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Abstract

The high occurrence of vascular disease in the 20™ century has been the driving force for
researchers to produce a successful small diameter synthetic graft. Large diameter synthetic grafts
remain patent for extended periods due to a higher flow rate, while smaller diameter grafts
occlude more readily. Mechanical property mismatch between graft and host artery has been cited
as one of the major factors that contribute to graft occlusion. It has thus been important to develop
a readily available graft that is accepted by the body and does not cause flow abnormalities and
stress-concentrations at graft-artery junctions. The object of this project was to ascertain the effect
of an adventitial reinforcement on elastic compliance of synthetic porous polyurethane grafis.
Non-reinforced grafis were over-compliant and continued to distend over an extended time period
when subjected to cyclic stress. An automated winding apparatus was employed to wind different
reinforcing fibres at various configurations. A fine elastane fibre was used to imitate elastin, the
elastic component of a natural adventitia, a stiff nylon monofilament was used to imitate collagen
which is much stiffer, and a polyurethane fibre with intermediate properties was also used. Porous
polyurethane grafts manufactured by a salt-cast method and a gelatin bead-cast method were
reinforced with the fibres at winding pitches of 1, 2.5 and Smm. Two sets of grafts were
reinforced with a combination of elastane and nylon reinforcement in an attempt to imitate the
properties of a natural adventitia. Static and dynamic compliance tests were performed on all sets
of grafts. Static compliance was measured by incrementally increasing the pressure by 20mm Hg
over a range of 40-300mm Hg. The compliance was determined by measuring the corresponding
diameter change over this pressure range. The non-reinforced salt-cast grafts showed the highest
compliance values, having a static compliance of 9.21%/100mm Hg over the 80-120mm Hg
pressure range, while the non-reinforced bead-cast grafts had a compliance of 5.21%/100mm Hg,
indicating the bead-cast structure to be less compliant. The graft with the lowest static compliance
was a nylon-reinforced graft, with a winding pitch of Imm. The compliance over the 80-120mm
Hg range being 1.76% per 100mm Hg. Dynamic compliance testing was also performed on all
the graft types and a simulated physiological pressure pulse was applied to the grafts. Compliance
was calculated over an 80-120mm Hg range as well as a 180-220mm Hg range. Dynamic
compliances were generally lower than the static values for each set of graft, most likely due to
the effect of testing rate. The grafts were also tested for maximum bursting pressure, the strongest
graft tested being a bead graft reinforced with 290um diameter PU monofilament at 2. 5mm pitch,
failing at 652mm Hg. The non-reinforced grafts were shown to gradually distend with extended
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dynamic testing. By applying an external fibre-type reinforcement it was shown that the
mechanical properties of an over-compliant porous polyurethane graft prosthesis could be
improved. Moreover, it was shown that these properties could be manipulated by applying

different reinforcing materials and by using different reinforcing configurations.
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List of definitions

The membranous outer covering of an organ or a blood vessel.

The surgical connection of separate or severed tubular hollow organs
to form a continuous channel.

Derived or transferred from the same individual's body.

Extension or displacement of a loaded structure per unit load (in the
case of blood vessels, the percentage diameter or volume change per
umnit increase in internal pressure.

The change in dimension of a specimen when subjected to a constant
stress, the change being in the direction of the applied stress.
Anatomically located far from a point of reference, such as an origin
or a point of attachment.

Generic name for elastic polymer materials, usually comprising
polyurethane-urea.

Consisting of dissimilar elements or parts, not homogeneous.

A living tissue graft that is made from one animal species to another.
Uniform in structure or composition throughout.

The amount of energy absorbed by a material when it is stressed and
the stress then removed.

The innermost membrane of an organ or a part, especially the inner
lining of a lymphatic vessel, an artery, or a vein.

The proliferation of smooth muscle and endothelial cells on the
inside of a blood vessel.

The middle, muscular layer of the wall of a blood vessel.

The closing or obstruction of a hollow organ or part.

The state or quality of being open, expanded, or unblocked.

The ratio of lateral to transverse strain under an applied stress.
Nearer to a point of reference such as an origin, a point of
attachment, or the midline of the body.

The reduction in stress in a specimen after applying a force to the

specimen and holding at a specific dimension.



Thrombogenic
Thromboresistant
Thrombosis

Xenografi

Young’s modulus

Vil

Causing thrombosis or clotting of the blood.

The ability to resist thrombosis or blood clotting.

A condition in which the blood changes from a liquid to a solid and
produces a blood clot.

A living tissue graft that is made from one animal species and
implanted in another.

The ratio of stress to strain in a linear elastic material
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Introduction

The development of a compliant small diameter vascular graft has been the topic of
cardiovascular research for a number of years. This is due to its importance in the treatment of

cardiovascular disease, which remains a major cause of mortality world-wide.

Synthetic grafts of polymeric materials have already been used with success in the replacement of
large vessels with diameters of up to 3 centimetres, where differences in properties between graft
and vessel are of less consequence. Grafts of smaller diameters (generally 6mm and less), made
of the same synthetic materials, have had considerably less success. This has generally been
attributed to surface thrombogenicity and intimal hyperplasia. While surface thrombogenicity is
due to a lack of living endothelial cells, intimal hyperplasia is due to the proliferation of
ingrowing host tissue on the blood surface of the graft. The cause of intimal hyperplasia is
multifactorial, and one of the causes seems to be the difference in mechanical properties and
compliance between graft and host artery. Compliance is a term used to describe the change in
diameter of a vessel under a given change in internal pressure. Compliance mismatch between
graft and vessel can lead to considerable problems, which eventually result in failure of the graft.
Difference in stresses at the anastomotic junction can result in a proliferation of smooth muscle
cells, due to an increased release of growth enzymes. This leads to a thickening of the vessel wall
and eventual occlusion. The objective therefore has been to create a graft with the same or similar
mechanical properties to that of a natural vessel and overcome these effects. In this respect,
various approaches have been researched to solve this problem. Some have decided to take the
‘natural’ route while others have preferred to look for a synthetic alternative. The biological
approach includes cell cultivation and in vitro ‘growing’ of an artery, or use of treated natural
vessels transplanted to replace diseased ones. The synthetic approach details manufacturing a tube
from a biocompatible material, usually polymeric in nature. In both cases it is necessary that the
grafts are accepted by the body and are effectively incorporated. Some researchers have taken a
compromise approach, seeking to combine synthetic and biological approaches. This entails the
use of a porous structure that allows cell ingrowth and endothelialisation of the inner surface of
the graft. Other researchers have sought to develop a graft made from a bioresorbable material
that 1s resorbed by the body and eventually replaced by vascular tissue. In all of these
approaches, however, it is realised that the matching of the material properties of the graft and
vessel is of great importance to ensure long-life functionality.
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Currently, the choice of materials suitable for implant is limited. While there has been some
success with Dacron® and PTFE as materials for larger diameter implants, they still remain
unsuitable for the smaller diameter implants partly due to their lack of compliance. Polyurethane
has been a likely substitute and has an advantage due to its great variability of properties and
good acceptance rate. However, the mechanical properties of this material are still not ideal as
polyurethanes used currently for synthetic grafts are visco-elastic in nature and would have the

tendency to creep or distend over a period, causing the graft to eventually fail.

In this project, the aim was to improve the mechanical properties of an existing polyurethane
graft, in essence to manufacture an adventitially-reinforced graft with a compliance close to that
of a human femoral artery which has a compliance of around 6%/100mm Hg. Reinforcing fibres
were wound helically on the external surface of the grafts, at different winding pitches (the gap
between adjacent fibres) and some grafts having more than one layer of fibre. In some cases more
than one type of fibre was employed. The static and dynamic compliance of these grafis was then
appraised by testing them om a custom-built apparatus, to determine the effect these
reinforcements had om the mechanical properties. The effect of extended testing on the
mechanical properties was also investigated. Burst testing and suture tearing strength were also

performed on some of the graft types to determine their ultimate failure strength and suturability.



1. Literature Review

This chapter gives an overview of some of the history of vascular prostheses as well as the
different types of grafts being used currently. Aspects of vascular grafting that determine the
ultimate success of grafts are also discussed, in particular the matching of mechanical properties

and compliance to that of natural vessels.

1.1 BACKGROUND OF VASCULAR PROSTHESES

1.1.1 Arterial Grafts of Natural Tissue

Autologous grafts (grafts from the same subject) remain to date the replacement vessels of choice
in vascular and cardiac surgery. The problems associated with synthetic arterial grafts result in a
lower patency, especially for grafts with a diameter less than 6mm. For example, the internal
mammary arteries are usually the fust choice of surgeons for coronary bypass operations,
followed by the radial artery, the superior gastroepiploica artery and the saphenous vein. The
disadvantage of this approach is that these vessels themselves are often diseased, and there is the
problem of the presence of valves in veins even when placing the vein in the reverse flow
direction (to prevent the valves closing). Some success has been had using other types of natural
tissue grafts, for example umbilical vein reinforced with Dacron® mesh, or bovine heterografts
that have undergone fixation treatment and detoxification to prevent an immune response.
Hokanson and Strandness [1] showed that out of several types of arterial grafts implanted
(including knitted & woven Dacron®, knitted and woven Teflon® grafts, autologous vein grafts
and bovine heterografts), the bovine grafts had the best patency. The other grafis showed a
decrease in patency after implantation, with exception of the vein graft. Out of vein, Dacron® and
PTFE grafis, vein grafis showed the best patency in a canine bypass model after 2 weeks (83%
remaining patent). Some recent research has been carried out in growing arteries in vitro, by
means of cell culture techniques L"Heureux et al [2], showed that cells could be cultured in layers
and wrapped around a mandrel to produce a graft. Firstly, human smooth muscle cells were

cultured and then a layer of human fibroblasts added to provide an adventitia. After a maturation
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time of about 7 weeks, the grafts were found to have developed a bursting strength of above 2000
mm Hg. Non-endothelialised grafts were implanted in a canine model and assessed after 7 days.
Fifty percent of the grafts were found to remain patent. This low figure can be attributed to the
fact that they were xenografts (ie. grafts of human tissue in a canine model). Another attempt at a
cultured graft was undertaken by Ramshaw et al [3], who grew collagen-impregnated grafts by
implanting silicone mandrels wrapped with Dacron® mesh in sheep. However, these grafts were
not implanted into any vascular models and therefore cannot be assessed in terms of their

biocompatibility or physical properties.

1.1.2 Prosthetic Vascular Grafis

To date, various materials have been used in the manufacture of synthetic artery grafts. Most of
these materials have been polymeric in nature and include Teflon®, or polytetrafluoroethylene,
Dacron® (PET), and polyurethane. Different manufacturing techniques have been employed to
give the final desired properties (for example, Dacron® grafts are knitted with a concertina-type
structure that gives them longitudinal stretch and prevents kinking). Until now, these materials
have been successfully used in larger diameter vessels, and compliant behaviour has been of less
importance, as the grafts have had only to withstand the maximum pressure in the vessel and not
necessarily match compliance. Thus their role was merely to provide a conduit in which blood
can flow. Problems arise, however as the diameter of the vessel decreases and pressure increases.
Physiologically, vessels further away from the heart are smaller in diameter and have different
tissue composition and hence different mechanical and elastic properties than those closer to the
heart. It has generally been recognised that below a diameter of about 6mm, the patency of grafts
is reduced dramatically [4,5]. More recently, grafi materials have been chosen on their ability to
be accepted in the body and remain inert. Also, graft microstructures have been developed that
allow better incorporation into the body. Knitted or woven grafts such as Dacron®, or expanded
poly(tetrafluroethylene) (PTFE) have spaces between fibres which are mostly prohibitive for
tissue ingrowth. Researchers such as McGregor, Wilson [6,7] and Gershon, Cohn and Marom
[8,9] have attempted to produce filament-wound grafts either with polyurethane fibres or with
fibres coated with polyurethane [8]. By varying the pitch (wind angle), they could vary the
amount of porosity as well as the mechanical properties of the graft. Other filament — type grafts
have been made by Gupta and Kasyanov [10] who used 2 different types of fibres to imitate the

properties of elastin and collagen, using a stiff Polyester fibre for the collagen and an elastic
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Lycra® fibre for the elastin. These were woven together to form a composite graft which was
shown to have comparable mechanical properties to a human carotid artery (upon which they
modelled the graft.)

Since polyurethane has had some success as an implant material, some attempts have been made
to produce a porous polyurethane graft. Some have used a phase separation technique to produce
a porous structure [11,12,] or a soluble filler to create the porosity which is extracted when the
graft is cured [13] or by bubbling a gas through the polymer solution before it sets [14]. With all
of these methods however, there is a limit to the extent to which pore morphology can be
controlled. Despite all these developments, a suitable small diameter graft that does not fail due to

poor mechanical properties or poor biologic compatibility has yet to be found.

1.1.3 The Advantages and Disadvantages of Natural and Synthetic Vessels

Natural vessels, especially autologous implants (ie. from the same subject) have generally had
more success as small diameter implants than synthetic grafis. In terms of mechanical properties,
the natural tissue provides a fairly close match in terms of compliance or elasticity, even when
using saphenous vein grafis (veins have a lower compliance than arteries). Autologous vein grafis
have been widely used and are preferred over heterogeneous treated tissue or xenografis, as there
is no immune response to foreign tissue. The only concern, as mentioned previously, is that
autologous vessels are often in too diseased a state to be used. The beneficial quality of these
grafts, however, is that they possess an endothelial lining which makes them thromboresistant (ie.
they resist the onset of coagulation). The thromboresistance of a material depends primarily on its
surface features and chemical make up, since this determines the types and ease with which
proteins may be adsorbed. Following protein adsorption, platelet adhesion occurs and then blood
cell interaction. Most synthetic materials being used currently for implants have a poor
thromboresistance. Thus efforts are being made to treat the graft surfaces such that the adsorption
of proteins associated with thrombus formation is imited. Heparin treatment shows some promise
in preventing clot formation and also has the added benefit of inhibiting smooth muscle cell
proliferation, which would naturally be beneficial in preventing intunal hyperplasia (which is the
excessive growth of arterial tissue from the natural vessel into the synthetic one at the
anastomosis)[4]. Another avenue being explored are synthetic grafts with an established
endothelial layer, since this is the only known surface that does not cause a thrombogenic
response. To do this, one would either have to implant a graft with a surface that encourages the

formation of an endothelial lining, or alternatively ‘seed’ a graft in vitro with endothelial cells
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from the patient, and implanting once a cultured endothelial layer has formed. Obviously, the
time it would take to culture endothelium is a drawback.

Polyurethane has gained favour as an implant material because of its more elastic response and
relative inertness when implanted. Dacron® in comparison has a high tendency for platelet
adhesion and activation, which explains why it has not had much success in small diameter vessel
replacement. There is still some uncertainty as to what exactly causes intimal hyperplasia but in
most small diameter grafis there is always a proliferation of natural tissue at the anastomosis. This
tissue is comprised mostly of smooth muscle and extracellular matrix. L.oss of patency occurs
when the vessel becomes stenosed. Blood flow velocity is reduced below a critical point and
thrombosis (clot formation) occurs, resulting in occlusion of the vessel. Interestingly, the
hyperplastic response is always found to be more pronounced at the distal (or downstream)
anastomosis. It has been hypothesised that as blood platelets pass through the non-endothelialised
synthetic graft, they become activated and stimulate the release of growth factors that in turn
stimulate the proliferation of smooth muscle at the site of greatest stress concentration [4].
However, the true cause could be related to compliance and size mismatch, which in turn results
i uneven shear siress distributions. In all cases graft failure simply occurs by blockage or
occlusion after clot formation which is the result of flow abnormality (turbulence, reduced flow

velocity).

1.2. THE IMPORTANCE OF COMPLIANCE MATCHING

At a junction between a natural artery and a synthetic graft (or anastomosis), there is always a
degree of mismatch between natural and synthetic properties. This difference in properties
invariably results in complications and has a direct effect on pressure and flow characteristics in
that region. The greater the degree of mismatch, the more pronounced the problems. If the
synthetic graft has a lower compliance than the artery (ie. more stiff), the dilation of the artery is
restrained at the anastomosis, and at maximum distension the graft remains at a smaller diameter
than the artery and the blood has to flow through a narrower path. This results in an increased
blood velocity in this area. Conversely, if the graft is of higher compliance (or less stiff} than the
host artery, ‘ballooning’ occurs after the anastomosis, as the graft distends to a higher degree than
the artery. Hence pressure and flow velocity decrease due to the greater diameter. Both of these
cases are detrimental to the long-life functionality of the graft, and have deleterious effects on cell

growth around the anastomosis, which in turn leads to a compounding of the problem and
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eventual failure. Numerous authors have cited the direct cause of intimal hyperplasia to be
compliance mismatch between host and synthetic vessels. Chandran and Kim |15} have shown by
numerical modelling that compliance mismatch in the case of end-to-end anastomoses is a major
cause of abnormal flow conditions which ultimately results in loss of patency. In the case of end-
to-side anastomoses however, they claim geometry of the junction to be the primary factor and
mismatch a secondary contributor to flow abnormality. Kidson [16,17] showed a correlation
between graft compliance and patency by implanting vein, Dacron® and PTFE grafts in a canine
model. The stiffest, least compliant ePTFE (expanded polytetrafluoroethylene) grafts had the
poorest patency (15% after 12 weeks), while Dacron® and vein grafts had a patency of 30 and
80% respectively). Walden et al [18] conducted a similar study and also confirmed that ePTFE
had the lower patency when compared to autologous vein grafts. Stansby et al [19] and
Giudiceandrea [20] seeded ePTFE and polyurethane grafts with endothelial cells and tested them
on an artificial circulation device. They found that the more compliant polyurethane grafis had a
better cell adhesion percentage than the less compliant ePTFE grafts, suggesting that more
compliant materials reduce the fluid shear on endothelial cells. In the case of porous grafts there
is also the added effect of tissue ingrowth after implantation. Generally, this will cause a decrease
in compliance as shown by White, Klein and Shors [21] who implanted over-compliant porous
silicone grafts in dogs. After 2 weeks, the compliance had decreased to a similar value to that of a
natural artery. In humans, Dacron® and ePTFE grafts decrease in compliance over time due to a

fibroplastic response [22] which consists of the proliferation of fibroblasts and collagen.

1.2.1. Haemodynamic Aspects of Arterial Grafting

As mentioned above, there has been defined or hypothesised a critical flow velocity below which
thrombus will form. Also, at elevated flow rates, turbulence occurs which results in increased
shear stress on the intimal layer, causing an erosive effect on the endothelial lining of the vessel.
This obviously results in a decrease in thromboresistance and ultimately loss of patency. Burkel
[4], citing work by Sauvage et al., defines a critical flow velocity below which thrombus forms.
Research suggests this velocity to be 6-8ml/s. This also explains the high patency rates of large
diameter grafts compared to small diameter ones. In large vessels, the flow velocity is high and a
stable intimal layer of platelets and fibrin forms. In smaller vessels, the flow rate is considerably
lower and the likelihood of thrombus formation is far greater. The anastomotic geometry is also
an important factor to consider in arterial grafting. 1n an effort to reduce the occlusive effects of

hyperplasia, some experiments have been done implanting oversize grafts. Weston et al [23]
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found that a minimum mean wall shear stress rate occurs at a divergent geometry (ie from a small
artery to a large graft or from a small graft to a large artery). They suggested that diameters of
grafts should be matched in the pressurised state (ie similar to in vivo pressure) to prevent
diameter mismatch upon implantation. Low shear stress rates have been shown to be associated
with increased hyperplasia. Compliance and diameter mismatch will cause abnormal shear stress
distributions, therefore it is important to match both of these factors, Nicolaides [5] showed the
Poiseuille equation to be useful as a rough assessment to the onset of turbulent flow, by
calculating the Reynold’s number according to diameter and flow rates in different vessels.
However, this approach is not really applicable to pulsatile flow scenarios and hence is only
really a qualitative tool. It 1s interesting to note that despite the assumptions of steady laminar
flow and an incompressible fluid in a straight vessel, there is a transition point at a 6mm vessel
where the Reynold’s number exceeds that for steady flow and becomes turbulent. Generally,
Reynold’s numbers above 2300 indicate turbulent flow, These calculations are based on the
maximum flow rate ie peak systolic flow. Analysis of vascular haemodynamics is further
complicated by the fact that the vascular tree tapers — not only in size but also in terms of
mechanical properties [5]. Near to the heart, where the flow volume and pressure is high, blood
vessels are generally more compliant and elastic {24,25,26]. This phenomenon is termed the
Windkessel effect and serves to smooth the sharp pulsatile output of the heart. The origin of this
term is from an 18" century device used in fire engines at the time. The Windkessel chamber
served to smooth the spurting flow created by the hand-operated pump. Being half filled with air
and half with water, the air portion served as an elastic “cushion”, taking up the initial pressure
spike and propagating a smooth flow as the air expanded back to normal state. Physiologically,
the elasticity of the aorta acts in the same way, as a buffer to the systolic output of the heart. Since
there is an aortic valve and the flow cannot be reversed, when the aorta returns to normal state, it
propagates a forward flow. This can be demonstrated by observing the blood pressure curve: the
pressure increases sharply to the maximum systolic value due to the output of the heart, then
reducing at a slower rate to the diastolic value before repeating the cycle again. More distally,
arteries tend to decrease in compliance and elasticity in order to prevent energy losses as blood
flows to the periphery. The term impedance is used to describe this effect and is a measure of the
resistance of the system to forward flow. It is dependent on the geometry of the vessels (ie. lumen
area) as well as their compliance or modulus of elasticity (which is the inverse of compliance), as
well as viscosity and inertia of the blood. Nicolaides [5] defines an input impedance as the ratio
of the modulus of each pressure wave to the modulus of each pressure wave harmonic, and one is

able to calculate this by the simultaneous measurement of pressure and flow. Since impedance
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increases and compliance decreases toward the periphery, the pressure pulse wave shows a
change in shape as one moves distally along the vascular tree (see figure 1.1). From being a
triangular-shaped wave in the aorta, it is transformed into a sharper peak with a higher systolic
pressure at the extremities. Conversely, the flow waveform shows a decrease in amplitude
towards the peripheral vessels, and can be explained by the corresponding changes in the pressure
waveform. Changes in the shape of the pressure waveform result in changes in the pressure

differential for each pulse, and hence effects the amplitude of the volume flow curve.

Ho 12
10
8
Asc Thor. Abd Femoral  Tibial
60 Aorta Aorta Aorta
Flow 15
(cm/sec)
T T e B e | T T
5 N
O e e M e e
-50
Thor. Abd. Femoral Tibial
Aorta Aorta

Figure 1.1: Transformation of the pressure pulse and flow waves in the arterial tree

{(Adapted from [5])
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1.3. IMITATING THE PROPERTIES OF NATURAL VESSELS

Researchers have until recently been more concerned with the biocompatibility of a prosthesis,
and have paid more attention in developing graft materials and structures that are accepted by the
body. Less emphasis has been placed on matching the mechanical properties of the graft with the
host vessel. Although material biocompatibility is important in the initial period of implant (as a
minimal immune response is desired after implantation), the mismatch in mechanical properties
will also ultimately result in failure of the graft. Medical researchers have realised the need to
initially have a blood-compatible lumen on the intemal surface of the graft. In this regard, much
time has been spent on developing a graft that can quickly establish a layer of endothelial cells on
the inside surface of the graft. As far as i1s known, the endothelial surface is the only truly
thromboresistant surface, and even the best polymer surfaces still encounter deleterious protein
adhesion. The issue of mechanical mismatch becomes more of a factor influencing patency at a
later stage. This might be a gradual loss of compliance over a period of time, either due to tissue
ingrowth or deterioration of the graft properties (especially in the case when the graft is made
from a visco-elastic material, and the phenomenon of creep occurs. Some researchers have
recognised that the larger the mismatch in compliance between artery and grafi, the more
pronounced the effect on patency [19,27.28]. This is understandable, since a material with a
completely different stress response will have a direct effect on the blood haemodynamics. Stiff
grafts cause a certain amount of impedance, and reduction of blood flow, which ultimately results
in failure by thrombosis [8,29] It would be very difficult to imitate the anisotropic properties of an
artery utilising one material. At best, some variation in structure might have some effect, but one
would not be able to achieve difference in Elastic modulus between collagen and elastin for

example (Ecoliagen=t 1X10° MPa, Eaqin = +0.4 MPa)

1.3.1 The Physiological Structure of Blood Vessels

One can divide the blood vessels into two categories: veins and arteries. Veins act as a ‘retwrn’
path from the organs back to the heart and are generally low-pressure vessels. Arteries distribute
blood from the heart to the rest of the body and have to deal with relatively higher blood
pressures which fluctuate in a cyclic manner. Due to these different roles, the tissue composition
of veins and arteries differ considerably. There is also a distinct difference in composition of
arteries depending on their size and location in the body. For instance, the aorta has a 1:10 wall

thickness:diameter ratio and is composed mostly of elastic tissue and some smooth muscle,
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Figure 1.3: Variation of artery and vein compesition in the vascular tree. (adapted from

[137]).

1.3.2 The Mechanical Properties of Arterial Tissue

Numerous researchers have shown the stress-response of natural blood vessels to be non-linear in

nature {17,18,19,30,31,32]. Generally, arteries show an increase in stiffness with an increase in

internal pressure. Shadwick [24] measured the elastic properties of the arteries of several different

species. When normalised with the mean arterial pressure found in each subject, the elastic

moduli of arterial tissue is more or less equal, even when comparing different species. He further

points out that arterial tissue is hence modular in nature and its composition will depend on the

position in the arterial tree and the mean pressure. With increasing distance from the heart, the

ratio of elastin to collagen changes from about 2:1 in the aortic arch to 1:2 in the abdominal aorta.

Hence arteries closer to the heart are more elastic in nature, while those more distal are less so.
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Fung et al. [33,34], sought to describe the properties of the different layers found in a blood
vessel, and divided the blood vessel into 2 distinct layers: the intima-media and the adventitia (see
table 1.1 below). By testing segments of arteries in bending-type experiments, he calculated the
moduli of the two layers and determined the position of zero-stress in the artery wall (the location
of the neutral axis). Although he shows the adventitial layer to have a much lower modulus than
the intima-media layer, this is probably because the testing was conducted at low strains, and the

influence of the stiff collagen in the adventitia would have been negligible.

Table 1.1: Properties of porcine aorta at different positions [31]

Thoracic aorta 4325 kPa 4.7 kPa 30 %

Ascending aorta 4475 kPa 111.9kPa 35%
Descending aorta 247.8 kPa 68.7 kPa 35 %

1.3.3 The Response of Arteries to Stress

Peterson et al [30] analysed the in vivo response of arteries to pressurisation under various
conditions. They refuted the theory that the smooth muscle content of the arteries assist in
pressure pulse propagation. The synchronisation of contraction of the arteries with that of the
heart would be far too complicated, as the pulse is a highly variable occurrence, and there is
evidence to suggest that the elastic response of smooth muscle is far too slow to achieve this. No
evidence has been found to support the theory of synchronous contraction. Generally, under small
strain conditions, the artery response can be seen as elastic, and will be proportional to the elastic

and viscosity moduli of the vessel.

1.3.4 Replicating the Compliance of Arteries

Gershon et al. {9,29], have manufactured grafts by a winding process, whereby an elastic fibre is
embedded in a biodegradable polymer matrix to give the desired properties. The mechanical
properties and compliance of the graft can be well controlled by adjustment of the winding angle
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and fibre content, and depending on the constifuent materials. As can be seen from figure 1.4

below, they found a maximum compliance (minimum elastic modulus, E) in the longitudinal

direction to exist with a winding angle of 45 degrees. As they defined the winding angle to be

measured from the longitudinal axis of the graft, this can be explained by the fact that at angles

close to 90 degrees, the fibres lie closer together in the transverse direction and the polyurethane

matrix will essentially ‘glue’ the fibres together. At angles closer to 0 degrees, the fibres become

more aligned with the longitudinal direction, hence increasing stiffness in that direction.
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Figure 1.4: Graph of Young’s modulus in the x-direction as a function of winding angle |9].

Figure 1.5 below shows also how fibre content affects the stiffness of the grafis in the

longitudinal and transverse directions.
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Figure 1.5: The effect of fibre content on Young’s modulus (wind angle of £73°),
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By this process, it is possible to manufacture a graft that has the anisotropic material properties of
a real artery. The advantage of this is that is a very controllable process, and by using a
biodegradable matrix, into which smooth muscle cells would grow, one can compensate for an
increase in stiffness of the graft, which would happen in the case of using a purely porous, non-
degradable graft. Gupta and Kasyanov [10] manufactured a graft by weaving 2 different fibres: a
polyester fibre with a high modulus of elasticity to imitate collagen and a Lycra® fibre with a low
modulus to imitate the properties of elastin. They were also able to introduce a certain amount of

circumferential pre-stress by knitting the Lycra® fibre under some tension in this direction.

1.4 COMPLIANCE TESTING OF GRAFTS AND NATURAL VESSELS.

1. 4.1. Static and Dynamic Compliance Testing

Generally, there are two ways of characterising the compliance of a vessel: Statically and
dynamically. Static compliance testing entails the stepwise, incremental mcrease in internal
pressure and a corresponding diameter measurement for each step. The advantage of this method
is that it 1s quite easy to generate a pressure-diameter relationship, and is useful when
characterising compliance over a large pressure range. However it does not take into account the
effect of strain rate on the graft response. This could have quite a large influence on the data
obtained, especially if there is an appreciable delay between pressurisation and diameter
measurement (a weak, visco-elastic material will creep under constant applied stress conditions,
thus distorting the diameter measurement). The viscosity of the material will determine the rate of
change of stress, so at higher strain rates or faster pressurisation within the vessel, a highly visco-

elastic material will appear “stiffer’, due to the slower strain response [30].

Dynamic compliance measurement conversely, is undertaken during pulsatile flow conditions,
over a pertod of time. This means a more realistic response to natural condifions ie. the effect of
strain rate on tissue response. In order to do pressure and diameter measurements, one has to have
a suitable data capturing facility in order to accomplish this (a very fast capturing rate to generate
accurate curves). Some researchers have shown compliance to be heart-rate dependent, ie. strain
rate dependent [35]. Generally, at higher pulse rates (higher strain rates), the arteries show a
decreased compliance. MacWilliams et al. [31] also showed that compliance varies within the

pressure pulse and is hence pressure-dependent.
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1.4.2 Methods of Measuring Compliance of Natural and Synthetic Vessels.

1.4.2.1 Measuring Compliance in Vitro

Numerous sources have cited the use of equipment to simulate the in vive blood conditions ie.
flow and pressure. There are several ways of producing a pulsatile fluid flow, and the facility to
accurately recreate true conditions will depend on the design of the apparatus. There is always a
difficulty associated with testing natural vessels in vitro: that is the vessel tissue degrades very
quickly after being removed from the body (due to the lack of nourishment by the blood). Hence
testing must be carried out as soon as possible after explant to prevent degradation (desiccation)
of the material which in turn causes a change in the material properties. Also, to reproduce the
physiological pressures and flow waveforms is quite a challenge because of the complexity of the
vascular haemodynamics, and usually one is able to reproduce one but not the other
simultaneously. Labadie et al. [36] built a perfusion system and tested canine carotid arteries as
well as human saphenous vein portions, using a fluid-filled testing chamber maintained at a
constant temperature and containing tissue culture medivm. The pulsatile waveform was
generated using a centrifugal pump and a computer-controlled gate valve which allowed accurate
recreation of the pressure pulse.

Brant, Rodgers & Borovetz [37] utilised a similar system in testing canine vessels. In order to
measure the diameter of the grafts duning perfusion, both of these teams of researchers used a
non-contact method, by using a laser-micrometer to monitor the changing diameter. The diameter

was determined by the amount of light the graft blocks (see figure 1.6 below).
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Figure 1.6: Principle of laser micrometer diameter measurement.
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The advantage of this is that it is a non-contact method of measuring the diameter and hence there
are no restrictive effects to the dilation of the tube and therefore no error introduced. However,
some difficulty arises if the sample is submerged in water — this would have an effect on the
diffraction of the beam as it would have to pass through a transparent window and then the fluid
before it reaches the sample. Currently though, the effect can be compensated for by the use of
custom built-electronics. Alternatively, the apparatus could be pre-calibrated by measuring rods

of known diameter and calculating the percentage of error.

1.4.2.2 Reproduction of Physiological Flow and Pressure Waveforms

There have been numerous attempts to reproduce the physiological haemodynamics of the
vascular tree. Law et al [38] made use of a modified peristaltic pump to create the desired flow
waveforms. They claimed that the system was only able to replicate the flow waveform and not
the pressure wave. Output flow rates can only be adjusted by changing the diameter of
compression tubing used in the pump. A needle valve was used to adjust flow resistance in the
circuit and since the pump was controlled by a stepping motor, different waveforms could be
created by computer-controlling the stepper motor by means of a program. Electronic feedback
was provided by monitoring the signal produced by the ultrasonic flow probe.

Other researchers have also made use of computer-controlled pumps to simulate physiological
waveforms, for example Holdsworth et al [39] made use of a stepper-controlled pumping system
in which a stepping motor was used to drive a reciprocating rack which operated 2 opposed
cylinders. A spool valve was then used to redirect the flow in between strokes. The advantage of
using this system is that it can produce negative flow, which i1s more difficult to achieve in a
positive-displacement roller pumping system. Also, since the flow discharge of each cylinder is a
discrete amount for each step of the motor, the flow waveform could be programmed easily.
There was no need for a correction factor or feedback, since there was negligible attenuation and
the system was shown to be stable over long periods of time. Law et al [38] also used a computer-
controlled pump, but instead made use of a roller pump with a slight modification. They added an
msert to allow for a more gradual release of the tube as the roller leaves the chamber, thus
producing a smoother flow curve instead of the table-shaped curve normally produced by a 2-
roller pump. To test the effect of shear stress on an endothehalised graft, Schima, Tsangers and
Zilla [40] made use of a ventricle pumping system to pump fluid in a circulation loop. In
principle, compressed air is used to drive the membrane in an artificial ventricle. Similar in

operation to a heart, the use of 2 mechanical valves ensures correct flow direction. Two
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Windkessel chambers were used to smooth the output pulse of the ventricle and to create the
necessary back-pressure. The drawback of this system is that although the flow waveform can be

quite accurately reproduced, it does not produce a suitable pressure waveform.

1.4.2.3 Measuring Compliance in Vivo

Recently, several techniques have been developed to measure compliance of natural vessels in
vivo. Kidson and Abbott [17] measured the compliance of Dacron®, PTFE and vein grafts after
being implanted in the femoral position of dogs. Simultaneous pressure and diameter readings
were taken in situ after 2 weeks and again at 3 months to assess the change in compliance with
time of implantation. To measure diameter in vivo, they used a specially built cantilever strain
gauge device, which converted a diameter change into a voltage, which could then be measured.
This technigue was employed previously by Kidson and Baird [41] to compare the compliances
of Dacron® grafts and mesh-covered umbilical grafts., and also by Murgo, Cox and Peterson [42]
who measured diameter change of natural arteries only. This technique required some invasive
surgery in order to expose the vessel. Another invasive technique requires the simultaneous
recording of flow at 2 positions along a vessels length using ultrasound flow probes [31]. The
difference in instantaneous flow rates is then used to calculate the corresponding change in cross-
sectional area and hence the wall displacement. This method requires the assumption that the
vessel remains at a constant length. Others have used non-invasive techniques using ultrasound
images to track the change in arterial dimensions within the pressure pulse [43,44,45,46,47]. This
technique makes use of the phenomenon of the differenf levels of sound absorption/reflection of

different materials, and the interfaces between blood and vessel wall can hence be tracked.
1.4.3 Some Compliance of Natural and Synthetic Vascular Grafis.

Tables 1.2 and 1.3 below contain a collection of compliance values of synthetic grafts and natural
arteries as measured by other researchers. These values will be used as reference values for the
compliance values measured in this project. The variation in measured compliances for some of
the vessels and grafts is notable, for example Teflon® (PTFE) grafis which have reported
compliances of 1.63, 2.1 and 0.43%/100mm Hg. This indicates a broad range of compliance
values, the differences in measured values most likely because of the dissimilar testing methods.

Hence these values should not be taken as absolute and should be used merely used as a guide.
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Table 1.2: Compliance values of natural vessels.

 Ref | ~ Author ~ Vesseltype | Animal | Compliance | CompHance |
17 Kidson, Abbott Femoral artery Dog Cantilever with 7.4
strain gauge
17 « Femoral vein Dog “ 2.67
41 Baird, Kidson ct al Artery 12.7
41 “« vein graft - 4.8
16 Kidson quoting Schultz Artery | Human - 2.2
61 Learoyd + Taylor “ | « - | 33
57 Rossetetal Common carotid Human Ultrasound 6.6
57 “ Superficial fem. * “ 1.8
23 Ballyk Femoral artery Human - 5.87
28 « Saphenous vein « - 4.4
18 Walden Femoral artery « Cantilever with 5.9
strain gauge
27 Kinley Aorta . - 13.0
Table 1.3: Compliance values of synthetic grafts.
CRef. |- Authior - Grafttype | Compliance | Compliance
. me, R S e a0 measurement | (%/100mm Hg)
o o ‘method e
17 Kidson, Abbott Double-velour Cantilever with 1.86
Dacron® strain gauge
17 i Expanded pife “ 1.63
41 Baird, Kidsonet al Dacron® graft “ 34
\
20 Giudiceandrea et al Compliant Gamma imaging 12.3
polyurethane
20 “ pife “ 2.1
‘ 59 Chen et al Porous segmented Video imaging 2.8-63 ‘
‘ | polyurcthane
3 ]
28 Ballyk et al. quoting Dacron® - 1.8
work by Hastings
60 Martz ¢t al Microporous Cantilever with 4.11
polyurethane-urea strain gauge
60 « Expanded ptfe | Cantilever with 0.43
strain gauge
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1.5 SUMMARY

One can conclude from the above literature that there are numerous factors that will determine
whether a graft will remain patent or not. While grafts of natural tissue have better mechanical
properties than synthetic grafts, they are not always available. Synthetic grafts have the problem
of being under or over complaint and are less compatible in the body, causing thrombotic events
and eventually occlusion. Improving the mechanical properties of synthetic grafts remains one of
the challenges in vascular research. The following chapters describe an approach to improve the
mechanical properties of an existing polyurethane graft and the development of a testing

apparatus to determine the static and dvnamic compliance of these grafis.



21

2. Modelling an Adventitially Reinforced Graft

2.1 INTRODUCTION

The adventitia is a natural composite structure, comprising mostly elastin and collagen as the
mechanically significant components. Due to the different elastic properties of these components,
the adventitia exhibits a distinctly non-linear behaviour (see Literature Review 1.3.2). Although
there are some elastomeric materials that have similar non-linear stress-strain curves, modelling
the elastic properties of the adventitia with a single synthetic material is difficult. In the natural
vessel, elastin takes up the initial stress as the pressure in an artery increases. At higher blood
pressures, the collagen comes into play and being much stiffer than elastin, limits further
distension of the vessel wall. This chapter looks specifically at the mechanical properties of the
adventitia and its elastin and collagen components, and discusses how these properties can be
imitated using different materials. A mathematical approach is also described, which can be used

as a qualitative tool to predict the effect on compliance of various types of reinforcement.

2.2 MECHANICAL PROPERTIES OF THE ADVENTITIA

Table 2.3 below shows some data for the mechanical properties of elastin and collagen. Fung et al
[34] measured the Young’s modulus of porcine thoracic, ascending and descending aortas and
calculated the elastic modulus for the intima-media layer and the adventitial layer. Using
bending-type experiments, he calculated that the neutral axis to be located between 30 and 35%
of the total wall thickness from the intimal surface (using the assumption that the mtima-media
layer makes up for 50% of the total wall thickness).

Table 2.1: Properties of the aorta at different positions (Adapted from [33].)

Thoracic aorta 43.25 kPa 4.7 kPa 30%
Ascending aorta 4475 kPa 111.9kPa 35%
Descending aorta 247.8 kPa 68.7 kPa 35 %
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From these values we can see the differences in mechanical properties between the two layers of
the aorta (in the zero stress state): the adventitia is less stiff than the intima-media layer. Also, the
difference in modulus values between the different vessels indicates a difference in the
composition of the vessels. The data in table 2.2 below indicates the differences in tissue
composition of different arteries at different positions in the human body, while table 2.3 gives

the elastic modulus and maximum elongation of elastin and collagen, as measured by Fung [34].

Table 2.2: Proportions of the various materials found in 3 artery types [33]

lﬁe ia % % Yo
Smooth muscle 46477 33.5+£104 60.5£6.5
Ground substance 17.2+86 5.6+6.7 264+ 64
Elastin 90432 243+77 13+1.1
Collagen 274+132 368+ 10.2 11.9+84
Adventitia
Ground substance 25183 106+ 104 247+93
Fibroblasts 10.4+ 6.1 | 94+11.0 11.4+26
Elastin 1.5+15 24432 0
Collagen 63.0+£85 77.7+14.1 s 63.9+97

values in percentages

Table 2.3: Tensile properties of elastin and collagen [33]

Elastin 0.1-0.5 MPa 130 %

Collagen 3-9 GPa 2-4 %

2.2.1 The Mechanical Bebhaviour of Elastin

Flastin has been shown to have a variation in properties, depending on temperature and water
content. Gosline and French [48] showed that clastin has the characteristics of an amorphous
polymer and has a glass transition poimnt that will vary depending on the water content and
temperature at which hydration was carried out. (A glass transition temperature is the temperature
at which a polymer will transform from exhibiting a brittle, linear tensile response to a plastic
non-linear response). Gosline and French {48] further suggested that it is the unusual hydrophobic
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nature of elastin that gives it a temperature-independent behaviour. When tested in an open
system where elastin 1s allowed to absorb water, no glass transition occurs, since elastin swelling
increases with decreasing temperature and this causes the glass transition temperature to shift.
Debelle and Tamburro [49] sought to describe the function and performance of elastin based on
its molecular structure and claim that the properties of elastin are complex due to the interaction
with other molecules in the extracellular space. In its mature form, elastin is a very stable material
that is most likely able to last the full lifetime of the host. In vivo, elastin absorbs water, despite
itself already containing water of hydration. The elastin polymer is composed of several
tropoelastin molecules covalently bound by cross-links. There is a lot of controversy as to the true
structure of elastin, due to differing theories of polymer chemists, who view elastin as a polymer
chain free to rotate and move; and protein chemists who advocate a crystallographic structure.
Sherebrin, Song and Roach [32] tested the tensile properties of elastin from the thoracic aorta of
dogs and sheep and plotted stress-strain curves for the longitudinal and circumferential directions,
as well as the relationship of strain and Young’s modulus (see figure 2.1 below). Note the non-
linear stress-strain response of elastin, as well as the increase in elastic modulus with strain, in

both the circumferential and longitudinal directions.
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Figure 2.1: Tensile properties of elastin {32}
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2.2.2 The Mechanical Behaviour of Collagen

It has been shown that in comparison with elastin, collagen is a much stiffer, less extensible
material. In fact, the Young’s modulus of collagen for a similar strain value is in the order of 1 x
10* Pa times greater than elastin. Also, the stress-strain curve for a collagen fibril is more linear in
shape compared to elastin’s j-shaped curve. Sasaki and Odajima [50] sought to describe the
Young’s modulus of collagen molecules by pulling samples of bovine achilles tendon in a tensile
testing apparatus. To measure the modulus of single fibres, an x-ray diffraction technigque was
used to monitor the deformation of a small area of the crystal lattice (the angle of reflection of the
x-ray beam is dependent on the distance between adjacent amino acids). They found the modulus
to be in the region of 3 GPa. Harley et al [51] used a similar method of measuring the modulus of
collagen excised from rat tail, by using the Brillouin effect (interference of incident and reflected
laser light). They also studied the effect of different humidity contents on the modulus. At 0%
humidity, they measured a modulus of 2.15 MPa, decreasing with an increasing water
content.(1.47 MPa with 30% humidity). Fratzl, Rapp et al [52] characterised the mechanical

behaviour of fibrillar rat tail collagen and described it with a 3-part curve (as shown in figure 2.2

A

Linear

below)

Stress

S

Strain

Figure 2.2: typical stress-strain curve of a rat tail tendon [52]

In region 1 (the ‘toe’), low strains cause an un-crimping of the collagen fibrils at a macroscopic
level. At higher strains in the heel region, molecules begin un-crimping and in the linear region

there is most likely some molecular slippage as molecules glide over one another. Note the above
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curve is indicative of the behaviour of a collagen tendon and hence describes the response of the

collagen microstructare (ie fibrillar structure) and not the properties of a single collagen fibre.

2.3 NUMERICAL MODELS OF THE ADVENTITIA

Several researchers have attempted to model the adventitia using mathematical models. Bank et
al. [53] used a modified Maxwell model to characterise the elastic properties of the human
brachial artery in vivo. Essentially it uses three categories to describe the contribution of elastin,
collagen and smooth muscle have to arterial mechanics. The first is elastin, acting in parallel, the
second a parallel collagen component and thirdly, smooth muscle in series with collagen as the

third parallel component (see figure 2.3 below).

ELASTIN COLLAGEN

SMOOTH
MUSCLE

COLLAGEN

1

Figure 2.3: Modified Maxwell model for a human brachial artery [53].

Thus the total stresses in the wall (circumferential direction) will be a sum of the three individual

components, ie.

Giotat = Telastin + Gc(p) + GSM+C(S) (2 1)

Where C(P) = collagen in parallel and C(8) = collagen in series, SM = smooth muscle. The
collagen is represented by stiff springs, which only come into play at higher strains, while elastin
bears all stresses at low strains. Using this approach, they calculated the elastic modulus for
elastin being 0.3Mpa (3 x 10° dyne/cm?), under the assumption that elastin remains linear-elastic

at the pressures it was measured. They also found that at higher pressures (>50 mm Hg), elastin
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and parallel collagen contributed a small amount to the total stress while the smooth muscle and
series collagen provides the major portion of stiffness. Wuyts et al [54] used another structural
model to describe the role of elastin collagen and smooth muscle in the arterial wall, although
they only regarded the media as mechanically significant, the adventitia being of a ‘loose’ nature.
The blood vessel is assumed to be a thick-walled cylinder of constant length, with a homogenous
distribution of elastic membranes interconnected with smooth muscle and collagen. Other
assumptions they make is that the elastin membranes within the media are linear-elastic in nature
and that the vessel wall is incompressible and has a constant volume. The work of Carton et al
[55], showed that elastic membranes may be treated as linear elastic in nature, but the tensile

properties of pure elastin are not linear (they tested single elastin fibres in petri dishes).

2.4 MIMICKING THE MECHANICAL PROPERTIES OF THE ADVENTITIA BY
USING DIFFERENT MATERIALS

Since the adventitia is comprised chiefly of two distinct materials: elastin and collagen, it makes
sense to use materials with similar mechanical characteristics, in particular, the Young’s modulus
or elastic modulus. Since few materials are completely elastic, ie having a completely linear
stress-strain curve, one cannot really apply a single value for the elastic modulus. Rather, one
should apply the shape of the curve, or describe the Youmng’s modulus as a function of strain.
Below in figures 2.4 and 2.5 are tensile test graphs of two low-modulus elastane fibres (Lycra®
and Dorlastan®) and two higher modulus fibres (Polyurethane and nylon), tested in the
laboratory. Note in the elastane graphs the large amount of extension before break (curves on
graph are shortened just before failure point). The thinner Lycra® fibre has over 600% elongation
before break and the slightly thicker Dorlastan fibre has an elongation of 900%. In contrast, the
stiffer polyurethane and nylon fibres break after much less extension and the stress-strain curves

are more linear in shape.
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Where o is the winding angle measured from the circumferential direction and E, v and G the
Young’s modulus, Poisson’s ratio and shear modulus; with the suffixes L. and T representing the
principal material axes (longitudinal and transverse). The medical compliance, which is

equivalent to the definition in this project, is related to the engineering compliance by:

Cyr = @R,/ 1)Cr (2.3)

Where t is the wall thickness of the graft and R, is the internal radius of the graft. Plotting
medical compliance as a function of wind angle, they found a maximum to exist for an angle of
45° Since this theory is for a single —material wound structure, it was decided to model the graft

using a different approach.

2.5.2 Modelling the Graft as a Composite Filament-wound Structure

In this project, the graft was modelled as an open-ended tube reinforced with single windings of
reinforcement at a certain pitch. If the reinforcement was applied under tension, there would be
some initial pre-stresses introduced in the graft, but for the sake of simplification, this effect was
ignored. Figure 2.6 below shows schematically how the graft was modelled. In this model, the
effect of the latex inserts on the inside of the graft has also been included, since it was found that
these had quite marked influence on the values obtained. As can be seen from figure 2.6, the
reinforcing windings have been considered as separate rings and not as a continuous fibre
reinforcement. This was for the sake of simplification of the mathematics. Realistically, this
would have quite an effect on the predicted values. It is also assumed that upon pressurisation, the
porous graft and fibre windings experience equal diametral strains, ie. there is no shear force at
the interface of the windings and the graft. The elastic moduli of the porous graft and the fibre
winding are assumed to remain linear over the applied physiological pressure range. This
assumption is actually a realistic one, as proven by tensile tests conducted in the laboratory

(measured elastic moduli from these tests were used in the calculations).
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Figure 2.6: Model of the graft as a filament-wound structure.

Taking the graft in cross-section:
For equilibrium, the forces in the graft wall and the windings must equal the force projected on
the inside of the graft (assuming there is no pre-tension in the windings).

Since force = pressure x area, this gives

pdl = force exerted by pressure on wall = force in graft wall + force in windings

pd],=2[JW'N-Z—~dw2j+2~crg-t-L (2.4)

where 0, and o, are the stresses in the winding and the graft respectively, t is the thickness of the

graft, N is the number of winds per length L and d,, is the diameter of the reinforcing filament,

The number of windings for a length of the graft, . can be written as: L/y, where v is the winding

pitch, [2.4] can be written as:

pdl. =2 o »£~-7£-d2 +2-0, -t-L (2.5)
W ¥ 4 W g

simplifying this we get:

pa’:[aw-%-dwzJ +2-0g-1 (2.6)
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Now, assuming that when pressurised, the strain in the graft is equal to the strain in the windings,

ie. there is no shearing between the winding and the graft outer surface:

strain in windings = circumferential strain in graft wall

&, :%“ :-Z};'[JZC“U'JgI:] 2.7
w 3

Where E, and E,, are the Young’s moduli of the winding and porous graft respectively and v is
the Poisson’s ratio for the graft (the ratio of axial to transverse strain). The value used for the
porous graft was 0.3, calculated from mechanical tests by Yeoman [56]. The suffixes gc and g/
denote the graft stresses in the circumferential and longitudinal directions.

og can be found from the equation for longitudinal stress in a cylinder:

pd

T (2.8)

O'g[ =

where p is the internal pressure of the graft and d the internal diameter, t being the wall thickness.
(2.7) then becomes:

E de
_w R 4ad
Oy = E, {ogc v 2.9
Substituting (2.9) into (2.6):
| g2 &( _ p_dj .
pd‘[zy d, }{Eg O U +2-0, -t (2.10)

solving for o, we get:

pd o opdl 2
e = [Ew oy /1+[ < (2.11)

v T Ly Z 42
Ly 2y WJ Ly 2y J
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I,z
Which can be simplified by substituting a constant “a’ for the term: (L'w s a’wz]

Thus (2.11) becomes

gc:ﬂﬂ). pd) [ _a
& t+a 4¢ 2+a

(2.12)

For any given internal pressure p one can then calculate a value for o, and then substitute back

into equation (2.7) to solve for g,

One can then find the resulting strain in the winding, which will equal the strain in the graft from

the relationship (assuming equal strains in the graft and the winding):

G
£ =
YR

And from this, one can calculate the compliance of the reinforced graft.

. ) ) Acircumference Ad
circumferential strain = ¢ = EE—

original circumference  d

]

Therefore:
Ad=g¢,-d,

And compliance is then:

Ad 1
%C /1060mmHg = o 160- rp-lOOmmHg

o

(Remembering to use the original internal diameter when calculating the compliance).

(2.13)

(2.14)

(2.15)
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Alternatively, one could calculate compliance as a function of all the variables using one

equation:
_ 4 p i}
e +u—£
By 7 42 4
1334000| E, 2y " d
%C /100mm Hg= —— g 7F 5 -0.1.~% (2.16)
“g 1 + e l
&..ﬁ_.d 2
L E 2y 7 J

or more simply:

%C /100mmHg = 1224000 _d, |4, ( a 0.1%
(] o P I —0.1—=
& Eg a+2tg 4tg ! a+2tg I,

(2.17)

\

Where: E,, and E, are the Young’s moduli of the winding fibre and graft material respectively, as
measured from data recorded from tests on the Instron tensile tester (see 3.1).y 1s the winding
pitch (in mm), d, is the intemal diameter of the graft (in mm), t, is the thickness of the graft wall
(in mm), d,, is the diameter of the reinforcing fibre (in mm) and v is Poisson’s ratio. The factor ‘a’

is the same used previously to simplify equation (2.11).

Note the compliance calculated from equation (2.17) is independent of pressure (there is no
pressure term). This means that the compliance of the graft 1s the same irrespective of internal
pressure. The reason for this is that the elastic moduli of the reinforcing and graft are assumed to
remain constant. In reality, they will more likely exhibit a non-linear stress response and the graft
will decrease in compliance with increasing pressure. One could substitute a non-linear function
for the elastic modulus, and since this would mean that the modulus would be pressure-

dependent, then the predicted compliance would be pressure-dependent also.
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2.6 SUMMARY

While it is necessary to be able to predict the effect a certain type of reinforcement will have on
the mechanical properties of graft, these mathematical findings will always need to be confirmed
empirically. By making certain assumptions to simplify calculations, one cannot accurately
predict what the end compliance will be, and therefore these equations can only be used as a
qualitative tool. The non-linearity of the polymer matenals used in the porous graft and
reinforcement will cause compliance to be non-linear, especially at higher pressures. When
calculating a theoretical compliance it was assumed that for the strains involved, the modulus of

the graft materials remains constant.
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3. Materials and Methods I: Manufacturing the
Adventitially Reinforced Graft

The grafts tested in this project were essentially composite in nature, comprised of a porous inner
tube (media) and a type of external reinforcing (adventitia). The porous salt-cast and bead-cast
grafts were manufactured first and then reinforced externally with the fibre materials using an

automated winding apparatus.

3.1 MATERIALS

3.1.1 The Porous Media

The porous media was manufactured from a medical-grade segmented polyurethane, supplied by

Medtronic Inc,v, USA.

3.1.2 The Synthetic Adventitia

Since the natural adventitia is comprised of two distinct fibrous elements (collagen and elastin), it
was decided to imitate the mechanical properties of this layer by using two different types of
fibres with different elastic moduli. Namely, a stiff, high modulus fibre to imitate the non-
extendable collagen and a weaker, low modulus fibre to imitate the elastin. For this purpose, a
fine elastic monofilament, a 33 diex elastane fibre (Dorlastan®) from Bayer was used to simulate
the elastin and a stiff nylon monofilament was used for the collagen. An extruded polyurethane
monofilament was also used to reinforce grafts, this fibre having a lower elastic modulus than the
nylon fibre. A stiff polyeéter multifilament (shown in figure 3.1 below) was also considered to
replicate the collagen, but was discarded because of the large diameter and associated difficulty in
applying it to the exterior of the graft. Two other elastane filaments were considered: a 17 dtex
Lycra® fibre from Dupont and a 22 dtex Dorlastan® fibre from Bayer. The larger 33 dtex fibre
was chosen however because it was a larger diameter and easier to work with. The polyurethane
and nylon fibres were both comparatively much thicker than the elastane fibre. The stiff fibre
reinforcement also gives the graft some kink and crush-resistance, which is important if the graft

is to be implanted over a joint where bending occurs.
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Initially there were problems finding the correct polyurethane solution which would not destroy

the fibre during winding (some solvents of the polyurethane also happened to be solvents of the

polymer fibres as well). It was decided to use a solution with THF (tetrahydrafuran) as the

solvent. A 10% muixture of polymer to solvent (by weight) was prepared. This solvent did not

dissolve the Dorlastan® or nylon fibres. Importantly, the viscosity of this solution was low

enough not to cause too much friction on the fibre as it passed through the solution. A viscous

solution results in the fibre ‘cutting’ into the graft because of too much tension. Some electron

micrographs of sections of the reinforced grafts are shown in figure 3.6 below.

Salt-cast graft reinforced with 290um polyuretha}]e

fibre at 2.5mm pitch

Salt-cast graft reinforced with 130um nylon
monofilament at 1mm pitch.

thoy

Salt-cast graft reinforced with 130um nylon
monofilament at 2.5mm pitch.

Salt-cast graft reinforced with 33dtex (80um)
Dorlastan® at 2. 5Smm pitch (single wrapping)
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Salt-cast graft reinforced with 33dtex (80um) Salt-cast graft reinforced with 33dtex (80um)
Dorlastan® at 2.5mm pitch (double wrapping) Dorlastan® at 2.5mm pitch (single wrapping) and
130um nylon at 2.5mm pitch.

Figure 3.6: Scanning electron micrographs of the exterior surfaces of the reinforced porous

grafts.

After being wrapped with the particular reinforcing, the grafts were allowed to dry (the THF
solvent in the polyurethane solution requires evaporation in order for the polyurethane to cure).

Once dry the grafts were then ready for testing,
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4. Materials and Methods II: Testing Materials and
Methods

The mechanical properties of both the porous graft materials and the reinforcing materials were
first determined on a tensile testing apparatus. Grafts manufactured from these materials were
then tested on the custom-built compliance testing apparatus. Details of the testing apparatus and
methods are described in the following pages. Methods of graft manufacture are contained in the
chapter 4. Where applicable, the grafts and their constituent materials were tested in accordance
with recommendations in the AAMI (Association for the advancement of Medical

Instrumentation) standards for testing of vascular prostheses [135].

4.1 UNIAXIAL TENSILE TESTING

Tensile testing is a proven method of providing mechanical data on a particular material. From a
stress-strain curve generated by the test, one can determmne several properties of the material (see
figure 4.1 below). The slope of the ‘A’ region of the curve will give the elastic modulus of the
material, or the stiffness. In a completely elastic material, any deformation the material undergoes
is entirely reversible, that is to say that if the stress were removed, the test specimen would retarn

to its original state.
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Figure 4.1: Example of a typical stress-strain curve for a semi-crystalline amorphous
polymer,
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4.1.2 Samples and Specimen Dimensions

The different material components of the grafis were tested individually to assess their stress-
strain characteristics. Samples of the porous polyurethane, which formed the body of the graft as

well as the reinforcing agents, were tested.

4.1.2.1 Porous Materials (grafis)

Rectangular samples were cut from porous polyurethane salt-cast and bead-cast grafis (see
chapter 4: Graft manufacture). Since the grafts were tubular, samples in the longitudinal and
circumferential direction were tested to ascertain any difference in tensile stremgth due to
direction. For the porous grafi samples, strips of 10mm wide were cut in the longitudinal and
circumferential directions of the grafts, such that the gauge length was 10mm in all tests. The

gauge length in this case is defined as the distance between the testing jaws.

4.1.2.2 Fibres

Several reinforcing fibres were evaluated: a solid polyurethane monofilament, (290pm diameter),
3 types of elastic monofilament (a 17dtex/48um Lycra® filament from Dupont and 2 Dorlastan®
fibres from Bayer, being 22dtex/67um and 33 dtex/82um. respectively. A stiff nylon
monofilament fibre was also tested. For the fibre samples, specimens of equal length were tested,

using a gauge length of 35mm in all the tests.

4.1.3 Tensile Test Method

Samples were secured firmly in the jaws of the tensile tester. Testing was performed at a strain
rate of 100mm/min for all porous graft and fibre samples, as prescribed by the AAMI standards.
Realistically, the grafts would experience a higher strain rate (closer to 350mm/min when tested
at 120 bpm). Also, it should be pointed out that although the fibres were tested up to high strains,
once applied to the graft they would most likely experience strains of at most 20%. The software
used to capture the data from the Instron made use of a constant volume assumption in order to
calculate true stress and true strain. Therefore, measurements of the specimen were taken before
testing, ie. diameter, width, gauge length etc. A constant volume assumption means that the

Poisson’s ratio 1s 0.5(this means that the ratio of longitudinal strain:transverse strain for any given
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stress is 0.5). While this assumption is acceptable for the solid materials (ie. the fibres), it is not
accurate for the porous graft materials which will have a Poisson’s ratio closer to 0.3 [56]. The
data, in a RAW ASCII text format was then manipulated using Excel spreadsheet software.
Where possible, all tests were conducted in water at 37 deg. C to simulate physiological
temperature, the exception being the elastane fibres which were found to be too fine to be
clamped in the test jaws fitted with the water bath. These tests were instead performed in air at

room temperature with another set of jaws,

4.2 COMPLIANCE TESTING

In order to establish the compliance of vascular prostheses, it is necessary to have an apparatus
capable of applying an internal pressure to the graft and a means of measuring the change in the
external diameter of the graft associated with the pressure change. There are two ways of
establishing compliance: Dynamically and statically. In this project, both methods have been
employed to fully characterise the properties of the grafts. It should be noted that results
compared in the literature might differ, due to the differing methods of compliance testing (ie the
type of apparatus used, the method of measuring the diameter etc.). For the compliance

measurement in this project, a testing apparatus was specifically designed and built.

4.2.1 AAMI Requirements for Compliance Testing

The following are some of the requirements and recommendations for the compliance testing

apparatus and procedure.

4.2.1.1 Testing Apparatus

The AAMI standards specify an apparatus that is capable of producing a reproducible pressure
pulse similar to physiological conditions (in the case of dynamic testing), to the interior of the
prosthesis under constant length (isometric) or constant axial tension (isotonic) conditions. Also,
the testing should be carried out at 37 deg. C. If a balloon is to be inserted into the graft to prevent
leakage, then it should have a diameter at 120mm Hg of at least 1.05 times the unpressurized
internal diameter of the graft. The apparatus should also include a means of measuring pressure to

an accuracy of 2mm Hg, as well as a diameter-measuring device capable of measuring to an
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accuracy of £0.02mm. The device should also be able to take diameter measurements at various

positions along the prosthesis length.
4.2.1.2 Testing Procedure

The length of the test specimen should not be less than ten times the unpressurized diameter. If
isotonic testing is performed (constant tension), a longitudinal tension of between 30-60 g should
be applied to the specimen. The testing rate should be between 50 and 70 beats per minute, and to
assess the frictional effects of the system, testing should be performed at 3 different pressure
ranges: 50-90, 80-120 and 110-150 mm Hg (in the case of dynamic testing).

4.2.1.3 Expression of Results

Once the diameter change has been calculated or measured, the compliance of the specimen

should be expressed as a percentage change in diameter per 100 mm Hg (%/100mm Hg).

4.2.2 Design and Set-up of the Compliance Testing Apparatus

In this project, it was necessary test the grafts both statically (increasing the internal pressure
incrementally), and dynamically, whereby the grafts were subjected to an internal pulsatile
pressure. Thus it was necessary to have an apparatus that could be used both for static and
dynamic testing, and also be capable of simulating a realistic physiological environment (in
particular temperature, which should be similar to physiological temperature). For dynamic
testing it was necessary to have a flow circuit which would reproduce a sharp systolic increase in
pressure, as well as allowing adjustment of the diastolic and systolic pressures and the number of
pulses per minute, Two different types of pumping units were evaluated to reproduce this
pulsatile flow. Other components in the flow circuit are also discussed below. (See figure 4.13 for

details of the flow circuit).
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at the card was then converted into a waveform via data-capturing software (Waveview,

ver. 1.26).
b) Diameter Measurement

The diameter measurement of the grafis was achieved by two linear variable
displacement transducers (LVDT’s), mounted on top of the lid that encloses the testing
chamber. Two opposing pendulums made contact with either side of the graft and
followed the movement of the graft walls. The pendulums pivoted on low friction
bearings and by means of a small linkage, were coupled to the armatures of the
transducers, as shown in figure 4.12 below. The principle of operation of the LVDT’s is
the movement of an armature inside a magnetic field. The movement causes a voltage
drop in the surrounding coil. The voltage ouwtput is proportional to the amount of
movement and can thus be measured. Tn this case, the voltage output was fed directly to
an Analogue to Digital card. The advantage of this method is that any non-homogeneity
in the graft wall thicknesses may be detected. In other words, if one transducer is
deflected more than the other for any particular sampling, then that wall is most likely
thinner than the other at that point. The resulting voltage traces were then displayed
graphically by means of data acquisition software (Waveview version 1.04). The amount
of movement was amplified mechanically by the ratio of the linkage mechanism,
producing an amplification of 1.5 times. Also, the LVDT voltage was multiplied
electronically by a factor of 10 to allow easier reading of the diameter displacement (the

amount of signal gain could be adjusted in the Waveview software).
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Figure 4.12: Detail of the diameter-measuring apparatus.
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4.2.3 Operation of the Fluid Circuit

For compliance testing, it was necessary to adjust several variables in order to get the desired
pressure and flow. It was necessary that one be able to adjust the diastolic pressure (or datum
pressure), as well as the amplitude of the pulse (diastolic-systolic). See figure 4.13 for a

schematic of the fluid circuit.

4.2.3.1 Reproduction of the Physiological Waveform

A great deal of testing and adjustment was required before a satisfactory pressure waveform was
achieved. The waveforms were very dependent on the type of driving unit used. In the case of the
ventricle pump it was found that the flow profile was quite adjustable, but it was difficult to
achieve a simultaneously acceptable pressure waveform. Also, it was thought that the presence of
2 one-way valves at the ventricle might cause some flow irregularities in the system. It was also
found that the levels of each of the Windkessel chambers had a marked effect on the shape of the
pressure wave. Other factors such as stiffness of the tubing in the flow circuit and continuity (ie
sharp diameter changes) had a lesser effect on the waveform. Eventually it was decided to use the
modified roller pump, the reason being that it simultaneously produced quite acceptable pressure
and flow waveforms. While the roller pump normally produces a sinusoidal pressure waveform, it
was deemed necessary to add an insert to provide a more realistic systolic pressure increase and
systolic pressure decay, such that the grafts experienced a more realistic pressure profile. In
Addendum I are some examples of waveforms obtained with different driving units and with

different circuit conditions (Windkessel levels, pinch valve closure etc.)

4.2.3.2 Adjustment of the Diastolic or Datum Pressure

In the case of the system employed in this project, namely the modified roller pump, the diastolic
pressure was varied by an elevated reservoir on the inlet side of the pump. Due to the lack of
vertical space, a static head of pressure could not be used in the laboratory (2.5m of height would
have been need to create the necessary pressures). Instead, a sealed reservoir was built, in which
the internal pressure could be adjusted. This was achieved by compressed air, fed into the top of
the reservoir. The air pressure in the top portion of the reservoir could be adjusted by a fine
pressure-regulating valve. The lower portion of the reservoir was filled with water, which fed into

the inlet side of the roller pump by means of a connecting pipe. The pressurised reservoir was
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refilled by another open reservoir at a higher level, into which the return pipe of the fluid circuit
fed. After testing, the pressure reservoir could be refilled by gravity from the open reservoir. By
adjusting the air pressure regulator, one could achieve very fine variations in the diastolic or

datum pressures in the circuit (see Addendum I for details of this apparatus).

4.2.3.3 Adjustment of the Pressure and Flow Amplitude

There were several variables that could be adjusted to affect the peak amplitude. Firstly, the pinch
of the rollers in the pumping region had an effect on the flow output. At maximum pinch (ie the
flexible tube is completely compressed in the pumping chamber), one could achieve a maximum
flow. As one decreased the amount of pinch, the flexible tube did not completely seal and the
pump became less efficient, and accordingly the pressure and flow amplitude decreased. The
level of the first Windkessel chamber also affected the pulse amplitude, as mentioned earlier. The
greater the amount of air in the first chamber, the more the damping of the pressure peak and
hence the more the amplitude decreases. In the end it was found that the amplitude of the pressure
curve could be adjusted by pinch valve B, placed distal of the graft (on the tube returning to the
filling reservoir). Increasing the pinch on the tube effectively increases the amount of back-
pressure and causes the pulse amplitude to increase (and hence increase the systolic pressure). See

also Addendum I for details of the different waveforms.
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4.2.4 Compliance Testing Samples

4.2.4.1 Porcine Aorta

Two samples of porcine aorta were tested statically and dynamically as a means of correlating our
data with other researchers who tested natural tissue. Latex inserts were used due to the presence
of small lateral vessels off the aorta that would have resulted in leakage during testing. Two
samples of aorta were taken from juvenile pigs. Unfortunately, the femoral arteries were too small
to test on the rig and samples of aorta had to be used instead. Testing was conducted in buffered
saline solution at 37 deg. C. Some modifications to the test fittings were required since the aorta
samples had a tapered diameter, varying from 6mm internal diameter to about 9mm internal
diameter. Since the diameter measurement was midway on the graft length, the internal diameter

was taken to be 7. 5mm.

4.2.4.2 Latex Inserts

The latex inserts manufactured by Roynhardt, Johannesburg were tested separately to determine
their specific compliance. The reason for this was to ascertain the effect of the latex during the
dynamic testing. Two samples of 90mm were cut from each of 3 lengths 200mm long to see if
there were any variations in quality along the supplied 200mm lengths. The results however do
not support any large variation on properties along the length. Samples were only tested statically,
as dynamic testing caused the pendulums to ‘bounce’ off the walls of the graft due to the latex

being very elastic.

4.2.4.3 Salt-cast Grafts

Salt-cast grafis with several types of reinforcing were tested. Below in table 4.1 is a list of the
different types tested. The details of how the salt-cast grafts were manufactured are in section 3.2

in the previous chapter.
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Table 4.1 List of the different types of salt-cast grafts tested.

1 Non-reinforced salt-cast graft 5 Salt-cast graft reinforced with single
wrapping of nylon monofilament at Imm
winding gap.

2 Salt-cast graft reinforced with single 6 Salt-cast graft reinforced with single
wrapping of polyurethane monofilament at wrapping of nylon monofilament at 2.5mm
2.5mm winding gap winding gap.

3 Salt-cast graft reinforced with single 7 Salt-cast grafi reinforced with single
wrapping of 33 dtex Dorlastan® at 2.5mm wrapping of nylon monofilament at 5mm
winding gap. winding gap.

4 Salt-cast grafi reinforced with double 8 Salt-cast graft reinforced with double
wrapping of 33 dtex Dorlastan® at 2.5mm wrapping of 33 dtex Dorlastan® at 2.5mm
winding gap. pitch and single loose wrapping of nylon

monofilament at Smm winding gap.

4.2.4.4 Bead-cast grafits

Bead-cast grafts with several types of reinforcing were tested. Below in table 4.2 is a list of the
different types tested. The reason for testing these grafts was to compare the compliance of grafts
made with the bead-cast method to those made with the salt-cast method. The details of how the

bead-cast grafts were manufactured are in section 3.2 in the previous chapter.

Table 4.2 List of the different types of bead-cast grafts tested.

1 Non-reinforced bead-cast graft 3 Bead-cast graft reinforced with single
wrapping of 33 dtex Dorlastan®
monofilament at Imm winding gap.

2 Bead-cast graft reinforced with single 4 Bead-cast graft reinforced with single
wrapping of polyurethane monofilament at wrapping of 33 dtex Dorlastan®
2.5mm winding gap monofilament at 2. 5mm winding gap plus

single wrapping of nylon monofilament at
2.5mm winding gap.

4.2.4.5 Commercial 4mm Teflon® grafts

Teflon® grafts with an intemnal diameter of 4mm were tested to correlate the compliance values
obtained on this apparatus with those values quoted m liferature. It was not necessary to use latex

inserts with these grafts, as they did not leak when pressurised internally.
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4.2.5 Compliance Testing Methods

4.2.5.1 Sampie Preparation

Sample preparation for static and dynamic compliance tests were the same. Three samples of each
graft type were tested to confirm repeatability. Graft samples of length 90mm were used. Thin-
walled latex inserts were used on the inside of the graft to prevent leakage. Testing adapiers were
inserted 15mm into each end of the graft, thus leaving a length of 60mm to be tested. The graft
with adapters were pre-assembled before being inserted into the testing chamber (quick-fitting

adapters were used, so that samples could be quickly interchanged).

4.2.5.2 Dynamic Compliance Testing

The grafts samples were subjected to 2 dynamic tests: one conducted at a pressure range of 80-
120 muon Hg and another conducted at 180-220mm Hg, the one at the elevated range being to
compensate for the effect of the latex inserts. The testing was carried out in accordance to
recommended AAMI standards for testing of vascular prostheses, 1994 revision, section 8.10 (see
4.2.1 above). After insertion of the graft into the testing chamber, the graft was axially tensioned
with 150g and then the ends fixed (the testing bath was pre-heated to 37 deg. C before inserting
the graft). The internal pressure was then increased to roughly the diastolic value required (either
80 or 180mm Hg) in the fluid circuit by adjusting the air regulator. The pinch valve B was then
opened and the roller pump switched on. It was necessary to monitor the pressure waveforms
while adjusting the regulator and pinch valve B until the desired waveform was achieved ic. a
pressure range of 80-120mm Hg or 180-220mm Hg. Sampling of 3-5 seconds were taken and
from this data, three consecutive pressure and diameter waves were extracted for analysis. The
mean internal pressure was calculated by averaging the pressures of the proximal and distal

pressure transducers.
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value will always be lower for this shape of curve. The important compliance value is the one

calculated between 80 and 120mum Hg since this is the value most often quoted.

4.2.6 Calculating Diameter Compliance

Compliance of vascular grafts is usually quoted in percentage change in diameter or radius per
unit increase in pressure. In this project, compliance in all cases has been calculated as %
diameter change per 100mm mercury. Some researchers use change in volume to calculate
compliance and give values in terms of percentage volume compliance. It should be noted that
volume and diameter compliance are not equivocal, as the following derivation will show, the

volume compliance is approximately twice the diameter compliance.

For example: A graft with an internal diameter of 6mm shows a diameter increase of 0.3mm for a
100mm Hg pressure increase.

The Volume compliance can be calculated from the following equation:

AV 1
=100 4.2
- (4.2)

%C, =
AP

Where V, is the original volume and AV is the change in internal volume of the graft due to the

pressure increase. These can be calculated from the equation for volume:

T2

A ol 4.3
V=2 (43)

‘Where d and / are the internal diameter and length respectively.

Therefore, AV may be calculated as such:

T

7[ ; :
AV = :.dﬁ.]l_—;,doié,[o (4.4)

Where d,, I, and d;, I, are the original diameter and length and pressurised diameter and length
respectively.
One can assume a minimal change in length due to the pressurisation, thus equation (4.1) may be

simplified as:

d?-d? 1
%C, :-—‘T—-E-mo (4.5)
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(do + i,dz)z ~d,’ .ﬁ.mo (4.6)

o

%C, =

Which can be simplified and rewritten as :

2d,-Ad +Ad* 1

%Cv = do2 -EJOO (47)
Or:
2
%C, = -295+Ad2 100 (4.8)
d,d?) AP

2
Now, for Ad<<d,, the term

5~ becomes very small and one can assume it to be negligible,

hence (4.7) becomes:
%C, = W -L-lOO ~2-C, 4.9)
d AP

o

Thus the vohume compliance is roughly equal to twice the volume compliance.
Compliance values in this project were however calculated using the diameter compliance

equation.

4.2.7 Compensation for the Effect of the Latex Liners

Since latex inserts were used to line the inside of the grafts and prevent leakage during
pressurisation, they would have had an effect on the compliance values obtained, despite having a
higher compliance than the grafts. To overcome this problem, the grafts were tested dynamically
at an elevated pressure range in order that the graft experiences the desired physiological pressure

range (80-120mm Hg). Dynatek-Dalta Scientific Instruments USA, a company that specifically
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Solving for yv=80 and y=120mm Hg from egn. 3.10 we get pressures of 179.1 and 245 3mm Hg
respectively. These are then the adjusted pressures at which the graft should be tested
dynamically in order to subject the graft to a realistic 80-120mm Hg pressure excursion. Note it
was decided to test at 180-220mm Hg as opposed to 180-240mm Hg because this was the average
compensated range for the all the grafts tested. (See also Addendum IIT for detailed static
compliance curves compared with the plotted static compliance of the latex inserts). Carmines et
al. [117] used a similar approach by analytically correcting for the effect of the latex. They did
this by applying a best-fit exponential equation to model the stress-strain curves of the latex
separately and together with the graft. This equation was then used to solve for the average
circuinferential and axial stress in the graft wall (in this case they were testing human and pig

carotid arteries).

4.3 CREEP TESTING (EXTENDED DYNAMIC COMPLIANCE TESTING)

These tests were conducted to simulate the physiological conditions experienced by a graft over
an extended period of time. Four graft types were tested: a non-reinforced salt-cast graft, a graft
reinforced with a double winding of Dorlastan® monofilament and a bead-cast graft reinforced
with Dorlastan® at 2.5mm pitch and a bead-cast graft with nylon at 2.5mm pitch. The purpose of
testing a non-reinforced graft was to affirm the need for am adventitial reinforcement. The
reinforced grafts were tested to see what the effect of reinforcement on durability of the grafis

would be.

4.3.1 Method

The graft samples were tested dynamically as described in the methods above (see 4.2.4.2,
Dynamic compliance testing). Dynamic testing was carried out at an applied pressure range of 80-
120mm Hg. The pinch valve distal of the graft (pinch valve ‘B”) was closed to prevent emptying
of the reservoir. Testing was not carried out at the compensated range because this would have
resulted in systolic pressure being too high due to the pinch valve being closed. Data capturings
were taken at times of =0, =10, 20, 30, 60, 120 minutes, 4 hours and 20 hours respectively. The
compliance for each capturing was calculated from the amplitude of the Proximal and distal

pressure curves and the diameter curve measured by the displacement transducers. Compliances
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were compared to the original compliance (at t=0) and the change in external diameter was also

compared to the original diameter. All tests were carried out at 37 deg. C.

4.4 BURST TESTING

Burst testing is a method of testing the graft to failure and is therefore useful in determining the

maximum internal pressure a graft can take.

4.4.1 Burst Testing Apparatus

For this test, the same holding chamber was used as for the compliance testing. The rest of the
flow circuit was excluded by the pinch valve on the distal end of the graft (pinch valve ‘B’). One
of the pressure transducers used in the compliance testing was connected to the distal end of the
graft, allowing pressure measurements to be taken. Data from the pressure transducer was

captured using the same A/D card and data acquisition software (Waveview).

4.4.2 AAMI Requirements for the Burst Test

According to the AAMI standards, the burst test apparatus should include a means of applving a
steadily increasing fluid or gas pressure to the interior of the test sample. It should also have a
means of measuring and recording the pressure to greater than that required to burst the sample.
The rate of pressure increase should be expressed in kilopascals per second (kPa/s), and the

bursting pressure in kilopascals.

4.4.3 Method

The graft was inserted into the holder and secured at an axial tension of 200g. A priming pressure
of 40mm Hg was applied to the inside of the graft to prevent collapse of the graft wall. Sampling
was started at 40mm Hg. Pressure was increased by means of the pressure regulator used for the
pressure reservoir. The rate of pressure increase was judged by monitoring a pressure gauge

attached to the distal side of the graft. This rate was kept equal for all grafts tested.
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5.2.7 Predicted and Measured Compliance:

Predicted theoretical compliance was compared to the static compliance measured over the 80-
120mm Hg range, as these are the more accurate compliance values. Using the eguations in
chapter 2, compliance values were predicted for the reinforced graft to ascertain if one could
calculate what the effect of reinforcement would be on the distension of the grafils under pressure.
The graft was modelled as a thin-walled cylinder reinforced with single windings at a certain
pitch. Hence the number of windings is taken into account when calculating the stiffness of the
graft. The material properties used (Young’s modulus), were calculated from the stress-strain
curves generated by the tensile testing of the porous graft and the fibres. This theory makes use of
the equations for thin-walled cylinders:

o, =24 o =22
L Y

where o, and o) are the siresses in the hoop (circumferential) and longitudinal directions
respectively and p, d and t are the pressure, internal diameter and wall thickness. This theory
assumes that there is no variation of stresses across the wall thickness of the graft. In reality, the
stresses in a cylinder wall are always higher at the inside of the wall than the outside, and there is
a non-linear stress distribution across the thickness of the wall. Also, the presence of any axial
pre-tension on the graft has been ignored. The Young’s modulus values obtained from the tensile
tests were also assumed to remain constant. Figure 5.11 below depicts the predicted and measured
compliance values for several grafts and shows the effect of winding pitch on compliance. The
compliance for grafts with latex inserts has also been modelled and one can see that for reinforced
grafts, the effect of the latex is less. That is to say, the stronger the reinforcement, the less

significant is the effect of the insert on compliance.
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measurements were collected from several researchers who measured the compliance of some
synthetic arterial grafts and also vessels from human and animal models (see “Literature
Review”, 1.4.3). Rosset et al. [57] found the dynamic compliance of human carotid arteries to be
6.6%, while Ballyk et al. [28], quoted work by Hastings, who published a value of 5.87% for a
buman femoral artery. Walden [18] measured the compliance of human femoral arteries with a
cantilever strain-gauge and found the value to be 5.9%/100mm Hg.

In this project, a static compliance of 3.58%/100mm Hg was measured for the 4mm diameter
Teflon® grafis (Dynamic testing yielded very little movement of the graft wall and was below the
detectable limit of the apparatus). Other researchers recorded values of 1.63, 2.1 and 0.43% for
expanded Teflon® (18,56,58), while Dacron® grafts varied from 1.8%/100mm Hg to 3.4% (18,
28, 38). Guidiceandrea et al. [58] tested a compliant polyurethane graft and recorded a
compliance of 12.3%/100mm Hg, which is more comparable to the compliance of the latex tubes
measured in this project (14.24% static compliance, 80-120mm Hg range). Others testing
polyurethane grafts recorded values of 2.8-6.3%/100mm Hg (Chen et al, 59) and 4.11% (Martz et
al, 60). The non-reinforced salt and bead-cast grafts showed static compliances of 9.21 and
5.21%/100mm Hg respectively (at the 80-120mmHg range), indicating the bead-cast structure to
be much stiffer than the salt-cast structure. The least compliant graft was the salt-cast graft
reinforced with nylon monofilament at a 1mm pitch (1.76%/100mm Hg — static compliance, 80-
120mm Hg range). The grafis with possibly the closest-matching static compliance (taking
6%/100mm Hg to be the target compliance), were salt-cast grafts reinforced with a double
wrapping of Dorlastan® at 2.5mm pitch and loose wrapping of nylon at Smm pitch. These had an
average static compliance of 6.06%/100mm Hg respectively over the 80-120mm Hg testing
range. The other graft type which had a near-matching static compliance were the salt-cast grafts
reinforced with a double wrapping of Dorlastan® at 2.5mm pitch (7.77%/100mm Hg). For the
salt-cast grafts reinforced with nylon, there seems to be a progression of increasing compliance
with winding gap. The grafts with a Imm winding gap having the least compliance (1.76%) while
the grafts reinforced at the 2.5mm pitch had a higher compliance of 3.46% and the grafts at Smm
gap having the highest compliance with a value of 4.84%/100mm Hg over the static 80-120mm
Hg range. Therefore, a graft reinforced at an even larger winding gap (perhaps 7mm) could have
an even closer compliance to 6%. Figure 5.12 below shows a comparison of the static
comphiance plots for some of the reinforced grafts compared to the porcine aorta plot. Note that
the porcine aorta curve falls in between the non-reinforced salt-cast and non-reinforced bead-cast
plots. This gives an indication that salt-cast graft compliance is slightly higher than natural aortic
tissue, while the bead-cast graft is slightly less compliant.
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result in a variation in properties also. In this project, all bead and salt-cast grafts were cured and
washed for equal periods, long enough to ensure the proper extraction of the pore-forming agent

and curing of the polyurethane. In general most results were quite reproducible.

5.2.16 Sources of Error During Compliance Testing

While the effect of the latex inserts on the compliance measurements has been mentioned, there

are other influences that could affect the readings obtained.

5.2.16.1 Linearity of the Linear Variable Displacement Transducers (LVDT) and the

Measuring Pendulums.

The manufacturers specify a degree of linearity of the devices up to a certain range of movement.
Since the range of movement of the graft walls was relatively small, this effect is negligible.
However, there might also be a small amount of error associated with the radial movement of the
measuring pendulums as the graft wall distends outwards (see figure 5.1 below). This means that
the point of contact of the pendulums on the graft wall changes as the graft dilates, and this will

result in some error in the actual diameter measurement

error on diameter
gl ——  measurement

Figure 5.23 Source of error during diameter measurement of a distending graft.

One can calculate the percentage of error this would represent:
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Assume a graft has a 6%/100mm Hg compliance in the 80-120mm Hg pressure range. Using a
graft with an initial diameter of 8mm, this would translate to an increase in diameter of 0.192mm.

Assuming the pendulums are deflected equally, this means 0.192+2=0.096mm on each side. Now

the amount of error can be defined as follows:
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Figure 5.24: Calculating the percentage of error on the diameter measurement.

f

If ¢ is the angle subtended by the movement of the pendulum and s is the associated arc length,

then the error will be:
actual diameter change (0.192mm) — arc length, s

Now, the arc length, s can be calculated from: s=r. ¢

where ¢ is in radians and 1 is the pendulum length (95mm).

And ¢ can be calculated using simple trigonometry from:

0.192
tan === = ¢ = 0.00202rad

Therefore, s, the arc length is: 0.00202 x95mm = 0.1919%mm

Hence the error will be:
0.192mm — 0.1919%mm = 0.0000 1mm (=0.0052% error)

As one can see, the error is very small indeed, but for larger deflections, would play more of a

role.
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5.2.16.2 Compression and Kinking of the Graft Wall During Testing

Since the diameter measurements were taken on the outside of the graft, compliance values were
based on this measurement, and values were calculated based on the original internal diameter of
the graft. There might be some resistance to the graft wall movement, due to the weight of the
pendulums, and this might cause an indentation or kinking of the wall which would affect the
diameter measurernent (figure 5.25). Thinning of the wall will also occur during pressurisation,
and therefore the measured outside diameter will not reflect the true increase in internal diameter
(figure 5.25). Yeoman [56] in his thesis on modelling a fabric-reinforced graft, predicted a wall
compression of 8.5% for a fabric-reinforced salt-cast graft at 100mm Hg. But it should be noted
that this was a finite element model and one would have to correlate this value with biaxial test
data to determine the actual amount of lateral compression when the material is tensioned
(Poisson effect). However, the effect is real and will have some effect on the diameter
measurements. A value of 0.3 for the Poisson’s ratio was used in calculating the predicted
compliance. This value was also obtained from Yeoman [56] who modelled the response of the

same porous grafts using computational methods.

graft
F’endulumO Q é

Unpressurised Pressurised

Figure 5.25: Kinking of the graft wall during testing

graft cross-
section

Unpressurised Pressurised

Figure 5.26: Compression of the graft wall when pressurised internaily
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5.3. BURST TESTING

5.3.1 Samaples and Method

Burst testing was performed on selected grafis to ascertain the maximum internal pressure that
they could stand until rupture (see table 5.9 below). Samples were inflated with water using the
same apparatus as for compliance testing. Three samples of each graft type were tested and an
average burst pressure calculated. In all cases latex liners were used to prevent leakage of the
grafts. The graft was deemed to have failed once the wall had ruptured due to expansion of the
latex liner. Grafis with strong reinforcement (nylon) and small winding pitch (Imm) or the
combination reinforcements (nylon, Dorlastan®) were not tested due to the fact that very high
pressures would have been needed to burst them. This would have exceeded the integrity of the

fluid circuit (pressures above about 700mm Hg caused some leaking of the fittings in the circuit).

5.3.2 Results

Table 5.9: Bursting pressures of the grafts tested.

Salt-cast, non-reinforced 389.28 £33.15
Salt-cast + PU monofilament at 2. 5mm pitch 52532+ 13.56
Bead-cast graft, non-reinforced 433.89+£3.59
Bead-cast + PU monofilament at 2.5mm pitch 65222 £2796
Bead graft + 33 dtex Dorlastan® at 1mm pitch 45849 + 3781

The bead grafts reinforced with PU monofilament showed the highest failure strength of those
tested, bursting at an average of 652mm Hg internal pressure (85.8 kPa). The strongly-reinforced
grafts could well have burst strengths of in excess of 800mm Hg. Salt grafts reinforced with PU
and at the same pitch showed a lower burst strength and this can be attributed to the weaker
porous salt-cast structure. Non-reinforced bead-cast grafts were also stronger than the non-

reinforced salt-cast grafts, with bursting pressures of 433.88 and 389.28mm Hg respectively. The
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increase in strength offered by a Dorlastan reinforcement at 1mm wind pitch was only 25mm Hg,
as evident from the testing of the bead-cast grafts reinforced this way. The non-reinforced grafts
all failed in the circumferential direction, forming a tear line parallel to the longitudinal direction
(see figure 5.27 below). This is expected, as the stress in the circumferential direction for thin-
walled cylinders is always twice that in the longitudinal direction, as can be seen from the
equations for thin-walled cylinders used before:

Circumferential or hoop stress:

d
Ceire. = %
Longitudinal stress:
pd
g!ong, = Z

where p = internal pressure, d = tube diameter, t = wall thickness.

Therefore, 6. is always 2 X Oy, for any given pressure in the same graft.

In comparison, all the reinforced grafis failed perpendicular to the longitudinal axis, generally
splitting between the windings. This is to be expected as the pressure will exceed the longitudinal
strength of the graft before it is high enough to break the reinforcement.

Non-reinforced Reinforced
graft graft

Figure 5.27: Modes of failure of the non-reinforced and reinforced grafis.
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5.5 SUTURE RETENTION TESTING

These tests were performed merely as a way of determining the suturability of the grafts, and
what force would be needed to tear the graft with a suture passing through the graft wall. In the
case of the reinforced grafts, the suture passes through at least two windings near the cut edge of
the graft. Tests were conducted on the Instron tensile testing apparatus at a strain rate of
150mm/min. The non-reinforced salt grafts proved to be the weakest, with an average pull-out
strength of 1.59N, while the non-reinforced bead graft gave a value of 3.28 (n=3). Again this is
proof of the bead-cast structure being stronger than the salt-cast one. The strongest grafts tested
were the bead-cast grafts reinforced with the PU fibre at 2.5mm pitch, with a suture pull-out load
of 4.89N. One could also modify this test to see how well the reinforcing is ‘glued’ to the graft
surface, by using the apparatus to pull the winding off the graft surface.

Table 5.10: Average failure strengths of the suture pull-out tests for some of the grafts

tested.
Graft type Average tearing strength, N
Salt-cast, non-reinforced - 1.3920,19
Salt-cast + PU monofilament at 2. 5mm pitch 3.52+0.37
Bead-cast graft, non-reinforced 3.78+1.33
Bead-cast + PU monofilament at 2.5mm pitch 4.89+0.59
_Bead gra; + 33 dtex Dorlastan® at Imm pitch 328+058
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6. Conclusions and Recommendations

This project provided some good insight as to the effect of reinforcement on porous polyurethane
grafts. The effect of winding structure (winding pitch, number of traverses) and winding material

is reflected by the compliance results obtained.

6.1 ANALYSIS OF THE COMPLIANCE RESULTS.

From the results obtained in this project, the intuitive correlation between graft reinforcement and
compliance is confirmed. It was shown both mathematically and experimentally that there is a
relation between compliance and winding angle of the reinforcement, as well as the type of

reinforcement used.

6.1.1 Successful Modelling of a Synthetic Adventitia,

Although the focus of this project was on producing a synthetic adventitia, it was found that the
compliance depends largely on the properties of the underlying porous graft. It was therefore
difficult to appraise the properties of the synthetic reinforcement separately. Having shown the
variation of compliance with winding angle and reinforcing material, and having shown that one
can also to some degree predict the resulting compliance, one could manufacture grafts with
specific compliance. That is to say, if a graft with a certain compliance is required, one could
manufacture such a graft by adjustment of the reinforcing material and structure (winding angle).
Although the mathematically predicted compliance was much lower that the actual measured
compliance, one can see that the measured and predicted values follow each other quite well, and
one could hence determine the ratio between the two. Thus one might be able to predetermine the
compliance of a graft before it is manufactured, if one knows the reinforcing material and
winding angle. Although the derivation of the formula for predicted compliance excludes any pre-

tension during winding of the reinforcement, this effect could be added into the equation.

6.1.2 Variability of the Compliance Results

One can see from the results that there is some degree of variation, and there are some high

standard deviations from the mean. In the case of the static tests, this depends largely on the shape
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of the pressure-diameter curve generated. Some errors might occur due to friction in the diameter-
measuring system (ie. friction in the pivot bearing) and this would undoubtedly affect the reading
obtained. Since this is a random occurrence, it could explain for the high deviation of some of the
values. Despite this, most of the static compliance pressure-diameter curves were quite
reproducible. Another source of variation in the compliance values could be the quality of the
underlying porous grafts. The homogeneity of the salt- and bead-cast polyurethane structures is
very difficult to control, although the pore-forming agents were sieved to give a narrow size
distribution (to produce a uniform porosity). The variations in graft microstructure would more
likely come from the manufacturing process. During manufacture of the salt-cast grafts, ‘weld-
lines’ are produced due to the rolling process (see 3.2: ‘Manufacturing techniques’). These would
result in variations of the graft wall-thickness and could influence the diameter measurement.
Since the polyurethane cures by a phase inversion process, in which the curing agent displaces the
polyurethane solvent, the curing time will also affect the strength of the porous structure. It
should be pointed out however, that both the salt- and bead-cast grafts were cured for sufficient
periods of time to allow proper development of strength. The grafts were all cured for equal
periods of time. The properties of the bead-cast grafis might also be affected by the presence of
residual gelatin in the porous matrix after the extraction process. However, all bead-cast grafts
were washed thoroughly to ensure proper extraction. Variations in the properties of these grafis
would more likely originate during the casting process, as the polyurethane solution travels
through the gelatin-bead packed column (see 3.2.1.2: ‘Bead-cast grafis’). The solution does not
always travel evenly and proper dispersion of the polyurethane among the beads is not always
ensured. This would result in some non-homogeneity. During the application of the synthetic
adventitia, there are other variables that could influence the compliance of the graft. A significant
cause could be the fibre tension during winding. Should the fibre be tensioned too much during
application, this would result in a graft with an initial compressive stress in the wall and this
would result in the graft being less compliant. To overcome this effect, the friction on the fibre
was reduced to a minimum by using small spools that were free to rotate and caused minimal
resistance. The only friction results from the fibre passing through the polyurethane solution
before it is applied to the exterior of the graft. However this would have been a constant variable
as all sets of grafts were reinforced together and friction on the fibre remained more or less

constant.
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6.2 COMPARISON OF THE COMPLIANCE RESULTS OBTAINED TO REALISTIC
COMPLIANCE VALUES.

It is difficult to compare the results obtained in this project to those measured by others, as in
most cases, they have employed different methods of compliance testing, and have used synthetic
grafts manufactured by different methods. Although the definition of compliance is the same,
given in terms of volume or diameter change per increase in internal pressure, the different
methods of diameter measurement will give different results. Some researchers have opted for
non-contact methods of measuring diameter such as video imaging systems, ultrasound and laser
micrometers, but there are still possibilities of errors with these techniques. The contact-type
systems are also not ideal as any mechanical part that makes contact with the graft will cause
frictional effects and affect the distension of the vessel wall under pressure. The compliance of a
human femoral artery is in the region of 6%/100mm Hg [19,28], and this has been used as the
target compliance for the grafis in this work. The focus of this project was thus to see the effect of
applying different types of external reinforcement to an existing porous polyurethane graft, and
see how it would affect the compliance. As can be seen from the results, applying a very stiff
fibre to the exterior of the graft causes a decrease in the compliance of the graft. Compliance is
further decreased when the winding is applied at a small winding pitch ie. the reinforcements are
close together, while the graft can be made less stiff in the circumferential direction by increasing
the winding pitch. The non-reinforced salt- and bead-cast grafts would undoubtedly over-distend
with time, as proven by the creep tests. The non-reinforced bead-cast graft has a better static
compliance than the non-reinforced salt-cast graft (5.21% vs 9.21% over the 80-120mm Hg
range), and applying reinforcement would perhaps make the graft too stiff. If a bead-cast graft
could be manufactured with a thinner wall, then reinforcement could be applied until the correct
compliance is attained. The salt- and bead-cast grafts, reinforced with the 33 dtex Dorlastan®
fibre showed close static compliances to 6%/100mm Hg (7.77% and 7.47% respectively), and
given the fact that this fibre has a non-linear stress profile, it could provide the correct behaviour
of an adventitia. That is to say, with increased distension, the graft becomes less compliant
(stiffer), which in the case of a natural vessel is due to the influence of the collagen in the
adventitia. With the correct amount of tensioning of the fibre during winding, one could
accurately adjust the compliance of the graft. From this research one can also conclude that it is
possible to vary the compliance of a graft by use of different reinforcing materials and using
different winding configurations. Natural vessels could be tested first on the compliance

apparatus and grafts may then be manufactured and reinforced on the winding apparatus
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according to the compliance required. It has been shown in this project that the porous
polyurethane grafts definitely require a form of reinforcement because with extended exposure to
physiological conditions over-distension of the graft occurs, as well as an increase in compliance.
It was shown that by applying a combination reinforcement of nylon and Dorlastan® on a salt-
cast graft, the compliance was quite close to a natural vessel (6.06%/100mm Hg, dynamic
compliance 180-220mmHg range). However, the loose-wound nylon at 5mm pitch is not ideal as
the windings tend to be easily displaced and would result in a variation of compliance along the
length of the graft. The idea of this was that the Dorlastan would allow mitial distension of the
grafts wall until a certain pressure was reached. The loose nylon fibre, being secured only at the
ends of the graft would not hinder this initial distension, but only come into play at higher
pressures, thus creating a stiffening effect. Future reinforcement would have to be in the form of a

mesh sleeve that arrests the distension of the graft wall at a certain pressure.

The burst tests proved that the reinforced grafts could withstand pressures of greater than 3 times
normal physiological pressure, so there is no doubt of their reliability in this regard. However,
future testing of the grafts could include a kink-resistance test that determines the amount of
bending a graft can endure before the wall buckles inward. This characteristic of blood vessels is
of vital importance, especially at positions in the body where there is high movement and bending

(at joints etc.).

The suture-pull out tests showed the bead-cast grafts to be stronger than the salt-cast grafts again.
Of those tested, the bead-cast graft reinforced with the polyurethane monofilament proved to be
the strongest with a tearing strength of 4.89N. In terms of tearing strength, these grafts are much
weaker than other commercial grafts due to the porous structure and weaker matenal properties of

the polyurethane.
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6.3 RECOMMENDATIONS FOR FUTURE COMPLIANCE TESTING METHODS AND
APPARATUS

Although the apparatus developed and used in this project gave good results and relatively
speaking the results obtained were concurrent with the predicted change in compliance, there are

some modifications that could be made to improve on future compliance measurements.

6.3.1 Diameter-measuring System

The use of a contact-measuring system such as the one employed, does introduce some
inaccuracies in the diameter measurement. The pendulums that make contact with the graft wall
are heavy, because it was necessary to balance the weight of the linkage arm connected to the
transducer probe. This results in a system which, although balanced in terms of weight, has a high
moment of inertia, and testing at a higher pulse rate and pressures would result in the pendulums
not following the graft wall very well (as indicated by the dynamic porcine aorta tests). In future,
a light, spring-loaded mechanism could be employed, as shown in figure 6.1 below, the spring
ensuring that the measurement piece remains in contact with the graft wall at all times. Of course,
one would have to use a very light spring so as not to cause excessive compression of the graft

wall.
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Figure 6.1: Suggested modification to the diameter-measuring system

Alternatively, one could opt for a more costly non-contact measurement system, such as a laser

micrometer, which would be optimal in the sense that there is no interference of the measuring
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system with the graft wall movement. With an optical system such as this however, there are
other errors that have to be accounted for (diffraction of the laser beam when passing through the

fluid-filled testing chamber, etc.).

6.3.2 Axial Tensioning of the Graft

It was hoped that by the use of an air bearing isotonic compliance testing would have been
possible (constant axial tension). This would have allowed for longitudinal elongation of the graft
during testing, which would give more accurate diameter measurements. Under isometric
conditions (fixed length), an increase in internal pressure causes the graft to bulge to the side or
downwards, This results in a volume change due to increase in length as opposed to an increase in
diameter, and would not reflect a true compliance measurement. To overcome this effect, an
initial axial tension was applied to the grafts before fixing the length. In principle, the air-bearing
would have provided the axial float necessary, but because the level of the bearing is below the
level of the fluid in the testing chamber, an o-ring seal was needed to prevent leakage. This seal
caused too much friction on the sliding tube, and any axial elongation due to pressurisation of the
graft was prevented. Thus it was decided to pre-tension and test under fixed length conditions.
Some researchers have used an air bearing in compliance testing (Charara, Ruel et al, 116), but
this was placed outside the fluid-filled testing chamber and hence no seals were needed (see
figure 6.2 below). However, due to the design of the system, a counterweight was needed to
balance the axial tension applied to the graft. The apparatus could be modified to incorporate such

a linear air bearing in future.

outlet

air bearing H

| _
| O
inlet

graft

fre)

Figure 6.2: Use of a linear air-bearing for axial tensioning
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6.3.3 Modifications to the Fluid Circuit

Some modifications could be made to the pulsatile loop to facilitate easier testing and a quicker
setup time (especially with regard to the dynamic compliance testing). The re-adjustment of the
pressure regulator and pinch valves requires much time before the desired systolic and diastolic
pressure levels are attained. Also, this adjustment has to be completed before the pressure
reservoir empties. The pinch valve could be modified such that the amount of pinch on the tube
can be accurately controlled. Adjustment of the valve and regulator might even be done
electronically, and fine control of the pressure waveforms could be achieved by an electronic
feedback system. The pressure pulse could be ‘read’ digitally and compared to the desired

pressure pulse, the pinch valves may then be adjusted until the correct waveform is achieved.

6.3.4 The Latex Inserts

Unfortunately, since the grafis were porous it was necessary to use latex inserts fo prevent
leakage and loss of pressure through the graft. Obviously, they would have an effect on the
compliance values obtained. A graphical method of subtracting the effect of the latex was used
{see 3.2.6: Compensation for the effect of the latex liners). However, this method was difficult to
apply in the case of the weaker grafts, as the latex has more of an effect on the compliance (ic. the
grafts appear stiffer due to the latex). The latex inserts acquired from Roynhardt Jhb. were
perhaps too strong and thick-walled, having a wall thickness of around 200pm. However,
according to the AAMI standards, the inserts still meet the specifications for inserts (the diameter
of the insert at 120mm Hg should be at least 1.05 x the relaxed internal diameter). The Roynhardt
inserts have a diameter at 120mm Hg of 1.09 x the relaxed diameter. In future though, it would be

better to use thinner-walled latex that has a smaller effect on the compliance of the grafts.

6.3.5 Data Acquisition Software

While the data acquisition software used in this project proved to be satisfactory, it is run in a Dos
environment which makes file management somewhat cumbersome. Also, the program only
displays the voltage output of each of the channels being sampled. There is no way of adding
conversion factors to the plots ie. to convert the volts display mto the desired units (pressure,
diameter, flow etc.). Currently there are programs available that are more advanced and have

more capability (Maclab, Daisy, Winview etc.).
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