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ABSTRACT
In-vitro hydrodynamic evaluation of aortic valve prostheses

by
Lira Cheng Chye, Lawrence
A mock circulatory loop was designed for the hydrody¬
namic evaluation of aortic valve prostheses. It had features
of low priming volume (1 to 1.2 liters) and its fluid was
protected from direct contact with air. The prostheses were
mounted in the anatomic subcoronary position of a plexiglas
model of the human aorta.
Four commercial valve prostheses were tested in the
loop in one case with the sinuses of Valsalva intact and in
another case in the absence of the sinus cavities. They were
the Lillehei-Kaster pivoting disc, Bjork-Shiley tilting disc
Smeloff-Cutter caged ball and the Starr-Edwards caged ball
valves. Tests were conducted at heart rates of 60 and 90
beats/minute and the aortic flow rates of 4 and 6 liters/
minute.
A valve performance index was formulated, based on the
energy dissipation that occurs in flow through a valve. This
dissipation coefficient, as it was called, was shown to be a
fair, consistent means of rating valve performance.
The results showed that the pivoting/tilting disc
valves were superior in performance to the caged ball valves
in terms of the mean pressure gradients across the valve,
percentage backflows and energy dissipations recorded. The

valves also functioned more efficiently in the straight tube
section than in the section with sinuses# Plausible explana¬
tions were offered, based on the flow dynamics of the valves
and their relation to the immediate geometry.
The results of this work were compared with those of
other investigators. Although no direct comparisons were
possible because of differences in flow conditions, valve
sizes and flow chamber dimensions, approximate comparisons
showed fair consistency.
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CHAPTER 1

1

INTRODUCTION
1. The human cardiovascular system
The human cardiovascular system consists of the heart,
a system of conducting tubes (the arteries), a diffusing
system (the microcirculation) and a collecting system (the
veins) (1)*
The heart is a pulsatile four-chambered pump composed
of the two atria and the two ventricles. The atria function
principally as entryways to the ventricles, affording a weak
pumping action to help move the blood into the ventricles
(2). The ventricles supply the main pumping action that
propels blood through two vascular beds with quite different
properties - the high pressure system of the peripheral
circulation and the low pressure system of the pulmonary
circulation (3)*
The right heart (right atrium and right ventricle) has
two valves - an inlet valve (the tricuspid) to the right
ventricle, and an outlet valve (the pulmonary). Similarly,
the left heart has an inlet (mitral) valve to the left ven¬
tricle and an outlet (aortic) valve. After perfusing the
capillary bed, the blood collects in the venous system and
flows back into the right atrium, through the tricuspid
valve and into the right ventricle. During right ventricular
contraction, the tricuspid valve closes. Blood is then
ejected through the pulmonary valve into the pulmonary
artery which channels the blood to the lungs. Here transfer
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of carbon dioxide and oxygen occurs and the oxygenated
blood is directed into the left atrium via the pulmonary
veins. The blood flows from the left atrium through the
mitral valve into the left ventricle during ventricular
relaxation and fills the ventricle, this phase of the
cardiac cycle being called diastole.
Towards the end of the filling phase, the left atrium
contracts to displace blood into the left ventricle.
When the diastolic period is complete, the left
ventricle contracts, the mitral valve closes and the blood
is ejected into the aorta through the aortic valve. This
period of the cycle is known as ventricular systole. Left
and right ventricular systole occur simultaneously as does
left and right diastole.
The blood passes through a long series of arteries,
arterioles, capillaries, venules and veins and finally
returns to the right atrium.

2. Cardiac valve function
The four cardiac valves are vitally important to main¬
taining the proper blood circulation in the cardiovascular
system. The tricuspid and mitral valves prevent backflow of
blood from the ventricles into the atria during systole. The
aortic and pulmonary valves prevent backflow from the aorta
and the pulmonary artery respectively, into the ventricles
during diastole. All these valves open and close passively,
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being dependent on a negative pressure gradient to close the
valves and a positive gradient to open them (2).
Although the pressures in the left and right atria are
similar and small in magnitude, the left ventricle has to
generate a systolic pressure of approximately five times that
of the right ventricle. This is because the systemic cir¬
culation offers a high resistance to blood flow compared to
that of the lungs.
The high pressure in the arteries at the end of sys¬
tole causes the pulmonary and aortic valves to snap close
in comparison with much softer closures of the tricuspid
and mitral valves. Also, the velocity of blood ejection
through the aortic and pulmonary valves is far greater than
that through the much larger tricuspid and mitral valves.

3. Valvular defects
The proper functioning of the valves may be impaired
as a result of congenital defects or by disease. The two
hemodynamic defects of heart valves are (^),
1. ) Stenosis» narrowing of the valve orifice, impeding blood
flow through it, inducing jetting and turbulence and
increasing pressure drop across the valve.
2. ) Incompetence» also referred to as insufficiency or
regurgitation. The stiffening and shortening of the
valve leaflets causes incomplete closure of the valve
with resulting retrograde blood flow.
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Valvular defects may overload the heart in two basic
ways - pressure overload and/or volume overload.
Aortic stenosis causes a raised left ventricular
systolic pressure and lowered aortic pressure (5)« The peak
to-peak pressure difference between the left ventricle and
the aorta may exceed 100 mm Hg. in advanced stenosis, a
normal valve having a pressure difference of only a few
mm Hg. The slow rising nature of the aortic pulse wave
(reduced dp/dt) is characteristic of aortic stenosis. Car¬
diac output remains nearly normal at rest but may become
markedly restricted during exercise in severe cases of
stenosis. Thus the major functional effect of the stenosis
is that the contracting left ventricle must develop a press
ure exceeding that in the aorta by an amount sufficient to
maintain a normal stroke volume despite the increased resis
tance to ejection.
Aortic incompetence allows regurgitation of blood
from the aorta into the left ventricle during diastole. A
high pressure difference between aorta and left ventricle
at the end of systole exists, the distended aorta maintain¬
ing a high aortic pressure while the ventricular pressure
has returned to zero or thereabouts. Hence, large regurgi¬
tant flows may occur through small orifices, limiting the
ventricular filling from the left atrium. The regurgitant
volume may constitute over 50f° of the left ventricular
stroke volume. Regurgitation also causes a fall in the
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aortic pressure during diastole.

4.

History and development of prosthetic heart valves
Hufnagel (6) reported the first successful implant¬

ation of a prosthetic heart valve in a human in

1952*

This

ball valve was implanted in the descending thoracic aorta.
The advent of open heart surgery made possible implantation
within the heart in anatomical positions.
Harken (7) and associates performed the first success¬
ful implantation of a caged ball prosthesis in the subcoronary
position in March, i960. Later the same year, Starr (8) perf¬
ormed the first mitral valve replacement with a caged ball
prosthesis.
The development and improvement of prosthetic heart
valves resulted in different and varied designs which gene¬
rally fall into three basic classifications (9) «1) rigid valves with central flow occluders or poppets
2) flexible leaflet valves designed to duplicate the natural
heart valves physically and functionally
3) tissue valves which include homografts (human cadaver or
transplant), heterografts (animal cadaver) and Fascia-Lata
valves (autotransplants fabricated from thigh tissue)
Four common types of rigid prostheses in current use
are,
1) caged ball
2) caged disc
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3) poppet, and
4) tilting or pivoting disc.
For all prosthetic valves, attempts are made to reduce
valve resistance to flow, regurgitation and to eliminate
regions of separated flow and stasis. Poppets should respond
quickly to small pressure differences, actuate smoothly with¬
out sticking or jamming and cause minimal distortion to the
natural flow field.
The design of a valve inevitably involves a compromise
between competing considerations. An example is the choice
of ball travel in the case of a ball valve. Research at the
Cutter Laboratories (10) has shown that under simulated pul¬
satile flow through the Smeloff-Cutter valve, the flow is
limited by orifice size, flow annulus and regurgitation
during ball return. With a short ball travel, the researchers
observed high pressure drops at moderate flow rates. With
longer ball travel, the pressure drop was reduced but the
flow rate was also diminished. The optimum ball travel was
selected such that the flow frustrum area between the ball
and the valve seat in the open position was equal to the
valve orifice area.

5. Problems associated with prosthetic heart valves
Prosthetic heart valves are implanted to replace
diseased (defective) natural valves for the purpose of
restoring normal cardiac output and reducing regurgitation

7
or for maintaining an adequate output at a greatly reduced
expenditure of cardiac energy. Thus a prosthetic valve should
ideally approach the near-perfect functional efficiency of
the natural valve. Present day experience with valve prostheses reveal certain shortcomings and complications. Among
these, the most serious are,
1) thrombogenicity
2) red blood cell damage and hemolysis
3) mechanical and/or chemical failure and degradation
4) infection, and
5) paravalvular leakage.
Despite increased clinical experience and improved
valve designs, thrombus formation leading to thromboembolism
or prosthesis dysfunction remains a serious problem in pat¬
ients with cardiac valve prostheses, as reported by several
investigators, for example (5*11-13)•
Although little is known about this highly complex
process, experience indicates that blood coagulation may be
triggered by a foreign surface and is most likely to occur
in stagnation areas. With early valve designs, the incidence
of early and late thromboembolism was extremely high despite
treatment with anticoagulants. Long term results of a throm¬
boembolic complication may range from no disability to severe
disability and sometimes death.
Attempts to solve the problem have included chronic
anticoagulant therapy, improvements in valve design, coating
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of valve surfaces to inhibit or reduce thrombus formation,
and cloth-covering of the metallic portions of the prosthesis
to encourage fibrin and platelet deposition (endothelialisation) providing a clot-free surface around the prosthesis
(14).
Detailed analyses of this problem are given by Duvoisin
et al (15) and Davila et al (16). Thrombus and fibrin growth
on the cages and frames of valve prostheses may cause poppet
sticking in the case of caged ball valves or jamming in the
case of caged disc valves. Vorhauer (1?) has confirmed that
areas of flow stagnation are contributory to thrombosis. He
also found that the shape of an obstacle has an influence on
the tendency to form thrombus immediately downstream.
Another problem associated with prosthetic heart valves
is the possibility of red blood cell damage caused by elevated
shear stress levels. Evidence of this is well documented (1829). Above a certain threshold stress level, red blood cell
damage results in hemolysis, morphological changes and shor¬
tened cell life span in vivo,.(30). Fry (31) has shown that
high shear stresses can damage endothelial cells of the artery.
When the artery attempts to repair itself, the damaged cells
release thromboplastin which may become trapped in a recircu¬
lation region of flow (32). This situation encourages clotting
and a thrombus may form.
Hemolysis is associated with the liberation of the hem¬
oglobin i.e. the separation of the hemoglobin from the red
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cells and its appearance in the plasma. Under normal condi¬
tions, almost all the hemoglobin in the blood is contained
in the red blood cells, the plasma being relatively devoid
of hemoglobin. Hemolysis results in the hemoglobin being
released into the plasma causing it to become discolored.
If the rate of red cell destruction exceeds the ability of
the bone marrow to reproduce the cells, a condition known
as hemolytic anemia results.
Ample evidence of mechanical and chemical failure of
prostheses exists eg. shrinkage and degradation of occluder,
strut fracture, and cloth wear (33-42).
*

Infection following cardiac valve replacement is
another serious problem associated with valve prostheses
(43-52).
General discussions on the status of prostheses as
heart valve replacements have been published in many papers
(53-59)* These indicate the large room for improvement
between present day prostheses and the ultimate heart valve
substitute.

6. Review of studies on fluid flow behavior associated
with heart valves
Modelling of the human cardiovascular system may be
said to have begun with William Harvey who recognised the
existence of the basic human flow loop. In 1898, Otto Frank
suggested a quantitative theory on flow behavior that included
the notion of a "Windkessel" (air-chamber).
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Since then, modelling of the human cardiovascular
system has undergone much investigation and refinement. The
modelling can be grouped under three headings (60),
1) Direct models in fluid mechanical form
2) Electrical network analogs
3) Computer models, using analogs, digital or hybrid equip¬
ment.
Numerous attempts have been made to develop mathemati¬
cal theories to explain the nature of pulsatile flow in the
cardiovascular system, beginning with Euler in 1775 (61).
Womersley (62) generated much interest with a refined mathe¬
matical treatment of this complex subject. He applied Fourier
analysis to the pressure-flow relationship in the arterial
system and stipulated clearly the formulations and statements
of the underlying assumptions. Since then, the work of other
researchers (eg. McDonald (63)» Attinger (64), Fung (65)» to
name a few) has further enhanced the understanding of flow
in the cardiovascular system.
It is not intended here to consider in detail any of
these models. It would suffice to say that simplifying assu¬
mptions are used to make the problems more tractable, but
their validity must be defended.
Among the factors that contribute to the complexity of
the system are,
1) the complicated cardiovascular geometry
2) the fact that blood in the small vessels is characterized
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by a non-Newtonian behaviour
3) the complexity of the pump ejection pattern
4) the fact that the elastic properties of the conduit walls
are non-uniform and non-linear.
The introduction of prosthetic heart valves to human
implantation stimulated numerous experimental in vitro
studies of the prostheses in attempts to improve valve design
and understand better the performance characteristics of the
valves. Along with the many prosthetic valve models in curr¬
ent use, the efforts of the different investigators have
produced a variety of valve testing rigs and methods.
One of the earliest pulse duplicator systems used in
the study of cardiac valve action was reported by Davila et
al (66) in 1956. Since then, flow visualization studies have
become popular and were commonly used to observe flow patterns,
formation of eddies and wakes and areas of stagnation and
turbulence (67-72). Using photographic techniques, Wieting
(71) reported velocity profiles and estimated levels of
shear stresses and flow directions at various points closely
distal to the valve. Photographic results essentially show
two dimensional flow patterns. Davila (73»74) obtained and
studied three flow patterns using a polarised light-bentonite
clay technique but interpretation of three dimensional data
can be very complicated especially for valves that are not
axially symmetrical. Moreover, it is very difficult to extr¬
act quantitative results from flow visualization methods.
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In valve studies, viscosity is an important parameter
and the fluid used should have the same viscosity as that
of blood. Glycerin-water solution is a popular blood analog
choice (69,71*72,75-77) but a lot of investigators have also
reported studies using water or saline solution (66,67,7884).
It is important to simulate accurately the pressure
and flow conditions that an implanted valve will experience.
In the case of the aortic valve, the ventricular and aortic
pressure and flow waveforms are well documented and under¬
stood. These waveforms should be reproduced closely in an
in-vitro simulation.
Bjork and Olin (79) published physiologic-like flow
and pressure waveforms using water as the fluid medium.
Klimes (85) reported pressure tracings but did not show
flow tracings. Some others indicated difficulties in achie¬
ving physiologic data. Smeloff et al (69) reported artifacts
like lack of elasticity and "standing waves". Hauf et al
(78) observed pressure oscillations at the moment of valve
closure and a lack of aortic pressure decrease during dias¬
tole. Nevertheless, they considered their pulse duplicator
system as representing a satisfactory and stable physical
model of the flow situation.
In reports by Messmer et al (68) and Liotta et al
(86), it was not clear what liquid was used in the valve
tests. In two others by Smeloff et al (69) and Wieting et
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al (70)» the basis of valve size selection was not stated.
At least two papers (Liotta et al (86), Kaster et al (82) )
tested and compared valves of similar orifice diameter and
and in some others (Bjork (67), Messmer et al (68), Wieting
(71) and Kaster et al (76) ) tissue annulus diameter was the
common basis used.
The geometry in the neighborhood of a valve will have
some influence on entrance and exit losses. The size of the
test chamber relative to the valve orifice (contraction and
expansion area ratios) will also enter as a variable. In
addition, differences in downstream channel configuration
have an influence on pressure drops.
It is evident that much of the published data on invitro prosthetic valve testing have limited value because
of poor and -inadequate documentation and lack of accurate
simulation of physiologic flow conditions through the valve.
There is an urgent need to find better ways to define and
evaluate valve performance in a more standardised and con¬
sistent fashion and possibly at a quantitative level. What is
needed is a‘'universally agreed upon test apparatus and a
valve performance rating index to enable a true, impartial
comparison of the various valve designs as pointed out by
Chetta et al (87).
Essential features in a good valve testing rig will
include physiologic flow and pressure waveforms, a fluid of
viscosity similar to that of blood, close reproduction of the
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anatomie features in the vicinity of the valve and especially
at the actual valve mounting site. It is desirable that
future researchers in this field provide better documentation
of their work. As a start, this will include,
1) a thorough description of the pulse duplicator-mock cir¬
culatory loop configuration.
2) stating the fluid used, its density and viscosity
3) exhibiting pressure and flow information in charts and
tables, ensuring conformity with physiologic data.
4) stating clearly the criteria of valve selection and the
basis of valve performance evaluation and comparison.
Despite the fact that pulse duplicator systems tend
to reproduce in-vivo flow conditions in the testing chamber,
there have been many, sometimes major, differences in the
physical characteristics of the circulatory loop models as
well as in the pulse generating equipment. These differences
do not permit a direct comparison between the results from
different studies.
Visualization studies of blood flow through cardiac
valves in a mock loop can furnish information about flow
patterns and the effect of occluders, cages and orifice rings
and the shape and size of the valve chamber itself. Wieting
(71) estimated the magnitudes of shear stress and velocity
present in the flow field using a photographic technique.
Vortices and eddies observed by flow visualization of
the pulsatile flow through prosthetic valves are often cited
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as evidence of turbulence. The development and influence of
turbulence in pulsatile flow is a complex phenomenon and
caution

should be exercised when one is tempted to label a

situation as turbulent. Turbulence is associated with random
three dimensional fluctuations in velocity and is accompanied
by lateral transport of fluid mass, momentum and heat perpen¬
dicular to the time mean velocity vector. Stable non-turbulent vortices can exist in laminar flow. Classical examples
are the starting vortices associated with bodies started
from rest in low speed viscous flow and the so-called Von
Karman vortex street, a stable system of vortices shed peri¬
odically in a low Reynolds Number flow past a cylinder sit¬
uation. Fully developed turbulence is not likely to occur in
the cardiovascular system. However, time intervals of distur¬
bed flow resembling turbulence may occur, especially in the
late stages of systole, in the region just distal of the
aortic valve. This appears likely in the case of flow through
prosthetic heart valves (9)«
Work using steady flow systems have also been reported.
The test results obtained on prosthetic valves have little
engineering value, mainly for comparative purposes only. The
application or extrapolation to a pulsatile flow situation is
questionable at best. Steady flow tests are useful only as
indicators of relative pressure drop,across the valve. They
cannot provide insights to questions regarding valve response
to flow acceleration, deceleration or cyclic rate. Opening
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and closing times and regurgitation cannot be determined.
Poppet dynamics and poppet and cage interaction cannot be
studied.
The limitations of in-vitro valve studies should be re¬
cognised. Firstly, they are not substitutes for in-vivo tests
because the physiological environment cannot be simulated
exactly. Secondly, since no accepted standard for valve per¬
formance and function exists, tests depend on the particular
testing procedure and flow loop employed. Thirdly, some pro¬
blems of vital importance cannot be simulated at all (for
example, thrombus formation). Yet skillful exploitation of
in-vitro testing methods can reveal design flaws and defici¬
encies in performance of a particular valve model, provide
guidelines for future designs, and can be used to compare
relative performances of different valves.
Animal testing of prosthetic valves is an alternative
to in-vitro testing that usually precedes clinical use.
However, animal tests are expensive, time consuming, incon¬
venient and difficult to control. For precisely these reasons,
it is desirable to employ in-vitro testing to screen out valve
designs with obvious deficiencies.

7 • The aortic pressure waveform
An attempt is made here to explain in physical terms,
the pressure waveform that exists in the upper aorta just
distal to the aortic valve. The problem is complicated by,
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among others, the fact that the left ventricle varies its
rate, volume and time course of ejection in no uniformly
predictable fashion. Blood pressure influence on the arterial
wall is complicated by its anomalous elastic behaviour (ref.
63» pg 163). In addition, drainage or run-off from the aorta
to its various branches will be approximately proportional
to the imposed aortic pressure (88).
In a normal adult with an average heart rate (say 6080 beats/minute), left ventricular contraction may typically
eject 70-80 cc. of blood into the aorta. The repetitive
spurts of blood from the ventricle through the aortic valve
are modified and converted by the arterial system into a
relatively steady outflow through the peripheral vessels
into the capillary network (5)* Such ejections raise the
pressure in the aorta from about 80 to about 120 mm Hg.
This increase in pressure is first produced in the great
arteries near the heart and is propagated as a pulse wave
in the whole arterial system.
The geometry of the vascular bed and the viscoelastic
properties of the arterial walls play important roles in the
transport of blood down the long arterial ducts with minimal
loss of pressure head but with a damping of the violent
pressure fluctuations in the peripheral vessels.
Under normal conditions, the aortic pressure pulse
(Fig. 1) rises smoothly and quite sharply (a-b) with the
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if

FIGURE 1. The aortic pressure waveform.

19
start of ventricular ejection (89)» The pressure rises to a
rounded summit (c) and falls during the later third of sys¬
tolic ejection (c-d)« Closure of the aortic valve is signalled
by a sharp V-shaped incisura (e) which marks the end of
systole. During diastole, there is a gradual decline of
pressure throughout the remainder of the cycle with small
oscillations superimposed on it.
When the left ventricle contracts, the ventricular
pressure rises rapidly until the aortic valve opens, 0.02 to
0.03 seconds after the start of contraction (ref. 2, pg 152).
The onset of ventricular ejection is so rapid that the prox¬
imal parts of the aorta are distended to a considerable pre¬
ssure before the pressure wave has time to traverse the more
distal portions of the aorta. During this period, blood flows
into the aorta faster than it leaves through the arterioles.
Hence there is a net accumulation of blood in the part of the
aorta immediately distal to the valve, causing local disten¬
sion. The ascending aorta can increase in cross-section by as
much as 11

%

(90). Because of inertial effects, appreciable

pressure is needed to move the column of blood in this por¬
tion of the aorta sufficiently to expand the lower parts of
the aorta and its branches. This accounts for the initial
steep ascent of the aortic pressure curve.
The increased pressure in the aortic root forces blood
into the adjacent segment of aorta which in turn stretches
and develops increased pressure. In this way, a pulse of
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pressure moves rapidly down the aorta at a velocity dependent
on the wall elasticity and the blood pressure. The pulse wave
velocity (4 to 5 meters per second) is much faster than the
velocity of blood flow (less than 0.5 m per sec).
Drainage from the aorta modifies the relationship bet¬
ween ejection and pressure rise. The effect of drainage inc¬
reases with aortic pressure rise and thus the pressure slope
gradually diminishes. At the peak of the aortic pressure curve,
the ventricular ejection rate has already past its peak and
is rapidly decreasing. The peak systolic pressure is governed
largely by the left ventricular stroke volume, the peak rate
of ejection, distensibility of the aortic walls, and the
peripheral resistance. The ventricular pressure drops sharply
during the last part of systole to a level below that in the
aorta. When the aortic valve closes, a transitory surge of *
high pressure is generated, attributable to a water hammer
effect as caused when a moving column of fluid is forced to
decelerate rapidly due to valve closure (91)* In addition,
the collapsing of the distended aorta also transiently enhan¬
ces the aortic pressure on valve closure due to the momentum
of the blood flowing back towards the valve. These factors
produce a sharp V-shaped incisura. In this respect, the nat¬
ural human aortic valve produces a much smaller incisura than
its prosthetic substitute because of its compliance and more
gentle closure mechanism.
MacCanon et al (92) have reported that aortic valve
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closure occurs at least 5 to 13 seconds before the aortic
pressure incisura. It seems likely that the natural aortic
valve closes almost at the instant backflow commences and
that a large fraction of aortic backflow is due to aortic
valvular stretch and distortion after the valve is closed.
During diastole, the pressure declines asymtotically
as the contracting aorta discharges the remainder of the left
ventricular stroke volume into the more distal portions of
the arterial system.
The rate at which the diastolic pressure falls is det¬
ermined by the pressure level at the end of the systolic
interval, the rate of the outflow through the peripheral
vessels, and the diastolic interval. Diastolic pressure is
primarily determined by the total peripheral resistance and
by the heart rate.

8. Flow through a valve
The orifice and tissue annulus diameters are entirely
dependent on the geometry of the particular prosthesis and
the orifice area is one of the measures of hemodynamic valve
performance. There are two other areas that have considerable
significance in flow through a prosthetic valve (93)• A typ¬
ical situation for a caged ball prosthesis shows a secondary
and tertiary flow area denoted in Figure 2 by surface B and
plane C. Plane A shows the primary orifice area.
The secondary frustrum-shaped area between the sewing
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ring and the occluder surface in the open position is a func¬
tion of prosthesis type and design# At least one manufacturer*
designed its valve prosthesis to have equal orifice and frustrum areas and stated that this was the optimal condition
possible in relation to both pressure drop and flow rate
through the valve. There is no uniform frustrum area associa¬
ted with pivoting/tilting disc valves.
The third or tertiary area is formed by the annular
clearance area between the prosthesis and the aortic wall.
This area is a function of the relative size of the prosthesis
and the anatomy of the particular recipient, as well as the
relative attitude or placement of the prosthesis during impl¬
antation. In an in-vitro simulation, the tertiary area will
be greater in an aortic testing chamber with sinuses than in
one without sinuses.
In general, the smallest of these three areas will det¬
ermine the amount of flow through the prosthesis as well as
the associated pressure drop.
Sauvage et al (9*0 contend that for a ball valve, the
orifice or primary area is usually the smallest. With the
tilting disc valve, the secondary area is the smallest. If
the prosthesis is oversized, the peripheral or tertiary area
may be compromised and hence restrict flow.
It is inevitable that a portion of kinetic energy will
be lost in the flow through a prosthesis and this emphasizes
* Smeloff-Cutter caged ball valve, Cutter Laboratories,
Berkeley, California.

23

FIGURE 2. Flow passages through an aortic valve prosthesis.
A caged ball valve is shown.

the importance of proper sizing of the cross-sections of
the flow passages.

__

CHAPTER II
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STATEMENT OF THE PROBLEM
1. Problems associated with in-vitro simulation of flow
through cardiac valves
The people who design and develop prosthetic valves
are faced with the complex problem of defining and assessing
valve performance in a correct and consistent manner.
One problem of fundamental importance is to relate invitro data on prosthetic valves, both to postoperative results
and to the development of patient complications. The identi¬
fication of critical clinical factors may be masked by the
numerous and complex interactions between prosthesis and
patient that are possible. A large number of distinct prosth¬
etic valve models are commercially available and the surgeons
and cardiologists have to contend with the conflicting claims
and counter claims made for different prosthetic valves in the
literature before finally selecting a suitable one for valve
replacement.
In order to make a meaningful evaluation of a valve
prosthesis in a mock circulatory loop, it is necessary that
the anatomic considerations a surgeon will employ in select¬
ing a valve size for the patient be used for in-vitro valve
testing, it should be noted that the surgeon's choice of a
valve may not of the optimal size from a hydrodynamic view
point since there are many other prevailing factors to be
considered.
With all these considerations in mind, the author

consulted with the valve manufacturers whose valves were to
be tested in the mock loop. These included the Starr-Edwards,
Smeloff-Cutter, Bjork-Shiley and the Lillehei-Kaster valves.
The valve sizes based on the aortic diameter of the
aortic model (26.8 mm) were as follows,
Valve

Orifice Dia.
mm.

Tissue Annulus Dia./
Sewing Dia

Starr-Edwards 11A
Model No. 1260

17.0

26.0

Smeloff-Cutter A5

17.1

27.3

Bjork-Shiley 27ABP

22.0

27.0

Lillehei-Kaster 20A

20.0

27.0

The Starr-Edwards and B'jork-Shiley prostheses were
selected on the basis of the largest annulus diameter or
sewing diameter that would fit the aortic lumen. The size
20A Lillehei-Kaster prosthesis was selected on the basis
that its metal ring outer diameter was closest in size to
the aortic diameter. The Smeloff-Cutter manufacturers used
the criterion that the orifice area should be about half the
cross-sectional area of the aorta. This criterion indicated
the use of an A5 valve size.
In designing a mock loop to test aortic valve prostheses,
the investigator is confronted with several problems. Pros¬
theses must be tested under conditions simulating natural
pulsatile flow. Therefore the system has to include the corr¬
ect amount of compliance and resistance. Human anatomy varies
with the individual and the investigator should make a pru-
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dent choice of a "representative” of "average" size and
shape particularly in the testing chamber of the valve.
Instrumentation necessary for pressure and flow measurements
should affect the flow situation as little as possible and
at the same time provide a reliable and accurate source of
information.
In addition, the system should be flexible enough to
allow adjustments in heart rate, cardiac output, systolic/
diastolic duration and pressures, compliance and resistance
and be adaptable to the testing of different valve models
under the same conditions.
However, even if the normal physiologic flow conditions
are accurately reproduced in the mock loop, one cannot acc¬
urately predict the performance of an implanted valve since
a person requiring such a prosthetic replacement will surely
introduce a different hemodynamic situation to the valve.
But in view of the almost infinite number of possible situa¬
tions, it seems only reasonable to simulate the normal
physiological situation. In some cases, an experimenter may
wish to simulate a particular situation, say an aortic sten¬
osis or high blood pressure. These will not be investigated
in this work although the mock loop has sufficient flexibi¬
lity to include them.

2. Parametric considerations

2?

It is appropriate to discuss here the parameters invol¬
ved in in-vitro valve testing such as cardiac output, systo¬
lic and diastolic pressures and durations, heart rate and
the effects of exercise, age etc, A well designed mock cir¬
culatory device can then he adapted to simulate the various
parameters over a wide physiologic range if so desired.
Cardiac output is the quantity of blood pumped by the
left ventricle into the aorta each minute. The normal cardiac
output including all adults Is close to 5 liters per minute
(2). In general, the cardiac output of females is about 10$
less than that of males of the same body size. The cardiac
output changes markedly with body size and is affected by
other factors like age, posture, metabolism and exercise.
The heart rate increases with level of exercise (95,96).
The duration of the cardiac cycle is progressively reduced
during graded exercise largely through shortening of the
diastolic interval, the systolic duration shortening only
slightly in contrast. In humans, the mean maximum rate in
exercise is about 180 beats per minute.

3. Viscosity of blood
Blood is not a homogeneous fluid."It is a particulate
suspension of erythrocytes, leucocytes and platelets in a
solution of a large number of proteins, lipids, carbohydrates
and various electrolytes (97)• This blood serves to transport
food and oxygen to the body cells and convey away carbon

28
dioxide and wastes. It also transports antibodies and hormones.
The plasma, though a colloid solution, behaves like a Newtonian
fluid. Whole blood is a complicated fluid and can hardly be
Newtonian in its rheological character.
More complete investigation of the pressure-flow
curves of blood in glass tubes with different diameters and
the interpretation of these curves by Haynes (98) have shown
that in the physiological range of blood flow in the large
vessels, blood behaves as if it were Newtonian.
Taylor (99) demonstrated that with regard to pulsatile
flow, the best value of the viscosity to be taken is the
asymptotic value i.e. that corresponding to high flow rates
in the large arteries. Under these conditions, the errors
involved in pressure-flow calculations will not exceed one or
two percent.
It is important to use a fluid of the same viscosity as
that of blood instead of say, water, for in-vitro flow studies
of the valve. The principle of dynamic similarity as applied
to this system has the following implications. Since Reynolds
Number is inversely proportional to the viscosity* a normally
laminar flow may turn turbulent if water is used, maintaining
the same flow rate. Hence to keep the same conditions, the
flow rate, heart rate and systemic resistance will have to be
reduced in the ratio of the viscosities i.e. 3*5 to 1. Also
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a pressure gradient measured in a water system should be
multiplied by a factor of (3*5)

or 12.25 to produce the

equivalent gradient if blood were used instead. Any error
in the pressure measurement in the water system will be en¬
hanced by a factor of 12.25 in the blood or blood analog
system.

CHAPTER III
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EXPERIMENTAL APPARATUS
1. Elements of the pulse duplicator-mock circulatory loop
The laboratory mock circulatory loop model used for
in-vitro pulsatile flow studies of the aortic valve consists
of the following components.
a) diaphragm pump (left ventricle)
b) systemic compliance
c) systemic resistance
d) valve testing chambers
e) left atrium
f) blood analog fluid
g) flow straightener
h) flow probe
i) valve
The Rice pneumatic puiser provides an air drive to the
air side of the pump. The alternating pulses of compressed
air and vacuum cause the diaphragm to move towards and away
from the fluid, providing a pulsatile pumping action. The
design and operation of the pneumatic puiser and diaphragm
pump have been previously described by Akers et al (100).
The vacuuming action on the diaphragm induces fluid into the
pump from the atrium through a size 20A Lillehei-Kaster pivot¬
ing disc inlet valve. On the compression stroke, the diaphragm
moves inwards thus expelling the fluid through an outlet
valve, in this case the aortic valve to be tested. The dia¬
phragm is made of a thin sheet of segmented polyurethane.
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The Rice pneumatic puiser and pump have the following
capabilities.
a) pulse rates up to 130 beats/min.
b) variable systolic to diastolic ratio
c) driving air pressure from 0 to 250 mm Hg. on compression
and from 0 to minus 100 mm Hg. on suction
d) variable stroke volume up to 14-0 cc.
e) flow rates up to 8 liters/min with normal physiologic
pressure and flow waveforms.
In the design of the mock circulatory loop, two design
objectives were stipulated at the onset. Firstly, the loop
was to have a low priming volume. Secondly, the fluid should
not be in contact with air at any part of the loop. These
objectives were set with future studies using human blood in
mind. The low priming volume is necessary to minimize the
demand of blood from donors. Ideally, for each experimental
run, blood from a single donor should be used. This will
avoid the natural variation that exists in blood from differ¬
ent individuals. Interaction between air and blood is also
avoided.
A search of the literature showed that the existing
loop designs did not meet the above requirements. The final
design that the author used in the experiments fulfill both
objectives and is described below.
The valve testing chambers consist of an aortic arch
distal to the valve and a cylindrical "ventricular" chamber

proximal to the valve.
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An epolene wax model of the aorta was made in the Rice
Biomedical Engineering laboratory with the assistance of Mr.
M. Serrâto, using a mold which was provided by Baylor College
of Medicine. The wax was cleaned and polished. It was then
dipped into a dispersion liquid* which coated the wax model
with a very fine smooth layer. A polymerising clear acrylic
(Du Pont lucite) was cast** around it and cured in an oven
at controlled pressure and temperature. After curing, the
acrylic block was mounted on a milling machine to be cut in
three planes. One plane was selected normal to the innominate
and subclavian arteries, another, cutting the arch at the
level of the base of the sinuses of Valsalva perpendicular
to the plane of the arch. The third plane truncated the aortic
arch at a position about 5 inches axially distal from the
aortic root. Hence the sinuses were completely removed.
The epolene wax was melted and removed from the acrylic
block. The resulting aortic flow passage inside the block
was cleaned and polished carefully. With a separate wax model
of the sinuses alone, the same process of casting, curing and
cleaning’were applied. In this case, the final machined piece
consisted of the sinus cavities around the main flow channel
with a recess in the block designed to seat the valve prostheses in the correct anatomical position. A similar acrylic
piece, without the sinus cavities, was machined with the

* Silicone Dispersion No.236, Dow Corning, Midland, Michigan.
** Marion Arthur, Houston, Texas.
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same seating facility for the prostheses. Both pieces could
in turn be bolted onto the main aortic arch block. This allo¬
wed the prostheses to be tested with or without the sinus
cavities and the differences to* be assessed. At the distal
end of the aortic arch, another cylindrical acrylic piece was
affixed. This piece had a gradually diverging channel leading
to a cylindrical channel of constant cross-section, exactly
equal in area to the cross-section of the ventricular chamber.
The aortic and ventricular pressure taps are located at
these equal cross-sections. Provided the velocity profiles
are sufficiently similar at these locations, this feature eli¬
minates any pressure difference contribution arising from
differences in velocity (dynamic head).
The pressure taps are female B-D* Luer-Lok male threaded
taps which are screwed into the sides of the cylinder walls.
Two-way stopcock valves are attached to the pressure taps and
this arrangement facilitates air and liquid bleeding from the
system and allows the pressure transducers to be positioned.
Numerous investigators (67,70,71*76-81,83,86,101,102)
have used straight cylindrical tubes as their valve testing
chambers. At least two workers (104,113) reported using actual
replicas of the human aorta in their mock circulation studies.
An aortic arch channel that reproduces the physical size and
shape of the human aorta will obviously simulate best, the com¬
plex varying cross-section and curvature of the arch.
* Becton-Dickinson, Rutherford, New Jersey.
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In the case of the tilting disc valve, the implanted
prosthesis is positioned such that the distal face of the
disc, on opening, will rotate towards the inner radius of the
arch in an axis perpendicular to the plane of the curvature.
This aspect of implantation, which concerns all non-axisymmetric valve designs, is impossible to simulate in an in-vitro
situation using a straight tube aortic chamber. By using act¬
ual aortic arch replicas, effects of valve orientation can be
studied by flow visualization techniques as well as by press¬
ure and flow information. Nevertheless, there are some possi¬
ble advantages of using straight cylindrical chambers, namely,
1) they can be machined reproducibly
2) visualization techniques are more easily applied to a
straight uniform section than a curved one.
The system compliance consisted of a tube made from a
silastic* sheet. Compliance is defined as the ratio of the
volume change to the pressure change in the system. A more
compliant tube will accomodate a greater volume of fluid for
a smaller increase in pressure.
A i in. thick sponge was wrapped around the length of
the tube with rubber bands to provide regulation of compliance.
To make the tube, a 0.02 in. thick silastic sheet was wrapped
around a 1 in. outside diameter aluminium rod and autoclaved.
The resulting tube had a 1 in. inside diameter and was 10 in.

* Dow Coming Corp., Midland, Michigan.
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long. It was found experimentally by the author that the
thickness (0.02 in.) and length (10 in.) of the silastic
tube together with the sponge outer wrapping provided a
physiological compliance as evidenced by the aortic and
ventricular waveforms produced. In the absence of the sponge,
i.e. with the tube exposed to the atmosphere, the waveforms
became erratic, exhibiting large, apparently random, pressure
fluctuations. The author also experimented with the silastic
tube under a regulated range of air pressures in an attempt
to simulate the diastolic pressure but this approach again
failed. The present arrangement provides physiologic pressure
waveforms and its compliance can be regulated by adding or
removing rubber bands wrapped around the sponge. The effect
of adding a rubber band is to decrease the compliance and
this also increases the system pressure. Removal of a band
has the opposite effect.
Systemic resistance was provided by connecting tubing,
valve chamber walls, flow straightener, flow probe, resistors
and a mechanical clamp on a connecting tubing. The resistors
were manufactured by the author. Each resistor is made up of
capillary tubes bundled into a 5/8 in. I.D.,

j/k

in. O.D.

plexiglas sleeve 2 in. long so that the ends of the tubes
protrude from the sleeve. In the mock loop, the tubing is
secured onto the sleeve from both ends so that a series of
resistors may be added in this manner. The bundle of capill¬
ary tubes, while not reducing the flow area through them
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considerably, exposes a large surface area to the flow. This
represents a large resistance to flow in a compact form.
Such resistors in the mock loop bring the systemic resistance
up to a level where the mechanical clamp may be used for
finer tuning. This is considered preferable to just using a
mechanical clamp to provide most of the systemic resistance
in which case the tubing will be subjected to excessive pin¬
ching and distortion.
The capillary tubes used have the following dimensions1.1 to 1.2 mm. inner diameter, 75 mm. long and 0.2 mm.
thick*. Altogether 7^ tubes are used to make one resistor.
The resistors are made in the following manner.
The capillary tubes are coated with medical grade
adhesive on the sides and joined together so that the gaps
between the tube outer walls were completely filled. In this
way, the tube bundle is built up to the required number and
is then inserted through the plexiglas sleeve so that the
ends protrude

£

in. from both ends. The spacing between the

capillary tubes and the plexiglas sleeve ends are finally
filled with acrylite powder and bonded and sealed with
methyl methacrylate liquid.
The left atrium serves as a reservoir supplying fluid
to the pump at low pressure. It is bulb-shaped and can hold
up to 210 cc. of fluid. It is made of Dacron reinforced

* Fisher Scientific Co., Houston, Texas.
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silastic and has an inlet and an outlet limb at right angles
to each other.
The blood analog fluid used was a glycerin-saline solu¬
tion. A base solution of ^0% glycerin* by volume and 60%
saline solution was made. The saline solution contained 0.09^
salt (sodium chloride) by weight dissolved in distilled water.
At 25 degrees C, the viscosity of the blood analog is 3*732
centipoise and the specific gravity is 1.06085* For human
blood, Altman et al (105) reported a relative viscosity at
37 deg. C of 2.18 to 3*59 and a specific gravity of 1.0501
to 1.0619.
The flow straightener is made of a synthetic sponge
material cut to fit the 1.06 in. internal diameter of the
ventricular chamber. It is 1 in. long in the axial direction
and accounts for a pressure drop of 20 mm Hg. across it at
a flow rate of 25 lit/min.
The flow probe is an extracorporeal probe of lumen
size i in. designed by Carolina Medical Electronics Inc.
In the assembly of the mock circulatory loop, it is positioned
between the outlet of the diaphragm pump and the straightener.
Altogether, four valve designs were tested in the lab¬
oratory. Each valve was stripped of its sewing cloth and
fitted with a plexiglas flange tightly secured around the
base metal ring.

* Glycerin 99*5% pure, Shipp Chemical Co., Houston, Texas.
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The final assembly of the mock loop was positioned
horizintally. It was found experimentally that the compliance
tube functioned best when it was in the horizontal position
but an inclination would tend to adversely affect the shape
of the pressure waveforms. At an inclination, the compliance
tube would bulge at its lower end because of hydrostatic
pressure. This possibly caused the compliance simulation to
be sub-optimal. The flow probe was positioned between the
valve and the pump. This location actually measures the ven¬
tricular output but this is exactly equal to the aoritc out¬
put since the walls of the flow channel are rigid and the
fluid is incompressible.
Immediately distal of the aortic arch was placed the
compliance tube followed by the resistor(s) and the mechan¬
ical clamp. Flow past the resistance elements reduces the
pressure significantly and this low pressure fluid is fed
into the atrium and back into the pump.
The full schematic drawing of the loop is shown in
Figure 3* Photographs of the components of the loop are
shown in Figures 4 through 14.
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FIGURE 3. Schematic diagram of the mock circulatory
loop and the data monitoring equipment.

40

FIGURE 4. Acrylic block of the human aorta.

FIGURE 5* The ventricular testing chamber showing
the ventricular pressure tap.

41

FIGURE 6. Assembly of the complete testing chamber.
Lower left shows a typical epolene wax model
of the aorta from which the acylic block
was made.

FIGURE 7< Diaphragm pump and left atrium. Luer-Lok
valve shows the location where fluid is
introduced into the system.
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FIGURE 8. Starr-Edwards caged ball valve.

FIGURE 9« Smeloff-Cutter caged ball valve.
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FIGURE 10. Bjork-Shiley pivoting disc valve in the
open position.

FIGURE 11. Lillehei-Kaster pivoting disc valve in the
open position.
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FIGURE 12. The valve mounting fixtures. On the left
is the section without sinuses, with a
Bjork-Shiley valve in position. The piece
on the right is a section with sinus cavities
and a Smeloff-Cutter valve in position.

FIGURE 13. The resistor, made of a bundle of 74
capillary tubes.
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FIGURE 14. The mechanical clamp used for systemic
resistance adjustments.
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2) Data monitoring and recording instrumentation
Three Statham* pressure transducers Model P23Db were
used. One transducer measured the air drive line pressure of
the pneumatic puiser unit. The other two were used to record
aortic and ventricular pressures.
The flowmeter used was a Square Wave Electromagnetic
Flowmeter Model 501** with an extracorporeal probe, lumen
size

i

in. and outside cannula diameter 5/8 in.

The ventricular and aortic pressures were monitored on
the pneumatic puiser oscilloscope.
Two 2-channel Brush*** Strip-chart Recorders were used
to record pressure and flow data and the computed functions
from the MiniAc**** analog computer. This is discussed in
more detail in the next chapter.
The pulse rates were determined by counting over an
interval timed with a stop-watch.
The viscosity of the fluid was measured using a capill¬
ary tube viscometer that had been previously calibrated using
a standard viscosity oil and distilled water.
An error analysis of the measurements is given in
Appendix 5«

Appendix 4 shows the analog computer flow chart.

* Statham Instruments Inc., Los Angeles, California.
** Carolina Medical Electronics Inc., Winston-Salem,
North Carolina.
*** Brush Instruments, Gould Inc., Cleveland, Ohio.
**** Electronic Associates Inc., Long Branch, New Jersey.

CHAPTER IV
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EXPERIMENTAL PROCEDURE
1) The parameters of the mock circulatory system and their
control
In order to tune the mock circulatory loop to achieve
desired systolic and diastolic pressures, heart rate and
cardiac output, the parametric controls and their effect on
the system should be understood. In this context, the mock
circulation parallels the human circulation.
Pulse pressure is defined here as the difference bet¬
ween peak systolic pressure and the pressure at the end of
diastole. Two major factors affect pulse pressure (2), namely,
1) the stroke volume of the pump
2) the compliance (distensibility) of the system.
In general, the greater the stroke volume the greater
is the pressure rise during systole and the pressure drop
during diastole, thus increasing the pulse pressure. This is
because the amount of blood that must be accomodated in the
arterial side per heart beat is greater.
On the other hand, for a given ventricular stroke, an
increase in arterial compliance decreases the pressure rise.
In effect then, the pulse pressure is approximately
determined by the interplay between stroke volume and arterial
compliance. Any parametric changes that affects either of
these factors also affects the pulse pressure.
Stroke volume change
1) If heart rate is increased while maintaining a constant
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cardiac output, stroke volume decreases. Pulse pressure
decreases accordingly.
2) Decrease in systemic resistance expedites flow back into
the left atrium and the pump. Stroke volume and pulse
pressure are hence increased. A lower resistance also
causes the compliance tube in the mock loop to distend
less.
3) Increase in mean system pressure if all other factors
remain constant, increases venous return to the pump.
This is achieved by introducing fluid into the system
from a "transfusion" bottle under an imposed air pressure.
Here again, stroke volume and pulse pressure are increased.
4) Pump ejection pattern affects pulse pressure in the follo¬
wing manner. Sudden ejection elevates aortic pressure to
a high level before run-off can occur. If systolic duration
is long, a large portion of the stroke output runs off
while fluid is being ejected into the aorta. Consequently,
the magnitude of the stroke volume effect on pulse press¬
ure is reduced. Sudden ejection causes a greater pulse
pressure than does prolonged ejection.
The Rice pneumatic puiser basically produces a square
wave air pressure pulse and is connected to the air side of
the diaphragm pump. The systolic time may be varied but was
kept constant at particular heart rates in this work, main¬
taining consistency with physiologic values. In addition to
the driving air pressure and the system pressure acting on

49
the liquid side of the diaphragm, the diaphragm thickness,
its geometry and physical properties also have an important
influence on the pump ejection pattern.
Compliance change
1) A rise in mean arterial pressure causes a decrease in
compliance, thereby increasing the pulse pressure. This
is achieved by one or a combination of the following ways.
a) increasing system pressure
b) decreasing the compliance by wrapping more rubber bands
around the compliance tube. This also has the effect of
raising the system pressure.
c) higher pumping pressure and shorter diastolic time
d) higher systemic resistance
2) In humans, pathological changes eg. old age, decreases
the arterial wall distensibility thus increasing the pulse
pressure. In the mock loop, the compliance can be decreased
by limiting its elasticity with rubber bands.
Stroke volume is controlled by the application of press¬
ure and suction to the diaphragm from the air line of the
pneumatic puiser. The pump was designed to operate in the
"exhaust limiting" mode i.e. the diaphragm may deflect fully
at the end of the pumping interval but does not become fully
withdrawn during the filling phase.
Although the procedure for tuning the system is well
understood theoretically, expedience in obtaining the desired
waveforms is mainly a matter of practice and experience rather
than a strictly scientific approach.

2) Priming and tuning
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A blood analog fluid consisting of kOfo by volume of
glycerin and 60fo of saline solution was mixed thoroughly.
About 6 liters were needed to calibrate the electromagnetic
flowmeter. The fluid viscosity was measured in a tube visco¬
meter. As viscosity is very sensitive to temperature changes,
the basic 40/60 ratio of glycerin to saline had to be adjusted
for any minor deviation from the desired value of 3*5 centipoise. This was achieved by the addition of saline solution
or glycerin in calculated amounts depending on whether the
prevailing viscosity was higher or lower than 3*5 cp. The
viscosity of the new solution was rechecked. A viscosity value
between 3*3 and 3*7 cp. was accepted.
The saline is a 0.9^ solution of salt (sodium chloride)
by weight, in distilled water.
After the flowmeter calibration was completed in a sep¬
arate loop (see next section) about 2 liters of the blood
analog fluid was taken to be used in the mock circulatory
loop. Serving as a supply reservoir, a "transfusion" bottle
was filled with the fluid which was then introduced into the
mock system via a small air bleeder opening at the side of
the left atrium. System pressure was regulated by applying
air pressure to the bottle.
Residual air was bled off at the high points of the
system. It was especially important to ensure that there was
no air bubbles in the valve testing chambers between the
ventricular and aortic pressure taps. Air is much more
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compressible than water and will adversely affect the inter¬
pretation of the pressure and flow data.
The pressure taps were bled to ensure no air bubbles
would be inadvertently trapped at the points of pressure mea¬
surement •
The system was tuned by appropriate adjustments to the
systemic compliance, resistance and pressure and the pneumatic
puiser air driving pressure to the pump, as previously des¬
cribed.
After any parametric adjustment, the system was allowed
time (about 1 minute) to stabilise before any recordings were
made. It was imperative that waveforms did not differ signi¬
ficantly from stroke to stroke.
Altogether four valves were tested in the loop both in
the section with sinuses and in the straight tube section.
Four combinations of flow rates and heart rates were inves¬
tigated. The flow rates were k and 6 lit/min. and the heart
rates 60 and 90 beats/min. The systolic/diastolic duration
at 60 bpm was held at Ii2.1 and that at 90 bpm, at Is 1.8.
One exception was the Starr-Edwards valve when tested in the
section with sinuses. Due to excessive regurgitation, the
higher flow rate investigated was compromised to 5 lit/min.

3) Calibration of the instrumentation
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The Carolina Square-Wave Electromagnetic Flowmeter was
calibrated in the following manner. The flow probe lumen was
carefully scrubbed and cleaned with a brush and then attached
between a rotary pump and a rotameter in a steady flow appa¬
ratus designed specially for the calibration. The rotameter
had been previously calibrated for blood analog fluid by timed
collection. The pump delivery can be adjusted by a rheostat.
The necessary connections and ground leads were connec¬
ted to the flowmeter. The output signal taken on the mean flow
mode from the flowmeter was fed into one of the Brush Recorder
channels. With zero flow, the flowmeter was balanced and the
base line of the strip-chart was appropriately set by pen
positioning. The pump was then operated at a known output
rate as indicated on the rotameter scale and the flowmeter
was calibrated by adjusting the probe factor. At the same
time, the gain on the Brush Recorder channel was adjusted to
a scale of 1 cm. to 5 lit/min.
Two Statham pressure transducers were connected to two
amplifiers of the pneumatic puiser unit and the amplified
signals were fed into the two channels of one recorder.
Besides the aortic and ventricular pressures, the pressure
drop across the valve i.e. ventricular minus aortic pressure,
was also to be recorded. The two amplified signals were then
taken to a third channel of another recorder to be connected
in the subtraction mode. This differential signal was cali¬
brated first.
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A base line on the strip-chart was selected such that
during pulsatile flow only the systolic events would be reco¬
rded. This allows the full scale of the strip-chart to be
utilised for recording differential pressure during the time
period when ventricular pressure exceeds the aortic pressure.
The differential pressure measurement and subsequent computa¬
tions of mean pressure drops are thus improved in accuracy.
The pneumatic amplifiers were balanced with both pressure
transducers at atmospheric pressure. Equal pressures of the
order of 100 mm Hg. as measured on a mercury manometer were
applied to the transducers and the respective amplifier gains
were adjusted so that the two amplified pressure signals were
exactly equal. When this was done, the pen remained on the
base (zero) line.
The aortic pressure transducer was then opened to atmo¬
spheric pressure and a known pressure (4-0 mm Hg.) was applied
to the ventricular pressure transducer alone. The pen deflec¬
tion on the strip-chart was scaled to indicate a 4 cm. displ¬
acement i.e. 10 mm Hg. differential pressure per cm. pen
deflection.
The aortic and ventricular pressures were calibrated
next. This was achieved by applying known pressures (120 mm
Hg.) to both transducers and appropriately adjusting the
gains on the recorder channels. The scale used was 20 mm Hg.
to 1 cm. pen deflection.
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The amplified ventricular and aortic pressure signals,
together with the output signal of the flowmeter, were fed
into the analog computer. The air pulse pressure signal
monitored by a third Statham pressure transducer was ampli¬
fied and also fed into the computer. This pressure signal
was used as a comparator input in the computer, its function
being to trigger the event counter and as such did not require
an accurate calibration.

4) Data taking and the criteria for valve evaluation
The energy losses in flow through an aortic valve
prosthesis is an appreciable fraction of the work necessary
for circulation (typically 20-50 times the energy dissipated
in the natural valve, according to Viggers (106)) as prosthe¬
tic valves are known to induce much greater levels of turbu¬
lence than natural valves (107). Any valve defects or short¬
comings in design will restrict flow (stenosis) and/or allow
more regurgitant flow, with associated energy losses requir¬
ing increased ventricular work.
Even the most efficient prostheses in use today suffer
in the order of ten times the pressure drop that occurs
across the natural valve (106). Stenosis and regurgitation
can account for an increased ventricular work-load of up to
4Ofo (106).
So energy losses in the prosthetic valve is a key ele¬
ment in the evaluation of its hydrodynamic performance.
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Three major causes of these energy losses are,
1) the sudden contraction and sudden expansion of flow area
phenomenon
2) the orifice effect
3) the boundary layer separation (induced by the presence of
the occluder and struts, besides the orifice ring itself).
These contribute to the mechanical energy dissipation
in flow through a valve. A fourth contribution to the energy
losses is that due to viscous friction at the walls of the
testing chambers. For steady flow of 30 lit/min. through a
smooth straight pipe 1 in. in diameter, one can calculate
the pressure drop over an 8 in. length to be a little less
than 1 mm Hg. Even if this is augmented somewhat to account
for the curvature and wall surface irregularities, it is
still much smaller compared to peak pressure drops across
prosthetic valves which are typically 20 to bO mm Hg. in
magnitude. In steady state flow through a rigid tube, the
losses are known to be much smaller when the flow is in the
direction from large to small cross-section than for flow in
the opposite direction (108). This is because flow into a
smaller cross-section involves the conversion of pressure
into kinetic energy, the process being a relatively efficient
one. However, in the reverse direction, the flow is against
a pressure gradient and separation may occur with eddy form¬
ation and accompanying high energy losses.
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In pulsatile flow, with its cyclic pressure gradient
reversals, the situation encourages boundary layer separation
even when the average velocity at a cross-section does not
reverse. Separation impairs the conversion of kinetic energy
into the pressure energy, due to mechanical energy dissipation.
Blood flow from the left ventricle into the aorta
through the aortic valve prosthesis is a good example of a
sudden contraction/sudden expansion of cross-sectional area.
The presence of the valve ring may induce boundary
layer separation as the fluid flows through the orifice. The
extent of energy losses will depend on the orifice size in
relation to the tissue annulus diameter and on whether the
valve ring is smoothly rounded or sharp-edged, the latter
inducing greater losses.
Standard orifice equations based on Bernoulli's equation
for steady flow conditions exist. These equations are however
inapplicable to a pulsatile flow situation.
Finally, separation of the boundary layer can be induced
by the occluder, the struts and the presence of the complex
geometry of the aortic outflow tract.
Backflow in valves has a significant effect on valve
dissipation. It has been determined experimentally (106) that
the pressure drop across a valve is dependent approximately
on the square of the orifice velocity. This velocity is equal
to the cardiac output divided by the valve orifice area.
Consequently, the pressure drop is approximately proportional

57
to the cardiac output squared, since the valve orifice area
is constant.
A formula has been developed (see Appendix 1) whereby
the energy dissipation over a cycle is shown to be equal to
the integral of the product of instantaneous pressure drop
and instantaneous flow rate, over the cycle period.
Since the pressure drop is proportional to the square
of the flow rate, the energy dissipation through a valve
will be proportional to the third power of the flow rate.
Hence a backflow of say, 10fo will require an increase in
cardiac power by an amount approximately one-third larger
that the case without backflow i.e. (1.1)^=1.33. Of course
a statement that valve dissipation is proportional to the
third power of the cardiac output is an oversimplification
but it serves to focus on the significance of the effect of
valve backflow on energy losses.
Besides the energy standpoint, the effect of valvular
regurgitation is also very important from physiological
considerations. The heart must produce an increased flow
output to offset the reversed flow.
The above discussion strongly suggests that energy
dissipation through a valve is a key factor to consider in
the evaluation of its performance.
An experimental protocol was devised to obtain all the
necessary data in a systematic way.
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After the instruments were calibrated, the system was
tuned and allowed time (about 1 minute) to stabilise. The
aortic, ventricular and differential pressure versus time
and aortic flow versus time were recorded on the Brush Recor¬
der strip-charts.
An expression was developed to define the mechanical
energy dissipation through a valve, namely,
fT
Dissipation/stroke - J\ (P,,-P_)
v a Q dt

o

where Pv = ventricular pressure
Pa = aortic pressure
T = period of the cardiac cycle
Q = instantaneous flow rate
The computation of the integral function was performed
on the analog computer. The integrals were summed over ten
cycle periods and averaged over ten of these periods.
A dissipation coefficient (D.C.) was sought which
would involve a non-dimensional form of the valve dissipation
per stroke to account for differences in viscosity, flow rate,
heart rate and testing chamber dimensions. In this way, the
D.C. may be used to characterise a valve. Different valves
may be compared using a standardised yardstick and the same
valve may be assessed at different flow conditions.
Using dimensional analysis*, the dissipation coefficient
was found to be a function of the Reynolds Number, the sys-

* See Appendix 2
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tolic duration, the heart rate, the fluid properties and the
flow geometry, i.e.,
Dissipation Coefficient = Dissipation/stroke
yUQ2T

where

yU = viscosity of the fluid
^ = density of the fluid
Q = mean flow rate
D = aortic diameter
ts = systolic duration
T = period of the cardiac cycle

Note that the D.C. is a function of three dimensionless
groups, the first of which is the Reynolds Number. If valves
are tested in the same mock loop using the same fluid and
keeping’ts and T constant, then the D.C. will be a function
of Reynolds Number alone. If a thorough scan of the physio¬
logic range in both flow and heart rates were made, at all
times keeping two of the three dimensionless groups constant
while varying the third against the D.C., a complete charac¬
terization of the hydrodynamic performance of the valve
would be obtained.
If graphs are plotted of D.C. against each one of the
three dimensionless groups, then the results of other inves¬
tigators may be compared graphically as well as numerically.
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In addition to the D.C., the average pressure drop
across the valve was obtained by planimetric integration of
the differential pressure versus time trace on the stripchart over the period of positive differential pressure,
divided by that period itself.
Finally, the percentage backflow of the valves are
given by,
percentage backflow = Ag

x

100$

A

1

where A g = backflow, the area under the negative portion of
the aortic flow trace
A^ = forward flow or stroke volume, the area under the
positive portion of the same trace.
To minimise the error of measuring the areas under the
curve, the differential pressure and flow rate traces were
run at the maximum chart speed, 200 mm/sec. Measurements
were averaged over three pulses.

CHAPTER V
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EXPERIMENTAL RESULTS AND DISCUSSION
1) Interpretation of results
The pressure and flow rate versus time tracings are
shown in Figures 15 through 30 for the four valves tested.
The chart speed used was 20 mm/sec. Figure 31 shows a stripchart record of valve dissipation. Figures 32 and 33 show
valve dissipation, backflow and mean pressure drop in graph¬
ical form. Designations used were AP for aortic pressure,
LVP for left ventricular pressure, AP for differential press¬
ure across the aortic valve (LVP-AP) and Q for the aortic
flow rate.
The tracings appeared to be physiologic-like and similar
for all the valves except the Starr-Edwards valve tested in
the section with sinuses. In thé straight tube section, the
ball in the cage experienced a little bouncing but was on the
whole quite consistent and smooth in its travel. However when
the same valve was tested in the section with sinuses, a dra¬
stic change in ball behavior was observed. The ball bounced
and its position fluctuated erratically, allowing excessive
backflow. The pressure and flow waveforms revealed a lot of
spikes and oscillations throughout most of the diastolic
period, reflecting the haphazard motion of the ball.
The Smeloff-Cutter and Bjork-Shiley valves suffered
quite high percentages of backflow. The Lillehei-Kaster valve
had the least backflow of all the valves. In terms of the
mean pressure drop across the aortic valve, the Lillehei-
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Raster and Bjork-Shiley valves registered the lowest pressure
drops* The Smeloff-Cutter had high pressure drops and the
Starr-Edwards even higher* The reader should refer to Table 1
for the detailed results.
A general trend was observed in that valves with high
pressure drops and regurgitation also had high dissipation
levels and dissipation coefficients. Table 1 shows clearly
that the tilting disc valves, namely the Lillehei-Kaster and
Bjork-Shiley incurred less dissipation than the caged ball
valves, namely the Smeloff-Cutter and Starr-Edwards valves.
Valves tested in the straight tube section performed
better than in the section with sinuses. This is somewhat
surprising as one would expect that the larger flow area
provided by the sinus cavities would aid in reducing the
dissipative losses through the valves. Apparently this is
not the case. A plausible explanation is that the cavities
tend to induce vortices and more turbulence since the flow
from the valve orifice into the sinus cavities experiences
an abrupt increase in flow area and not a smooth gradual
enlargement. Moreover, in the absence of coronary blood flow,
there is no boundary layer control effect that aids in inhi¬
biting turbulence generation (109).
Tests also revealed larger backflow levels when the
sinuses were present. A likely explanation is that the sinus
cavities permitted more fluid to flow back around the occluder
towards the valve orifice. Apparently the advantage of a
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larger flow area afforded by the sinus cavities was offset by
the resulting increase in turbulence and backflow.
Bellhouse et al (101) have shown that the vortices
generated towards the end of systole in the sinus cavities
actually aid in closure of the three leaflets of the natural
human valve. However, the prostheses tested in this work do
not benefit from these vortices. It would be of great interest
to test a trileaflet valve in the mock loop and establish
whether the tests in the straight tube still exhibit less
dissipation than the section with sinuses.
At this stage, it is merely speculative but if a tri¬
leaflet valve actually exhibits less dissipation (and less
backflow) in a section without sinuses, it will indicate that
the presence of the sinuses does have an active influence on
the valve, being used to advantage in the case of a valve of
the trileaflet design and being actually detrimental to the
performance of valves of other designs. In addition, the resu¬
lts will reveal the inherent disadvantage of rigid valve pros¬
theses compared to the trileaflet valve, It would appear that
sinuses are indeed an essential feature of any valve flow sim¬
ulation study and straight sections, axisymmetric sections or
sections of other descriptions, will be inadequate. In this
work, the dissipation in valves tested in the section with
sinuses typically registered 10 to 20fo larger magnitudes than
the dissipation in a section without sinuses. This was not so
in the case of the Starr-Edwards valve. Here, the presence of
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the sinuses increased the dissipation between 2.7 to 6.7
times.
The superior hydrodynamic performances of the tilting
disc valves over the ball valves may be attributed to certain
features inherent in their design. The Lillehei-Kaster valve
opens to 80 degrees and thus allows for nearly central flow
characteristics with minimal obstruction to forward flow. The
Bjork-Shiley valve opens to 60 degrees and allows for an
approximately central flow. It has the largest orifice diame¬
ter of all the valves tested and this feature permits a larger
initial flow passage through the valve. The ball of the StarrEdwards valve is larger than that of the Smeloff-Cutter. The
Starr-Edwards valve functioned normally in the straight tube
section and on closure, the ball provided a good seal as evi¬
denced by the small backflow. In the open position however,
the ball whose diameter is 8fo larger than the valve orifice,
presented a large obstruction to forward flow. The SmeloffCutter valve with its ball slightly smaller than the orifice,
fares beter in this respect. It is evident that the large
ball size of the Starr-Edwards valve was mainly responsible
for its higher pressure drop to the Smeloff-Cutter valve.
In addition, as pointed out by Wieting (71) the larger
the occluder mass, the greater the drag force necessary to
close the valve. The closing force is provided by the retrogade flow and increases directly with backflow velocity. It is
then clear that for larger occluder masses, more backflow is
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needed to close the valve.
The Lillehei-Kaster, Bjork-Shiley and Smeloff-Cutter
valves are designed with a small annular gap between the
poppet and the valve ring in the closed position. This allows
a limited peripheral backflow during diastole which the manu¬
facturers claim will help prevent blood stasis and thrombus
formation. Leakage in the Bjork-Shiley valve was more pronou¬
nced than that in the Lillehei-Kaster valve probably due to a
larger annular gap. The Smeloff-Cutter recorded greater leakage
than both disc valves. Calculations by the author suggest that
backflow may account for 40-50$ of the total energy dissipation
when there is appreciable leakage in the valve. Hence if leak¬
age and regurgitation can be reduced, the valve dissipation
level will be substantially reduced.
Tests at higher flow rates generally showed lower
percentages of backflow than tests at lower flow rates. This
indicated that while stroke volume increased with flow rate,
the amount of leakage occuring during diastole was approximat¬
ely constant. A parallel observation was that the dissipation
coefficients were higher at lower flow rates. This suggested
that the valves performed more efficiently at the higher flow
rates.
At a particular flow rate, a higher heart rate will
result in a smaller dissipation per stroke. This is because
the stroke volume is reduced in inverse proportion to increased
heart rate. Also, for a given heart rate, it is obvious that
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a higher flow rate will induce greater dissipation. All these
phenomena were underscored by the computed test results.
Valve dissipation/stroke has been evaluated using the
two following expressions
.T
1)

0

2)

AP Vs
For convenient reference, they will be called the

integral expression and the approximate expression. The latter
is easily computed and has been used by Wieting (71) and
Chetta (102).
The approximate expression, in its simplification,
overlooks two important aspects of valve dissipation.
Firstly the differential pressure becomes negative
shortly after the flow has past its peak. During this period
while the flow is still forward, energy dissipation is actua¬
lly negative i.e. some recovery of energy occurs due to the
inertia of the fluid mass causing a forward flow against a
negative pressure gradient.
Secondly during diastole, the regurgitation and leakage
back into the ventricle is dissipative in nature. This dissi¬
pation may be substantial with large backflows and in some
cases may constitute up to

50f°

of the dissipation over a

cardiac cycle.
The two aspects discussed above tend to be self¬
cancelling. However, a valve with a high backflow will result
in the approximate expression being smaller than the integral
expression. Conversely, the integral expression will be the
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smaller of the two for a valve with small backflow. This
situation is reflected in the results (see Table 1) where
under some flow conditions when the Lillehei-Kaster and StarrEdwards valves exhibit low percentage backflow, the approximate
expression is larger than the integral expression while in all
the remaining cases (with higher backflow), the reverse is
true. It was also observed that the ratio of the integral to
approximate expression increased with percentage backflow for
each valve. For a particular valve, the ratio was higher at
lower flow rates. Thus it appears that the discrepancy between
the two expressions increases with percentage backflow and
flow rate.
Other observations on the differential pressure and
flow tracings should be noted.
The positive part of the differential pressure trace
was not exactly in phase with the forward flow. The left
ventricular pressure must exceed the aortic pressure by some
amount (dependent on the opening resistance) before the valve
opens and forward flow can begin.
In addition, the form of the differential pressure and
flow curves are not exactly similar for different valves and
even for the same valve operating at different flow conditions.
Evidently the use of the approximate dissipation expre¬
ssion is open to considerable error, differing from the inte¬
gral expression by as much as a factor of twelve. It is thus
not sufficiently accurate and reliable as a means of rating
valve performance.
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The symbols and abbreviations used in Table 1 are as
defined below.
HR

heart rate in beats/minute

Q

mean aortic flow rate in liters/minute

“ÂP

mean pressure gradient across valve

BF

percentage backflow

Vs

stroke volume in cnr

rT APQdt

J

0

viscosity of the blood analog fluid in
centipoise
integral expression of the valve dissipation
per stroke in ergs
approximate expression of the valve
dissipation per stroke in ergs

“ÂPVs

Dissipation Coefficient
=

T
fr APQdt
J
0
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TABLE 1 (a). Results of valves tested in the section without sinuses.

G +»
o G

•H CD
rH

en
g
o

CD

X
to
u

rH

en
o

0)

E?

X
to

rH

en
O

0)

CO
W)

XI

•P*Hn
«JO O

ft*H
•H <tH

W «H

cn

QO

CO CD
•H O

EH

CM

C3

CO
>
Ift
«

•P

T)
Of
ft

<

EH O

co

>

ft
pq

•

rH

o 00
en o
rH rl

CM
•
•

H
CM vn
rH TH

rH
•

00 vn

CM

CM
C^-

VO -3* CM
00 VT\ ON
00 rH VT\
rH TH

vn CM
en -3“
o CM
vo

CM -3* VO
• * -*
N- rH
rH rH

VO
CM
CM
CN

o

VO
IN
rH

rH

•
vn

IN
en

rH

en VO
vn vn
rH ON
CM 00
rH

IN
ON
en

ON CN
o ON
CM rH
vn cn
rH rH

cn

rH

00 00
CM vo
vn
en CM

00 -3“
-3*
rH

ON CM
•
•

CM vn
ON rH
rH

00
•
rH
-3"

VO
CN

o

CM

o

N- ON
00 vn

00
•

en -3-

o -3“ CM

vn o VO
«
m
«
00 ON Nen -3“ CM

o
ON

cn

o

ON
«

-3"
vn 00 CN IN
«
«
«
«
VO ON CM CN
CM CM rH rH

vn vn

ON
«
cn -3CM CM

cn vo 00
*
•
•
vn ON 00
rH rH

NO VO -3“

o o o
VO ON NO

o
*
o

ON
«
ON

VO VO -3- -3-

o O o o
VO ON so ON

CM

rH

en -3* en
c^
Ov
CM rH

CM -3"
•
•
00 vn

CM rH rH
CM vn CM
en en -3“

CM

CM
•
CM
rH

CO rH -3vn ON CM
rH rH CM

rH

en•
00

rH

CO vn• • VO«
•
00 CM 00 vn
rH

CM
rH

rH

vo rH ON 00
00 VO 00 VO
en O ON vn
CM

CN 00
o 00
ON CM
vn -3-

CO

vn en CN IN
CM

tH
O
-3“
CM

CM

ON

CM c^ VO vn
ON vo cn VO
CM rH rH

en
IN
ON
CM

ON cn cn
IN
CM
rH

rH -=*
IN vn
00 en
rH rH

ON CM o
o 00 en
en ON 00
rH

O

en
00
en
CM

00

vn ON CM
vn
vn

o CM ON
IN IN
C^ 00 -3rH CN 00
rH

o

rH

*
rH
CM

rH
-3*

o o O O
vo ON vo ON

rH

vn vn ON vo
•
•
•
•
vn o ON
rH CM rH

rH

ON

O O O

ON VO

CN
•
CN

cn O VO N
«
*
«
«
.3- vo IN O
rH

o

W)
«
g

VO VO

CN CM
•
•

13

a

o
vo

•
rH
CM

ley
g
Pi

1

ft
ft

CD
>
cd
>
rH

1
ft
O
«H U 00
O CD vn
*
rH -P
<D -P cn
£5 P ll
CO O

ft
to o
vn
1
u u en
u cd «
ed £ cn
•P •a n
cn ft

ft
o
1 >> N.
X 0) VO
u H «
o •tH cn
•n
II
pq CÆ
•H
ft
CD
o
u vo
Q> <D vn
■P m
CO en
ed tl
Hi XI
rH
rH
•H

TABLE 1 (b). Results of valves tested in the section with sinuses.
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FIGURE 21. Pressure and flow tracings for the Bjork-Shiley
size 27A at 60 beats/min heartrate and 4 liters/min
flowrate.
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sise A5 at 90 beats/min heartrate and 4 liters/min
flowrate.
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FIGURE

yi.

A typical strip-chart record of* the valve
dissipation per stroke integrated over ten cycle
periods. This was taken for the case of flow
through the Bjork-Shiley valve prosthesis in
the section without sinuses. Flow rate was
6 liter/min. and heart rate was 60 beats/min.
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FIGURE 33. Mean pressure drop and percentage backflow for the
valves tested under the various flow conditions.
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2) Comparison with previous investigations

It was not possible to compare results directly against
those of other investigators because of size differences in
valves and testing chambers, and the variety of flow conditions
employed. Nevertheless the author has selected the more perti¬
nent information from several sources and attempted a compari¬
son by extrapolation.
Messmer et al (68) obtained pressure gradients for the
Bjork-Shiley size no. 19 and Smeloff-Cutter size no. A1 valves
of 47 and 55 mm Hg. respectively at 13 lit/min. peak flow.
The mean flow was 4 lit/min. These values are about 2j times
greater than the author's results at 4 lit/min. This is exp¬
lained by the fact that the pressure gradients were taken at
peak flow and the valves were several sizes smaller than
those used here.
Lillehei et al (110) obtained the following results.
Valve

Flow rate
(lit/min)

Pressure gradient
(mm Hg)

Starr-Edwards 10A
(Model 2300)
Smeloff-Cutter A4

3.9*0

30

4.408

26

Lillehei-Kaster 18A

4.808

25

Pulse rate - 72 beats/min.
Systole/diastole - 1«2
Left ventricular pressure - 150 mm Hg.
The pressure gradients obtained in Lillehei's work
were higher than those obtained here, probably due to their
use of smaller valves.
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Kaster et al (76) obtained the following results.
Valve

L V P
(mm Hg)

Flow rate
Pressure gradient
(lit/min) (mm Hg)

Starr-Edwards 10A 150 3*912 30.0
(Model 2300) 170 4.944 44.0
Smeloff-Cutter A4

140 3.644
180 6.072

Lillehei-Kaster 20A 130
160

3*680
5*960

20.5
43.5
12.5
25*0

Pulse rate - 72 beats/min.
Systemic resistance - 80 mm Hg.
Systole/diastole - Ii2
These values were again higher than the author's data
and for the same reason of smaller valve size.
Bjork and Olin's (79) results were as follows »Valve Pressure gradient
Total regurgitation
(mm Hg)
%
11.2

3

Smeloff-Cutter 4A

3*8

7

Bjork-Shiley 23A

2.5

10

Starr-Edwards 9A

Pulse rate - 70 beats/min.
Stroke volume - 70 cc.
Aortic pressure - 125/75
The pressure gradients of all these valves were lower
than the author's results and the results of other workers
discussed in this section. The differential pressure versus
time tracings were not given and it was not clear as to how
the figures for the pressure gradients were obtained. Possibly
the pressure gradients were averaged over the whole systolic
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period, in which case the values will be low since the diffe¬
rential pressure becomes negative (i.e. AP exceeds LVP) some
instant before valve closure. However, it is noted that the
three valves rank in the same order of highest to lowest
pressure gradient, consistent with the findings of other
investigators.
In a later paper (111), Bjork and Olin compared the
Bjork-Shiley and Lillehei-Kaster valves. Although the valve
sizes were not specified, the orifice and annulus diameters
given indicated that a Bjork-Shiley size 21ABP was compared
with the Lillehei-Kaster size 14A valve on the basis of equal
annulus diameter.
The results were as follows »Valve

Heart rate
(beats/min)

Gradient
(mm Hg)

Regurgitation
fo

Stroke
vol(ml)

B.S.

120

0

14

45

L.K.

120

4.7

13

41

B.S.

160

7.7

12

46

L.K.

160

12.3

6

42

B.S.

200

10.7

9

47

L.K.

200

18.3

7

42

They found that the Bjork-Shiley valve smaller press¬
ure gradients but larger backflows than the Lillehei-Kaster
valve. A highly questionable point is the zero pressure
gradient as claimed for the Bjork-Shiley valve at 120 bpm.
The closing delay, defined as the time between flow reversal
and valve closure, was smaller for the Bjork-Shiley valve.
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Despite this feature, the Bjork-Shiley valve recorded larger
backflows, suggesting that the leakage during diastole was
higher for the Bjork-Shiley valve* This observation was also
noted in this work. The heart rates tested were much higher
than those used in this work.
Hauf et al (78) tested the Starr-Edwards Model 1200
size 10A valve at 66 beats/min and approximately 3*5 lit/min.
flow rate. They reported a pressure drop of 20.2 mm Hg. and
a backflow of 2.3These figures compare well with the
author's results for a flow rate of 4 lit/min. in the straight
tube test section. However, Hauf obtained a dissipation/stroke
level of 269*530 ergs, which is much lower than what the
author obtained. There was insufficient information in their
paper to enable a reasonable explanation of this difference
to be made.
Wieting (71)» using the approximate formula for valve
dissipation/stroke namely mean pressure drop multiplied by
stroke volume, obtained a figure of 525*000 ergs for the
Starr-Edwards 12A valve with a pressure drop of 5*8 mm Hg.
and 3*93^ backflow. Flow conditions were 72 bpm and 5 lpm
and a ratio of systole to diastole of 1*5*2.
At the systole/diastole ratio employed by Wieting, the
flow waveform tends to have a flatter and lower peak since
the forward flow now occupies a larger share of the cardiac
cycle. The pressure drop is consequently reduced and the
energy losses diminished. Indeed Wieting's value for valve

dissipation/stroke was much lower than what the author obtain¬
ed .
In his flow studies, Chetta (102) tested the StarrEdwards and Bjork-Shiley valves (same size as those used
here) in both a straight tube section and an axisymmetric sec¬
tion. His results showed that less energy losses were incurred
in the axisymmetric test section although a greater backflow
was also observed in the case of the Starr-Edwards valve. At
flow rates of between 4.2 and 4.6 1pm. at approximately 72
bpm, the energy losses/stroke were in the 700,000 to 1,100,000
ergs range for the Starr-Edwards valve and in the 300,000 to
500,000 ergs range for the Bjork-Shiley valve. Chetta employed
the same expression for valve dissipation as Wieting did. His
figures were again lower than the author's. This may be attri¬
buted to his use of a less viscous fluid (3*3 cp.) and a high
systolic duration of 42$ of the cardiac cycle.
Thus considering all the various parameters and the
variety of loop configurations and test results published by
the different investigators, the extrapolated comparisons
appear to be fairly good. It is thus reasonable to conclude
that the data and findings in this work are consistent and
accurate within the limits of experimental error.

CHAPTER VI
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CONCLUSIONS
The mock circulatory loop proved to be of adequate
design, yielding physiologic-like flow and pressure waveforms
and a good simulation of flow conditions through the aortic
valve. The priming volume was low and the loop was a closed
system, with no contact with air.
The dissipation coefficient introduced in this work,
was shown to be a consistent, fair and reasonable means of
rating valve performance hydrodynamically. The ratings revea¬
led the inherent disadvantages of certain valve designs
against others and showed that while a valve may function
well at a particular flow rate and heart rate, its performanc
may differ considerably at other flow conditions.
The results showed that the pivoting disc valves
performed better than the caged ball valves in terms of the
mean pressure drops, backflows and energy dissipations
recorded.
The valves also functioned more efficiently in the
straight tube section than in the section with sinuses. It
was speculated that while the valves tested here did not
benefit from the vortices induced by the presence of the
sinus cavities (which in fact accounted for greater energy
dissipation), a valve of the trileaflet design would benefit
from them. If this speculation is correct, it seems reason¬
able to suggest that the valves tested in a section with
sinuses give more accurate simulations than a straight tube
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section, an axisymmetric section or any other section that
does not reproduce the anatomic features of the sinuses.
The prosthetic heart valve will ultimately be judged
with respect to the rate of postoperative complications, the
quality of life and the longevity of the valve recipient.
In-vitro tests will continue to provide guidelines to design
improvements and will remain an important contribution to the
solution of the associated medical and engineering problems.

CHAPTER VII
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RECOMMENDATIONS
The design and evaluation of prosthetic heart valves
is at present in a relatively early developmental stage. A
great deal of study and research is yet to he done and to
this end, the following suggestions for future workers are
offered.
1) Test a valve of the trileaflet design in the mock loop in
both test sections. Compare the results obtained in both
sections as well as against the results of rigid prostheses
as done in this work.
2) Test valves over a wide physiologic range of heart rates,
flow rates and pressures and try to determine any trends
or patterns in the results. In this context, a pump with
a larger stroke volume may.be required.
3) Simulate coronary flow and observe its effect on valve
performance.
4) Take the aortic pressure measurement just distal of the
valve to obtain the valve dissipation without including
the losses through the aortic arch as was done here. The
results should then be compared with those obtained in this
work to determine if the losses through the arch are
significant.
5) Make flow visualisation studies using both test sections
and note any differences. Observe in particular whether
any vortices form in the sinus cavities. Observe also the
differences in the flow field caused by non-axisymmetric
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valves (such as the pivoting disc valve) at various
orientations.
6) Test different valve sizes of the same model and establish
the size relationship with the aortic diameter for optimum
hydrodynamic performance.
7) Digitise the data and investigate the use of the digital
computer for rapid data reduction. Investigate also the
use of hot wire or film anemometers for the measurement
of velocity profiles across the aortic lumen.
8) Design a fixture to position the valve upstream of the
present ventricular pressure tap location. Provided aortic
and ventricular flow conditions are still physiologic, the
dissipation through the aortic passage itself may be
established.
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Energy dissipation through a valve
The energy equation for a fluid medium is given by
Batchelor (112),

e

= "P*

+

V*(e;je;j

A

') + 5i; (
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)

— O)

where H = internal energy per unit mass
A = V. u , rate of expansion
( ^3^- t

) , rate-of-strain tensor

/* = viscosity, assumed constant
p = density, assumed constant
p = pressure at a point in a moving fluid
k = thermal conductivity of the fluid
T=s local temperature
For an incompressible medium with no heat conduction,
the energy equation (1) reduces to
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which is the dissipâtion/volume,time.
Another form of the energy equation is
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where U - velocity
F = body force per unit mass
= stress tensor
For no heat conduction and using equation (2), equation
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Consider the control volume as shown below.

Taking a volume integral of eqn.(4) over domain D,
one obtains

Se%t(iu')dD+f*
Now, if
where

F = —V
Ÿ

dD

=/[PU;F; +

—(5)

Jo

, conservative body force per unit mass

= stream function for a solenoidal (i.e.

V.u=o)

velocity distribution.
V7 can be regarded as a "potential energy" for the body
force field.
Hence from eqn.(5)» one obtains
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Applying Stoke*s Theorem to the above equation,
one obtains
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Rearranging,
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Set <Tij = -p <£*'j + ^‘j
where Jî'/ = Kronecker delta
= 1 when i=j
= 0 when i/j
dij = deviatoric stress tensor (see Ref, 112,pg 142-5)
Then,
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where subscripts 1 and 2 refer to the cross-sections 1 and 2.
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So if the flow is fully developed at cross-sections 1 and 2,
the right hand terms of eqn.(ll) will cancel each other out.
Under this assumption,
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= volumetric flow rate
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For an incompressible medium and non-distensible flow
channels,

^ f?
-f Q LH-* -
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QI Q2*

Therefore,
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The dissipation/time within the domain D is then
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The dissipation over a cycle for a pulsatile, periodic
flow situation will be given by
7

* "

Dissipation/cycle =

(pt-f>x)Q. df -f- f0 f

+

~ Ÿx) Q dt
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where T = period of the cycle
A particularly simple form is attained if A^=A2 and
the velocities over the cross-sections have similar profiles.
Then if ^ = V^i.e. for a level conduit, one finally obtains
Dissipation/cycle =

J

® dt

”—(18)

This equation may be used to characterise the dissipa¬
tion of blood flow through the aortic valve where P.^ and P2
correspond to the ventricular and aortic pressures respect¬
ively, Q, the aortic flow rate and T, the cardiac cycle
period.
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Dimensional Considerations
The Buckingham T -Theorem states that if a physical
problem is governed by n independent variables, then the rel¬
ation between these variables may be arranged into (n-m) ind¬
ependent dimensionless parameters, where m is the number of
fundamental dimensions in the problem.
If one considers the valve dissipation per stroke to
be dependent on the following system parameters, i.e.,
Dissipâtion/stroke = function (Q,D,y , p,ts,T)
where

Q = mean flow rate over a cardiac cycle
ts = duration of systole in a cardiac cycle
T = period of a cardiac cycle
D = aortic diameter
/* = viscosity of blood (analog)
p = density of blood (analog)

then,

If = function (Diss/stroke,Q,D,yu , ^,,ts,T)
If p ,yu» and D are chosen as the repeating variables,

four dimensionless groups may be obtained, namely,
If1 = Diss/stroke
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Therefore,
Dissipation Coefficient = Piss/stroke
u 02T
= function ( o Q, D (f~» ts )
VI^JT

T

/
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Calculation of systemic resistance
Westerhof et al (81) estimated the systemic resistance
-4 -1
for man at 1,200 g cm
sec . The mock circulatory system
resistors were designed to have resistance values below this
value of 1,200 g cm

-4sec
-1 to allow the mechanical clamp to

make the final adjustment of the resistance level of the sys¬
tem*
From Poiseuille's law, we have
resistance = AP

= 128 M 1

«
whereAP = pressure drop across the resistor
Q = flow rate through the resistor
M - dynamic viscosity of blood analog fluid
_2
=3*5 centipoise or 0,035 dyne-sec cm
1 = length of capillary tube

= 7*5 cm.
D = diameter of capillary tube
N = number of tubes used
In the valve tests, the following values were used.

D = 1.1 to 1,2 mm., average =1.15 mm.
N = 74
So, resistance of each resistor = 128 x 0.035 x 7.5

it x (0.115)

x 74

FLOW CHART OF THE ANALOG COMPUTER

I.C. from FF 2
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Error Analysis
In the experiments conducted here, the sources of error
are in the calibration and application of the flow and pressure
measurements, the computation of the valve dissipation with
the aid of the analog computer, and the extraction of data
from the strip-chart recorders. No information was available
on the accuracy of the analog computer results but other perti¬
nent sources of error and uncertainties are discussed below.
For flow measurement, calibration of the flow probe
involved the reading of the rotameter scale, the maximum error
of which was estimated at 0.2/5 lit/min. or 4$. Effects of gain
and excitation variation accounted for 5$ error, linearity 1$
and the readability of the e.m. flowmeter scale was estimated
to be 0.2/4 lit/min. or 5$ maximum error.
In the pressure measurement, calibration of the pressure
transducers involved a reading error on the manometer scale of
J/40 mm Hg. or 1.25$. Linearity and hysterisis of the instru¬
mentation added another 0.1% error.
Information extracted from the strip-chart recorder
involved some possible sources of error. The readability error
of the strip-chart was typically i/25 divisions or 1$. An amb¬
ient temperature fluctuation of 5 degrees C during experimental
runs will contribute another 0.3% to the instrumentation error,
linearity 0.3$ and hysterisis another 0.1%.
Finally, the maximum possible error in obtaining the
energy dissipation level through a valve will be the sum of
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all the individual error contributions, namely, 4+5+l+5»0+l .25

%.

+0.1+1+0.3+0.3+0.1 = 18.05
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