4

Theoretical Modeling

of Cyclically Loaded,
Biodegradable Cylinders

J. S. SOARES,

Department of Mechanical Engineering
Texas AEM University

College Station, TX 77848, USA

J. E. MOORE, JR.,

Department of Biomedical Engineering
Texas AEM University

College Station, TX 77843, USA

AND

K. R. RAJAGOPAL

Department of Mechanical Engineering and
Department of Biomedical Engineering
Texas AEM University

College Station, TX 77848, USA

ABSTRACT. The adaptation of fully biodegradable stents, thought to be
the next revolution in minimally invasive cardiovascular interventions, is

125



126 Modeling of Biological Materials

supported by recent findings in cardiovascular medicine concerning human
coronaries and the likelihood of their deployment has been made possible
by advances in polymer engineering. The main potential advantages of
biodegradable polymeric stents are: (1) the stent can degrade and transfer
the load to the healing artery wall which allows favorable remodeling, and
(2) the size of the drug reservoir is dramatically increased. The in-stent
restenotic response usually happens within the first six months, thus a fully
biodegradable stent can fulfill the mission of restoring flow while mitigating
the probability of long-term complications. However, it is a key concern
that the stent not degrade away too soon, or develop structural instabilities
due to faster degradation in key portions of the stent. We present here a
preliminary model of the mechanics of a loaded, biodegradable cylindrical
structure. The eventual goal of this research is to provide a means of
predicting the structural stability of biodegradable stents.

As a first step towards a fully nonlinear model, biodegradable polymers
are modeled as a class of linearized materials. An inhomogeneous field that
reflects the degradation, which we henceforth refer to as degradation, and
a partial differential equation governing the degradation are defined. They
express the local degradation of the material and its relationship to the
strain field. The impact of degradation on the material is accomplished by
introducing a time-dependent Young’s modulus function that is influenced
by the degradation field. In the absence of degradation, one recovers the
classical linearized elastic model. The rate of increase of degradation was
assumed to be dependent on time and linearized strain with the following
characteristics: (1) a material degrades faster when it is exposed to higher
strains, and (2) a material that is strained for a longer period of time
degrades more rapidly than a material that has been strained by the same
amount for a shorter period of time.

The initial boundary value problem considered is that of an infinitely
long, isotropic, nearly incompressible, homogeneous, and strain-degradable
cylindrical annulus subjected to radial stresses at its boundaries. A semi-
inverse method assuming a specific form of the displacement field was em-
ployed and the problem reduced to two coupled nonlinear partial differential
equations for a single spatial coordinate and time. These equations were
solved simultaneously for the displacement and degradation fields using a
time marching finite element formulation with a set of nonlinear iterations
for each time step.

The main features that were observed were: (1) strain-induced degrada-
tion showed acceptable phenomenological characteristics (i.e. progressive
failure of the material and parametric coherence with the defined con-
stants); (2) an inhomogeneous deformation leads to inhomogeneous degra-
dation and therefore in an initially homogeneous body the properties vary
with the current location of the particles; and (3) the linearized model,
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in virtue of degradation, exhibits creep, stress relaxation, and hysteresis,
but this is markedly different from the similar phenomena exhibited by
viscoelastic materials.

4.1 Cardiovascular Stents

Since the introduction of angioplasty by Dotter in the 1960s [DOa], catheter-
based technologies have improved health care for atherosclerosis. Well over
a million balloon dilatations were performed by the early 1990s and as
of today more than 600,000 a year are carried out in coronary arteries
alone [LIf]. Yet, after more than 20 years of clinical experience and many
catheter designs, angioplasty was far from being perfect and the incidence
of restenosis remained unchanged. Many studies reported acute complica-
tions in 3% to 5% of the patients and restenosis rates at 3 to 6 months
between 25 and 50% [GLb, MUa]. Restenosis seemed to be largely inde-
pendent of the technique, device, or the clinician’s skill [ROc, DOb, SAD].
The pathophysiology of restenosis is complex and incompletely understood.
Early events in restenosis are thought to consist of immediate elastic recoil,
platelet deposition, and thrombus formation, followed by smooth muscle
cell proliferation and matrix formation [LIc, CUa, MIc].

Percutaneous implantation of metallic stents in the coronary vessels was
first performed in humans in 1987 by Sigwart et al. [SIb]. During the late
1990s, stents revolutionized the field of interventional cardiology and stent
implantation has become the new standard angioplasty procedure [ALa].
The major design concept behind cardiovascular stents was to prevent post-
traumatic vasospasm [SIb]. Besides keeping the artery patent immediately
after intervention, a stent also tackles injured flaps of the lumen prevent-
ing downstream embolic complications [PAa, SCc|. Although the concept
seemed to be flawless and a significant reduction of the incidence of resteno-
sis was promptly reported [SEa, FIb|, all cardiovascular stents have two
distinct and significant modes of chronic failure. Immediately after deploy-
ment acute thrombosis can occur due to the thrombogenic aspect of the
stent promoting a foreign body response, but it can be promptly treated
with anticoagulant drug therapy [SCb]. Also the most critical failure mode
is in-stent restenosis which still occurs at intolerable rates. Despite the
success and growth of stent implantation procedures, there are patients in
whom in-stent restenosis is a chronic and recurrent problem [MIb]. The
mechanism of in-stent restenosis can be obviously related with restenosis
after angioplasty as well as with atherosclerosis and has been shown to be
neointimal proliferation in response to injury [SCf] and not chronic stent
recoil [SCg].



128 Modeling of Biological Materials

The reaction of the artery to a stent is a multistage process [EDa]. First,
the exposure of the subendothelium and the stent material to the blood
stream activates platelets and leads to thrombus formation. This pro-
cess is initiated immediately after deployment and the extent to which the
thrombus deposition occurs is highly correlated not only with the surface
characteristics of the stent but also with its design. Areas of flow stagna-
tion, which depend heavily on strut design, influence the degree of platelet
adhesion [ROa]. The second stage is inflammation. Stenting overstretches
and may even rupture the internal elastic membrane inducing leukocyte
adhesion and consequent inflammatory reaction [ROb]. The peak of this
process occurs approximately one week after deployment. Deposits of sur-
face adherent and tissue infiltrating monocytes can be seen around stent
struts, demonstrating the degree to which the struts are injuring the wall.
These monocytes release cytokines, mitogens, and tissue growth factors
that further increase neointimal formation [FAa]. The third stage is the
proliferation of vascular smooth muscle cells in the media and neointima.
This process can be thought as the short-term response to the change in
hemodynamics and the wall’s response after stent placement [WEc, WEd].
Cellular proliferation provides additional tissue to shore up stress concen-
trations due to stent deployment [MOa]. The final stage of arterial adap-
tation is remodeling. One can think of this phase as the artery’s attempt
to reach a new homeostatic state in the presence of persistent injury and
change in the normal environment caused by the stent [GLa].

Systemically administered pharmaceutical agents, besides pre- and post
interventional anticoagulant therapies, fail to prevent restenosis because
the tolerated dose for such agents is too low to achieve a sufficient drug
concentration at the targeted site [LIe]. The problem of in-stent resteno-
sis is currently being addressed by coating stents with polymers in which
drugs can be impregnated and locally delivered. Polymers provide a stable
medium into which drugs can be either uniformly distributed or surface
layered and then locally released over a specific and controlled period of
time, usually between weeks to months [WHa]. The first reports of local
drug delivery in the cardiovascular system date back only to the mid 1990s
with forskolin [LAb] and heparin [AHa]. Success with anti-inflammatory
dexamethasome was reported by Lincoff et al. in 1997 [LId]. Suppres-
sion of restenotic proliferative stimuli was achieved by Yamawaki et al. in
1998 [YAa]. Successful gene transfer and expression following implantation
of polymer stents impregnated with a recombinant adenovirus gene was
demonstrated by Ye et al. in 1998 [YEa]. The objective of the pharmaco-
logical agents used in drug eluting stents is to address a particular stage of
the restenotic cascade: heparin is loaded into stents in order to inhibit the
thrombus formation [AHa] and inflammation is prevented with dexametha-
sone [LId]. The most effective drugs are antimitotic agents that prevent
the proliferation stage. As of now, the two most effective and well-studied
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pharmacological agents for this outcome are Paclitaxel and Sirolimus.
Paclitaxel inhibits microtubule depolymerization, and thereby has potent
effects in cell division and migration [AXa]. Sirolimus is a macrolide
antibiotic with potent antiproliferative effects on vascular smooth muscle
cells preventing the initiation of DNA synthesis [MAa, GAa].

The use of drug eluting stents generally improves the success of coro-
nary interventions. In fact, drug eluting stents are now considered general
practice [SAa]. Several randomized studies have been carried out and are
still ongoing with the objective to evaluate the efficacy of the drugs with
regard to their release kinetics, effective dosage, and the benefit of such
a particular pharmacological approach [GRe]. Two major randomized tri-
als have been carried out: the RAVEL randomized trial with several fol-
lowup SIRIUS studies, with Sirolimus eluting stents, showed promising zero
restenosis at six months in 238 patients [MOb, MOc]|, and good results all
across the most common subsets of patients and lesion types [MOc, SCe,
ARa]; and the TAXUS series of randomized trials, a Paclitaxel eluting stent,
also exhibited good restenosis results [GRd, TAe, STb]. As of today, only
two polymer-coated drug eluting stents (Cypher™ Sirolimus eluting stent
from Cordis, Johnson & Johnson, Miami Lake, FL, USA, and the Taxus™
Paclitaxel eluting stent, Boston Scientific, Natick, MA, USA, introduced in
February 2003) are commercially available. Several registries are in effect
in several European countries [LEa, ZAa, ONa] (less data on the Paclitaxel
eluting stent are available: Cypher™ was introduced in 2002, Taxus™
in February 2003) and show similar results with regard to the two stents
and good “real world” success rates (= 1% stent thrombosis, ~ 10% angio-
graphic restenosis, ~ 7% target lesion revascularization) [KAa].

Obviously, some problems have been reported for drug eluting stents.
Delayed stent thrombosis due to incomplete endothelialization of the stent
struts is still a problem with stents, drug eluting or not [JEa]. The “catch-
up” effect after the complete elution of the drug raised some concerns [VIal,
and the lack of long-term followup studies still haunts this technology. An-
other limitation is the emphasis given to drug eluting stent implantations
on coronaries; only a limited amount of data exists on their application in
peripheral arteries. In the SCIROCCO trials, Sirolimus eluting stents de-
ployed in long lesions in peripheral arteries, showed promising short-term
results (6% restenosis at 6 months) but no difference relative to bare metal
stents after 18 months [DUa, DUD)].

4.2 Biodegradable Stents

There are some theoretical concerns with metallic stents: (1) most met-
als are electropositively charged, resulting in high thombogenicity [DEc],
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(2) in addition, metal stents remain in the body indefinitely and may in-
terfere with future clinical procedures [AGb]; and (3) due to their mi-
crostructural properties, metals are not feasible materials to act as loadable
drug carriers. All these problems have encouraged significant efforts in the
development of new stent materials, either used in coatings [VAe] or in
stents completely made of polymeric materials [MUc|. Polymers can also
act as optimal carriers for the controlled release of drugs [PEa].

One possible objective in coating a metal stent is to diminish its throm-
bogenic properties [DEb]. Experience with Nylon™ silicone, polyurethane,
and other materials have been reported in the literature since the beginning
of the 1990s [BEc|. Either naturally occurring polymers (fibrin [HOa]) or
pharmacological agents (heparin [SEb], dexamethasone [LId], and others
[BAa]) relevant to the local biochemistry of the lesion were tested in vivo
as coatings. The use of polymers in stent coatings requires less mechan-
ical requisites from the polymer by itself and shifts the attention mostly
to biocompatibility and to manufacturability. Still, poor adherence of the
coating to the metal, possible delamination with strain, or damage during
implantation are problems that may occur [SIc].

Interest in polymeric stents started in the 1990s. Significant progress
has been achieved in increasing the level of biocompatibility of polymers
tailoring surface characteristics and mechanical strength through advance-
ments in polymerization procedures and processing techniques [PEa]. In
1992, Murphy et al. demonstrated the technical feasibility of polyethy-
lene terephthalate stents but obtained poor results in porcine coronaries,
particularly an intense proliferative neointimal response that resulted in
complete vessel occlusion [MUb]. On the other hand, around the same
time, van der Giessen et al. showed acceptable results with stents made
of the same material deployed in the same animal model [VAd]. The
extent of neointimal proliferation was similar to that observed after the
placement of metal stents (obviously, compared with the standards of that
time), despite the presence of a more pronounced inflammatory reaction
[VAc]. Later in 1996, van der Giessen et al. investigated the biocompat-
ibility of an array of both biodegradable and nonbiodegradable polymers
(polyglycolic acid/polylactic acid, polycaprolactone, polyhydroxybutyrate
valerate, polyorthoester, and polyethyleneoxide/polybutylene terephtha-
late) for stent coating and found a marked inflammatory reaction with
subsequent neointimal thickening in all of them [VAb]. The experimental
procedure used was completely inappropriate, in that the stents were not
sterilized before implantation [FIa]. The biocompatibility of these polymers
has been proven in other in vitro and in vivo tests [DEb, DEa).

Because of this general disagreement on the biocompatibility of polymers,
the idea of either biodegradable or biostable polymers, which had consid-
erable appeal during the early 1990s, was set aside. The interest peaked in
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1994 with Zidar’s chapter included in the second edition of the Textbook
of Interventional Cardiology dedicated in full to the topic of biodegradable
stents [ZIa]. Later in 2000, Tamai et al. should be credited with rekindling
the resurgence of employing fully biodegradable stents. They provided the
first report on the immediate and six-month results after implantation of
biodegradable poly-L-lactic acid stents in humans. With their good initial
results [TAb] (obviously, compared with the standards before the drug elut-
ing stents era), the motivation for fully biodegradable stents was flourishing
once again [FAb].

The rationale behind biodegradable stents can be simply explained in
the wonderful allegory of Lucius Quintius Cincinnatus by Colombo and
Karvouni in their 2000 Circulation editorial: a “biodegradable stent fulfills
the mission and steps away” [COal. Because development of restenosis
usually happens during the first six months after deployment [KIa, KAb],
a permanent prosthesis that is in place beyond this initial period has no
clear function. However, it is worth recognizing that besides leading to
unpredictable complications (e.g. stent failure due to fatigue, obstacles
for other treatments, and infection due to the presence of a foreign body
inside the lumen), there are no demonstrable clinical complications with
a permanent intracoronary stent. Thus, the question should be turned
around and one should ask what the advantages of a temporary stent are
[COa]. The answer is manifold: (1) if a stent degrades and is absorbed
by the body it will not be an obstacle for future treatments; (2) if a stent
degrades in a controlled manner, its desired failure can be predicted and
prescribed; (3) also, the gradual softening of the stent would permit a
smooth transfer of the load from the stent to the healing wall; (4) because
of the viscoelastic behavior of most polymers, a nonchronic deployment
could be designed, preventing arterial injury inherent to balloon inflation;
and (5) a biodegradable stent may act as an optimal vehicle for specific
therapy with drugs or genes.

Also, there are some drawbacks with regard to permanent metal stents
that biodegradable stents would not have. Metal stents remain inside the
body indefinitely, becoming a potential nidus for infection [THa], and can
be an adverse obstacle for subsequent treatments making bypass surgery
almost the only hope for treatment of in-stent restenosis [AGb]. A signifi-
cant challenge in the development of a novel biodegradable stent is the lack
of precise engineering modeling tools [BLa].

Essentially, three different steps are usually taken in the design of such
devices. First, only a limited number of biodegradable materials have been
tried, and in many cases the materials are picked based on the designer’s
past experience [STa, HAb]. Scant data are available on the mechanical be-
havior of polymers during degradation. In most studies, emphasis is given
to chemical quantities or phenomenological measurements. Examples are
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the temporal evolution of molecular weight distribution (MWD) and quan-
tification of mass loss over time. This results in a considerable amount of
uncertainty with regard to the design of a biodegradable stent. Secondly,
the usual procedure is to pick pre-existing stent designs and manufacture
them with biodegradable materials. There are some concerns with manu-
facturing and sterilization of these polymeric devices when compared with
stainless steel counterparts because polymers cannot usually be processed
using metal stent techniques [GRb]. Also, the usual forms of solid poly-
mers are fibers, films, or matrices. From these building blocks, the stent
must be woven or assembled. The sophistication of the existing designs is
variable, ranging from the simplest single fiber helicoidal stents [VAa] to
the more complex interwoven stents [GRb, UUa, SUal]. The last step is
then to conduct experiments, either in vivo [HIa, UNa], or in vitro [AGb,
ZIb], analyze the results, and draw conclusions. Computational simulations
with biodegradable stents are either nonexistent or simplistic in virtue of
the inability to account for the complexity of the constitutive modeling.
Grabow et al. used a finite element analysis to investigate the mechanical
properties of a balloon-expandable PLLA stent under various load condi-
tions, whereas Nuutinen et al. used an analytical method for calculating
the mechanical properties of braided stents [GRa, NUa]. Both models con-
sider the polymer as being a linearized elastic material with no effect due
to the degradation being taken into account.

Because of this inductive way of dealing with the problem, the num-
ber of materials and designs used in biodegradable stents is as large as
the number of people working in the field. Certain main trends can be
identified: (1) biodegradable stents made of bioerodible metals, for exam-
ple, magnesium [HEa, Dla], are currently in use (a choice that evolved
from corrodable iron [PEb]), (2) natural polymers such as type I collagen
were used to make tubes [Bla], and lastly, (3) a somewhat large number
of biodegradable polymers were tried, more commonly aliphatic polyesters
(e.g. polyglycolic acid and polylactic acid) [PEa, VEc|. Poly-L-lactic acid
is probably the most commonly used of all these polymers. It was used for
the Duke stent [AGb, AGa, LAa], and is being used in the Igaki-Tamai
stent [TAb, TAc, TSa, TSb], by Eberhart et al. in their biodegradable
stent [YEa, SUa, ZIb, ZIc], and in the Tampere stent for urethral applica-
tions [UUa, TAd, ISa]. Unfortunately, almost all of these previous studies
focused on the chemical aspects of degradation and not in the mechanical
changes occurring during degradation. Regardless of the material that the
stent is made of, the issue of structural integrity is the most important
for its performance. Structural collapse can take place if weakness occurs
in particular regions, so understanding the impact of degradation on local
mechanical properties should be the ultimate goal of biodegradable stent
design. Obviously, this question does not have an easy answer. Lastly, drug
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delivery modeled with diffusion kinetics is another important aspect that
needs to be addressed and is closely related with degradation, erosion, and
mechanical response.

4.3 Degradation, Erosion, and Elimination

The number, availability, and utilization of synthetic biodegradable poly-
mers has increased dramatically over the last 50 years, with applications
ranging from the field of agriculture to biomedical devices. The first re-
ported biomedical application of biodegradable polymers was absorbable
sutures in the 1970s [LAd], and this remains today to be the most wide-
spread use of this family of materials. After 30 years of growth and develop-
ment, many other devices have become available to the practicing surgeon.
Absorbable internal fixation devices for orthopedic surgery, such as pins,
screws, suture anchors, and osteosynsthesis plates [PIb]. Biodegradable
polymers have been chosen to be the optimal carriers for local drug de-
livery [LAc] and are widely used in tissue engineering applications [LED].
The interest in these applications continues to increase as the number of
biodegradable polymers evaluated with respect to the concept of biomate-
rials increases [VEb]. However, the number of compounds having reached
the stage of clinical and commercial applications is still small [KHa].

Basically, one can distinguish between the two major applications for
biodegradable polymers in the medical field. When used for prosthetic
purposes, the contribution of the polymer is required for a limited period
of time, especially the healing time, and the polymer can be engineered to
degrade at a rate that will transfer load to the healing bone [ATa]. Also,
there is no need for a second surgical event for removal [MIa]. To accomplish
all of these requirements, the main concern behind the design of the device
is its load-bearing capabilities as well as its evolution during degradation
over time. On the other hand, for drug delivery implants, the attention
is shifted to delivery kinetics and their changes during degradation. The
case of a biodegradable drug eluting stent is a bridge connecting the two
approaches. The stent must perform mechanically, maintaining the artery
patent after deployment and during degradation, and be capable of effective
drug delivery.

It is important to make distinctions between the terminologies often
encountered in the literature. Biodegradable polymers are polymers that
are decompose in the living body but whose degradation products remain
in the tissues long-term. On the other hand, bioresorbable polymers can be
defined as polymers that degrade after implantation into nontoxic products
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which are then eliminated from the body or metabolized therein. Although
this last term is more precise, it is often used interchangeably with other
terms, including absorbable, resorbable, bioabsorbable, and biodegradable
[HAD].

In their book, Biodegradable Polymers and Plastics, Ottenbrite et al.
present a discussion aimed at settling the terminology for such polymers.
The conclusion of the discussion board was a set of working definitions.
Polymer degradation is a deleterious change in the properties of a polymer
due to a change in its chemical structure. A biodegradable polymer is
a polymer in which the degradation is mediated at least partially by a
biological system. Also, a distinction between degradation and erosion was
made. Degradation, defined as the change in chemical structure, is a process
different from erosion, defined to be the process of dissolution or wearing
away of a polymer [OTa]. Thus, a bioabsorbable polymer automatically
implies degradation mediated by a biological system as well as its erosion
into nontoxic byproducts that will be then absorbed by the body.

More precisely, polymer degradation is the chain scission process that
breaks polymer chains down to oligomers and finally monomers. Degrada-
tion leads to erosion, which is the process of material loss from the polymer
bulk. Such materials can be monomers, oligomers, parts of the polymer
backbone, or even parts of the polymer bulk. Thus, degradation and ero-
sion are distinct but related processes [Pla]. It is worth noting that all
polymers undergo backbone chain scission; that is, all polymers “degrade.”
Only the time they require for degradation is different, and it can range
from hours in the case of the hydrolytic degradation of poly-anhydrides,
to many years for poly-amines [GOc]. The relationship between the ac-
tual life of the polymer and the intended life to perform its function will
ultimately dictate the distinction between a polymer being degradable or
nondegradable.

Polymers degrade by several different mechanisms, depending on their
inherent chemical structure and on the environmental conditions to which
they are subjected. Degradation results from an irreversible change of the
material which eventually leads to its breakdown or failure. There are five
major mechanisms of polymer degradation: thermal, radiation induced,
mechanical, enzymatic, and chemical [GODb].

Covalent bonds of the backbone chain of the polymer have a limited
strength. In thermal degradation, scission is due to the highly excited vi-
brational state of bonds attained with increases of temperature. When the
energy associated with the vibrational state overcomes the bond dissocia-
tion energy, scission and consequently degradation occur. Although these
processes cause rapid decomposition of polymers only at highly elevated
temperatures (around 500°C), the pronounced temperature dependence of
the rates of chemical reactions can cause a significant and rather rapid
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degradation already under milder conditions [WEb]. Radiation induced
degradation occurs when polymers undergo chemical reactions upon irra-
diation with ultraviolet light or gamma radiation [SCd]. In general isother-
mal biomedical applications, such as the use of endovascular biodegradable
stents, thermal degradation and radiation-induced degradation are not as-
sumed to be relevant.

Mechanical degradation of polymers comprises a large number of dif-
ferent phenomena, ranging from fracture to chemical changes induced by
the mechanical environment. Mechanical energy transferred to a polymeric
system can be dissipated via two main relaxation processes: enthalpy relax-
ation, defined to be the slippage of chains relative to surrounding molecules,
and entropy relaxation, changes of chain conformation. These relaxations
are harmless to the polymer because they do not induce chemical changes.
In competition with these relaxation processes, the scission of chemical
bonds can occur. Obviously, the probability for bond scission should in-
crease as relaxation is impeded. A single, generally applicable mechanism
of stress induced chemical reactions does not appear to exist. It seems that
different bond scission mechanisms are operative depending on the state
of the polymer (solid, rubbery, or molten) and the mode of imposition of
stress. In solid polymers, fracture planes and voids might give rise to the
rupture of chemical bonds. In the rubbery state or molten in solution, inter-
and intrachain entanglements might cause stretching of parts of the macro-
molecules, resulting eventually in bond scission. Strain is a prerequisite
for bond rupture in polymer chains regardless of the state of the material;
that is, bond rupture occurs when sufficient energy is concentrated in a
certain segment of a macromolecule as a consequence of the nonuniform
distribution of internal stresses [SCd].

Enzymatic degradation is mainly relevant for natural polymers such
as proteins, polysaccharides, or poly g-hydroxy esters, for which specific
enzymes exist [GOc]. Chemical degradation is a general classification of
molecular weight reduction due to chemical reactions that start sponta-
neously when certain low molecular weight compounds are brought in
contact with the polymer [SCd]. Hydrolysis and oxidation are classic
examples of chemical degradation.

The prevailing mechanism of biological degradation for synthetic biode-
gradable polymers is scission of the hydrolytically unstable backbone chain
by passive hydrolysis, because for most of them, no specific enzymes exist
[WEa]. By tailoring the polymer backbone with hydrolyzable functional
groups, the polymer chains become labile to an aqueous environment and
their ester linkages are cleaved by absorbed water [HAa]. There are sev-
eral factors that influence the rate of this reaction: the type of chemi-
cal bond, pH, co-polymer composition, and water uptake are the most
important [GOb]. Other factors can also be relevant: residual monomer
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concentration [HYa], autocatalysis [SId], temperature [WEb], chemical en-
vironment [ZHal, and initial molecular weight [IVa], just to name a few. On
the other hand, one must realize that although the number of factors that
influence the degradation of polymers might be infinite, under the condi-
tions of interest only some might be relevant. Moreover, inherent chemical
and physical changes to the polymer and to the surrounding environment
might have a substantial feedback on the degradation rate [GOc].

For semi-crystalline polymers, hydrolysis occurs in two distinct stages:
initially, water penetrates the polymer, preferentially attacking the more
accessible chemical bonds in the amorphous phase and converting long poly-
mer chains into shorter, ultimately water-soluble fragments [GOb]. Because
the amorphous phase is degraded in the first place, there is a reduction
in molecular weight without a loss of apparent physical properties as the
polymer matrix is still held together by the crystalline regions. The re-
duction in molecular weight is soon followed by a reduction in physical
properties as water begins to fragment the polymer bulk [ALb, ALc].

The diffusion of water into the polymer bulk and polymer degradation
compete against each other in the process of polymer erosion. If degra-
dation is fast, the diffusing water is absorbed quickly by hydrolysis and
hindered from penetrating deep into the polymer bulk. In this case, degra-
dation and consequently erosion are restricted to the surface of the poly-
mer, a phenomenon referred to as heterogeneous or surface erosion [TAa].
This type of erosion changes if degradation is slower than the rate of dif-
fusion of the water through the polymer. In this case water cannot be ab-
sorbed quickly enough to be hindered from reaching deep into the polymer
and the polymer degrades and erodes through its cross-section, a behavior
which has been termed homogeneous or bulk erosion [TAa]. It must be
stressed, however, that surface and bulk erosion are two extremes and the
erosion mechanism in a degradable polymer usually shows characteristics of
both.

In addition to water diffusion and bond stability, other factors such as
water uptake which depends on the hydrophilicity of the polymer affect the
hydrolysis rate and the erosion behavior of polymers substantially [BUa].
As should be expected, many different types of morphological changes occur
upon erosion. An increase in surface roughness and the formation of cracks,
macropores, and micropores are common phenomena observed in degrading
polymers. Erosion fronts, which separate eroded from noneroded polymer,
have been reported for surface eroding polymers such as poly(anhydrides)
[KAc]. In contrast, inversely moving erosion fronts have been observed in
poly(DL-lactide) [LIa], where polymer degradation is increased inside erod-
ing polymer matrices due to the autocatalytic activity of monomers that
have been created [SId]. Due to the preference for the amorphous phase,
the degree of crystallinity of degradable polymers can change tremendously
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during erosion [Plc]. Additional changes in crystallinity are a consequence
of the recrystallization of oligomers and monomers [LIb].

Elimination is the concluding stage of the complete function of a biode-
gradable implant. The obvious requirement is to have a polymer that is
biocompatible during the whole time of permanence inside the body as
well as its breakdown products being eliminated through metabolism in a
nontoxic manner [Zla]. The biocompatibility of aliphatic polyesters, espe-
cially polyglycolic and polylactic acid, is well established in the literature
[SCa, PId, NGaJ]. On the other hand, the elimination of the byproducts of
degradation and erosion appears to follow different mechanisms for different
polymers and is controversial. Ultimately, the elimination involves the solu-
bilization of the degradation products which are then carried away from the
implantation site and eliminated [KAc|. The surrounding tissue (in the case
of a biodegradable stent, the artery wall) must be capable of absorption,
digestion, and elimination of the resulting oligomers and monomers [GUa].
The last step is the removal of these waste products from the blood. Lyso-
somal degradation is the major pathway for the elimination of polymers
that cannot be excreted directly via the kidney [WIa].

4.4 Models of Degradation and Erosion

Theoretical models to predict polymer degradation and erosion would seem
to be important tools for a number of different applications. If drug elution
is to be part of the therapy, drug delivery profiles should be programmable
at the design stage. For orthopedic applications, load-bearing capabilities
as well as their evolution with time must be determined. A drug eluting
biodegradable stent should ideally be designed accounting for all of these
criteria.

Hydrolysis degradation is the breakage of backbone bonds caused by
incoming water and is a phenomenon that occurs at the molecular level
[VEa]. It is a very intricate process, as a variety of different degradation
mechanisms can occur simultaneously and concurrently. Also, the reac-
tivity of each bond might be equal when considered individually, but the
large number of repeating units and their inherent steric environment, weak
links, and branches, may influence the local rate of reaction [NGb]. The
probability of hydrolysis and consequent scission of a particular bond is
expressed as a distribution function (commonly random scission, central
Gaussian and parabolic). Monte Carlo or other more complex techniques
are applied to populations of simple polymers to predict the theoretical evo-
lution of MWD [NGb]. Experiments with gel permeation chromatography
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provide data to model the mechanism of degradation [NGc]. Other degra-
dation models based on kinetics have been reported [BRa, BEDb]. Lastly,
complex degradation schemes depicting possible mechanisms can be de-
veloped and computationally solved to obtain realistic MWD evolutions
[BOa, YOal.

Erosion is the dissolution of oligomers and monomers resulting from
degradation. Joshi and Himmelstein [JOa] proposed a reaction-diffusion
model for degradation and drug release, consisting of Fick’s law of diffusion
coupled with a reaction equation describing the kinetics of the degradation
mechanism. Theoretical results for drug release, water penetration, and
erosion were obtained as a consequence of degradation and were corrobo-
rated with experimental results [JOa, THb|. One drawback of this model is
that it does not take into account changes in the microstructure caused by
the preferential erosion of the amorphous phase compared with crystalline
phase.

Gopferich and Langer developed different models for erosion [GOa].
They describe erosion as being a probabilistic event and the polymer
matrix as a grid of pixels. Monte Carlo simulations coupled with a reaction
equation describing random scission were performed. Different properties
can be assigned to each pixel, so a distinction between the crystalline and
amorphous phase was considered. By removing eroded pixels continuously
from the grid, temporal evolutions of a degradable polymer matrix can
be determined stochastically. From such simulations, many experimentally
measurable parameters can be calculated, such as porosity or weight loss.
Erosion fronts and erosion modes can also be inferred from the results of
the simulation. The fit of experimental data allows the determination of
the erosion rate constants and demonstrates that the stochastic model is
quite well able to adjust to the experimental data. Later models by the
same group included diffusion equations to obtain theoretical results on the
release of drugs through the pores [SIa].

Up until now, most of the research effort on biodegradable polymers
were directed experiments and product development. A fair amount of ex-
perimental data concerning biodegradable polymers exists, ranging from
MWD evolutions, mass loss, and amount of drug eluted. Because of the
complexity of these materials and the variety of processes to which they are
subjected, the modeling effort has been very limited. The existing mod-
els are based on widely different approaches, certainly driven by the field
of application. Drug delivery and erosion for drug delivery implants are
far better understood when compared to the impact of degradation on the
load-bearing performance in orthopedic applications, usually based on phe-
nomenological models with data from in vitro and in vivo experiments. We
were not able to identify any previous study of the impact of degradation
and erosion on the mechanical response of polymers.
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As can be expected, the biodegradation of the polymers that constitute
a stent depend on two classes of factors: the mechanical environment and
the biochemical environment. One could easily imagine an astonishingly
large number of parameters in these broad categories that potentially could
influence the degradation, ranging from stress or strain on a strut to the
concentration of a particular compound present in the blood. Besides
degradation modeling (how the polymer chains are broken) and erosion
modeling (how monomeric and oligomeric products are washed out), the
modeling of the mechanical response is equally relevant. To know how the
degradation influences the mechanical response requires significant effort.
The next sections outline our initial modeling efforts, which are aimed at
developing a tool for biodegradable stent design.

4.5 Model Description

As mentioned earlier we introduce a measure of the degradation through
a field d(x,t), which we refer to as the degradation field. It is a scalar
field defined over the body and is assumed to be positive. It reflects the
bond scission of the polymer backbone chains and results solely in molecular
weight reduction. One can think of degradation as a measure of the density
of broken bonds. Another important assumption is that degradation should
be a consequence of bond scission and the factors on which it depends.
Degradation is assumed to depend on the strain field and time and only
mechanical degradation is described by our model. We define the evolution
of the degradation through

od(x,t)

T = D(G, t)u (51)

where € is the linearized strain. In a problem involving large strains, we
use a nonlinear measure of strain such as the Almansi—-Hamel strain. This
relation reflects the mechanism of scission caused by strain and describes
mechanical degradation.

The rationale for the choice of (5.1) for the evolution of the degrada-
tion field is the following: (1) a material degrades faster when exposed to
higher strains, and (2) a material that is strained for a longer period of
time degrades more rapidly than a material that has been strained by the
same amount for a shorter period of time. In other words, materials sub-
jected to larger strains, other things being held equal, degrade faster; and
materials subjected to the same strain for a longer time, other things being
held equal, degrade faster [RAa]. Obviously, this behavior depends on the
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Degradation

(1) (2)

Mechanical
Properties

(3)

Figure 4.1. General pathway of strain induced degradation. A material
degrades depending on the strain to which it is subjected (1). As degra-
dation proceeds its mechanical properties decrease (2), leading to a new
equilibrium position (3) that will be responsible for more degradation (1).

choice of D(e, t). Examples of mechanical degradation are common. Aging
processes, ultrasonic degradation, stress induced chemical alterations of
polymers, and mastication of rubber can be described through these mech-
anisms. The closed loop cause—effect mechanism of degradation is shown
in Figure 4.1.

The body was considered to be a linearized elastic body when degrada-
tion was absent. Although this simple model does not describe polymeric
materials undergoing large deformations, the choice of this model was made
based in virtue of the simplicity of the governing equations that it yields.
The methodology can certainly be extended to the finite deformation case,
as will be necessary for a fully realistic model of a stent. For the same
reasons, a simple geometry was chosen in order to obtain an easy mathe-
matical problem. The classical linearized elasticity solution of a cylindrical
pressure vessel was chosen in order to obtain a problem that involves only
one spatial variable. The cylindrical model is representative of stent ge-
ometries, and provides a means to obtain results in a tractable framework.
Incorporation of this model into a finite element code would allow for more
complex geometries to be modeled.
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Figure 4.2. Geometry of the body considered.

Consider an infinitely long, homogeneous, isotropic, elastic cylindrical
annulus described by the classical linearized theory with inner and outer
radii @ and b, respectively, under radial pressure at both the inner and
outer surfaces as shown in Figure 4.2. A semi-inverse method can be used
to solve this simple classical linearized elasticity problem. We assume that

u = u(r, t)e,. (5.2)
The linearized strain € is defined by
1 T

In this problem, there are only two nonzero components of the strain tensor
(expressed in cylindrical polar coordinates defined along the cylindrical
annulus).

ou

Epp = E, (53)
u

€0y = o (5.4)

The stress field o can be computed in terms of two material parameters.
In this case, the Young’s modulus E and the Poisson ratio v are used and
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the constitutive relation takes the form

_FE n FEv
AR )

o (tr e)I. (5.5)

Only three components of the stress tensor are different from zero, o, ggg,
and o0,,. Substituting (5.3) and (5.4) into (5.5), the stresses are given by

—L{(l— )@_;'_ g} (5.6)
7= A1 01— 20) or TV ) '
Ev u ou
SN A— (@ + 3) (5.8)
Oz = 1+v)(1—=2v)\Oor r) '
The balance of linear momentum yields the equation
2
div o7 + pb = p%‘. (5.9)

The density p was assumed not to change during degradation. This assump-
tion can be supported by experimental data on bulk erosion. Degradation
takes place over the entire body and only after some time erosion mech-
anisms are triggered [PIa]. Before that happens, backbone chain scission
can be assumed to happen without mass loss. This once again stresses
the difference between degradation and erosion. Using the predetermined
stress field (5.6)—(5.8) in the local form of the momentum balance (5.9) and
assuming no body forces, the only remaining nontrivial component is the
radial component, which simplifies to

0oy Orr — 060 O*u
+ =P
or r ot2

(5.10)

The degradation field d(x,t) is assumed to depend only on the radial
position and time, d(r,t). This field quantifies the progress of degradation
of the material at each current location. It can only assume positive values
without any upper bound and if it is zero it means no degradation has
taken place.

To model a biodegradable polymer, the parameters describing the me-
chanical properties are allowed to decrease as degradation progresses. An
equation relating the decrease in the mechanical properties with the in-
crease of degradation is assumed. In this model, it was assumed that only
the Young’s modulus of the material decreases during degradation in the
following manner,

E(r,t,d) = Eo[l — gd(r,t)], (5.11)
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where FEj is the Young’s modulus associated with the virgin specimen and
0 is a constant that weights how the degradation field leads to a reduc-
tion of the mechanical properties. The Poisson ratio was assumed to be
constant with a value close to that for an incompressible body (v = 0.49),
so as to reflect the near constant density of the polymeric materials under
consideration. Then, the constitutive equation (5.5) assumes the form

E(rt,d) E(r,t,d)v
o= Ty €+ A0 (tr €)1. (5.12)
To relate the increase of degradation to the mechanical stimuli to which
the body is subject, the equation that governs the degradation (5.1) is
assumed to be of the following form,
ad(r,t)
ot
where D(t) is a strain degradation parameter. Generally speaking, the rate
of increase of degradation is assumed to be dependent solely on the
linearized strain. Due to incompressibility, the dilation (the trace of the
linearized strain tensor) is approximately zero. Thus, because of particular
characteristics of the strain field of a pressurized cylindrical annulus (i.e.
plane strain), €, is zero and €gg and €, add up to zero. For this problem,
the degradation was simplified to be dependent on just one component
of the strain field, more precisely the hoop strain egg. Also, it is assumed
that the rate of increase of degradation would have the separable represen-
tation shown in (5.13).
Introducing the stress field (5.6)—(5.8) together with (5.12) into the bal-
ance of linear momentum (5.10) yields a second-order partial differential
equation

= D(t)ego, (5.13)

Ay + Aouy — Agu = puy a<r<bt>0, (5.14)

where each letter subscript represents a partial derivative with respect to
that variable. The coefficients A; through As depend on the degradation
field through the following expressions.

Eo(1-v)

A= T (519
_ E(d-v) [1-pd

A= (1+v)(1—2v) { , 5‘4 ; (5.16)
_ BE(1-v) v Bd, 1-p3d

A= (1+v)(1-2v) {171/ r 2 } : (5.17)

Substituting the hoop strain (5.4) into the equation governing the degra-
dation (5.13) yields

(5.18)
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Equation (5.14) is a nonlinear hyperbolic PDE. The nonlinearity arises
from the dependence of the Young’s modulus on the degradation field.
Equation (5.18) is parabolic. Both must be solved for d(r,t) and wu(r,t)
simultaneously. Traction boundary conditions are imposed on both surfaces

of the annulus:
{GTTlr—a =D (t)

t > 0. (5.19)
Orrlyep = —p2(t)

Initial conditions on the displacement and degradation fields must be spec-
ified. They are:

ul—g =0
U,y =0 a<r<b (5.20)
d,_o=0

with the understanding that the annulus is at rest and nondegraded initially.

4.6 Methods

Because of the nonlinear nature of the resulting partial differential equa-
tions, a time marching nonlinear finite element scheme with a set of nonlin-
ear iterations for each time step was implemented to simultaneously solve
both equations (5.14) and (5.18) for the unknown functions u(r,t) and
d(r,t), subject to the boundary conditions (5.19) and the initial conditions
(5.20). The infinitely long cylindrical annulus was modeled to simulate a
stent deployed inside a coronary artery (shown in Figure 4.2). The outer
radius, b, was chosen to be 2.5 mm, and represents an average coronary
artery. Considering a typical strut thickness of 100 pum, the inner radius, a,
was chosen to be 2.4 mm. Pressure applied on the inner surface of the annu-
lus, p1(t) in (5.19), was chosen to simulate the pressure during blood flow.
A steady pressure field of 13 kPa (=~ 98 mmHg) was superimposed with an
oscillatory component with an amplitude of 2.75 kPa, yielding a systolic
and diastolic pressure of 118 mmHg and 77 mmHg respectively. The fre-
quency was taken to be 1 beat per time unit, simulating resting conditions.

The outer pressure, pa(t) in (5.19), representing the crushing action of
the artery in the stent after deployment, was taken to be constant and with
value of 202 kPa (2 atm). This value was based in a 3-D finite element model
of the deployment of a metal stent in a hyperelastic coronary artery [BEa].
The mechanical properties chosen were for PLLA assuming a linear elastic
behavior. PLLA is generally incompressible, so a Poisson ratio v of 0.475
was chosen. The nondegraded Young’s modulus Ep in (5.11) was assumed
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to be 3.5 GPa, according to published data obtained from experimental
results [DRa, GAb, LUal.

The domain of the problem was meshed with 1-D Lagrangian quadratic
elements. Mesh convergence was verified and 20 elements were chosen,
being the best compromise between precision and a fast computational
running time.

This problem deals with two completely different time scales. The fre-
quency of the oscillatory component of the inner pressure is one sinusoidal
cycle per time unit. The degradation, on the other hand, varies over days,
months, or even years. The time march was performed through 25 time
units. Although any degradation over this time interval is completely non-
physical, the main purpose of this analysis was to understand the role of the
degradation constants 8 and D(t) on the degradation process (cf. Eq. (5.11)
and (5.13)). A time step of 0.05 seconds was chosen. This time step was
enough to assure stability of the time marching scheme.

Two types of data were analyzed. From one standpoint, temporal evo-
lutions of important quantities at a given point in the spatial domain were
obtained, for example, the displacement of the inner surface of the annulus
as a function of time, or the variation of the three nonzero components of
the stress field at the outer surface. On the other hand, fields can be plot-
ted along the entire domain at a given moment in time, and the evolution
of the fields considered can be characterized.

As a starting point, a representative problem was studied with the degra-
dation parameters taken to be § = 5 and D(t) = 1. Then, a parametric
analysis was performed with regard to these two representative parame-
ters. Three more cases were considered to study the effect of 3, one lower
(6 =1), and two greater (3 = 10 and 8 = 20). The study on the influence
of D(t) in the degradation was done in two distinct steps. Firstly, three
more constant D(t) were considered, D(t) = 2.5, D(t) = 5, and D(¢) = 10.
Then, to have a greater insight on the role of D(t) on the degradation
mechanism, several shapes were considered and are shown in Figure 4.3.
Table 4.1 shows schematically the cases considered.

To access the effects of the thickness of the annulus on the degradation
process, two additional geometries besides the one considered in the rep-
resentative case above were considered. The parameters of degradation,
boundary conditions, and initial material properties were kept constant,
and an aspect ratio, defined to be the ratio of the outer radius to the
thickness of the annulus (i.e. b/(b— a)), was varied and is systematized in
Table 4.2.

Lastly, to assess the influence of the applied loads on the degradation of
the annulus, a different type of analysis was performed. The outer pressure
was cycled between the inner pressure and 202 kPa considered in all of
the previous cases. Four linear loading and unloading cycles over 100 time
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Figure 4.3. Shapes of several D(t) considered. Ultimately, all will end with
the same D(t) = 1. D(t) = 0 yields no degradation.

units were considered. Two different sets of degradation parameters were
analyzed, 8 =5, D(t) =1 and 8 =10, D(t) = 2.

4.7 Results

As time increases and degradation proceeds, the overall value of the radial
displacement of the cylindrical annulus increases at a progressive rate,
that is, the annulus creeps inwards when subjected to the same loads
(Figure 4.4). For this initial representative case (8 = 5 and D(t) = 1;
cf. Table 4.1), the inner displacement increases 0.4 pm over 25 time units,
a 15% increase when compared with the nondegraded radial displacement.

Due to the kinematical characteristics of this deformation and the strain
field that it causes, a slightly inhomogeneous increase in degradation is
observed (Figure 4.5). The inner part of the annulus is subjected to
greater strains and therefore to a stronger degradation. This degrada-
tion has consequences on the material properties and the Young’s modulus
decreases steadily through the thickness as degradation and time increase.
At the inner surface, where the degradation is more intense, a reduction of
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B | D(t)
Representative Case 5 1
Parametric Study
Influence of (3 1 1
5
10
20
Influence of D(t) 5 1
2.5
5
10
Influence of the shape of D(t) | 5 | DO
D1
D2
D3
D4

Table 4.1. Summary of the cases considered for the parametric study of the
degradation parameters 8 and D(¢). The specific forms of the functions DO
through D4 are shown in Figure 4.2.

a | b |b/(b-a)
Representative case 24|25 25
(thin-walled annulus)

Medium thickness 1.5 125 2.5
annulus
Large thickness 0.5 |25 1.25
annulus

Table 4.2. Summary of the cases considered for the parametric study of the
degradation parameters 8 and D(¢). The specific forms of the functions D0
through D4 are shown in Figure 4.2.

approximately 15% in the Young’s modulus after 25 time units is observed
(Figure 4.6).

The linearized strain field follows the same behavior as the displacement.
The radial strain e..(r,t) is positive and the hoop strain egy(r,t) has a
negative value (Figure 4.7). All the other components of the strain field
tensor in this cylindrical coordinate system are zero. The two nonzero
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Figure 4.4. Displacement profiles u(r,t) at t = 0,1,2,...,25 (time units).

As time increases, the overall value of the displacement increases in absolute
value with a progressive rate.

0.03 | .
tincreases degradation profile d(r) at t=0, 1, ..., 25 (time units) fixed

0.02

d(rt)

0.01

0.00 T T T 1
24 2425 245 2.475 r(mm) 2.5

Figure 4.5. Degradation profiles d(r,t) at t = 0,1,2,...,25 (time units).
As time increases, the degradation increases. Degradation is nearly homo-
geneous, but is slightly more aggressive near the inner wall.
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Figure 4.6. Nondimensional Young’s modulus profile E(r,t)/Ey at t = 0, 1,
2,...,25 (time units). The Young’s modulus, initially constant throughout
the thickness, shows radial dependence after the onset of degradation.

strains add up to approximately zero due to the near incompressibility
of the material. Lastly, the values of the components of the linearized
strain tensor are close to zero, thus the necessary requirement of small
displacement gradients is verified.

Stress relaxation in the inner half of the annulus and an increase in the
overall value of stress in the outer part are observed (Figures 4.8 and 4.9).
Although both the hoop stress ogg(r, t) and the axial stress o,.(r,t) show
significant differences from the classical linearized solution, stress relaxation
and stress intensification are more relevant in the former than in the latter.
An approximately 30 kPa relaxation in ogg(r,t) at the inner surface and a
similar increase in the outer part are observed (Figure 4.8). The axial stress
departs from the constant through the thickness result obtained from the
classical linearized solution, and the relaxation and intensification patterns
are similar (Figure 4.9). However, the radial stress o,.,.(r, t) shows little ef-
fect of degradation (Figure 4.10); due to the pressure boundary conditions,
the whole radial stress profile is prescribed for all times.

4.7.1 On the Influence of the Load

Hysteresis loops are observed in the hoop stress ogg(a,t) versus hoop strain
ego(a,t) diagram at the inner surface when the outer pressure is steadily
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Figure 4.7. Strain field €,..(r,t) and egg(r,t) at t = 0,1,2,...,25 (time
units). The order of magnitude of the components of the infinitesimal strain

tensor is small, therefore the assumption of linearized elasticity holds for
this deformation.

cycled four times between the inner pressure and 202 kPa (Figure 4.11).
Hysteresis is dependent on the degradation parameters, with the area
spanned by the hysteresis loop increasing as degradation proceeds. Not only
are the effects of degradation indistinguishable for the first cycle between
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Figure 4.8. Hoop stress ogg(r,t) at t = 0,1,2,...,25 (time units). Stress
relaxation is observed in the inner half of the annulus. On the outer half,
the stress increases in order to satisfy the linear momentum balance.
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Figure 4.9. Axial stress o,,(r,t) at ¢ = 0,1,2,...,25 (time units). The
nondegraded classical solution would yield a constant valued axial stress
through all the annulus thickness. Due to degradation, relaxation occurs
in the inner half.
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Figure 4.10. Radial stress o,.(r,t) at t = 0,1,2,...,25 (time units). Due
to BCs, 13 £ 2.75 kPa at the inner radius and 202 kPa in the outer radius,
the whole profile is prescribed for all times.

the two sets of degradation constants, but also as degradation proceeds
the curves deviate from each other. Lastly, no permanent set is induced
due to the degradation imparted through this model; when the annulus is
unloaded, it returns to its original configuration.

4.7.2 On the Influence of the Thickness of the Wall

The most important difference obtained through the different geometries re-
ferred to in Table 4.2 is the decrease of the homogeneity of the deformation.
A deformation is said to be homogeneous if straight lines are mapped
through the deformation into straight lines (or, if in a Cartesian coordinate
system, the components of the deformation gradient are constants). In the
case of a thin-walled annulus, the deformation is almost homogeneous, as
can be inferred by the flatness of the displacement profile (Figure 4.12, first
column). When the thickness of the annulus is increased, the deformation
becomes more inhomogeneous, leading to a less flat radial displacement
profile and consequently a more inhomogeneous degradation (Figure 4.12,
second and third columns).



4. Cyclically Loaded, Biodegradable Cylinders 153

hoop stress Ggg Vs hoop strain €99

5+
=7
/// /
- /
- /
- /
- /
4 + //
—_ /
< /
s /
/
2,5 s
&L -3 J
» i
d g
g 2r
=
1k
—— B=5, D(1)=1
y -~ - — — B=10,D()=2
0 1 1 1 1 1 |
0 -0.5 -1 -1.5 -2 -2.5 -3
X 10_3

hoop strain €90

Figure 4.11. Hoop stress ogg(a,t) versus hoop strain egg(a,t) at the inner
radius. The outer pressure pa(t) cycles four times between the inner pres-
sure and 202 kPa. The loading/unloading curves are distinguished with
arrows (shown only for the last cycle).

The radial displacement profile as well as its evolution show significant
differences from the representative case: the nearly homogeneous deforma-
tion is lost, as well as the rate at which the annulus creeps inwards changes.
An example of the former is the increase in the difference between inner
and outer values of the radial displacement; that is, a 3% difference in
between the inner and outer radial displacement for the representative case
becomes 30% and almost three times greater in the other two cases, respec-
tively; examples of the latter are the different “distances” that the displace-
ment profiles (each profile is plotted at a fixed time) are from each other
(Figure 4.12, first column). Similar results concerning the degradation and
Young’s modulus profiles are observed, but the main feature is the qual-
itative changes in the nature of each solution. An almost homogeneous
degradation in the thin-walled annulus becomes markedly inhomogeneous
as the thickness increases. Degradation and consequent depreciation clearly
proceed in the outward direction, as can be observed in the significant dif-
ferences between degradation and the Young’s modulus at the inner and
outer surface (Figure 4.12, second and third columns).
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Figure 4.12. Influence of the wall thickness on the deformation, consequent
degradation, and Young’s modulus reduction. Profiles of displacement,
degradation, and normalized Young’s modulus for three different geome-
tries are shown (the arrow means the increase in time). For a thin-walled
cylinder such as a stent the degradation is almost homogeneous through-
out the thickness. For the other two geometries, the inhomogeneity of the
deformation is more intense. The inner and outer parts of the annulus
are subjected to more different strain fields as the thickness increases and
consequently greater asymmetries occur.
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Figure 4.13. Normalized displacement at the inner radius wu(a,t)/
unodeg(a,t) for several 5. As ( increases, the impact of degradation on
the mechanical properties is greater. Although the outer pressure remains
constant, the inner surface creeps inwards.

4.7.3 On the Role of the Constant Governing the Mechanical
Properties Reduction, 3

The main characteristic of the constant governing the Young’s modulus
reduction ( is that when it increases in magnitude, so does the rate at
which the material properties decrease due to a given degradation field
(cf. Eq. (5.11)). Comparing several solutions with everything kept constant
except the value of 3, significant differences can be observed in the temporal
evolution of the radial displacement, degradation, and Young’s modulus at
the inner surface (Figures 4.13, 4.14, and 4.15, respectively).

When g = 20 the annulus “collapses.” This collapse is observed in all
three figures: the displacement and degradation at the inner surface (the
worst case scenario because the degradation proceeds from the inner sur-
face) tend asymptotically to infinity whereas the Young’s modulus reaches
zero value. The numerical method does not converge, the computation is
interrupted, and the assumption of classical elasticity does not hold any-
more. On the other hand, a qualitative comparison between all the cases
shown in the evolution of the Young’s modulus profile (Figure 4.15) reveals
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Figure 4.14. Degradation at the inner radius d(a,t) for several (.

The degradation increases asymptotically and ultimately will lead to the
collapse.

that the impact in the mechanical properties and the likelihood of collapse
is intimately related to the value of 5. Lastly, § also influences the whole
degradation process, as a softer material under the same load will be sub-
jected to slightly greater strains and consequently to a slightly greater rate
of degradation.

4.7.4 On the Parameter of the Mechanical Degradation
Governing Equation, D(t)

The evolutions of the degradation at the inner surface for different D(¢)
considered in the parametric study of the influence of the degradation
parameter are clearly different from each other (Figure 4.16) and from
the ones previously obtained in the parametric study for where the degra-
dation achieved by each deformation is very close for all of the considered
cases (cf. Figure 4.14). As D(¢) is connected to the amount of degradation
that a given strain field can cause (cf. Eq. (5.13)), it follows logically that
different values of this function will yield distinct degradations under the
same strain field.
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Figure 4.15. Normalized Young’s modulus at the inner radius E(a,t)/Ey for
several 3. As (3 increases, the ability to support load is readily depreciated
by the degradation field. In the solution corresponding to 5 = 20, F(a,t)
tends to zero before ¢t = 25 time units and is responsible for the blowing up
of the approximating method.

Increasing the value of D(t) intensifies the degradation that a given
strain can provoke and therefore makes collapse more likely. Two cases
collapse within the time march considered (Figures 4.17 and 4.18).

4.7.5 On the Shape of D(t)

When D(t) is considered as shown in Figure 4.3, it is observed that D(t) = 0
leads to no degradation and this function can be used as an activation crite-
rion for the initiation of strain-induced degradation. The annulus starts to
yield as soon as the onset of degradation takes place (Figure 4.19). Because
the absolute value of D(t) is directly related to the amount of degradation
imparted by a given strain field, the smoothness of the transient regime
in the degradation evolution is a direct consequence of the smoothness of
each D(t). D4, with an abrupt change from 0 to 1 at ¢t = 20, provokes
an abrupt change in the degradation of the annulus; however, with DO,
where the increase is linear over the first 20 time units, the transition is
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Figure 4.16. Degradation at inner radius d(a,t) for several constant D(t).
Correspondingly, degradation increases at a faster rate for D(¢)s of greater
magnitude.

smoother (Figure 4.20). The functions tested ultimately end up with the
value D(t) = 1 and it is observed that after a different transient period,
degradation will eventually achieve approximately the same rate (slope in
Figure 4.20), The time lag observed is a direct consequence of the different
functions D(¢). Also, the annulus creeps inwards at an approximately con-
stant rate and its material properties decrease in similar fashion for all the
cases considered (slope in Figures 4.19 and 4.21).

4.8 Discussion

One particular case of the model for the mechanism of degradation shown in
Figure 4.1 is the representative case taken as the initial result of the previous
section. Data with the degradation parameters 3 = 5 and D(t) = 1 (cf.
Figures 4.4 through 4.10), provide phenomenological support for the model.
The annulus starts out nondegraded and the imposed loads in the inner
and outer surfaces are responsible for a strain field through the balance
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Figure 4.17. Normalized displacement at inner radius u(a,t)/unodeg(a,t)
for several D(t). As the magnitude of D(t) increases, the mechanical
degradation induced by a strain field increases. Two cases (D(t) = 5 and
D(t) = 10) reach the point of collapse in 25 time units.

of linear momentum (cf. Eq. (5.10)). Simultaneously, a degradation field
dependent on the strain field given by the equation governing the increase
of degradation (5.13) comes into play. Both are related by the classical
constitutive equation (5.12), where the Young’s modulus is assumed to
depend on the degradation field.

The overall features of the solution obtained as the representative case
clearly show an increase in the degradation field and a reduction in the
mechanical properties (cf. Figures 4.5 and 4.6, respectively). A decrease
of approximately 15% of the value of the non-degraded Young’s modulus
is seen over the time march considered. However, it must be remarked
that such fast degradation is a consequence of this particular choice of
the degradation parameters. The main purpose for this choice was to
obtain quick degradation, so one would be able to observe its effects with
a feasible time march. Also, because the time scales associated with
degradation and a cycle of blood pressure considered in this model are
of the same order of magnitude, one would observe the influence, if any,
of an oscillating pressure applied on the inner surface. Lastly, it must be
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Figure 4.18. Normalized Young’s modulus at inner radius F(a,t)/Ep for
several D(t). A greater D(t) would make a given strain yield a greater rate
of increase of degradation.

remarked that in order to obtain a realistic model for describing a partic-
ular strain-degradable material, these parameters must be obtained from
designed experiments.

The nonzero components of the stress tensor (Figures 4.8 through 4.10)
have distinctive characteristics when compared with the nondegraded linear
elastic case. The axial strain o, is completely prescribed by the boundary
conditions. Stress relaxation of the hoop stress ggy is observed in the inner
half of the annulus caused by local softening of the material. The strain
field is higher in magnitude over the inner half and therefore degradation
is greater over this region. Because the degraded cylindrical annulus must
withstand the same loading conditions, the stresses in the outer part in-
crease in magnitude to compensate for the softening and relaxation in the
inner part. The axial strain shows a similar relaxation behavior, although
less intense, deviating from the constancy through the thickness obtained
in the standard case of a nondegradable elastic infinite cylinder.

Due to the same degradation mechanism, the cylinder creeps inwards
under a constant load. The displacement progressively increases with time
and that is a clear sign of creep (Figure 4.4). Under the same crushing
load, the displacement of the inner surface increases due to degradation
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Figure 4.19. Normalized displacement at inner radius u(a,t)/unodeg(a,t)
for different functions D(t). After a transient period, the cylinder creeps
at an approximately constant rate.

and softening of the material. Thus the cylinder shrinks over time, inducing
a higher strain field and consequently further degradation. On the other
hand, when the evolution of the inner displacement is compared over time
for different sets of degradation parameters (cf. Figures 4.13), it leads
to such an intense degradation that the cylinder collapses inside the time
march considered and the numerical scheme does not converge.

Also, the material shows behavior similar to mechanical hysteresis when
the outer pressure is cycled between the inner pressure and its constant
value. Hysteresis is obviously dependent on the degradation, as the two
cases shown in Figure 4.11 demonstrate. As the degradation proceeds,
the loading and unloading curves are far apart, meaning that dissipation
increases over time and over degradation.

All these three distinct features are inherent characteristics of a vis-
coelastic material. However, strain-induced degradation of the material
considered here shows similar characteristics. The material is elastic if no
degradation occurs, but when degradation is active, the material shows
stress relaxation, creep, and hysteresis, but markedly different from the
similar phenomena exhibited by viscoelastic materials (cf. Rajagopal and
Wineman for similar results on aging viscoelastic materials: two different
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Figure 4.20. Degradation at inner radius d(a, t) for different functions D(t).
The slope of each line will ultimately be the same and is related to the
constant value that D(t) assumes after ¢ = 20.

components of the mechanisms of relaxation and creep were distinguished,
one due to the inherent viscoelasticity of the material and the other due to
aging processes [RAa]).

Another remarkable consequence of this degradation mechanism is its
inhomogeneity. The equation governing degradation (5.13) states that
degradation increases proportionally to the hoop strain. If two particles
are subjected to different strains, consequently they will degrade to differ-
ent extents. Their material properties, once the same before degradation,
will vary with the current location. It is interesting how an initially ho-
mogeneous body becomes inhomogeneous after degradation induced by an
inhomogeneous deformation.

Figure 4.12 shows qualitatively the differences among several inhomoge-
neous deformations. In the representative case, the profiles of displacement,
degradation, and material properties reduction are almost straight lines.
Each particle in the entire cross-section is subjected to an almost identical
strain field and therefore the local degradation rates are similar and all par-
ticles of the body degrade approximately by the same amount. Thus, the
differences in material properties are small. On the other hand, when the
thickness of the cylinder is increased to obtain steeper hoop strain gradients
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Figure 4.21. Normalized Young’s modulus at inner radius E(a,t)/Ey for
different functions D(t). The onset of degradation and consequent material
properties reduction are directly related to D(¢) being nonzero.

throughout the thickness due to the inhomogeneity of the deformation, the
degradation behavior of the body is completely different: (1) the flatness of
the displacement profile is lost and the annulus is subjected to higher strains
near the inside surface, (2) the degradation rate and the achieved degrada-
tion are greater in this region, (3) degradation clearly proceeds outwards,
and (4) the differences in Young’s modulus reduction obtained for different
particles of the cylinder are enormous and the degree of inhomogeneity of
the cylinder after some degradation is vast.

Degradation is driven by two distinct parameters that relate the two
governing equations. Constant (3 appearing in the constitutive equation
(5.12) through (5.11) represents the impact of a given amount of degrada-
tion in the reduction of the Young’s modulus. This relationship can have
a more general form (space- and time-dependence, nonlinear in the degra-
dation field, or even dependent on the diffusion of certain species), and
(5.11) is just one particular description of the impact of the degradation
in the constitutive equation. In this simplified model, the relationship is
linear and § is a constant (over space and time). The magnitude of 3 is
ultimately related to the amount of depreciation that a given degradation
would produce (a negative 3 would result in a material that strain hardens).
Degradation is similar for the fs considered (Figure 4.14), but the corre-
sponding Young’s modulus reductions are clearly distinct (Figure 4.15).
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The reason is that D(t), which is responsible for the degradation due to a
given strain field, is the same, whereas 8 changes dramatically, provoking
different Young’s modulus reductions for approximately the same degrada-
tion field. Eventually, because of the softening of the material, the cylinder
yields and degrades progressively at slightly different rates. When 3 = 20,
the effect of degradation in the Young’s modulus is so strong that collapse
was observed, that is, a point where the numerical solution yields a Young’s
modulus close to zero. It must be noted that all the solutions will even-
tually collapse after some time. The value of 3, together with D(t) will
ultimately decide when collapse occurs.

D(t) influences the process through the equation governing degradation
(5.1) and (5.13). Equation (5.13) is a particular form of the more general
(5.1). The parametric study of the effect of the absolute value of D(t)
yielded similar effects when compared with the influence of 3 (Figures 4.13
through 4.18). As expected, D(t)s of greater magnitude would motivate
a stronger and faster degradation under the same strain field. Moreover,
this parameter was chosen to be dependent on time in order to be pos-
sible to have activation criteria and temporal changes of the degradation
rate. D(t) = 0 leads to no degradation and it can be used as an activation
criterion (Figure 4.19). The rate of strain degradation will be closely re-
lated to this function. All five cases tend approximately to the same rate
of degradation because all the D(t)s will ultimately have the value of 1.
Young’s modulus reduction and displacement at the inner surface show
similar results (Figures 4.20 and 4.21).

As a final remark, it must be noted that this model is very simplistic in
all its approximations: (1) a stent is not an infinite cylinder and this geom-
etry was chosen in order to simplify the equations governing the process;
(2) biodegradable polymers, such as PLLA, are not linear elastic materials
and should be modeled as incompressible and fully nonlinear viscoelastic
materials; (3) the particular forms of Eq. (5.13) and (5.11) describing the
mechanism of degradation were chosen based on their simplicity, there-
fore the mechanism of strain-induced degradation is quite restrictive; and
(4) mass balance must be met by taking p constant in the linear momen-
tum balance (5.9); thus this model describes the initial steps of the overall
process when degradation occurs without significant effects of erosion or
elimination.

4.9 Conclusions

As a first step towards a fully nonlinear model, biodegradable polymers
were modeled as a class of linearized materials. From the phenomenological
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acceptable results obtained with this model, one concludes that strain-
induced degradation can be modeled with a partial differential equation
governing the rate of increase of degradation coupled with the equations of
motion. The constitutive equation takes into account the effect of degra-
dation of the mechanical properties.

The material with degradation considered here shows stress relaxation,
creep, and hysteresis, thus a dissipative process governing this particu-
lar degradation mechanism. Inhomogeneous deformations lead to inho-
mogeneous degradations, hence the homogeneous cylinder considered here
becomes inhomogeneous after the onset of degradation.

The efficacy of this approach was verified by solving this simple problem
and the constitutive model will be integrated into a finite element software
package in order to analyze more realistic and more complex stent geome-
tries. Later, the model will be extended in such a way that it will be
capable of describing the diffusion of a drug impregnated in the material
reflecting the enhancement of the diffusion due to changes in the porosity
due to degradation.
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