I/min (94% bf tota
flow or 125% of BL flow) that was achieved in one animal. At thasvfrate, the
stroke volume was only 6 ml, while the end-systolic volume pedsat&8 ml.
Seemingly, with the use of continuous flow support, the LV is first velum
unloaded until 100% of the flow goes through the pump. Only higher flows result
in decompression and pressure unloading with a marked reduction innoxyge
consumption as a consequence. Nonetheless, this is an unwanted coradition fr
clinical perspective because the aortic valve will remainecloand instigate
additional risk for thrombus formation. This ‘over unloading’ with rotaryobl
pumps can also result in incidences of LV suction. This cann& deaured in
Pennock’s study because he used gravitational draining, but we spehatate
ventricular suction may have influenced Kono’s experiments. Carefigw of

his Figure 4 reveals negative pressure levels in the LV. The difierence
found by Kono et al. that is consistent for all their support leigelse external
work (i.e., stroke work) that is always lower for LA cannulatomd thus agrees
with our findings.

Next to the stroke work, Fig. 1V-29 indicates that also the LV pressolume
area (indicative for oxygen consumption) benefits from LA cartioma This
could not be confirmed statistically due to the large variance. Wkpressing
PVA relative to its baseline value per sheep, a significantienfie of both
cannulation site (atrial cannulation results in lower PVA) and péloy are
found (higher pump flow results in lower PVA), which indicates thaswdjects
show the same trend but at very different levels. The largencarig probably
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attributable to the difficult determination of parallel conductai@ensequently,

the position of the PV-loop on the volume axis varies considerablyebatw
subjects, also resulting in large variance on the potential eneogybi@ing our
findings on SW, PVA and mechanical efficiency, it appears that¥hes most
economical in energetic terms when atrial cannulation is applles trénsfer of
energy to the blood, on the other hand, is more efficient when ventricular
cannulation is used.

6. Study limitations

Although the conductance catheter offers great potential ifor vivo
hemodynamic analysis, its calibration (offset and gain factomairgs its
Achilles heel. In this study, the conductance catheter waditiatad after
relocation of the cannula from LA to LV or vice versa. In all aalsnthere was a
significant shift in baseline values (clamped cannula) for alumel and
energetic related parameters. Obviously, baseline hemodynandi@icos may
change in longer experimental settings in open chest animal prepsséiut it is
our feeling that at least part of the ‘baseline drift’ is duedtheter calibration.
This study describes the results of an acute experiment in yeadimals and
therefore does not allow to draw any conclusions for long-term &0
Chronic experiments would be especially interesting in a hedurd animal
model to assess the evolution of the assisted heart and to idémify
predisposition of a certain cannulation site to complications ssdirambo-
embolic events. These studies, however, may also be performespestively
on available patient data from the many bridge to transplaeis gasrformed
over the past few years. Nevertheless, we believe that dhetids found in this
study would be confirmed in the currently available chronic heart famaczels.

7. Conclusion

Cardiac assist with a rotary blood pump can be performed efithdntricular or

atrial inflow cannulation without damaging the myocardium. Ventricula
cannulation through the mitral valve is more complex and does not prove to be
beneficial from hemodynamic point of view. Moreover, for any given gpum
flow, atrial cannulation leads to significantly lower strokerkvand hence a
better energetic unloading of the left heart.
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CHAPTER V

A. INTRODUCTION

1. Overview and rationale of the chapter

Positive-displacement (or volumetric) pumps were the firstoghfmr ventricular
assist devices in the early years of this treatment be¢hegemimic the flow
and pressure patterns generated by the native heart. Focus wasn sl

support where the device is able to take over the total blood filous

completely unloading the native heart. These volumetric pumps Wwerefdre
primarily judged by the flow they could generate at a certagsgure head,
where 5 I/min was a requirement and higher flows were desitabllow

exercise. Examples of such high-flow devices are the pneumatic M&&Ios
and Berlin Heart, and the electromechanical HeartMate VENawcor N100
(see chapter I).

High-flow volumetric pumps are already in routine clinical picgcfor about 20
years and records of extensivevitro andin vivo tests are required for each
device to obtain approval for clinical use. Consequently, all thesEes (even
the more recent) have been well characterized by the manefacithese
devices all have some control algorithm implemented in electranit/or
software format and knowledge of these algorithms and the aperagchanism
IS necessary to properly characterize a device in all dspects (response to
filling or critical situations, alarms, parameter estimati etc.). Complete
characterization of such devices is therefore complex and the agcessthods
are device-dependent. Moreover, characterization and subsequent turveg of t
control of high-flow volumetric devices is usually based on the ouipuhe
device and neglects the impact on the heart. Such characterimmtiherefore
beyond the scope of this dissertation. Nonetheless, a simple @raseeraging
of data) but universally applicable hydrodynamic charact@oizanethod for
volumetric assist devices is presented in section B and applgstttion C as an
illustration and for reason of completeness. This section also loesen detail
the construction and validation of the lumpadvitro model (mock circulatory
system) with static preload, that is used for this charaateyiz method and that
was also used for the vitro study described in chapter IV.
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Partial support of a ventricle is accepted as a possible appmabbdrt failure
patients that still have some native heart function. Volumeitimps that
generate a lower flow can be made smaller and allow rapid introduand
short-term use, which makes them ideal for stabilization of mtati@he best
known example, although strictly not a pump but a counterpulsation device, is
the intra-aortic balloon pump (IABP). This device has become tdwedard
mechanical support for stabilization of acute heart failureepttiand is also
applied in combination with pharmacological therapy for treatroéend-stage
chronic heart failure. An alternative for the same field of appba is the
Impella pump, which is a rotary blood pump.

The main focus of this chapter is to investigate the applitadb a new
minimally invasive device for stabilization and short-term suppbhieart failure
patients: the PUCA Il pump. First, section C compares thepmgrtapacities of
the PUCA 1l for a specific condition to the capacities of high-fidDs as an
illustration of the different design criteria. Section D discssgee pumping
capacities of the PUCA Il in combination with a commergialvailable IABP
driver in more detail. The pumping capacities were assessedimite model

with a static and with a dynamic preload, where the combinatidhese data
allowed quantification of the PUCA Il contribution to total bloodwl Left

ventricular unloading with the new device is discussed more in detsdéction

E, where the PUCA Il is also used as a perfusion pump in the deareery and
compared to the perfusion and unloading capacities of a commerallable

IABP.

2. The PUCA Il pump

The pulsatile catheter (PUCA) pump is a small ventricassist device that
consists of one catheter and a small pneumatic displacement Anroperview

of the development history of this device can be found in sectiomml2n the
work of Mihaylov **®. Over the course of time, many versions of the PUCA
pump were manufactured and the working principle and the propertite of
sample that was used in the studies described below are explaing i
according sections.

The PUCA pump is currently distributed by Intra-Vasc.NL b.v.oftgigen, The
Netherlands) under the name PulseCath. The ventricular assist desi@glable
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in an open chest version for introduction with a sternotomy or thanagotand

in a closed chest version for introduction via the right subclaaiéery. The

closed chest version has a special tip (inflow cage) that atleevsse of a dilator
to facilitate the introduction. A prototype of this version waslugsethe studies
below. Both devices use an introducer that measures presstites/alve and at
the catheter tip so that its correct position, as shown in Fig, ¥an be
determined from the pressure waveforms.

MEM BRANE PUMP

Fig. V-1: Schematic view of the position of the PUCA
INFLOW CAGE pump. RV: right ventricle. LV: left ventricle.

To date, the device has not been used in patients but was subjaténsive
acute (2 hours) and chronic (4 days) animal testing. This revédwiethé device
can be used safely for this term, without causing blood damaggam ailure.
As a result, approval for clinical application is granted and tkegatient trial is
expected soon.
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B. HYDRODYNAMIC CHARACTERIZATION OF
VENTRICULAR ASSIST DEVICES'

1. Abstract

A new mock circulatory system (MCS) was designed for etalmaand
characterization of the hydraulic performance of ventriculaistasevices
(VADs). The MCS consists of a preload section and a multipurptiedoad
section, with an adjustable compliance chamber (C) and periphsistbreR)
as principal components.

The MCS was connected to a pulse duplicator system for validatiomatng a
wide range of afterload conditions. Both pressure and flow were mdasune
the values of the different components calculated. The data perfiesta 4-
element electrical analogon (EA).

The MCS was further used to assess the hydrodynamic chasticseaf the
Medos VAD as an example of a displacement pump. Data wereurada®r
various MCS settings and at different pump rates, yielding dep@afe pump
function graphs for water and pig blood. Our data demonstrate (i) flositiséy
to preload and afterload and (ii) the effect of test fluid on hemaaiyc
performance.

2. Introduction

Ventricular assist devices (VADs) are a means to suppodnadnrstage heart
failure patient and are generally used as a temporary bridgeartiac
transplantation. In order to actively bypass the diseased heart, blaiitidrawn
via atrial or ventricular cannulation, and is pumped back into the nsigste

" The contents of this section was published irlIAttif Organs 2001;24:470-477:
Hydrodynamic characterisation of ventricular assistdevices
Vandenberghe S, Segers P, Meyns B, Verdonck P
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circulation via a cannula in the aorta. Prior to experimentalimical use, VADs
are tested hydrodynamically to assess their hydrodynamforpence, their
limiting factors, or their optimal working conditions with regard to suppgr
and unloading the heart. These tests are performed in a laboratapytisat
mimics ventricular load. The compliance of the large vesseisually modelled
as a single elastic chamber (windkessel), while the a@sigt which is mainly
distributed over the arterioles, is compacted in one resistiveeake Over the
years, different models have been tested and it has been shawrydheulic

mock loops have, if well designed, the potential to accurately nthmiwvascular
Systen{13l,132,134,219]

In this work, we present a new general-purpose mock circulatorgnsy($iCS)

to characterize and evaluate different types of ventriculgsistadevices. The
characteristics of the MCS are assessed by direct nesasotr of its
hydrodynamical properties, and by fitting an electrical ap&EA) model to the
pressure and flow data measured in the hydraulic MCS. The sduawps al
insertion of VADs with displacement or rotary blood pumps and the
characterization method was chosen in order to easily compgne=ni devices.
Data are presented for one particular displacement device (Medos VAD).

3. Materials and methods

3.1. Description of the mock circulatory system
The mock circulatory system (Fig. V-2) consists of a preloatiose(l) to fill the
device under test (simulating atrial or ventricular cannulatiowl) @ afterload
section (llI-V) that mimics the systemic circulatory tr8de ventricular assist
device (Il) is mounted between these two sections with interchialegea
connectors, and an extra overflow (VI), buffer reservoir (VIl) andution
pump (VIIl) are added to the system to guarantee a constant vpresssire (5
mmHg) and to uncouple preload and afterload.
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Fig. V-2: Photographic and schematic illustration of the maickulatory system (MCS) during the
Medos VAD test. I. Preload reservoir ;ll. Medos VAID. Windkessel; IV. Resistance; V. Cutoff valve;
VI. Afterload reservoir; VII. Buffer; VIII. Centrifigal pump.

The preload section is designed as a rectangular overflow rasemwtbi
removable panels allowing to change the overflow height and thusllihg f
pressure of the device from 5 to 40 mmHg.

The major determinants of afterload pressure and flow are totefiah
compliance (C) and total peripheral resistancg) B The afterload section
(also referred to as afterload model, AM) should therefore milyiroansist of

two major components: a windkessel (Ill) and a resistor {®Mprm a so-called
RC-model *##??° e designed the windkessel as a cylindrical container in
which a variable volume of air is trapped. The compressilofitthe air has the
same effect as the elasticity of the vessel wall. Thadsr has an inner diameter
of 100 mm and a height of 300 mm, resulting in a compliance range@f0 t
ml/mmHg. The resistor is constructed with a cylinder (& 100 hemgth 150
mm) in which an internal compartment is created wittylandrical membrane.
The test fluid is forced through a compressible foam (S-PPI3001.RnUxe
Belgium) inside the membrane, which guarantees laminar flow. Addxter to

the outer compartment (between cylinder and membrane) results in a
compression of the foam and a controlled increase in resistiheepressure-
flow relation of the resistor is linear. The resistance caackearately controlled
between 0.6 mmHg-s-thl (no compression of the foam) and infinity (total
compression).
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To respect the high-frequency behavior of the arterial systerplaged a small
entrance resistor (piece of foam) immediately proximal to thedkessel to
simulate the characteristic impedance) (6 the aortd'*®. Furthermore, in the
hydraulic model, the different components are connected with tubirfignitef
length and diameter and therefore the acceleration and deicgleshthe fluid
will introduce an inertance component (L). The electrical apaépresentation

of the AM subsequently consists of 4 components:R R and L (Fig. V-3)
[125]

Luer-locks are present at strategic locations for easy pressasuring (with
DTX+ strain gauge transducers, Ohmeda, Gent, Belgium) and de-aliata

is acquired with a home-made acquisition system, built aroundateordl
Instruments PCI 6024E DAQ-board in a Labview (National Instrusnent
Corporation, Austin, TX) software environment.

3.2. Validation of the afterload model
Initial tests were performed with the afterload model connetded pulse
duplicator systent®.. The reproducibility and stability of the resistor and the
windkessel were tested under pulsatile flow by setting thetoedo 4 different
values and switching between 4 compliance settings (1750, 1250, 750 and 250
ml air) for each resistance. Pressure was measured mtldhef the AM (R)),
proximal (Rx ) and distal (R to the resistor, and in the windkessel)(FFlow
(Q) was measured at the windkessel inlet with an ultrastavicdrobe (H16C or
H11X, Transonic Systems Inc., Ithaca, NY).

3.2.1. Measuring R and C
Resistance is calculated directly from the measuremesityRa,-Prd/Q.
Windkessel compliance was first tested statically, by mergally injecting a
certain volume of water and measuring the corresponding pressuré&irise
there is no undisputed method for compliance measurement during pumping, we
applied several estimation methods (pulse pressure métHpdrea methotf*?,
decay time method®®) using Q and R

3.2.2. Electrical analogon fittings
In order to estimate total inertance and characteristicdanpee of the AM, we
fitted a 4-element electrical analog model (EA model; Fig. ¥63he data. To
fit the model (programmed in Matlab, The Mathworks Inc., Natick, MAg8, w
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used Q as an input and minimized the difference between prediottd a
measured pressure,(Pby optimizing component values. The goodness of fit is
expressed as RMSE (root mean squared error).

Qac

Rc L
Pag c T Rp

Fig. V-3: Electrical analogon (EA) of the MCS, presented as a modified 4-element windkessel
model. Q,, = aortic flow, P,, = aortic pressure, R, = characteristic resistance, L = inertance, C =
total arterial compliance, R, = peripheral resistance.

3.3. VAD tests
The mock circulatory system was used to test the Medos \(MEdos
Medizintechnik GmbH, Stolberg, Germany) over a wide range oindill
pressures (5 - 40 mmHg), resistances (set as mean windgessslre; 60 — 160
mmHg) and compliances (0.3 - 1.6 ml/mmHg) and this for 5 diffggemp rates
(40 — 120 BPM). The pump had a maximum stroke volume of 60 ml and the
pneumatic pressure settings of this air driven membrane pump were kephtconsta
at —10 mmHg and 160 mmHg for diastole and systole, respectiiolic time
was set at 35% of the complete pump cycle. %2” PVC tubing wasassied and
outflow cannula (length 100 and 300 mm respectively) to connect the blood
pump to the MCS. During VAD tests, pressure is measured irprtlead
reservoir and in the windkessel (which is comparable to humiit pressure),
while flow (Q) is measured at the same location as descabede. All data is
acquired at a 200 Hz sampling rate. Fluids used are water andooid &t
respective temperatures of 27 and 35°C .

4. Results

4.1. Validation of the afterload model
Data were obtained for 4 settings of resistance and compligredding 16
different operating points. The measured values for R and the o C
(Pulse Pressure Method) are presented in Fig. V-4. It caprimduded that the
range of R and C cover the patho-physiological range. Note that ieoc®l
varies not only by the amount of air that is trapped in the wirsgkebut also
with the mean pressure in the windkessel, and subsequently witbsib&ance.
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Both Q and R, have a physiological morphology..#s somewhat disturbed with
reflections of the pressure waves that originate from opening asphglof the
aortic valve. Due to the rigidity of the system, the resultingsprespeaks are
higher than in the human body.

2.0
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= EA estimation
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Fig. V-4: Comparison between measured parameter settings of C (estimated with pulse
pressure method) and R, and values estimated from the EA model fit.

The EA model fits the data very well, as reflected by tham®MSE value of
all measurements (meat std. dev.: 2.8t 0.7 mmHg). Results for all 16
conditions are given in Table V-1. Fig. V-5 shows data measurddanvhigh
(3.38 mmHg-s/ml, see panel A) and an extremely low (0.29 mmHg-séal,
panel B) resistance. In both conditions, the model accurately rethiet
measured pressure. In Fig. V-4, the values for C antblRwing from the 4-
element EA model fit are compared to the actually measuredammse and the
pulse pressure method estimate for compliance. The model shyletigstimates
both R, and G,m
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Table V-1: OVERVIEW OF MEASURED AND CALULATED PARAMETERS

Compliance estimatiofs 4-element EA parametérs

setting id. Rmeas Cstatic Cair Carea Cotm t C Rp L R. RMSE

(mmHg-s/ml)  (ml/mmHg) (ml/mmHg) (ml/mmHg) (ml/mmHg) (s) (ml/mmHg)  (mmHg-s/ml) (mmHg-$/ml)  (mmHg-s/ml) (mmHg)
R1C1 0.3 0.28 0.34 0.56 0.38 0.11 0.33 0.33 0.0051 0.054 4.69
R1C2 0.29 0.82 0.72 0.83 0.94 0.27 0.76 0.35 0.0055 0.024 2.96
R1C3 0.28 1.32 11 1.67 1.6 0.45 1.18 0.36 0.0055 0.02 2.94
R1C4 0.28 181 1.52 1.81 2.12 0.59 1.6 0.36 0.0056 0.018 2.54
R2C1 0.6 0.28 0.34 0.45 0.42 0.25 0.42 0.63 0.0042 0.071 3.57
R2C2 0.57 0.82 0.8 1.38 1.27 0.73 0.85 0.64 0.0051 0.031 3.2
R2C3 0.55 1.32 1.12 1.58 1.61 0.88 1.18 0.64 0.0059 0.017 2.81
R2C4 0.58 181 1.52 2.16 1.98 1.14 1.59 0.67 0.0058 0.017 2.76
R3C1 15 0.28 0.28 0.38 0.35 0.53 0.3 1.57 0.005 0.053 2.8
R3C2 1.49 0.82 0.67 0.65 0.74 1.09 0.72 1.58 0.0052 0.027 3.08
R3C3 151 1.32 1 0.94 1.13 1.7 1.07 1.61 0.0056 0.018 2.46
R3C4 1.48 181 1.33 1.67 1.52 2.24 1.46 1.58 0.0054 0.016 2.53
R4C1 3.38 0.28 0.24 0.27 0.26 0.89 0.25 3.49 0.0054 0.046 1.78
R4C2 3.46 0.82 0.57 0.65 0.63 2.15 0.59 3.58 0.0057 0.023 2.14
R4C3 3.46 1.32 0.86 1.21 0.96 3.3 0.95 3.57 0.0057 0.019 2.01
R4C4 3.56 181 1.17 1.34 1.29 4.58 1.25 3.69 0.0056 0.015 2.05

T Estimated from Q and,P

t Calculated from Q and,pfitting

Rmeas quotient of pressure difference over resistamzkflow; G Statically measured compliance;p Caea Corm: cOmpliance estimations with the pulse pressurthatk the
N area method and the time decay method, respectt: indication of decay time, product obfy and R.eas C, Ry, L, R:: values of the 4 elements of the EA model; RM$&ot mear
'l,’ scuared error of the measured and fittgg P
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Fig. V-5: Measured aortic pressure and flow compared to the EA model fit for 2 different
settings:
A. RACL1 (see Table I) with an RMSE of 1.78 mmHg
B. R1C2 (see Table I) with an RMSE of 2.96 mmHg

4.2. VAD tests

The data acquired during the Medos VAD tests was averaged ovguenese of
at least 3 pulses. The 8 different preload and 8 resistanggysattsulted in a
series of 64 data points, plotted in a three-dimensional graph (Figfor-éach
pump rate and compliance setting.

The 3D graphs present average flow in relation to average preloadtaroaalf
(also referred to as mean arterial pressure (MAP)). Aasarfvas interpolated
between these points in order to allow a qualitative evaluation afdtse the
slope of the surface in X and Y direction represent preload andoafte
sensitivity of the device. To allow quantitative evaluation, a caotlmmade in
either direction through the surface, which yields two-dimensiorebga-flow
or afterload-flow graphs (representative data are shown in Fig. Vhése 2D
graphs are easier to interpret and allow a more detailed compeetween
different devices.

228



PULSATILE CATHETER PUMP

Fig. V-6: 3D graph of the Medos VAD characteristics as acquired in the MCS. Mean flow is
presented in function of preload and afterload when pumping at a rate of 60 BPM with blood as

a test fluid.
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Fig. V-7: lllustrations of different hydrodynamic characteristics of the Medos VAD for different
test fluids. Left: preload-flow graphs for 80 and 120 BPM at an afterload pressure of 120 mmHg.
Right: afterload-flow graphs for 80 and 120 BPM at a preload pressure of 30 mmHg.
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5. Discussion

The mock circulatory system appears an excellent simulation ohuh@an
systemic vascular system, covering the physiological and patfsiepdyical
range of resistance and compliance. It is an afterload modeaiahatot only be
used for testing of ventricular assist devices, but it can alse s&s a load for
cardiac simulators in order to produce physiologically correctspres and
flows. The setup perfectly fits a modified 4-element EA modehsisting of
peripheral resistance, compliance, characteristic impedance iertance.
Resistance and compliance estimated with the EA model atarelell to the
measured values of R and the pulse pressure method estimate of &edhe
method and decay time method produced unstable values and high
overestimation of compliance for low resistances, due to an umtstizction of
the pressure decay. These findings are consistent with earliervatiomes
[224.223] Although we did not physically alter the entrance resistor irattezload
model during the experiments, the water level in the windke$sgiges with
different settings of Rand C. This affects the fitted value of. fhe larger R
and C, the smaller R(Table I). In contrast, the inertance (determined by the
fixed diameters and lengths of tubing and connector pieces) remdines ra
constant (mean #* std. dev. = 0.0053 + 0.0004 mniHig)s Note that, though
pressure wave travel and reflection do not appear in an ele@nablg model,
our model has no problem in fitting the measured pressure peakseadus is
that we used the measured flow (which also results from incateh reflected
waves) as an input to the model.

As there is a good correlation between actual AM parametdrd-atement EA
model parameters, the EA model can be used to match the ANgsdtiihuman
data. Fig. V-8 shows the aortic pressure of a patient with concégpertrophy

as measured by Pat&® and the model fit. The estimated parameters (see legend
Fig. V-8) are within the range of the AM components, and consequenidy, it
possible to mimic this patient’s afterload in the mock circulatosyesy.

Lumped mock systems can not be used to study wave propagation induced by
blood pumps. Pressure waves originate upon ejection of the pump and from
opening and closure of the valves in the mock system. Due to theystdéfrg

short wave travel distances, the absence of a bifurcating atresgalnd large
reflections on the components and connectors, the pressure peaks M ave A
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larger than they are in the human aorta. Nevertheless, it istampoo consider
that relatively large pressure peaks may appear in the oatiatila of an assist
device since these cannulas are very rigid compared to the human aorta.

Patel CH-type vs. EA model

160

. —— Patel in vivo
150 | /) - EA simulation

140 H

130

120 H

pressure (mmHQ)

110 -

100 ‘ ‘ ‘ ‘ ‘ ‘ ;
00 01 02 03 04 05 06 07 0.8

time (s)

Fig. V-8: Aortic pressure measurement by Patel **® in a patient suffering concentric
hypertrophy, compared to the 4-element model fit. R, = 1.85 mmHg.s/ml, C = 0.87 ml/mmHg, L
=0.0016 mmHg.szlmI, R. = 0.071 mmHg.s/ml, resulting in an RMSE of 1.73 mmHg.

The 3D graphs that are produced as a result of VAD tests sirepée way to
qualitatively evaluate pump performance. These characteristlearlyc
demonstrate the influence of preload, afterload and pump rate. Hegtoad
leads to zero flow and higher flows can be reached when timg fidfessure is
higher. However, the latter relation is hardly distinguished atdivedt pump
rate (40 BPM): the device has enough time to fill completely, eviém law
filling pressure. The influence of the preload increases with iscrggoump
rate; since the diastolic period shortens, the pump can onfgdilenough when
the filling pressure is high. The effect of preload is only cjepresent for low
afterloads. When the afterload is high, the pump can only partiait ép
contents and, therefore, filling is not the limiting factor andlitides influence on
the flow.

The afterload sensitivity increases with pump rate. lasydo understand that
for low afterloads, when the pump empties completely, a higher pumpviiat
result in a higher flow. At high afterload, the device has to build ugspre and
squeeze the fluid through the resistor, which inevitably resuitapeded stroke
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volume and low flow. If the pump rate increases, the ejectine i reduced and
as a result stroke volume is even more impeded and a lower flbappear for
the same afterload. Consequently, the relation between flow aadoadt
becomes steeper at higher pump rates and this slope is gcatesdd by the
preload. Remarkable is the bend in the surface for a pump rate ofN6OTBIB
sudden change in afterload sensitivity occurs between 100 and 120 ammdHg
does not show at other pump rates.

Our experiments showed little or no effect of arterial coamge on pump
characteristics. The test fluid, on the other hand, is an importaampter.
Higher flows can be reached when water is used, but there idfamedce in
preload or afterload sensitivity: blood and water tests yealdllel pressure-flow
relationships. All 3D graphs for water and blood show the same topodlbgy
lower flow obtained with blood is due to its higher viscosity and density.

The extra energy loss created by this higher viscosity and dendistinct in all
components of the MCS, the pump and the cannulas. Since the cannulas are
relatively long and small, the density difference between watel blood,
although small, has a marked influence on the inertance in these conspdinent
is therefore important not only to work with a proper fluid, but alsi whe
original cannulas or grafts. This may be difficult when a wasesed mixture is
used as a test fluid since most grafts are water-permeadasequently, VAD
tests performed with (physiological) water as recommendedI|diog-term
reliability testing*?®], may provide incorrect hydrodynamic data. Blood or a
more convenient to use blood-analogous fluid should be used to coaestiss
the hemodynamic pump performance.

From the point of view of patient support, mean flow is an importantral
parameter, and the preload-afterload presentation of the datherayaluable
tool in the device operating control. The data, however, do not allow
determination of the limiting factor of a device. This would reqaiteadditional
flow measurement at the inflow cannula to calculate the instaots pump
volume and to study the filling and ejection separately. Theppumay fill
adequately, but may not have enough power to empty completely aaduigst
pressure, or it may empty completely but only fill partiallye to a low preload
or insufficient suction of the pump. In this particular study,Nteglos VAD was
used with only one setting of systolic and diastolic pressure, whitdinical
practice these settings are varied until an optimal flow is reachdthtlway, the
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limiting factor (low filling or low ejection) can be avoided, butsths not
possible in most long-term electromechanical pulsatile ventriasisist devices.
Therefore, it is recommended to study the pump characteristic2veeparate
flow meters for the inlet and outlet conduit.
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C. PUCA Il PUMPING CAPACITIES VERSUS
HIGH-FLOW VOLUMETRIC DEVICES

1. Introduction

The PUCA Il catheter pump is intended for stabilization andt¢bon support
of heart failure patients. Its main advantage is its smadl@m hence its option
for fast and easy introduction in the left ventricle via asvalvular pathway
without causing permanent damage. Due to this application, the requoiseanel
design criteria differ from traditional high-flow LVADs that are capableaking
over the complete workload of the heart. These devices are ladgdgtan make
use of an inlet cannulation that damages the left ventricular @apexsmall size
of the PUCA 1I, on the other hand, compromises its pumping deggci his
section illustrates the difference in hydraulic performancéhefPUCA Il and
two high-flow LVADs: the Medos VAD (Medos Medizintechnik GmbH,
Stolberg, Germany) and the Novacor N100 (WorldHeart Corp., Ot@amada).
The comparison is based on the hydrodynamic characterizatiorsasbdd in
section B.

2. Methods

The pump characteristics of the PUCA Il in combination witrAatoCat IABP
driver (Arrow Int.,, Reading, PA) were acquired from the in vitr@ck
circulatory system with static preload and lumped afterloadeMetails on this
experiment can be found in section D. Similar measurements wdozrped for
the Medos VAD in combination with its original pneumatic drivasme and for
the Novacor N100. All experiments were performed with a 60/40 v/v%rwate
glycerin mixture at room temperature.

For comparison of the pumping capacities of these devices, onlylatze
acquired at a fixed rate of 80 BPM are discussed since thisgsetis available
on all driving consoles. In a clinical environment, however, the PUQAlI

function in ECG-triggered counterpulsation (synchronously) with rtaeural
heart and thus the pump rate may vary. The Medos VAD can alsetewth
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ECG triggering, but (asynchronous) fixed rate operation is mostnoomThe
fixed rate mode of the Novacor is only used for implantation and wgani
purposes, while the standard is Fill Rate Trigger mode (FRThisnmode the
pump automatically determines its filling and ejection timinghwarameters
derived from the internal volume variations, and thus pump ratevatezs with

the patient's condition. More information on the operation and working
principles of the Medos VAD and the Novacor can be found in their régpect
manuals and iff®*".

For these experiments, the PUCA Il (with 40 ml stroke volume)mesaged in
“operator” mode and inflation and deflation timing were optimized bedosry
data acquisition. The Medos VAD had a stroke volume of 60 ml and ther dri
was set to a pneumatic pressure of —10 mmHg for diastole and 16{g riom
systole, and 35% systolic to diastolic time ratio. No additiontlngs were
possible for the Novacor.

The protocol and the data processing for hydrodynamic charaatarize¢re
explained in section B. In brief, for a given pump setting, the geneilateds
measured for several combinations of preloads and afterloads. Taeisda
averaged over a number of cycles and plot in a three-dimensiondd (e
pump characteristic). For assessment of the preload- amtbadtsensitivity of
the pump, two-dimensional cuts are made through the pump characteristic.

3. Results and discussion

The pump graphs obtained from the experiments with the three differe
ventricular assist devices are displayed in Fig. V-9. From thegghs it can be
derived that the Medos VAD and the Novacor operate in similar fdmges and
show a high afterload sensitivity, while the PUCA 1l operates lowaer flow
range and displays a much flatter surface, indicating that tharsnsller effect
of afterload. The afterload sensitivities derived from the tvwoedisional plots in
Fig. V-10 are —-0.12, —0.78, and —0.66 ismHg" for the PUCA II, Medos
VAD, and Novacor, respectively. Note from Fig. V-10 that the aftdri@ange
for the PUCA Il was lower than for the other pumps. The preloadtiséres in
the same order are 0.11, 0.46, and —0.07 'mhsmHg'. These sensitivities
determine the ‘physiological’ response to changes in the patieatidition.
Since the fixed rate mode is mostly used in the hospital wihergatient is
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closely monitored, the settings of the pump drivers and the pump aatbec
adjusted according to the patient’s physical demands, thus elingirthe need
for physiological response. Tweaking of the pump settings will thenredpgred
more often for highly sensitive pumps.

PUCAII

Medos VAD Novacor

Fig. V-9: Pump characteristics of Novacor, Medos VAD, and PUCA Il at 80 BPM.
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Fig. V-10: Two-dimensional cuts through the pump characteristics of Fig. V-9. Left: a cut
parallel with the afterload-axis at a preload level of 30 mmHg. Right: a cut parallel with the
preload-axis at an afterload level of 100 mmHg.

The different ranges of flow rates that are exposed in Fig. V-Fand/-10 are
related to the different stroke volumes of the pump designs andfldot rine
applications for which the pumps are developed. The Novacor, for iestasnc
intended for long-term use outside the hospital. It is thereforereggthat this
pump can generate sufficient output when the patient performs phgstoaty.
The Medos, on the other hand, is intended for short-term or mediunmisam
inside the hospital, where the patient will not be active and thysutimg@ output
is calculated to obtain sufficient organ perfusion at rest. ThREAU has the
main benefit of being minimally invasive and its target applicassupport and
stabilization. Even though high flows would be desirable, this degiceot
intended to take over the whole circulation.

Based on the pump rate of 80 BPM and the maximum stroke volume lof eac
pump, the maximum obtainable flows in the experiments were 3.2, 4.8, and 5.8
I/min for the PUCA II, the Medos VAD, and the Novacor, respebtivieue to

the combination of loading conditions and the constant (not optimized) driver
settings, these maximum flows were not obtained for either deDiceiously,

the flows generated by the Medos VAD can be increased bygséte systolic

and diastolic pressures to higher absolute values. The designers &fGhellP
pump already demonstrated the importance of the pneumatic drivethand
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driver settings inn vitro studies (see chapter VI, section B). A more powerful
driver can overcome the inertance and resistance of the caftmetegenerate
higher pump flows. The Novacor will also perform differently whenrategl in
FRT and specifically for our setup - with continuous and unimpedatyfH the
pump will adopt a higher pump rate and produce a higher flow.

A data set of each of the pump experiments was selected fpacalte preload,
compliance, and resistance settings and is shown in Fig. V-11 as aatiltunstit
is important to realize that in the pump characteristicsiéasi afterload (i.e.,
the pressure at the pump’s outlet) is obtained with differergtoessettings for
each pump. The necessary resistance to obtain a given aftpresslre is
dependent on the pump’s capacity to generate pressure and flow. Ftatdhe
shown in Fig. V-11, however, it can be stated that the pumps wensetled in
the in vitro model with identical settings. Table V-2 gives an oear of
parameters derived from these data sets, where it must lbekeshthat in the
whole experiment a wide range of resistances was used to obtapuriiye
characteristics, and that the resistor was adjusted to oljeatifis afterload
pressures rather than specific resistance values. Hence thevéhe slight)
discrepancy between the resistance values. Hydraulic powhe iproduct of
outlet flow and pressure, and the cycle work is the power integmter one
pump cycle.

Table V-2: Parameters derived from the data displayed in Fig. V-11.

PUCA Il Medos VAD Novacor
Preload(mmHg) 47.1 47.3 46.0
ResistancémmHg-s/ml) 1.82 1.76 1.50
Compliancgml/mmhg) 0.93 0.90 0.85
MAP (mmHg) 66.6 108.8 116.5
Pump flow(l/min) 1.90 3.70 4.38
Stroke voluméml) 23.7 46.3 54.7
dp/dtnax(mMmHg/s) 90.5 232.1 428.9
Cycle work(mWatt:s) 219.9 746.7 1139.3
Max. hydr. powe(mWatt) 920.7 4134.7 7561.2
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From the data in Fig. V-11 and in Table V-2, it can be concluded thieat
Novacor is most powerful and that this results in a steep builduartefial
pressure (high dp/gi,). This also means that when the pump is turned on, it will
augment the output pressure to a high level in a few pumping cgekes,when
there is no heart function to keep up the pressure. The PUCA Il oworitrary,
cannot build up pressure and therefore it can only maintain a lowc'aorti
pressure level without residual heart function. It can also be nbtdthe
Novacor ejects its large stroke volume in a short time peribd.Medos VAD
knows a longer ejection period, and the PUCA Il needs even moretdime
gradually squeeze its smaller stroke volume through the resicher.lower
power of the PUCA Il makes that, for the considered conditiargntonly eject
59% of its volume, while this is 77% and 74% for the Medos VAD and Novacor
respectively. It must be taken into account that the date wequired at the
windkessel of the lumped afterload model, where the inertiaesistance of the
cannulas and catheter have already been overcome. The AutoCatodirilie
PUCA Il can generate pressures over 300 mmHg, while the Medoswaset

at only 160 mmHg systolic pneumatic pressure and yet yields hogivesr at
aortic level. This confirms once again that the resistancenantiai in the PUCA

Il catheter is an important limitation and simultaneous presswgasurements
inside the pump chamber and in the aorta are necessary to exjealiyne
determine the impact of these properties on PUCA |l performance.
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Fig. V-11: lllustration of the "aortic' pressure and flow generated by the three compared pumps
in similar conditions (see Table V-2).
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4. Conclusions

Comparison of the PUCA Il pump to the Medos VAD and Novacor syste
revealed a high disparity in pump capacities, which is in aconoedaith their
target application and design criteria. The high-flow Medos VAD and ¢&tova
can generate more power, resulting in higher pump output and a highergress
level than the PUCA II. They are, however, very sensitivetrladd variations
whereas the PUCA Il flow is hardly influenced by loading conditions.
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D. IN VITRO EVALUATION OF THE PUCA I
INTRA-ARTERIAL LVAD '

1. Abstract

The ‘pulsatile catheter’ (PUCA) pump is a minimally invasinga-arterial left
ventricular assist device intended for acute support of critidalheart failure

patients. To assess the hydrodynamic performance of the PU@AvEN by an
Arrow AutoCat IABP driver, we used a (static) mock circulatoryesysin which

the PUCA Il was tested at different loading conditions. The PUCWas

subsequently introduced in a (dynamic) cardiovascular simulatd8)@Vmimic

actualin vivo operating conditions, with different heart rates and 2 levelsfof
ventricular (LV) contractility.

Mock circulation data shows that PUCA Il pump performance nsisee to

afterload, pump rate and preload. CVS data demonstrate that PUdvitles
effective LV unloading and augments diastolic aortic pressure. gigitsution

of PUCA 1l to total flow is inversely related to LV contréity and is higher at
high heart rates. We conclude that, with the current IABP driveRtHeA Il is

most effective in 1:1 mode in left ventricles with low contractility.

2. Introduction

Cardiac assist devices are generally durable devices thatcagrable of
maintaining the circulation of a patient suffering from severethadure for
prolonged periods. Apart from these devices, there is also need dolatory
support devices that can be introduced rapidly in case of sudden cardiac failure or
as a treatment of the low output syndrome (LOS). These miwinralhsive
resuscitation methods are required for short-term to medium-p&Eriods to
stabilize the patient and to give the clinicians the time toineuth treatment

" The contents of this section was published irIAttif Organs 2003;26(8):743-752:
In vitro evaluation of the PUCA Il intra-arterial LVAD
Vandenberghe S, Van Loon JP, Segers P, Rakhok&i@pnck P

241



CHAPTER V

strategy. Examples of such devices are the intra-aortic balloop PABP),

first used by Kantrowitz in 1967*", the Hemopum|¥*®, and more recently the
Impella pumps®!. All these devices allow fast introduction without need for
thoracotomy, they provide unloading of the heart, improve perfusion of major
organs and result in increased coronary blood 2%

An apparatus that aims to combine the advantages of the aforemeehtievices

is the pulsatile catheter (PUCA) pump, which delivers both askdlood flow

to the arterial systen¥®?*%! |t comprises a valved catheter that can be
introduced transarterially (e.g., in the subclavian artery) andedhietrograde
into the left ventricle. Blood is drawn from the left ventricledaejected in the
aorta through the incorporated valve (Fig. V-12).

\

TILTING VALVE:
ejection

Fig. V-12: Picture of the PUCA Il catheter and membrane pump, with a detailed drawing of the
tilting valve.

The principle of the PUCA pump was invented by Dr. Rakhorst based iolea

of Hans Zwart who tested a closed chest cardiac assisnsystdogs®Y. The

first thick-walled prototypes of pulsatile catheters (1 mmlwatkness) were
produced by Dr. Kolff and Dr. Hennig between 1990 and 1992. Thin-walled,
dual valved, PUCA pumps have been manufactured since 1995 and extensively
testedin vitro and in vivo at the Department of Biomedical Engineering of
Groningen University, The Netherland®’,

Currently, a more recent, single-valved, version of the PUCA pum@ARU is
in a test phase and its first clinical use is expected soos.PUWUCA 1l is also a
thin-walled catheter (wall thickness: 0.3 mm) but has only dtiegt valve
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incorporated into the catheter wall, which allows ejection of bloodhe

ascending aorta. The catheter is connected to a custom-mad&anenpump
which can be actuated by most commercially available |dB¥ers and drivers
for pneumatic cardiac assist devices.

In this study we assessed the pump characteristics andfitieney of the
PUCA Il pump driven by an Arrow AutoCat IABP driver in a modop.
Additionally, we evaluated the functioning of this device in comimnatvith a
hydraulic bench model of the cardiovascular system.

3. Materials and Methods

To obtain the pump characteristics of the system we first inserted istatic’in
vitro mock circulatory system, representing a physiological afterldae only
pumping action in this setup was delivered by the PUCA II.

Secondly, we used a ‘dynamith vitro model or cardiovascular simulator
(CVS). This consists of a pulse duplicator as simulation ofdftehkart and a

distributed afterload system which allows realistic introdunctind positioning

of the device.

3.1. PUCA Il setup
The PUCA Il catheter (Intra-vasc BV, Groningen, The Netineida consists of a
28 cm long 21 Fr reinforced polyurethane shaft that incorporates aessastéel
inflow cage at the tip and an outflow valve located 10 cm dist&° The
catheter is connected to a paracorporeally placed, pneumaticayn, single-
port valveless membrane pump with a stroke volume of 40 ml. Thetexathe
valve is designed as to direct blood flow from the left ventrit) (to the
membrane pump during the aspiration phase, and to direct the bloodhento t
ascending aorta during pump ejection.

For this study, the pump was driven by an AutoCat intra-abdltoon pump
driver (Arrow Int., Reading, PA), which allowed us to run the pump timeei
‘autopilot’ or ‘operator’ (manual) mode. The latter allows to adjnation and
deflation timing. The pump to heart frequency ratio can beosétlt or 1:2 in
both operating modes.
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3.2. Static model
The static model is a lumped representation of the human cardicasasgsiem
(1871 1t consists of a preload reservoir, simulating the LV and providing a constant
filling to the pump, and an afterload section. This latter sectioniesisystemic
arterial compliance and total peripheral resistance with redkeissel and a
resistive element with a compressible foam. The PUCAd$ wserted in the
model via the ‘aortic’ tubing that connects the preload reservoith&
windkessel. The catheter was positioned with the valve in thea‘aamd its tip
sealed in the preload reservoir as to simulate a perfeadbedl|aortic valve.
Consequently, the only flow path from the preload reservoir (LV)th
windkessel was through the PUCA Il catheter.

Pressure data were acquired with DTX+ pressure transducers HBDKlin
Lakes, NJ) in the preload reservoir, the windkessel (aorticyredsand just after
the resistor (venous pressure). Flow was measured at the amenjiump exit
port and at the ‘aorta’ between preload and windkessel with 10C and ftti6C
probes on a T206 and HT207 flow meter (Transonic Systems Inc., Ithaga, NY
respectively. Since there is no valve in the exit port, there isfbottard and
backward flow with a mean of O I/min. The positive (forward) pathis flow is
normally used to monitor the PUCA Il system and we will regteit as the
‘indicated pump flow’ (Qucy.

3.3. Dynamic model
This model is composed of a pulse duplicator system and a silicenlaree,
simulating the systemic circulation (see Fig. V-13). The pulse chtpli consists
of 2 silicone sacs representing the left atrium and ventritte avbileaflet and a
bovine pericard valve as mitral and aortic valve respectively. Sdos are
suspended in a water-filled housing and are actuated by a computexlednt
pneumatic drivef**®,

The elastic arterial tree consists of an aorta with 8 branelpessenting the main
arteries to the head, the arms, the kidneys and splanchnic @agdrtbe legs.
These arteries are present on both the left and right side,rancbanected
conform anatomical reality (cf. brachiocephalic trunc). Artedimhensions are
derived from literature as to mimic a 1.8 m tall male of 85'# with some

adaptations since several arteries are bundled for easenefruction. The
arteries end in a resistor with a compressible foam and@useoverflow system
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that allows volumetric measurement of the mean flow through évanch. The
PUCA Il catheter was introduced in the right subclavian artey waas
positioned through the aortic valve using the standard technique with a guiding
pressure catheter.

Pressure measurements were performed in the LV with a pogtéieter and
DTX+ transducer and in the ascending aorta with a Millar hi-fi transdudéaxM
Instruments Inc., Houston, TX). Flow distribution over the model wassored

with the overflow system.

8 

;
\

6—

SN \

4 3 2 1

Fig. V-13: Overview of the model setup: 1. collection container; 2. buffer reservoir; 3. centrifugal
pump; 4. lung reservoir with weir; 5. left atrium; 6. left ventricle; 7. PUCA pump; 8. variable
resistor combined with an overflow reservoir.

4. Protocol

All experiments were performed with a 60/40 v/iv% water-glycenirture at
room temperature (kinematic viscosity: 3.7 ffsndensity 1093 kg/fand with
the AutoCat driver set to ‘operator’ mode. All data were samgl@®0 Hz for at
least 5 seconds in an equilibrium state, which allowed us talatdcan average,
representative beat.
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4.1. Static model
Measurements in the static model were performed at 60, 90 and 120pbea
minute (BPM) in 1.1 mode. An electronic patient simulator suppli€GE
triggering and arterial pressure feedback for the AutoCat driveh pamp rate
was combined with different settings of preload (filling pressafrd0, 20, 30
and 40 mmHg) and afterload. The latter was set by varying tlstore® obtain
mean windkessel pressure values of 20, 40, 60, 80, and 100 mmHg at 60 BPM
with a filling pressure of 10 mmHg. The static model experimeiasvad us to
compose a pump graph and to calculate the efficiency of the puthp esio of
the total ‘aortic’ flow to the indicated pump flow. This efficiency was ptbte a
function of mean arterial pressure (MAP) for each pump rate (Fig. V-15).

_ Q,, _ actualtotalaorticflow
Qupuea  INdicatedPUCA pumpflow

[EQ. V-1]

4.2. Dynamic model

In the dynamic model, the heart and PUCA Il were alsocsé0t 90 and 120
BPM, but a different protocol was followed to assess the gain oPtheA Il
over the native heart function. For each heart rate, data wergeatauith the
pump switched off (control 1), then with the pump in 1:1 mode, aftelsnia 1:2
mode, and finally a last acquisition was performed with a bedcoff pump
(control 2) to control the stability of the model. These measuramwegre done
for 2 levels of LV contractility (by adjusting the pneumatiegsure level) as to
obtain a maximum aortic pressure of 70 (low contractility) andra@MHg (high
contractility) at 60 beats/min, respectively. This resulted ies6 series (3 heart
rates and 2 contractilities). Inflation and deflation timing of th&CR Il was
adjusted by an experienced IABP operator to obtain optimal countatipals
ECG triggering was delivered by the pulse duplicator contralhel true arterial
pressure was fed back to the AutoCat driver.

It was not possible to determine the pump efficiency in thahyn model since
total aortic flow (Q) is not only generated by the pump but it is composed of
effective PUCA Il pump flow and cardiac output. Thereforg © Quezh +
Qhears With h = efficiency and Q.= flow delivered by the heart, both unknown.
We estimated the efficiency by interpolating it for the MAP from thecstatidel
results. Thus we were able to split ug, @d to calculate the actual contribution
of the PUCA 1l to total flow when working in combination with anguing
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ventricle. To study the main effects of heart rate, pump modeanritactility on
mean arterial pressure (MAP), flow, and pulse pressure, a JAM&VA was
performed with Tukey post-hoc tests at a significance level of p = 0.05.

5. Results

5.1. Static model
Representative examples of data measured in the static medgivan in Fig.
V-14. Typical is the uni-directional aortic flow, which follows thesitive part
of the bidirectional flow at the membrane pump outlet. During pgaitien the
aortic flow is smaller than the pump outlet flow, indicating tih&tré are some
minor losses. During the aspiration phase of the pump, the aortigsflsightly
negative. The pump rate of 60 BPM shows a larger peak ejectionrdsa a
larger negative flow compared to 90 and 120 BPM.
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Fig. V-14: Data measured in the static model at 60, 90 and 120 BPM. All these data were
measured with a preload pressure of 30 mmHg, a resistance of 1.0 mmHg-s/ml, and a
compliance of 1.1 mlI/mmHg.

The top panel of Fig. V-15 shows the pump graphs measured at a purop rate
90 BPM for the 4 levels of preload. The presented flow is the dlmci.e., the
effective flow running through the setup. The highest preload yields ghedti
most powerful, pump characteristic. It can also be derived fresngtaph how
preload changes have an influence on afterload, since the data pojunitec
with higher preloads are also shifted rightward, while there werehanges in

the resistance.
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Fig. V-15: Results from the static model experiment. Top panel: pump graph at 90 BPM,
demonstrating the influence of preload pressure (10 — 40 mmHg). Middle panel: averaged pump
graphs of 60, 90 and 120 BPM. Bottom panel: efficiency plot for the three different pump rates.
The ‘aortic flow’ in the pump graphs is the effective total flow running through the whole setup.
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To better visualize the effect of heart rate on the pump graplealealated an
average pump graph (averaging the effect of preload) for eachrh&ariThe
result is given in the middle panel of Fig. V-15. In addition, we cdiedlghe
efficiency of the pump at the different heart rates (bottomlpzirfeg. V-15). At
low afterload pressures (< 50 mmHg), the PUCA Il efficiencghisut the same
for 90 and 120 BPM (approximately 80%), while the same system runnéty at
BPM has a 10 % lower efficiency. The efficiency at 60 BPMaslly influenced
by variations in afterload. For the other pump rates, efftgiedecreases with
increasing afterload, where it is best preserved with the PU@4nning at 90
BPM.

5.2. Dynamic model
The cardiovascular simulator proved to be stable with smallbibtyain flow
distribution and LV and aortic pressure when compared before ancadte test
series: maximum differences of 3% and 5% were found between coiaindl
control 2 for LV and aortic pressure, respectively. Consequently, e@ the
average of the 2 control states for further data analysis and labele@TRis'.

Panel A of Fig. V-16 shows aortic pressure, LV pressure, and pump fbatle
generated by the CVS (60 BPM) in a control state, i.e., withPlH€A 11 in
position but switched off. In panel B, the pump has been switched on in 1:1 mode
at the same heart rate. Due to the counterpulsation, the systoficessure is
decreased and the aortic pressure is increased during diastole.déffaion
timing is set correctly, the aortic pressure decreases agidéine end of diastole,
but it always remains at a higher level compared to the conaitel §this means
that, as a consequence of the PUCA Il pump, the LV reachegharipressure
during the isovolumic contraction phase, but that pressure doesn'inusk
more during the ejection phase because of pump aspiration. So, durinigidhe
contraction phase the LV works against a higher afterload than hdott@ved
by a lower afterload that effectively unloads the ventriéliso in Fig. V-16,
panel C illustrates the acuteness of the unloading effect in 1:2, nndowe
assisted beats alternate with unassisted beats. This resutshigher aortic
pressure during the diastole of the assisted beats, in compariedhevdiastolic
aortic pressure in 1:1 mode. In the 1:2 mode there is also a sagtijihigher
pulse pressure (135% of CTRL) generated at half the heart Thai.is in
contrast with the 1:1 mode, where aortic pulse pressure isisagly lower
compared to the control state (74% of CTRL). In both modes the prdssure
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is inversely correlated to the heart rate. The unloading effeitteoPUCA Il is
less pronounced in ventricles with a higher contractility. LVspuee is hardly
reduced and the ‘bump’ in the diastolic aortic pressure is smalé shown in
panel D.
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Fig. V-16: Data measured in the dynamic model. Panel A: low LV contractility and PUCA Il
switched off. Panel B: low contractility and PUCA Il working in 1:1 mode. Panel C: low
contractility and PUCA 1l working in 1:2 mode. Panel D: high contractility and PUCA Il working
in 1:1 mode.

It is obvious that mean aortic pressure and total flow aredsetkby the use of
the PUCA Il pump, and that this increase is most expressed imddé. This
can be derived from Fig. V-17 (middle pan&here the highest flow rise occurs
at 120 BPM for 1:1 mode at low contractility (167% of CTRL). Figl¥-also
clearly demonstrates that the level of contractility heathan the pump settings
- causes the main effect on flow and arterial pressure. Tikesesignificant
difference in MAP and mean flow obtained in the two pump modes cechpa
CTRL. There is, however, no significant difference between the 2 puodesn
themselves. The heart rate also exerts little influence on baothbles: a
significant difference could only be detected between 60 and 120 BPM.
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The bottom panel of Fig. V-17 shows the pump flow as indicated byAPUC
(Qoucy, i.€., the positive part of the membrane pump outlet flow. When
considering the low contractility in 1:1 modeyQis higher than the total flow
generated in the whole system (middle panel of Fig. V-17), which cgnbe
explained by the presence of losses. This confirms that, as statie model
experiments, one needs to account for an efficiency factor lowerl®@lo. As
described in the methods section, we used the efficiency @ssadsin the static
model to calculate the separate contributions of the heart andUBaA Il to
total flow. The results are given in Fig. V-18 for 1:1 mode. For ltvwe
contractile ventricle, PUCA Il contributes for approximately 80%oatal flow,
while for the high contractile ventricle its contribution becoress than 50%.
The contribution is also dependent on the pump rate.

6. Discussion

6.1. Static model

Due to the losses that appear at peak ejection and during pumgtiaspithe
indicated pump flow is an overestimation of the effective flow.ré&toee, the
introduction of an efficiency factor is justified to account hoe losses over the
valve. In analogy with cardiac valves, it can be assumed thalawelosses
consist of 2 parts: the volume that is needed to tilt the valvettendeakage
through the valve when it is in a certain position. The differencle gatdiac
valves is that the tilting valve of the PUCA Il also shows logsemg ejection: a
certain volume slips by the opened valve and runs towards thettip oatheter.
The ‘lost’ volume needed to tilt the valve is in fact re-asgifrom the aorta (in
the beginning of the aspiration phase, during valve closure) or re-ejedtesl
LV (during valve opening).

The losses are clearly influenced by the pump rate, whichndieis the timing

of the tilting behavior and the period of leakage. It can be expectedrbtter
determinant is the pressure level of preload and afterload, and tbsunere
generated in the pump, which is dependent of the feedback signal. These
pressures determine the time varying pressure head over the waieh, in

turn, determines the leakage and the torque needed to tilt the valve. The
combination of these determinants leads to higher losses and ddficggncy

with PUCA Il working at 60 BPM compared to the other pump raiéss
discrepancy is not due to alterations in the setup because da@cwared for
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all pump rates consecutively for a certain resistancengetiiefore switching to
the next resistance setting.
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Fig. V-17: Summary of dynamic model results for mean arterial pressure (MAP), total flow and
indicated pump flow (Qpua)- The data is bundled with respect to the different modes, heart rates
and contractilities.
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It is important to realize that the pressure and flow in thtcstnodel are solely
generated by the PUCA Il system itself, and therefore orimited range of
pressures and flows could be obtained. Consequently the pump graph is a
characteristic of the system as such, without interactiongternal influences.

To obtain the pump graph, a wide range of resistances had to be tset,tpam

with unrealistically high values (max. total vascular resistaG@ mmHg-s/ml).
However, this is just a means to obtain different working points on the
characteristic and this does not influence the characteristic in any way

An important issue in the experimental setting is the viscositheftest fluid.

While we only reported the data measured with the water-gtyceiture, we

also performed tests with water as a test fluid. In thests, tgenerated flows

were on average 30% higher than the ones reported here, the values being
comparable to the values found in former tests performed at Groningen
University %%, In our experience, the 60/40 v/v% water-glycerin mixture is a
good substitute for blood as a test fItiftf!.

Contribution of heart and PUCA Il to total flow

low contractiity high contractilty

EPUCAII
O heart

100%

80%1

60%:

40%r

contribution

20%1

0%

60 0 120 60 20 120
Heart Rate (BPM)

Fig. V-18: Relative contribution of the cardiac simulator (heart) and the PUCA 1l assist system
(in 1:1 mode) to total flow.

6.2. Dynamic model
Our data clearly demonstrate the unloading effect of the PUQRIg. V-16).
The maximum LV pressure is reduced and the aortic pressuraéased during
diastole, which should result in reduced LV wall stress andawgal coronary
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perfusion, respectively. The fact that the aortic pressure dusiogplumic
contraction is increased as a consequence of the assist sydtessuwit in a
delayed opening of the aortic valve. A more aggressive pump aspirationl shoul
result in a faster pressure drop just before the contraction alinimy the aortic
valve behavior and further improving LV unloading. Fig. V-16 also reveals that
the unloading is much more effective when an LV with low contractist
simulated. Apparently it is more difficult for the PUCA |l dobag down higher

LV pressures.

When the indicated pump flow () and the total flow (g) are compared (Fig.
V-17), total flow is only slightly higher or sometimes even dovthan indicated
pump flow, indicating that an efficiency factor (< 100%) has todben into
account and that the indicated pump flow is an overestimation of fibetied
flow.

It can be questioned whether the efficiency obtained in the statiel is valid
for the dynamic model. Therefore, we performed extra measurefagrdixed
rate of 80 BPM which does not require an ECG feedback) in the stadel and
in the cardiovascular simulator, without actuating the LV (simulahegrt
block). In these conditions, total flow is generated solely b€ RUI and the
efficiency can then be calculated as the ratio of total fiowndicated pump
flow. When interpolated for MAP on the efficiency plot produced Iy teal
static model, the difference between measured and interpolatectreffi was
less than 1%. We acknowledge that this concerns only one data pasyrec:
again under static preload conditions, but it suggests that theseéfyctransfer
from static to dynamic model is valid and that Fig. V-18 iseasonable
presentation of the contributions of heart and PUCA Il to total flow.

Our data show only a moderate gain in total flow when the parswitched on,
and since there is only little difference betwegp.£and Q. it suggests that the
contribution of the heart decreases by assisting it. Furtheoraxipin of the data
effectively revealed that the flow generated by the LV des®avhen it is
unloaded. This decrease seems sensitive to heart rate: at MO (lB&h
contractility), the assisted LV pumps approximately 67% of tA&IC flow,
while at 120 BPM this contribution drops to 53%. This observation is ansogo
to findings in experiments with healthy animals where there was
augmentation of cardiac output due to LV as$16t>! The pumping principle is
probably the cause of this: blood is temporarily stored into ancexpereal
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chamber (the membrane pump) and inserted back into the cardi@rasgiem
at another time in the heart cycle. The blood that goes to the nmesmiwenp is
in fact ‘stolen’ from the cardiac output. Meanwhile, a part ofpiinaping energy
Is wasted on transport of the blood from and to the pump, where ipEyman
important role because the flow direction in the thin catheter has to beakvers

Data measured at control conditions (Fig. V-17, lower panel) shawhéie is
flow when the pump is switched off. This is actually the resuthe influence of
the pumping LV on the pump membrane through the PUCA Il catheterhwhic
was also confirmed visually: the membrane moved synchronous téh t
pumping LV. It can also be seen in Fig. V-16 (panel A) that theee small
forward and backward PUCA flow in the control state. Since the pegart of
this flow is presented in the plot of Fig. V-17, it appears alsefRUCA Il was
pumping, but the valve stayed closed and the actual net flow was O I/min.

We found that the impact of the assist system is most obvicausentricle with
low contractility, although the contribution to a ventricle with higimtcactility
is still substantial. A plausible explanation for the influencehef ¢tontractile
state is the increased aortic pressure in the presence haghacontractile
ventricle, which imposes a higher afterload on the PUCA 1l pumppaced to
the low contractility situation. In the filling phase, the blood issgdg more
ejected into the pump by the ventricle, while in a low contestite it is sucked
out of the ventricle by the pump. This contractile influence cabally be
eliminated by the use of an IABP driver that can generate hjglessures, in
order to obtain the maximal stroke volume under all physiological conditions.

6.3. Study limitations

This study makes use ah vitro models that mimic anatomical reality and
simulate physiological processes. Due to the complexity ofhtiean body,
simplifications had to be implemented and we also faced inhinatdtions of
the setup’s construction. The construction of our static model setupstance,
only allowed for a limited preload range between 10 and 40 mmHghwi
relatively low. In reality, the preload of the pump is left viendiar pressure,
which averages (over the complete cardiac cycle) to approtymé@emmHg.
During ventricular ejection however, a preload pressure of 100 mmHg siéyn ea
be obtained, while during diastole the preload will tend more tontHg It
would be more realistic to have a varying preload, but then timilagcizicial
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factor again, which complicates the assessment of pump acirestcs.
Therefore, we chose to use a constant preload pressure for the paphp gr
determination, since an additional evaluation of the PUCA Il pedace was
accomplished in the dynamic model anyway. The effect thagl@ehiconstant
preload pressure would have on the hydraulic performance is unCleasne
hand, it improves filling of the membrane pump, but on the other haalteris
the tilting behavior and the leakage of the valve.

The pulse duplicator’'s unphysiological response to heart rate chiarng&sown
limitation of the dynamic model which is due to the inertia of dlc&uating
system. The middle panel of Fig. V-17 shows how the control caoligmut
decreases when the heart rate is increased. This gives thenfigiession that
the effect of the PUCA Il pump is hardly influenced by the puatp when
working in combination with a pumping ventricle, which is in conttasthe
static model data. The middle panel of Fig. V-17 also reveatishbaotal flow
during control conditions was rather low (below 2.5 I/min), indicating tha
peripheral resistance in the model (calculated retrospectivelyba 2.1
mmHg-s/ml) may have been too high, potentially limiting the céihrelevancy
of our observations. We believe that this is not the case, anfbitivgo reasons.
Firstly, LVAD’s are used in patients with poor cardiac perfance. Cardiac
output, measured in the clinical setting, may indeed be thi€o&® especially

in patients with severe heart failure, where Linde et al. regoaverage CO
values of 1.9 I/Imi?3¥. As such, the simulations labeled as ‘high contractility’ do
reflect (severe) patho-physiological flow conditions. Secondly, althobgh t
absolute flow level is of importance, we have demonstrated in dlie stodel
experiments that the efficiency of the PUCA pump is determigetidovariation

in time of the pressure head over the tilting valve (determinethidyeart rate
and pressure level). From this perspective, the ‘low’ contriycsitate with sub-
normal blood pressures are representative for the PUCA-pump ageuatier
patho-physiological pressure conditions, while the ‘high’ contractgiate is
representative for the PUCA-pump performance under normal pressure
conditions. The lower the afterload (arterial pressure leaglsne can expect in
patients with cardiogenic shock), the higher the efficacy of théALll, and the
higher the effectively ejected blood volume will be. Neverthel#ss, high
relative contribution of PUCA Il to total flow in the low contriditt setting as
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depicted in Fig. V-18, should be interpreted with care, taking into accbant
low basal flow level during these conditions.

7. Conclusion

We evaluated the pump performance of the PUCA Il intraialteNAD in
combination with an Arrow AutoCat driver. Pump characteristias efficiency
were first measured in a static mock circulation, after whiee PUCA Il was
tested in a pulsatile cardiovascular simulator. We concludehbaiged driver-
pump-catheter combination is most effective for the combinaidforelatively
high heart rates and low residual contractility. The low cotitity yielded the
best ventricular unloading and diastolic aortic pressure augmentétmexpect
that the performance of the system can be further improvéidebyse of a more
powerful driver and by reduction of the valve leakage.
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E. IN VITRO ASSESSMENT OF THE UNLOADING
AND PERFUSION CAPACITIES OF
THE PUCA Il AND THE IABP "

1. Abstract

The PUCA Il pump is a minimally invasive intra-arterialtlgéntricular assist
device that can be used as an alternative for the intra-aoit@morgoump
(IABP). In this study, we assessed the cardiac unloading and pegarsion
capacities of both PUCA Il and IABP in am vitro setup, consisting of a heart
simulator and a silicone arterial tree, mimicking anatongesimetry and flow
distribution. The IABP was positioned in the descending aorta, whil® @A

Il was tested both in ‘trans-aortic’ and ‘abdominal’ position. Advides were
driven by the same Arrow AutoCat IABP driver at different purates. Apart
from flow, arterial pressure, and pulse pressure, we also calduiatmodynamic
indices for myocardial oxygen supply and demand.

The ‘abdominal’ PUCA Il assist and the IABP both provide mild unlogaif
the heart, and a limited improvement of arterial pressure and Tlbe.‘trans-
aortic’ PUCA Il assist greatly enhances flow and pressure, b mateunload
the heart properly in the tested configuration.

2. Introduction

Patients suffering from progressive cardiac failure arenoftupported with an
intra-aortic balloon pump (IABP) when the disease comes to aistagd- The
IABP is a counterpulsation device that was first used by Kantzd%#l’ and is

already in use for three decades to stabilize heart fadatents, or for the
treatment of acute cardiac failure. The pump is used for skont-or medium-
term application and its main advantage is the fast, minimalsine insertion

" The contents of this section was published inuésh 2004;19:25-32
In vitro assessment of the unloading and perfusion capaei
of the PUCA Il and the IABP
Vandenberghe S, Segers P, Josemans H, Van LoétaBRorst G, Verdonck P
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that can be done in a cathlab, or even by trained ER staff. Theilputsa@heter
(PUCA) pump is a device that combines the counterpulsation pescgdl the
IABP with an actual blood pump. The newest version of this devid€PII)
consists of a thin-walled catheter with one single tilting vahg®iporated into
the catheter wall. The catheter can be introduced transhyteaizd shifted
retrograde into the aorta or the left ventricle. The cathstemonnected to a
custom-made membrane pump which can be actuated by most coaliyer
available IABP drivers and drivers for pneumatic cardiac assist devices.

Both the IABP and the PUCA Il are expected to support the paibegrt by
increasing the blood flow, unloading the myocardium and improving end-organ
and coronary perfusion. We usediarvitro setup to assess these characteristics
from a commercially available IABP and from the PUCA Il.eTlhatter was
placed both in the normal trans-aortic position (designated ‘aortt@ye it runs
through the aortic valve in the left ventricle, and in an ‘abdominalitipas
where it's main benefit is expected to be an increase in abdomigan
perfusion.

3. Materials

3.1. Invitro setup
The in vitro model is composed of a pulse duplicator system and a silicone
rubber arterial tree, simulating the systemic circulatigh (see Fig. V-19). The
pulse duplicator consists of two silicone sacs, representing thatfefm and
ventricle, actuated by a computer controlled pneumatic drieerobtain
physiological intraventricular pressures. A bileaflet and a bovinegrd valve
are used as mitral and aortic valve, respectively. The ektédal tree consists
of a tapered aorta with eight branches representing the mairesitiethe head,
the arms, the abdominal organs and the legs, on both left and righAdatal
dimensions are derived from literature as to mimic a 1.8 Irm&k weighing 85
kg "% The arteries in the abdominal region were bundled and simply
represented by equivalent renal arteries, whose cross secticead were
adapted accordingly. Each branch ends in a resistor with a co@dssm
and a venous overflow system that allows volumetric measureshéiné mean
flow through every branch. The test fluid, a 60/40 v/v% water-glycertung
(kinematic viscosity: 3.7 mffs, density 1093 kg/My was channeled from the
overflow system to a collector, where it was pumped up againairjgceload
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reservoir that mimics the lungs. The flow distribution over the emiodel was
set according to literature valu&S¥, where the major portion of the flow
(>50%) goes to the abdominal region in patients at rest.

Fig. V-19: Top: picture of the PUCA Il catheter and membrane pump and a detailed drawing of
the tilting valve. Bottom: overview of the model setup. 1. collection container, 2. buffer reservoir,
3. centrifugal pump, 4. lung reservoir with weir, 5. left atrium, 6. left ventricle, 7. PUCA Il
catheter and membrane pump in trans-aortic position, 8. variable resistor combined with an
overflow reservoir.

3.2. PUCA Il and Intra-Aortic Balloon Pump
The PUCA-II catheter (Intra-Vasc.NL b.v., Groningen, The Netherlandsjstens
of a 28 cm long 21 Fr reinforced polyurethane shaft that incorpanattsnless
steel inflow cage at the tip and an outflow valve located 10 ctallghi§®**%
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The catheter is connected to a pneumatically driven, single-palveless
membrane pump with a stroke volume of 40 ml that is placeatcpgoreally.
The catheter’s tilting valve is designed specifically for tlamg-aortic position,
as to direct blood flow from the left ventricle (LV) to the niane pump during
the aspiration phase, and to direct the blood into the aorta during pump ejection.

3.2.1. Trans-aortic position (PUCAao)
The PUCA Il catheter was introduced in the right subclavianryaréad
positioned through the aortic valve using the standard technique with a guiding
pressure catheté&™. To seal the setup, the subclavian artery was tied up around
the PUCA Il and thus occluded one of the eight branches.

3.2.2. Abdominal position (PUCAabd)
To simulate the use of the PUCA Il as an organ perfusion pump,athe s
catheter was introduced through the left femoral artery andeghiéitrograde
until the valve was positioned at the bifurcation site of thel raneries. In this
position, the femoral artery was occluded.

3.2.3. Intra-aortic balloon setup (IABP)
An 8 French Narrowflex Intra-aortic balloon catheter (Arrow Ineaéing, PA)
was inserted via the left femoral artery for the IABP expent. The balloon (40
ml stroke volume, 26 cm length and 15 mm inflated diameter) wasqgmesl in
the descending aorta and the femoral artery was occluded for sealing purposes.

3.3. Measurements

Both the intra-aortic balloon and the PUCA Il were driven by ato&at IABP
driver (Arrow Int., Reading, PA). The required ECG feedback for the rinweas
provided by the computer control of the pulse duplicator. All expersnepte
performed with the AutoCat driver set to ‘operator’ mode, whilexgperienced
IABP operator adjusted the inflation and deflation timing to obiptimal
counterpulsation with the devices in a 1:1 mode. All three devidd€ARo,
PUCAabd, IABP) were tested with the cardiac simulator runninga levels of
ventricular contractility (low and high) at three heart rates @), and 120
BPM). The pressure level of the pneumatic controller of the pulsécdtgywas
adjusted to obtain the different contractility levels, i.e., sistamrtic pressure of
70 mmHg (low contractility) and 120 mmHg (high contractility) durimgntcol
conditions (no support). As such, six different hemodynamic conditions were
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obtained for each device, resulting in a total of 18 runs (3 devices, 2
contractilities, 3 heart rates). Because our simulator is sudiject to
biovariability, no measurements were repeated. Instead we pedfaramgrol
measurements (CTRL) with the device shut off at the beginningr@eha@f each

run and compared these to assess the stability ohatitro setup. Consequently
each run consisted of the following three steps: CTRL, pumping in 1:1, mode
CTRL. For each step, pressure data were sampled at 200 Hz amcbddpt at
least 5 seconds when a steady state condition was presergurregas
measured in the LV (R) with a pigtail catheter and a DTX+ pressure transducer
(BD, Franklin Lakes, NJ) and in the ascending aortg) (With a Millar high-
fidelity transducer (Millar Instruments Inc., Houston, TX). Flowtdbution over

the model (Fig. V-20) was measured with the overflow system] fregan flow

was calculated by summation of mean regional flows.

To assess cardiac unloading and perfusion capacities of the degises,
cardiac oxygen demand and supply were estimated from the LVaariit
pressure curve€®*#*"l The tension time index (TTI) is a marker for oxygen
demand, and is calculated as the area under the LV pressurelatingesystolic
ejection, multiplied by the heart rate (HR) to express it gauta. The diastolic
time index (DTI) is a measure of perfusion or oxygen supply anéfised as
the area under the aortic pressure curve during diastole, also multiplied by HR.

TTI = P, dtxHR (mmHg-s/min) [Eq. V-2]

systole

DTI =  P,dtxHR (mmHg-s/min) [Eq. V-3]

diastole
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4. Results

The variability in the flow distribution appeared to be small. Tbetrol values
at the beginning and end of each run were compared for LV and pi@ssure.
The maximum differences found were 3% and 5% of the average, tresjyec
This demonstrates the stability of the setup and allowed tdhaseverage of the
control measurements for each run for further processing.

flow distribution at 120 BPM

10 | === CTRL
—— |IABP

|=mmm PUCA Il a0
——3 PUCA Il abd

flow (ml/s)

: N AN
0\\6 ) 0 o
A &
MRS o
S >

Fig. V-20: Flow distribution over the 8 arterial branches when applying the different devices.
The CTRL set is taken from the IABP experiment. All these data were captured at a heart rate
of 120 BPM and the high contractility setting. ao = aortic, abd = abdominal, R = right, L = left.

The flow distribution over the whole arterial tree and the influeatdhe
different devices is given in Fig. V-20 for the high contractility dibon and a
HR of 120 BPM, with the CTRL data taken from the IABP experimsP

increases total flow, but the largest effect is obtained theghPUCA Il in trans-
aortic position (PUCAao).

The effect of IABP or PUCA Il support on ventricular and aopiiessure is
demonstrated in Fig. V-21, where cardiac cycle samples are showhefthree
different heart rates during the low contractility condition. Digwdicated as
CTRL (panel A) are again taken from the IABP experimenth(thie pump off).
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Aortic pressure in the IABP experiment shows a high diast@akpbeing the
result of a steep pressure rise and fall at the beginning and dhef eimastole,
respectively. This sudden pressure decrease at end-diastidetdea very low
aortic (afterload) pressure at the onset of ejection. Aorticspresbehaves
similar in the PUCAabd experiment, except that the obtained peepsak is
lower and the rise and fall of diastolic pressure is les=pstin contrast, PUCAao
data display only a slight bump in diastolic aortic pressumg w21, panel C).
This is the result of a much slower pressure rise and éaltlimg to an elevated
end-diastolic pressure. The shape of the LV pressure waveforon atered by
the IABP, but it is shifted to a lower level compared to CTRinjilar to what
happens with the PUCA Il in abdominal position. In the PUCAao exge,
however, LV pressure has a flattened waveform, keeping the pressistard
throughout systole.
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Fig. V-21: Raw aortic (black) and left ventricular (gray) pressure data from the different
experiments. The data shown was captured at the low contractility setting, at different heart
rates (60, 90, and 120 BPM). The CTRL data are taken from the IABP experiment. In the CTRL
panel is illustrated how TTI (~O, demand) and DTI (~O, supply) are calculated.
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The pressure increase in diastole results in an elevated MAR.IW-22 (panel
B), this is presented as the change in MAP compared to the CTRé& (uahich

was obtained in the same test series), thus allowing to judgefféuet ef

switching the pump on. There is a very high increase in MAP byotighe

PUCA 1l in the trans-aortic position (range 20 mmHg) and a moslénatease
by using it abdominally or by the IABP (about 10 mmHg). The presssee
seems to depend on the level of contractility, where all deviere more
difficulties to further increase the pressure in the preseneehigh contractile
LV (averaging all control measurements, MAP is 49 £ 7 mmHg forldhe
contractility versus 74 £ 8 mmHg for the high contractility expentseP<0.05).
Panel A of Fig. V-22 leads to similar conclusions for the tbtal: PUCAao

provides the highest increase in total flow, which is again most outspokbe

low contractility experiments where flow levels are lower tharthe higher
contractility setting (averaged CTRL flow is 1.3 £ 0.15 and 2.0 £ 0.1 limi
the low and high contractility conditions, respectively; P<0.0&te that the
IABP and PUCAabd also seem to demonstrate a contractility depew for the
flow.

PUCA Il in the trans-aortic position yields higher DTI (~ oxygap@y) values
than PUCAabd or the IABP, as shown in Fig. V-22 (panel C). The atata
presented relative to their respective CTRL values and show thag the
PUCA Il in a low contractile ventricle at high heart rat@s almost double the
oxygen supply (98% increase). The tension time index (TTI) is an traticaf
how well the ventricle is unloaded; a decreased TTI results femlaced LV
pressure and/or shorter exposure of the myocardium to high pressutengan
decreased wall stress and oxygen consumption. Our results (B®@. panel D)
indicate that IABP and the abdominally placed PUCA Il reduceothgen
demand of the LV, while on the contrary, PUCA Il in trans-aortic tjposi
slightly increases the demand, thus loading the ventricle. Edyeaidl20 BPM
there is a noteworthy increase in TTl of 25.5% under low conitgctil
conditions. The influence of contractility (more modest changes in high
contractility conditions) on DTl and TTI can be appreciated from Fig. V-22.
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Fig. V-22: Effect of the devices on total flow, mean arterial pressure (MAP), diastolic time index
(DTI), and tension time index (TTI). The results are expressed for all the tested heart rates and
contractilities. The top panels display for each experiment the difference between the respective
CTRL value and the value obtained during assist, thereby illustrating the changes that occur by
switching on a device. For the bottom panels, these differences are expressed relative to the
CTRL value.

To characterize the effect of the devices on aortic pressaralse calculated the
changes induced by the different devices in end-diastolic pre$3gré/-23, top
panel) and pulse pressure (bottom panel). The use of the PUCAhR imans-
aortic position results in a large increase in end-diastoliccamressure, while
the IABP is capable of dragging this pressure down. The opposite isnseen
pulse pressure, that is reduced by the PUCAao and increasediBBkhand (to
a lesser extent) PUCAabd. The pulse pressure is in someesasedoubled by
IABP application (highest increase = 217%), which is in accoeanit the raw
data from Fig. V-21. Again, the induced changes are less pronouncechigtihe
than in the low contractility conditions (Fig. V-23).
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Fig. V-23: End-diastolic pressure changes and pulse pressure changes obtained in the different
experiments, for all the tested heart rates and contractilities.

5. Discussion

Overall, our results show that the PUCA Il pump, when used iraltdeminal

position, yields similar hemodynamic effects as obtained wittaadard intra-
aortic balloon pump. Both assist methods increase mean systeteital

pressure and flow to the same extent, and their impact on oxygslys
(approximated by DTI) and oxygen demand (TTI) is also compar&big.s not
surprising, since in se, they use the same principle of aortic cpulsi@ion to
augment coronary perfusion and flow: a certain volume is injectédei aorta
during diastole and retrieved again during systole. The major eliferis that
the IABP displaces gas (helium) while the PUCA 1l pumps bloddchvresults
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in larger inertial forces. This can be noticed in the raw datgfV-21, where
the pressure rise and fall are less steep in the PUCAabdregpg compared to
the IABP. Consequently, the IABP is capable of increasing the peegsoie
rapidly during diastole, and decreasing it quickly again at the end sitoldia
before the contraction starts. The PUCAabd shows little effieatnd-diastolic
pressure.

When PUCA Il is used in the trans-aortic position, it perfornigebas an assist
device in terms of displaced blood volume, but it augments theliastblic
pressure, thereby increasing the load on the heart as quabyfiéd|. It has
been shown that increased end-diastolic pressure causes apkterg of the
aortic valve, at a higher intraventricular pressure, resultingnareased stroke
work of the ventricld®®®. This incapability of dragging down the end-diastolic
pressure has the advantage that the increase in DTI ishighar, which should
have favorable effects on coronary perfusion. Although the diastolisyrees
peak is not very high in the PUCAao experiment, the pressure biglys
throughout the whole diastole as well as during systole. For PUCAabd and IABP,
the diastolic peak pressure is high, but pressure varies much averethe
diastolic period, and is gradually built up in systole, startimgnfia low end-
diastolic pressure. Consequently, the MAP is highest in the PU&#4ssiment,
and since total vascular resistance stays constant in thigo setup, the gain in
total flow is highest for the PUCA Il in trans-aortic position.

In terms of hemodynamic performance, there is clearly a difter between
IABP and PUCAabd on one hand, and PUCAao on the other. These differences
originate from the fact that with PUCA Il in trans-aortic piosi, blood is
aspirated from the left ventricle, while IABP and PUCAabd wdirkctly in the
aorta, allowing a fast pressure drop there. The advantage of PUCAz is
actually moves blood from the left ventricle to the aorta imstégust displacing
it in and out of the aorta. Therefore the PUCAao actually pungrsy atith the
natural circulation, thus more drastically increasing the flow #re mean
arterial pressure. It can also be observed from the pressureowasen Fig.
V-21 that LV pressure is nearly constant throughout systole irPth€Aao
experiment. In this setting, PUCA Il does not decrease the L\symesnore
than IABP or PUCAabd, but it smears out the waveform more egonadly the
systole. Consequently, applying PUCA Il directly in the LV doegsumioad the
ventricle as one might anticipate, which was already indidayettie increase in
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TTI. We hypothesize that the suction pressure in the membrane puraphigh
enough for optimal assist, since the blood instigates substantiz ithert has to
be overcome.

An important issue with the trans-aortic application of the PUCAs the
transvalvular position of the catheter, which may augment valvujargeation

of valves that are often stenotic in the clinical setting. d\ltfh the placement
itself is relatively simplé®*®, it also results in an obstruction of the ejection of
the LV, which may also explain the lack of unloading. In addition, in previous
experiments’®*®, we have calculated that the tilting valve of the PUCA Il
catheter directs approximately 80% of the membrane pump aatpuhe aorta
(80% efficiency), meaning that a small amount of blood is retutogte left
ventricle during cardiac diastole. This observation, together witkiuhea
regurgitation, contributes to the fact that the diastolic aortisspire does not
peak as high in the PUCAao experiment as in the other experiments.

While the correct functioning of PUCA Il in transaortic positi@guires the
tilting valve, this is not a necessity when it is used abdomindlhe only
argument in favor, besides manufacturing standardization, is thdbwheould

be directed more organ-specific by placing the tilting valve tatgeted arterial
bifurcation. This effect, however, was not observed in the measured flow
distributions (Fig. V-20), where we were not able to detect angifgpe
abdominal gain.

6. Study limitations

This study reports the hemodynamic impact of three differandiac assist
methods, all counterpulsation based. Since it isinaritro study, important
biological and physiological feedback mechanisms are neglected, thuthenly
pure mechanical effects are visible. This means that the changdAP are
probably overestimations of the real clinical situation, where an incied4saP,

if unphysiological, will be countered by a decrease in vascelsistance and
consequently a higher increase in flow.

We quantified the unloading capacities using TTl and DTI. Although these
indices do not give an absolute indication of the oxygen consumptiarpplys
we believe that they at least allow to indicate which of teeetedevices and in
which mode will have the highest impact on oxygen demand and supply.
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Our pulse duplicator shows an unphysiological heart rate dependeheye w
increases in heart rate result in decreased ventricular presmsaiistroke volume.
Also, the flow levels in our study are rather low, mainly beeanfsa rather high
systemic vascular resistance. However, comparable low flo&d/i{in) have
also been reported clinicall§?®. Moreover, we have found previously that it is
mainly the pressure level and pressure gradient over the catiedteletermines
the performance of the PUCA I, rather than the absolute flow levels in thd mode
(239 The observed differences in IABP and PUCA Il performance lestviiee
low and high contractility conditions, reported in this study, taerefore the
consequence of the different pressure levels at which the modelespanat that
the devices undergo.

7. Conclusion

We compared the hemodynamic effect of an intra-aortic balloomppuith a
PUCA Il pulsatile catheter that was used both in a trans-aamticabdominal
position. We found that the latter application has no directly measurable
hemodynamic advantage over the traditional IABP, when both devices use the
same driver. When the PUCA 1l is used in trans-aortic positiomever, it
yields an important augmentation of flow and arterial pressime thus possibly
coronary perfusion. The disadvantage of this application is that itrdesload

the heart in terms of tension time index. Further studies, using caicguéy
designed and more powerful pneumatic driver, are needed to resolve this
shortcoming.
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CHAPTER VI

A. SUMMARY OF THE ROTARY BLOOD PUMP
STUDIES

1. Introduction

This section summarizes the results found in chapter IV and cemhe
different models that were applied. The discrepancies and agreenednween
the models are discussed to give an idea of the validity of theeatitfenodels
and the conclusions drawn from the performed studies. The three nuseels
are the mathematical model, the vitro model with the heart simulator as
dynamic preload, and sheep asramivo model.

The studies performed with the models focus on three fields: dadlua rotary
blood pump, unloading with a rotary blood pump at constant rotational speed,
and unloading with a modulated (sinusoidal) rotational speed. The saitdy

was not performea vivo, and the discussion of pump failurevivo is based on
work by Nishida et al*"),

An in vivo model is obviously the most realistic since it incorporatesahae
circulatory system and all the control mechanisms, whetgagther models
neglect the pulmonary circulation and neurohumoral control. Discregancie
between the models can also be due to the use of two different :ptiraps
Deltastream pump used in the vitro model is more powerful than the
microdiagonal pump that was applied in the other models. Furthein theo
model simulated human flow levels, while the other models simulated sheep.

It can be questioned how well the sheep data relate to pattanbdathe overall
goal of these studies was to gain insight in the heart-device imberand not to
predict specific situations and outcomes. After all, the lat@gety in patient
conditions and ventricular assist devices used in clinical praztiseallows to
draw general conclusions, which are valid for all rotary blood pumps.
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2. Pump failure

The fear of sudden failure of a rotary blood pump is based on the essvel
design that may lead to regurgitation (backflow) through the pump and
subsequent overloading of the left ventricle (LV) and decreased cardiac output.

Nishida et al. analyzed hemodynamic data of healthy sheep ang witbe
chronic heart failure (microsphere injection) at baseline (Bithout an assist
device) and after 15 minutes of pump failure (PF). The simulatidhis study
with a mathematical model yielded good agreement, especiaBf.att was
found from both models that subjects with heart failure are memsits/e to
pump failure, and these subjects distinguish themselves frorthyealbjects
with a significantly higher end-diastolic volume (EDV) and a digantly lower
mean arterial pressure (MAP). Heart failure subjects fudberonstrate a lower
total systemic flow (¢ and pressure volume area (PVA) and higher LV wall
stress compared to healthy subjects. The simulated heantefallowever, is
relatively mild compared to the heart failure observed incatly ill patients.
Animal models simply can not survive the drastic hemodynamic tonslithat
can be found in the clinical setting.

Both studies demonstrate how sudden pump failure leads to acaghificrease

in LV stroke volume (SV) and aortic flow (g, as shown in Table VI-1. Also
the PVA and EDV increased, but this was only significant ininhavo model.
The mathematical model further indicated an increase in LV stiass (stress
time integral, STI). However, & and MAP remained constant in spite of the
pump failure, and it was concluded from both models that an acate lif
threatening situation did not occur in the healthy nor in the heart failure group.

If the in vitro simulations with a baseline systolic pressure level of 120 gymH
are considered healthy and the pressure level of 80 mmHg considdnedras
failure, then the latter category distinguishes itself byghsli lower EDV and

SV and thus a lower total flow. A much lower MAP and PVA als present
and therefore all these parameters agree withirtheivo and mathematical
difference between healthy and heart failure subjects, apanttiie EDV. In a
biological heart, dilatation due to heart failure is the consequence of a tamgode
process on cellular level that changes the composition of theamtyom. This
can not be simulatenh vitro and the observed LV volume changes are merely
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the result of the passive elastic properties of the rubber ventaictl the
governing pressures, and are therefore very limited.

Table VI-1. Comparison of baseline (BL) and pump failure (PF) in the three
available models.

MATH MODEL IN VITRO IN VIVO

PF vs. BL PF vs. BL PF vs. BL
Qa0 > > >’
Qtot = = =
MAP = < =
EDV > > >
S\ >’ > >’
PVA > < >

STI > n.a. n.a.

* statistically significant with p < 0.05

n.a.: not available

No repeated measures were performed in the in vitro model.

In vivo relations derived from Nishida et al. 7.

Parameter abbreviations are defined in the text.
The effect of pump failure was establishedvitro by an increase in SV, EDV,
and aortic flow while total flow is preserved, all in accordanath the other
model data. In contrast with the other models,nhgtro model predicts a strong
decrease in MAP and PVA as a result of pump failure. Thgadty is due to a
combination of three things. First there is the sensitivitthefafterload to pulse,
yielding a higher resistance with continuous flow. Secondly, the MAlRedse
can be explained by the unphysiologic control of the heart simulatdrdobes
not respond to (preload) volume changes and leads to lower LV pressiitiee
false impression that pump failure diminishes myocardial oxyge&suwmnption
(lower PVA). Thirdly, Fig. IV-6 and [Eq. IV-4] in section A demonsgrahat the
resistance of the Deltastream pump used inirthaétro study is approximately
three times smaller compared to the microdiagonal pump used iotliee
studies. This explains the higher backflow (up to 3 I/min) and dedddsd
(approx. 40 mmHg), which lead to a life-threatening situation accorditigeto
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vitro model. The importance of pump and cannula resistance for pump failure
was pointed out before by Antaki et &%, and it was briefly mentioned in
section B that mathematical model simulations with shortenudaa led to
higher forward and backward flow through the pump.

Apart from the pump and cannula properties, also the condition of aneikhi@an
important determinant for the effect of pump failure. In all modedppears that

the total flow remains constant during pump failure as a refalh increase in

flow through the aortic valve. As mentioned before, the simulated fadare in

the sheep and mathematical model is relatively mild comparedirtizally
observed heart failure. It is very likely that patients with se¥eart failure lack

the necessary preload reserve to generate the extra aortantbeonsequently a
life-threatening situation may occur. The importance of resicaraliac function

is also illustrated by clinical experience: in patients that taeated before
preterminal heart failure presents, a rotary blood pump can Inedtuoff
routinely for a five minute echocardiographic evaluation without ad\edfsets

2411 'In more severe heart failure patients on the other hand, switching off a rotary
blood pump may lead to unconsciousness within seconds (H. Schima, personal
communication).

3. Unloading with constant rotational speed

When comparing the mathematical model findings for LV unloading viagh t
results of than vitro andin vivo studies, it should be taken into account that a
whole different range of pump flows (@, was investigated. Tha vitro andin
vivo models are both limited to pump flows that approximate the baseie
flow (5.3 and 3.6 I/min, respectively) while the pump flows simulatedhe
mathematical model exceed the baseline flow (3.5 I/min) by fareéding this
flow results in a permanent closure of the aortic valve as Wwasreed in the
mathematical model simulations at 6000, 8000, and 10000 rpm. This w#sct
reached with the Deltastream in tinevitro model only at the highest speed used
(5000 rpm, Qump = 5.6 I/min), and not at all in tha vivo unloading study (max.
Qpump = 3.5 I/min).

The mathematical model shows that there is little LV unloadsdpong as the
aortic valve still opens, but once the pump flow gets higher (as of @@oY r
MAP and Q. increase markedly while LV pressure decreases, indicating
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effective unloading. This is in fact in accordance with a ptei of thein vivo
study (also based on literature data): increase in rotationat dpst leads to
complete volume unloading (SV = 0 ml), followed by LV pressure ulthgaat
higher speeds. Thia vitro model confirms that an increase in rotational speed
results in a decrease in SV, and this is also found for the matiicahrmodel in a
comparable speed range, i.e., up to the point where the aortic tagecksed
(6000 rpm). For the higher speed range, however, the isovolumic phases
disappear and a triangular PV-loop is observed, yielding a higher &\athew
speed. In numbers, the SV in the mathematical model study goeS8&onh at
2000 rpm to 30 ml at 6000 rpm and to 48 ml at 10000 rpm. A similar olbieerva
was made by Kono et df*® who performed ain vivo unloading study with a
rotary blood pump at higher flows. Once over the ‘threshold pump fldverev
the aortic valve stays closed, the PV-loops become triangular avithwer
maximal pressure and shifted to lower volumes, completelyaardance with
our mathematical model data.

In summary, it can be concluded from the combination of all the mdkal LV
unloading with a rotary blood pump at low constant rotational speels l® a
decrease in SV and EDV, while ESV, MAP, LV pressure agds@y constant.
Increase in rotational speed only amplifies the effect on & EDV, while
augmented pump flow is compensated by diminished aortic flow. Bhis |
translated in the PV-plane as narrowing rectangular loops thataimathe same
height. Once the ‘threshold flow’ (permanently closed aortic valvegached,
Q.0 can not decrease further due to the valve function. Increase iromatati
speed is then established as an increase in total flow, agagecrin aortic
pressure, and a decrease in LV pressure (pressure unloading). P\g&tagps
triangular shape (higher SV), shrink in height, and shift furtherhéo leéft,
indicating a decreased oxygen demand.

The in vitro model findings deviate from this explanation as far as MAP is
concerned: it is not preserved up to the ‘threshold flow’ butdiesreased from
baseline at low rotational speeds and it then gradually ireseash increasing
pump speed (~ flow). Again, this is due to the unphysiologic behavitmeof
heart simulator and afterload and the low pump resistance of éhasbeam
pump.

It seems obvious from the model findings that a rotary blood pumpisign
provide strong unloading and increased perfusion if it ‘overpowers the sheart’
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capacity’ by generating flows above the baseline aortic flow. d¥ew the
consequent permanent closure of the aortic valve imposes additional risks such as
thromboembolism and therefore it may be desirable to use a palop the
‘threshold flow’. The LV will then only be volume unloaded and there balino
total flow augmentation, but the pump will take over a part ofltve from the
LV and thus (slightly) limit the work and the oxygen demand of the TNs
application is restricted to hearts with sufficient residual foncand cardiac
output where resting the heart has priority over increasing the merfuBhe
availability of miniaturized rotary blood pumps is thereforgamant, so they
can be implanted in a less invasive way in an earlier staeast failure and
thereby promote the recovery of the diseased LV.

4. Unloading with modulated rotational speed

From the modulated rotational speed (sine wave pattern) stpeiésmedin
vitro and in the mathematical model, it can be concluded that countelqulisat
the most desirable triggering for LV unloading with synchronous veitdric
assist. According to the definitions used in the studies, countelipulsakates to
low phase shifts between the onset of LV systole and the onset g§ pum
‘diastole’. Consequently, a high rotational speed (pump ‘systaiéi’be reached
during LV diastole and thus the preload of the LV will be reduced. Morgthe
low speed during systole will still allow the aortic valve to mpe
Counterpulsation with a rotary blood pump further leads to increasexhge
pump flow, decreased mean arterial pressure and decreased BVidyacardial
wall stress. Also the external work delivered by the LV midished according
to the mathematical model. The vitro model confirms the decrease in MAP
and PVA for low phase shifts and it further shows an increase .itH8Wever, a
major drawback of counterpulsation as it was investigated hehe detrease in
pulse pressure. A high speed during diastole and a low speed during sgstole
flatten the arterial pressure waveform, which may resultaitered organ
perfusion.

When a rotary blood pump is used in a pulsatie way but untriggered
(asynchronously), it leads to complex interference patternsdmatesult in slow

but large variations in pressures, volumes, and flows and are therefore
undesirable. This was only assessed inrthaetro model and could therefore not

be confirmed.

277



CHAPTER VI

B. SUMMARY OF THE PUCA Il STUDIES

1. Introduction

The thin-walled, single-valved pulsatile catheter (PUCA Il)uisique as a
ventricular assist device. It is small and can therefore be yplapidly by
minimally invasive introduction via the subclavian artery, thus lendsaif for
an unexplored field of LVAD application: bridge to bridge. The PUCA IIksor
according to the counterpulsation principle of the intra-aorticoballpump
(IABP), yet, it also pumps blood. Due to its small size, howeverpumping
capacities are lower compared to traditional high-flow LVADO$is was
illustrated in chapter V (section C), where the PUCA |l wasygared to the
Medos VAD and the Novacor assist device. The comparison was based on
hydraulic performance of the pumps as such (no heart interaati@}ppecific
setting: a fixed rate of 80 BPM. Three-dimensional graphs were gotestrto
show the generated pump flow in function of preload and afterload. The
generated hydraulic energy at arterial level was furthutated for identical
settings of preload, resistance, and compliance. From this coompatids
obvious that the Medos VAD and the Novacor generate similar flévasl/fmin)
while the PUCA Il demonstrated lower flow capacitiesZ I/min). Also the
cycle work generated by the Novacor was approximately 5 timéeihigan the
PUCA Il work for the tested conditions. The Medos VAD delivered 3nkdi
more work and this resulted in a rapid ejection with high peak flodvpressure
rise for the Novacor, a more gradual ejection for the Medos V&id, a slow
ejection and pressure rise for the PUCA II. The flow and powemigsdieflect
the target applications of the different devices, where the Medd &hd the
Novacor aim at taking over the complete LV workload respectivelynfetium-
term (in hospital) and long-term (out of hospital) episodes. In canthesPUCA
Il is intended for short-term stabilization and support.

Up to date, independent research of the performance of the PU&®Rd lits
interaction with the left ventricle is inexistent. The only ayd#dainformation
comes from basiin vitro testing!®®%*? mathematical model simulatiof§?,
and extensivein vivo testing ?°2#182%l by the designers themselves. The
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following section summarizes these studies, that resulted in datiewoin the
design from a thick-walled dual-valved catheter to its currengdesihe studies
performed in the Hydraulics Laboratory with the current desigmefUCA Il
are summarized in the last section.

2. Available information on PUCA

The current PUCA Il pump is a second-generation device, developeditieom
dual-valved PUCA |I. A mathematical model study with thestatbncluded that
the flow resistance of the valves seemed a more importanimileset of the
pump capacity than the governing pressures and patient hemodyrdhids
was further found that optimal total systemic flow, increasenyocardial Q
supply and decrease in, @onsumption could be obtained if the pump was used
in 1:2 mode, generated 3 I/min, and was triggered for counterpul&fioiThe
same study stated that a lower flow is detrimental for periubut more
favorable for LV unloading because it limits the aortic pressurth (gonstant
resistance) and therefore decreases theo@sumption, which dominates thg O
supply/consumption ratio.

In vitro testing was performed by the developers in a rudimentary mock loop
with a water column as an afterlo&t. One study focused on the effect of the
driver used on PUCA Il performance and compared a driver for pneumati
VADs to a driver for an IABP. The 21 Fr PUCA Il catheter had a length of 25 cm
and membrane pumps with a stroke volume of 65 and 55 ml were used. It wa
concluded that PUCA Il performs best if the IABP driver was used
combination with the 55 ml pump, leading to a pump flow of 2.8 I/miBQCat
BPM. The beneficial effect of the IABP driver is due to the &rgand faster
pressure development, specifically intended for counterpulsation purposes.
Previousin vitro studies with the dual-valved PUCA | had also revealed an
important influence of the driver and its timing and control straffégy

Anotherin vitro study with the PUCA 1l assessed the leakage over thegtilt
valve during aspiration and ejection generated by a pneumaticialtifieart
driver ?*¥ A flow of 1.7 I/min could be produced and caused aspiration and
ejection leakage of 17 % and 5 %, respectively. Ejection leakageleimed as

the portion of catheter flow that goes to the tip, while aspiratiakalge was the
portion of catheter flow that did not come from the tip.
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Acute animal experiments were performed to assess the ogiiwialy mode for

a 25 Fr PUCA [#°4. |t was found that asynchronous assist in calves provided
sufficient flow (mean: 2.8 I/min) and a significant reductionmgocardial Q
consumption, and is suitable for patients suffering from cardiadhanigs.
Synchronous assist, however, delivered superior flow (mean: 2.9 lamth)Q
consumption reduction, together with maximum coronary flow. Animal
experiments with a 40 cm long 21 Fr PUCA Il demonstrated flows2f 1.4
/min 2441

3. PUCA 1l studies performed at the Hydraulics Labo  ratory

Thein vitro studies with the PUCA Il pump described in this dissertation focus
on assessment of the pump capacities and the unloading and perfusiotiesapaci
The same version of pump and driver were used throughout: a 28 cm long, 21 F
catheter with a valve located 10 cm from the tip, a single-palveless
membrane pump with a stroke volume of 40 ml, and an Arrow Auiléd®
driver. All our experiments were performed with a water-giyceixture (60/40
vIiv%) to mimic the viscosity of blood. The importance of a bloodanad fluid

for pulsatile pump studies was demonstrated in section B of chapter V.

Rather than estimating the PUCA Il valve leakage during aspiratidrejection,
the efficiency of the pump over a whole beat was derived fitwenin vitro
experiment with a static preload and lumped afterload. Thisesity proved to

be related to the afterload, expressed as mean arterialngrgd8AP). The
knowledge of this efficiency (varying between 60% and 80%) allows rbette
estimation of the actual pump flow, which is always overeséthaby
measurements at the membrane pump outlet (indicated pump flbe)ackual
flow is then relation of the preload, afterload and the pump frequébheyMAP

of 100 mmHg and a preload of 40 mmHg, for instance, a pump frequency of 90
BPM was superior to 60 BPM or 120 BPM in terms of actual puowg, fivhich
was maximally 1.9 I/min. From the experiment with a heart faitoulas dynamic
preload, it was concluded that the PUCA Il provides a significamtriboition to
total flow (over 80%), especially in a failing heart and at higdart rates.
However, it has to be taken into account that extreme low total floars
present in these simulations. It was also found that 1:1 mode praugesor
flow and MAP to 1:2 mode at all heart rates, and that this pedioce is likely
related to the used driver. Attention should be paid to the faciliBahode in
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the Arrow Autocat driver means that every other pump be&ipped, while in
the previously performed studies 1:2 mode was defined as one long pump beat
stretched out over 2 heart beats.

When the PUCA Il is used in its standard position through thécaalve, it
provides much higher flow compared to an intra-aortic balloon pumpR)JAB
Also the myocardial @supply estimated from the pressure data is superior with
the PUCA Il, while the IABP provides lower flow but better unloadias
indicated by @ consumption. When the PUCA 1l is placed in an abdominal
position, the hemodynamic effect correlates well with the I1AB&ings. This is

in agreement with a mathematical model study of Verkerka.ewhere it is
stated that a choice has to be made between flow augmentationVand L
unloading, depending on the patient neétf It appears that the PUCA Il in
trans-aortic position in combination with an Arrow Autocat driveesuitable for
maintaining pressure and flow in heart failure patients, but not\fanriloading.
However, a more powerful driver may lead to both pressure and flow
augmentation, and LV unloading.

4. Conclusion

Making a roundup of all existing PUCA studies is complicated byfabethat
two different devices (PUCA | and PUCA IlI) were manufacturedmany
different versions and actuated by various drivers. The tested RU&#heters
differ in length (from 25 to 40 cm), distance from tip to valve (8, 1d,2ocm),
and wall thickness (0.3 or 0.5 mm). Membrane pumps for the PU@ALH were
also manufactured in sizes from 40 ml to 65 ml stroke volume.

Nevertheless, taking into account these device variations, theediffesst fluid
and the different definition of pump flow (actual produced forward fieswy
indicated flow at the pump outlet), all studies performed witrPtiE€A 11 yield

similar results. The generated flow is insufficient to take dwvercirculation of a
patient completely, but it can provide flow and pressure augmentateonange
that is acceptable to stabilize and support heart failurengatier a short-term.
Consequently, this device has potential to become a usefulnténaairt failure
management.
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C. LESSONS LEARNED FOR FUTURE
MODELING OF CARDIAC ASSIST

1. Introduction

New cardiac assist devices slowly infiltrate in the hopitar treatment of end-
stage heart failure patients. Investigation of their hemodynampadt on the
native cardiovascular system is often performed by creatingp@elnof the
device and the human circulation, rather than investigating reehpdata. The
advantage of such modeling is that it is systematically repro@uarid it can be
used to simulate a broad range of patient conditions and hemodynamic
disturbances. The most popular ways for simulating the heart-deveradtibn
are mathematical ‘lumped parameter’ models anditro fluidic models. The
latter are often also constructed of a series of ‘lumped’ nmécddacomponents
that represent otherwise distributed properties. Regardless woioithel type and
its extensiveness, by definition, any cardiovascular model ipproxdmation of
the prototype human circulatory system, and typically falsdproduce the
complexity of its humoral, neural, thermal, and mechanical raguola
mechanisms.

Simplifications and approximations with respect to reality are lhsis of
modeling, but the extent of simplification should depend on the goal of the
simulation studies. The use of the mathematicalianitro models described in
this dissertation revealed two major shortcomings of which itbeaexpected
that they are also apparent in other models used in this rededdchA first
shortcoming concerns modeling of total vascular resistance, \ahsecond
shortcoming is the simulation of cardiac dynamics. Even thoughaewedels
worldwide have proven their value in basic cardiovascular resedneir, t
application for ventricular assist studies has to be approachtd caution
because of these issues.
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2. Resistance issues

2.1. Control mechanisms
One important component in modeling the vascular system - #éwoafl of the
pump and the heart - is the total vascular resistance (TVR)mEcbanisms that
control this parameter have been modeled extensively in severalFWa§3 but
few attempts have been undertaken to implement these mechanisodeils of
cardiac assistan¢&>?%?*!l The main effect of neglecting the negative feedback
mechanisms that normally regulate TVR is that mean arigrsisure (MAP) is
much more dependent upon flow than observed physiologically. In other,words
by excluding the intrinsic reflex that normalizes pressure (lspdi&atation), a
model will falsely predict acute hypertension at high aortic flows.

In the healthy cardiovascular system, an augmentation of tovaloly the use of

an assist device or as a result of exercise would lead to eadecin TVR to
facilitate the higher flow and to limit the rise in blood pres$?®*?. Thein vivo
experience with ventricular support in sheep (chapter IV, sectjphdsvever,
indicates that no normalization of the arterial pressure isseapgas long as the
pump flow does not exceed the baseline unsupported cardiac output. This
restriction beholds that the total flow stays constant becauseuthp flow is
countered by a decrease in flow through the aortic valve. In other vesrdsng

as the pump flow is limited to baseline cardiac output, there ondition that
compares to exercise.

The same conclusion can be drawn fromitheitro interaction study of chapter
IV (section D), where regurgitation of the aortic valve even helpattmalize
total flow. A similar phenomenon was observed in the studiestivliPUCA I
pump: cardiac output was reduced in compensation for the supplememial pu
flow. Nonetheless there was an increase in total flow and corautmise in
MAP of 27 mmHg: a condition that is typically normalized vivo by
downregulation of TVR.

Much higher flows were obtained in the mathematical model studigapter 1V
(section C), where ventricular assist was simulated at various rotatjmeeds. A
speed of 6000 rpm resulted in a situation where the total blood fleheiep was
generated by the microdiagonal pump, yielding a permanently closed aorti
valve. In patients, total unloading and a permantly closed aortic valvebe
expected at a speed of 7000 rpm, which relates to the design point of the
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microdiagonal pump. Further increase of the pump speed resulted in a
decoupling of aortic and left ventricular pressure in the simulatidreravthe
latter indicated a decompression of the left ventricle. The cagnéssure,
however, augmented to extreme values: 156 mmHg at a total flow/ofrBat
10000 rpm. Such a high total flow mimics the perfusion needs of a dheeg
exercise, and consequently a regulation of TVR can be expétteno to
maintain the MAP within normal physiological limits.

One way to prevent the overestimation of aortic pressure irm#taematical
model would be a basic implementation of autonomous barorecepfiivack.

It is, however, important to take into account that there are sl fast
pathways, because this influences the instantaneous interactiwrehbethe

pump and the cardiovascular system when pulsatile support is usexd. Thi
becomes essential when the influence of synchronous and asynchronous suppor
and their timing is modeled.

2.2. Linearization
It is practically impossible to mimic the vascular tre&h its multitude of
branching arterioles and capillaries, which generate resistareainique way.
Nonetheless, TVR (mainly generated in the arterioles) candoenasl linear, as
seen in Poiseuille flow patterffs®. This means that the pressure drop over the
vascular system is linearly related to the flow through itthat the resistance
value, TVR, is constant and independent of the flow level. This predinaiethe
above-mentioned feedback mechanisms are neglected.

Simulating the linearity of TVR in a mathematical model is not probte since
an ideal resistor is modeled as a simple constant. Of maem with respect to
stability and linearity is the physical construction and regufaf in vitro
resistors, which are preferably assembled in a lumped, spaiaitijensed way.
Various designs have been used by others: slide valves, needls walbell
valves™?: compressed tubes or fodfi**®" porous or perforated aluminum
oxide or plasti¢'?°132124yhing clamps$™!: bundles of capillary tubing>?.
From the experience gained during the research described ingbestdiion, it
was found that the best resistor is still the one designed bievetet al. that
was extensively described in a 1971 publicatié® It shows not only a strong
linear behavior between flow and pressure drop, but also a gooditiinear
regulation in the physiological range: each increment in slideiposgsults in a
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similar change in resistance, regardless of the resistange. @bnsequently,
this type of resistor was mimicked by other research grotfigsh2>*!

Regardless of the design of the resistor, there is still a laggdinearity
introduced in eacin vitro system by the other components and the connections
between them. Since Poiseuille flow is rarely present at #itese energy losses
will occur that result in pressure drops related to the squareeofidw. This
nonlinear resistance behavior of ianvitro system has important consequences,
since over a heart period the flow ranges from slightly negativeesalt aortic
valve closure to peak flows of more than 400 mi/s at rest. Conseguientd
nonlinear system, the instantaneous resistance value will varyamwigle range,
which is certainly not physiological and may result in incorreetctusions. A
way to overcome this weakness iofvitro models is to incorporate an active
(computer controlled) resistor that keeps the resistance gahgant by means

of instantaneous pressure and flow feedback. An example of this peateteby
O'Leary et al.'®™Y except that their control was not instantaneous and the
necessary regulation time was unconstrained.

3. Cardiac modeling issues

In the modeling of cardiac assist devices, the interaction betwreerieft
ventricle (LV) and an LVAD is usually of concern. This inteiawctis governed
by the sensitivity of both the LV and the LVAD to changes in loaldiscussed
in chapter IIl, the original time-varying elastance theory of Sargh Sagaw&)
Is the most common way to account for this behavior by the LV. iMbigel is
relatively straightforward to implement in mathematical mqgdelsd most
recently has been implemented with vitro models **?. This theory, first
described in the early 1970s, states that the ratio of pressurelantevin the
LV obeys a prescribed function of time, termed “elastance”:

p(t) = E(t)-[V(t) — Wl [Eq. VI-1]

with:
p(t): time varying pressure (mmHg)
V(t): time varying volume (ml)
E(t): time varying elastance (mmHg/ml)
Vo: an offset constant (ml)

Under the conditions studied, the elastance curve has been obserbed to
independent of loading. Consequently, the maximum value of this functign (E
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end-systolic elastance) has been used widely as a marker crttractility of
the LV. Because it is independent of preload and afterload, eachdunainas
its own elastance curve that only changes when the basic ciathacttion of
the heart changes, e.g., under influence of sympathetic/parasytigatimeuli,
inotropic drugs, disease, or healing procesSesn fact, normalization of this
curve with respect to time and amplitude results in a genenat that is typical
for the species, which is an appealing feature for modefingf*>°!

The studies of Suga, Sagawa, and many of their successors wemnpdrin
intact (whether or not isolated) animal hearts and under physidlagiceditions.
During cardiac assist with displacement-type blood pumps, howevéredneis
subjected to quickly varying loading conditions. When such a device ismused i
counterpulsation manner, for instance, extreme unloading occurs during LV
systole. Consequently, it should be questioned whether the origintnekas
theory is still valid for mechanically supported hearts.

3.1. Elastance and a rotary blood pump

The data in Fig. VI-1 were acquired from an acute study innskealthy sheep

that underwent implantation of the Medos-HIA microdiagonal pump (dbescr

in chapter 1V, section E). The pump was operated at several mean pump flows, as
seen in the figure. Data were also acquired at baseline (Blrewine device was

shut off and the cannulas clamped. Each animal was instrumentedawi
conductance catheter (CardioDynamics BV, Leiden, The Netheylardt a

Millar hi-fi cathetertip pressure transducer (Millar Instrents Inc., Houston,

TX) in the left ventricle.

The elastance curves in the right panel of Fig. VI-1 all origifrate one animal

with atrial inflow cannulation. For each pump flow level, seveegjuential beats

were averaged to obtain the displayed curve, which was then iechal time

to filter the variations in heart rate for better comparison.clitees demonstrate

how increasing pump flow results in a gradual change (in dEetching the
elastance curves vertically. It can not be excluded that thene imcreased
functionality due to improved coronary perfusion, but the time between ea
subsequent measurement was no more than two minutes and it is unlikely that the
myocardial condition improves in this time. The displayegcBanges are clearly

a result of the heart-pump interaction and it can be concluded thaloBe
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cannot be used to quantify the condition of the LV (contractility)rdy cardiac
assist with a rotary blood pump.

in vivo LV data with microdiagonal pump support

[ A
o wu o

N
o

Elastance (mmHg/ml)
PP
o w

LV Pressure (mmHg)

N

(=}
o
o

o
o
o

30 40 50 60 70 80 90 0.0 0.5 1.0 15 2.0
LV Volume (ml) normalized time (-)

Fig. VI-1: Left ventricular pressure-volume loops (left) and the according elastance curves
(right) of a sheep with a Medos-HIA microdiagonal pump with left atrial inflow cannulation. The
black curves show data acquired at baseline (BL) and pump flows of 0, 0.5, 1, 1.5, 2, 2.5, and 3

I/min. The curves are arranged between ‘BL’ and ‘3 I/min’ in that respective order. The gray

dashed line shows similar data at a pump flow of 3.5 I/min in the same sheep.

Consequently, it is incorrect for mathematical andvitro models to scale a
predefined E(t) waveform with a fixed.EMoreover, if the elastance curves of
Fig. VI-1 are also normalized with respect to amplitude, dikegoincide for the
diastolic part but the systolic part is different for each flewel: less steep for
increasing pump flows. This indicates that higher pump flows siown
intraventricular pressure rise. The differences are relgtigehall, but this
indicates that it is even incorrect to use one predefined wawdbtyrnormalized
elastance if cardiac support with a rotary blood pump is simulated.

For the particular sheep data shown in Fig. VI-1, it was also found that imgyeasi
the pump flow above 3 I/min resulted in a gradual decreasg; (dee Fig. VI-2)

and a deformation of the waveform (see dashed line in Fig. VI-1)mBxénum
elastance point shifted to an earlier time in the cycle thaidtieg in a longer
time-normalized curve. This means that the cardiac assistir#lsiences the
systolic/diastolic time ratio. A similar phenomenon was obsemedll seven
sheep, for both left atrial and left ventricular cannulation, but the pump flow level
as of which the waveform deformation sets on varied between subjécss.
level relates to the ‘threshold speed’ (or threshold flow) as ibescin section A

287



CHAPTER VI

of this chapter. This is the point where the aortic valve staysgremtly closed
and decompensation of the LV begins, resulting in a pressure decrease.

The analysis of these data presumed thatf\the E(t) function for each sheep at
baseline remained constant over the range of support levels studiedvakhis
done because controlled preload variations (necessary,foalvulation) could
not be performed repeatedly in between the acquisitions. It can bel dhgii&/
shifts as a result of the level of unloading and therefore thetireselastance
curves with the correctedVactually coincide — thereby implying a constant
level of contractility. We therefore scaled thg & the different curves of Fig.
VI-1 to the baseline & by adjusting ¥ (see Fig. VI-2). This revealed a linear
relationship between the pump flow and the correctgd ¥p to the threshold
flow. Once higher pump flows are reached, the necessacgivection, deviates
strongly from this relationship. If the argument that shifts during cardiac
support is correct and if the pump flow is kept below the threshold, time-
varying elastance theory could be corrected for rotary blood pump use as:

p(t) = E(®)-[V(D) — Vo(Qp)] [Eq. VI-2]

Where \4(Qp) describes the linear relationship between pump flow andhe

use of [EQ. VI-2] in a cardiac model would allow to use one constanakie to
scale a predefined E(t) waveform. The tergiQp), however, is related to a non-
cardiac parameter (pump flow) and therefore does not model dinedsesuch. A
proper cardiac model describes heart function with parameters known tathe he
and independent of extra-cardiac influences such as load or pump flow.
Consequently, a cardiac model on hemodynamic level is limitpdesure and
volume and their time derivatives. Even i§(§,) is known and [Eq. VI-2] is
used in a cardiac model, there is still the issue of wavefoorpmlogy.
Possibly, the discrepancies between the systolic parts of noechadiastance
curves can be overcome with time-varying, Yut this means that a different
function has to be defined for each flow level. This has the following drawbacks:

I) Since the relations of y/in function of pump flow and time are unkown in
clinical practice, such a gorrected elastance theory cannot be used for
evaluation of heart function.

i) A cardiac model based on such a theory is complex, and itiosmaore
extra-cardiac parameters that limit the applicability of thedel to specified
situations.
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lif) This theory would still only be valid within a limited flomange, up to the

threshold flow.

E., with constantV

3.0 1
2.5 4 o ©
201

154

E. (mmHg/ml)
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0.0
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BL 0 05 1 15 2 25 3 35 4
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pump flow (I/min)

Fig. VI-2: Left: end-systolic elastance at different pump flows, derived from Fig. VI-1, where V,
=10.7 ml for all data. Right: V, that is necessary to obtain the baseline (BL) Es of 2.03
mmHg/ml at every pump flow.

3.2. Elastance and a positive-displacement pump

The data in Fig. VI-3 were acquired from a healthy calf tnaderwent an
implantation of a Novacor N100 left ventricular assist device gsopa surgical
training program (unpublished data P. Steendijk, personal commonicalihe
Novacor was implanted with apical and ascending aorta cannulationhand t
animal was instrumented with a 5-segment conductance cathéterhmfi
pressure transducer tip (CardioDynamics BV, Leiden, The Natid@s) in the
left ventricle. Fig. VI-3 shows a data sequence where the Novaaopumping

in a fixed rate mode and subsequently switched off. The ‘Novacor on’ part
demonstrates the interaction between the native heart and the :d#wace
asynchronous support is obvious from the repeated sequence of founlteats i
pressure plot (top panel), which is similar to the findings withube of the
Deltastream pump in pulsatie mode (see Fig. IV-22). ThesgingrLV
pressures indicate that the native heart is subject to quicklyingaload

conditions.
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in vivo LV data with Novacor support

Novacor ON ‘ Novacor OFF
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Fig. VI-3: Left ventricular pressure, volume, and elastance measured in a calve with a Novacor

assist device. The device was pumping in fixed rate mode and then switched off. The graphs
show one continuous data sampling interval of 16 seconds.

The bottom panel of Fig. VI-3 displays the elastance calculated from theeatquir
pressures and volumes according to [Eq. VI-1], whereduials 25 ml. The right
hand side (‘Novacor off’) shows very stable elastance curves, thieil®&Novacor

on’ side shows sequential beats with very different maximg. (B similar
phenomenon was observed by Yoshizawa et al. who estimated the maxima
elastance with an algorithm based on aortic pressure and?ffdwCorrection
techniques based ony\as described in section 3.1 were applied in vain: large
beat-to-beat variations in elastance were persistent. Acgordinthe (load
independent) time-varying elastance theory, this would mean that the
contractility of the heart changes from beat to beat. Since amtifity is
considered an instrinsic property of the heart muscle (itsngth’), it should

only change gradually and thus the observed rapid variations in elastantte
from the heart-device interaction. This finding makesaa unreliable indicator

for LV contractility under ventricular assist with a positive-displacgnpamp.
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In fact, normalization of all the separate beats with respdane and amplitude
results in a series of coinciding graphs for the ‘Novacor off’ secwvhile the

‘Novacor on’ normalized graphs differ considerably from this and feaoh

other (Fig. VI-4).

—— Novacor OFF = —— Novacor OFF
> 80 Novacor ON 1.0 Novacor ON
: ‘ :
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0 : : : : : 0.0 : : : :
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Fig. VI-4: Pressure-volume loops (left) and normalized elastance curves (right) composed with
the data of Fig. VI-3.

3.3. Prospects
The previous paragraphs indicate that the original time-varyirgjagiee theory
falls short for an assisted heart. It cannot be used reliablpssess the
contractility of the native heart, and it fails to accuratelycdée heart function
in models of assisted hearts. Consequently, there is need foregtmn or an
alternative for this theory, which has proven its value in unassisted hearts.

Suga and Sagawa extended their own time-varying elastance modelyaine
1980 to account for inaccuracies in pressure estimation of differieatded
heart beat&>". They therefore included terms that are related to instantaneous
volume variation, peak ejection velocity, and the total ejected malu
Nowadays, several models have been developed that mimic leftcuéantri
function not only by elastance, but also with additional resistive aedial
component$'®®2825% or py its isovolumic characteristi€$® (see Chapter II1).
Such models yield a more accurate representation of naturalacprdssure and
volume variations, but so far they have not been evaluated foreassesrts and
they are very rarely used in cardiac assist models.

To determine the elastance curve of a specific heart accorditige toriginal
theory, one needs pressure and volume curves under several loading ®nditio
to determine ¥ and the elastance curve. This, however, is not sufficient for a
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more complicated model. The elastance-resistance model fdandes
additionally requires data sampled during an isovolumic beat tondate the
ventricular resistance, and the isovolumic description requirestipteul
isovolumic beats at different volumes. Consequently it is not obvaasduire

the necessary data for accurate cardiac modeling from expesithat focus on
cardiac assist. Moreover, the presence of the device and theatessoautilation

of the heart (e.g., by apical cannulation) have an impact on thenreghaeart
function, and should be incorporated in the cardiac model. It is therefore
recommended to assess data for cardiac modeling with the devitace but

with its cannula clamped.

4. Conclusion

A resistor that models (part of) the hydraulic load of the vassyktem is prone
to two major shortcomings: nonlinearity (onlyimvitro systems) and the lack of
control as in the mammalian body. The first shortcoming can henmed by a
resistor design according to Westerhof’s criteria, or by feedbankol of the
resistance value. The second shortcoming requires feedback cogtihahs
that can be used in both mathematical angitro models, but their realization
with the proper response time will be more diffiqaltvitro. Both shortcomings
result in an overestimation of arterial pressure if totaltesyg flow
augmentation by the assist device is modeled.

A cardiac model that is based on the original time-varying elestéheory of
Suga and Sagawa would have one elastance curve implemented framitheéhi
LV pressure and volume that have to be generated are calculateds Thost
common in mathematical models, but it has also been implementedvitio
models. The data presented in this chapter, however, indicate thaltgtence
curve varies as a result of the interaction between the hehdraassist device
and that the original time-varying elastance theory is not approjoiatieis kind
of modeling.

Further investigation is necessary to better quantify, understaddnadel the
behavior of the heart (specifically the LV) under cardiac asststther
development and validation of models should preferably be performed with
different types of assist devices and experimental methods tobooate the
results observed in these studies.
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D. FINAL THOUGHTS AND COMMENTS

The use of ventricular assist devices was popularized in the 9&ds,1 when

specialized centers offered the possibility to implant NovawoHeartMate

devices. Meanwhile, more devices are available and they cam@anied in

more hospitals worldwide. Monitoring techniques have also improvedtbger
years and consequently there are tons of patient data that ncataie

information on the effect of a ventricular assist device on the failing heart.

Only a small part of these data, however, has been purposely dcduoire
research goals. These data reflect the use of assist devibenanmy variables:
different devices, different pump settings, different patient cmdit different

pharmacological treatment. Even large randomized trials aresuitztble for

gaining insight in the heart-device interaction because their main igdal

evaluate clinical outcome. After all, patient management aintse longest and
most comfortable survival, rather than at studying the effeicts particular

application.

Still, thorough understanding of the heart-device interaction on naulgpkls is
necessary to improve the treatment and survival of heart fapateents,
preferably by healing their own heart (bridge to recovery). Animadels are a
useful alternative to patient data, even though it is difficultremte an animal
model with similar heart failure conditions as observed in clirpcactice. It is
also not necessary to sacrifice animal lives for every sthdly pursues more
insight in the heart-device interactidn. vitro models and mathematical models
are cheaper and more fit for investigation of, for instance, spguafiameters
that are difficult to acquirén vivo or the impact of certain pump settings. Even
though they are simplifications of reality and their results rieelde analyzed
critically, such models are stable, relatively easy to mearend not subject to
biodiversity.

In vitro modeling,in vivo (animal) modeling, and mathematical modeling are
viable alternatives for patient studies. The research descriltad ithesis with
these models intends to be another paving stone on the path thablezighit

in the heart-device interaction on hemodynamic level.
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No animals were harmed for the purpose of this research. Theeemstrtep
experiments (chapter 1V) were performed earlier at the Kuéepuand the
obtained data were not fully explored at the time. The calve empeti(chapter
VI) was part of a surgical training program.

May this be a plea for the more efficient use of available @ndata and the
exchange of previously acquired (and published) data between research groups.
This work should also be an encouragement for the use of alternatcedimng
methods when possible.



