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Abstract
In this work, concepts in areas like finite element modeling, materials science and chem-
istry are brought together in order to validate the suitability of the developed framework
for the modeling of biodegradable magnesium stents. Corrosion experiments are carried
out with the intention to calibrate the model parameters based on the collected data.
Once properly calibrated, the corrosion model is applied to simulate the deployment and
degradation of a realistic magnesium stent.

In the introductory Chapter 1, both the possible benefits and limitations of degradable
stents compared to permanent devices are explored. The main design requirements are
also described. Chapter 2 provides an extensive review of the literature on stent mag-
nesium alloy corrosion. The chapter deals with the specific corrosion mechanism that is
observed for such alloys, protocols for immersion and electrochemical in vitro testing and
quantitative evaluation of the corrosion rate. Next, the state of the art of computational
corrosion modeling is reviewed. The aim of the experiments outlined in Chapter 3 is to
evaluate the in vitro corrosion rate of the Mg AZ31 alloy, the effect of corrosive degra-
dation on the mechanical properties and the effect of loading on the corrosion process.
The architecture of the continuum damage mechanics corrosion modeling framework is
given in Chapter 4. The phenomenological evolution laws governing pitting and stress
corrosion are discussed, as well as the implementation by means of a user subroutine
(UMAT) compatible with the commercial FE solver Abaqus/Standard. The calibrated
corrosion model is applied to the FE modeling of realistic stent mechanics in Chapter 5.
It is checked whether the proposed approach is suitable to predict stent mechanics, as
well as degradation. Finally, conclusions and considerations for future work in the field
of degradable stent modeling are given in Chapter 6.
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Abstract— A continuum damage mechanics framework has been devel-
oped in order to model magnesium alloy stent corrosion. Both pitting and
stress corrosion are implemented in the finite element (FE) scheme. The
corrosion model is calibrated for the magnesium AZ31 alloy, based on ex-
perimental data collected from degradation experiments and mechanical
tests. Eventually, the corrosion modeling framework is applied to the FE
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I. INTRODUCTION

THE current generation bare metal and drug eluting stents
have significantly improved the prognosis of coronary

artery disease treatment. However, permanent stent devices
are associated with in-stent restenosis, thrombosis, delayed re-
endothelialization and inflammation. Biodegradable stents show
considerable promise with regard to alleviating these long-term
complications. Furthermore, they do not form an obstruction for
possible future minimally invasive interventions.

Ideally, the stent maintains its mechanical integrity for 6 to
12 months [1] to allow for the healing and remodeling of the
diseased coronary artery. After this period, the device loses its
radial strength and is resorbed completely by the human body.
Both degradable polymers, such as poly-L-lactic acid (PLLA),
and corrodible metal alloys, such as magnesium AZ31, consti-
tute candidate stent materials. Polymers can be tailored to ex-
hibit a well-defined degradational behaviour. Early clinical trial
results for the Absorbable Metal Stent (AMS-1) developed by
Biotronik [2] suggest good initial stiffness, but fast degradation
and subsequent early loss of radial strength. To date, the biggest
challenge in the design of biodegradable metallic stents is to
achieve appropriate mechanical stability, without compromising
biocompatibility.

Computational modeling has become an indispensable tool
for design and virtual testing of endovascular devices. While
numerical modeling of the mechanics of traditional non-
degradable stents is a highly active field, much less modeling
approaches have been reported to account for degrading stent
material. One possible strategy is the explicit physical modeling
of electrochemical corrosion reactions and transport processes.
Another approach is application of continuum damage mechan-
ics. The effects of corrosion on the structural integrity are then
accounted for, without resorting to an explicit description of mi-
croscopic phenomena and their progression.

II. MECHANICAL ALLOY CHARACTERISATION

A. Corrosive degradation mechanism

The corrosion properties of magnesium dictate those of the
alloy. Corrosion of pure magnesium proceeds by an electro-

chemical reaction with water, producing magnesium hydroxide
and hydrogen gas:

2 Mg + 2 H+ + 2 H2O −→ 2 Mg2+ + 2 OH− + 2 H2

In chloride containing solutions, such as body fluid, passivity
is lost, as Mg(OH)2 is converted into highly soluable MgCl2.
The partially protective Mg(OH)2 layer is broken down, ex-
posing the magnesium metal directly to the corrosive medium
and expediting further dissolution of Mg.

Mg(OH)2 + 2 Cl− −→ Mg2+ + 2 Cl− + 2 OH−

Magnesium alloys do not corrode uniformly, but exhibit a lo-
calized corrosion attack in aqueous environments. Because of
the pitting corrosion mechanism and subsequent particle under-
mining, structural failure is difficult to predict.

B. In vitro corrosion testing

B.1 Experimental setup

The corrosion behaviour of the AZ31 alloy is characterized in
static simulated body fluid. First, an experiment is designed to
evaluate the corrosion rate over time. Taking into account the
stoichiometry of the overall reaction, the amount of magnesium
mass lost can be derived from the evolved volume of H2, which
is collected. The corrosion rateCR is then quantified at different
points in time by means of (1).

CR =
W

A t ρ
(1)

Here, CR is the corrosion rate, W the change in mass (g),
A the original surface area exposed to the corrosive medium
(cm2), t the exposure (immersion) time (h) and ρ the mass den-
sity of the material (g/cm3). Normalization with the density to
express the CR as penetration rate is only meaningful for mate-
rials undergoing uniform corrosion.

A second experiment, combining a corrosion series with ten-
sile testing, allows to determine the effect of material degrada-
tion on the mechanical properties.

A third experiment is performed in order to assess the effect
of induced stresses on the corrosion attack.

B.2 Results

The stress-strain behaviour measured for different degrees of
corrosion-induced mass loss is shown in Fig. 1. Both specimen
strength and strain at fracture are seen to decrease significantly,
even for moderate corrosion mass losses.



Fig. 1. True stress-strain curves for different degrees of mass loss:
Experimental measurements versus FE simulation predictions

III. CORROSION MODEL FOR MAGNESIUM STENTS

A. Methods

The damage model is implemented through a Fortran user
subroutine or UMAT compatible with the finite element solver
Abaqus/Standard (Dassault Systèmes, USA). This interface al-
lows to define constitutive relationships of arbitrary complex-
ity in addition to the material models already implemented in
the Abaqus material library. Meshed generic stent geometries
are readily created by means of the Python based open-source
software pyFormex (bioMMeda, Ghent University). Finite ele-
ment simulations are run on a high performance Linux comput-
ing cluster (184 CPU's) dedicated to computational mechanics.

B. Model development

The developed numerical framework [3], based on previous
work by Wu et al. [4–6] and Grogan et al. [7] implements both
pitting and stress corrosion. Provided material-specific calibra-
tion, this model is able to reproduce the effects of corrosive
degradation on the mechanical properties, as well as the influ-
ence of residual stresses on the local corrosion rate. An element-
specific scalar damage parameter d is introduced, representing
the extent of corrosion-induced damage. A value of 0 corre-
sponds to intact material. Once the damage parameter reaches
its maximal value d = 1, the material is completely corroded
and the corresponding element is effectively removed from the
FE mesh, simulating mass loss due to corrosive degradation. ∗

Magnesium corrosion is assumed to be a superposition of
two types of non-uniform corrosion processes: stochastic pit-
ting corrosion (dp) and stress-driven corrosion (dsc):

d = (1− f) dp + f dsc (2)

where f = 0.5 for convenience.

The damage evolution laws (3) - (5) describe the assumed
evolution of the corrosion damage parameters in surface ele-
ments. λp is an element-specific dimensionless pitting param-
eter for which random values are assigned initially. Ku (h−1)
is a kinetic parameter for the corrosion process representing
the uniform degradation rate, δu, δsc (mm) and Le (mm) are

∗Unlike Abaqus/Explicit, Abaqus/Standard does not allow for element re-
moval. Instead, the mechanical properties of corroded elements are set to nearly
zero, so that they do not longer contribute to the mechanics of the object.

material and FE model characteristic lengths respectively and
σeq (MPa) represents a measure for the internal stress driving
the stress corrosion process, e.g. the maximum principal stress.
S (mm2h−0.5N−1) and R (-) are constants related to the kinet-
ics of the stress corrosion process depending on the corrosive
environment. It is clear from equations (4) and (5) that stress
corrosion only occurs when the equivalent stress σeq exceeds
the value σth (MPa) and becomes more important as the inter-
nal stresses rise due to deformation.

∂dp
∂t

=
δu
Le

Ku λp (3)

∂dsc
∂t

=
Le
δsc

(
S σeq

1− dsc

)R
(4)

if σeq ≥ σth > 0

∂dsc
∂t

= 0 (5)

if σeq < σth

A random number generator, based on the standard Weibull
distribution with probability density function (PDF) f(x), is used
to assign λp values to all elements on the initial exposed surface.
The probability of the value of λp to be in the range [a, b] is
given by:

P [a ≤ λp ≤ b] =

∫ b

a

f(x)dx (6)

f(x) = γ xγ−1 e−x
γ

x ≥ 0, γ > 0 (7)

γ is a dimensionless distribution shape factor characterizing
the probability density function. Increasing values of γ result in
a more symmetric and narrow range of λp values being assigned
to surface elements, corresponding to a more homogeneous cor-
rosion process. For the modeling of non-uniform or localized
corrosion, λp values are assigned according to an asymmetric
distribution with lower γ value.

When an element is effectively removed, the neighbouring
elements become subject to corrosion and inherit the value of
the pitting parameter (8). The dimensionless scaling parameter
β controls pit growth acceleration.

λ′p = β λp (8)

The influence of the damage parameter on the stress state σ is
given by (9), where σ̄ represents the stress tensor in the undam-
aged material. In damaged elements, the stress corresponding
to a given strain value reduces as more damage is induced, gov-
erned by the evolution of the damage parameter d.

σ = (1− d) σ̄ (9)



C. Model calibration

C.1 Calibration strategy

In order to calibrate the corrosion model, material model pa-
rameters and degradation constants are tuned by fitting the FE
simulation results to the collected experimental data. The first
requirement is that the mass loss vs. time curve predicted by
the model corresponds qualitatively to the trend observed exper-
imentally. The condition of the evolution of mass loss in time
having to match the course observed, allows to determine γ and
β. Second, the simulated average corrosion rate should quan-
titatively match the experimental value, which enables to set a
value on the uniform degradation rate parameter Ku for given
values of γ and β. Third, the model should properly capture the
measured decrease in specimen mechanical integrity.

C.2 Results

The corrosion model is able to reproduce the two phase lin-
ear mass loss trend as a function of time. Given the good fit
between FE predictions and experimental data (Fig. 1), one can
conclude that the numerical framework captures the effect of a
specific degree of corrosion-induced damage on the mechanical
properties of the material relatively well.

IV. MODELING BIODEGRADABLE MAGNESIUM STENT
MECHANICS

The developed corrosion model is applied to the FE modeling
of realistic stent mechanics. The deployment and subsequent
degradation of a degradable metal stent are modeled (Fig. 2, 3).
Eventually, the framework is used to predict the loss in radial
strength for increasing degrees of material loss.

Fig. 2. FE simulation prediction for the stresses induced in the stent material
upon deployment: Crimping (upper) and expansion (lower)

Fig. 3. FE simulation prediction for the pitting corrosion process
(8.5% mass loss)

V. CONCLUSION AND FUTURE WORK

An in vitro test system is designed with the aim of charac-
terizing the corrosion behaviour of the AZ31 alloy in simulated
body fluid. Quantitative data with regard to the dynamic corro-
sion rate and the effect of mass loss on the mechanical properties
are collected. Considering the limited complexity of the in vitro
test environment used, it cannot be expected to reproduce with
great accuracy in vivo degradation processes. However, the ef-
forts in this work clearly demonstrate the feasibility of using in
vitro experimental data to calibrate a theoretical corrosion model
dedicated to FE modeling of stent mechanics.

Since much of the inconsistency regarding the degradation
characteristics of magnesium alloys stems from the choice of
the test medium, adoption of new standards for in vitro studies
is desirable, applying experimental conditions even more repre-
sentative of the in vivo environment of endovascular devices.

In the future, the current corrosion modeling framework has
to be made more robust, so that it becomes generally applicable.
In particular, the time scaling in the evolution laws for different
types of corrosion should be studied in more detail.

To prolonge the life time of the device, magnesium alloy
stents are currently covered with a polymeric coating. New FE
frameworks adopted to model the mechanics and degradation of
these devices should implement realistic interaction between the
substrate and coating.
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Chapter 1

Introduction

1.1 Coronary stenting

Coronary artery disease (CAD) is the number one cause of death in the Western world.
Formation of atherosclerotic plaques (fatty deposits) leads to narrowing of the coronary
arteries. Eventually the myocardium is cut off from oxygen supply, which manifests it-
self as an acute myocardial infarction. Studies showing a decreasing fatality rate clearly
suggest therapeutic advancement [1,2]. The most commonly performed method of revas-
cularization is angioplasty with stenting, also known as percutaneous coronary interven-
tion (PCI), altough in patients with multiple areas of coronary artery stenosis open chest
bypass surgery offers better results [3,4]. About 10% of CAD patients undergo coronary
artery bypass graft (CABG) surgery, during which a portion of a healthy blood vessel
is used to create a bypass for the blocked artery. The majority of patients with CAD
is treated by means of percutaneous interventions, including percutaneous transluminal
coronary angioplasty (PTCA) and coronary artery stenting (CAS). A balloon catheter is
passed over a guide-wire into the affected arterial segments, followed by inflation of the
balloon to dilate the narrowed vessel as illustrated in Fig. 1.1. Stents, small mesh-like
tubes deployed to ensure the artery remains open, can be both balloon expandable and
self-expanding. Such minimally invasive surgery techniques improve prognosis compared
to traditional bypass surgery by reducing incision size drastically, leading to less scar-
ring, lower risk of infection, shorter hospitalization (ca. 1 day compared to 5 days) and
faster recovery (ca. 2 weeks compared to 2 months) [5].

1
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Figure 1.1: Angioplasty (left) and balloon expandable stenting (right) procedure [6]

1.2 Permanent versus biodegradable stents

Coronary artery stenting using permanent metal stents has been shown to reduce the
rate of vessel recoil and restenosis compared to PTCA alone [7,8]. However, implantation
of bare metal stents (BMS’s) is still associated with thrombosis and in-stent resteno-
sis, as well as delayed re-endothelialization and chronic inflammatory reactions [9, 10].
Thrombosis or blood clot formation is caused by activation of platelets in the vicinity of
exposed metal surfaces [11]. Restenosis is due to a process called neointimal hyperpla-
sia, referring to proliferation and migration of vascular smooth muscle cells induced by
damage to the arterial wall [12]. The incidence of in-stent restenosis has been reduced
significantly by the introduction of drug eluting stents (DES’s) [4,13]. A DES is coated
with a polymer layer containing anti-proliferative drugs such as Sirolimus, Paclitaxel
and Tacrolimus analogues. Controlled local release of these drugs inhibits neointimal
hyperplasia pathways during a period up to four months after stent implantation [14].
Average coronary restenosis rates for a 6-month period post PCI are summarized in Ta-
ble 1.1. Even for DES’s late stent thrombosis remains a major concern, because of poor
endothelialization of stent struts [15]. As a consequence prolonged antiplatelet therapy
is required.

Type of intervention Restenosis rate (%) Source

Balloon dilation (PTCA) 50 [4]
Stenting BMS (PTCA + CAS) 20-30 [16]
Stenting DES (PTCA + CAS) <10 [17]

Table 1.1: Restenosis rates at six months post PCI



Chapter 1. Introduction 3

Fully biodegradable coronary stents are being considered vigorously for over two decades,
because they show considerable promise with regard to alleviating some of the long-
term complications resulting from the presence of permanent stents. Biodegradable
stents should be resorbed entirely by the body, retaining sufficient mechanical integrity
during the process of degradation to allow the diseased blood vessel to heal (Fig. 1.2).
This corresponds to a period of 6 to 12 months [18]. After the stent has disappeared,
the vessel lumen maintains its diameter due to vascular remodeling. Furthermore, the
selected material should degrade into nontoxic byproducts and invoke a minimal degree
of inflammation (biocompatibility). Ideally, the corrosion products are readily soluble
in the human body. A stent that is fully bioresorbable is unlikely to cause thrombogenic
effects or in-stent restenosis. Also, such devices do not form an obstacle for possible
future interventions. Biodegradable polymeric stents have potential as drug or gene
delivery systems. Polymers widely explored for use in endovascular devices such as
poly-L-lactic acid (PLLA), polyglycolic acid (PGA) and polycaprolactone (PCL) have
a degradation time between 6 and 24 months. Polymers can be tailored to exhibit a
well-defined degradational behaviour. Resorbable metals show the advantage of having
mechanical properties closer to permanent metal alloys (section 2.1), but the degradation
process is less predictable [19–24]. No stent material currently investigated combines all
of the above properties, but magnesium alloys show great promise as materials for the
(coronary) stent of the future. In particular, biocorrodible metal stents coated with a
degradable polymer are expected to combine the benefits of both material classes.

Figure 1.2: Biodegradable stent devices should maintain sufficient mechanical in-
tegrity to allow for healing and remodeling of the diseased artery. Eventually the stent

is resorbed completely.

Clinical trial outcomes suggest sufficient long-term safety of fully biodegradable polymer
stents, with acceptable stent recoil and reduced late stent thrombosis [25, 26]. Early
clinical results for magnesium stents raise serious concerns with respect to safety. The
first absorbable metallic stent implanted in human coronary arteries is the absorbable
metal stent (AMS-1) developed by Biotronik [27]. Fast degradation and subsequent early
loss of radial strength resulted in early recoil and neointima formation, causing a high
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restenosis recurrence rate after 4 months (Fig. 1.3) [28]. Newer designs aim at prolonging
the radial support to the diseased artery by changing the geometry, alloy composition,
strut dimensions and by applying a polymer coating containing antiproliferative drugs.
Although the first generation of the drug eluting absorbable metal scaffold (DREAMS)
improved mechanical properties and reduced late lumen loss, the performance does not
yet approach the one of currently available drug eluting polymer stents [29]. No cases of
stent thrombosis have been reported [30]. The second generation DREAMS is currently
being evaluated in the BIOSOLVE II trial.

Figure 1.3: Contributions to lumen loss post implantation (adapted from [31])

AMS devices implanted in the pulmonary artery of a preterm baby [32] and the aorta
of a newborn [33] were well tolerated. Absorbable stents are particularly preferable in
infants and children because of their long life expectancy and growth. No adverse clinical
effects were observed when AMS devices were implanted peripherally in order to treat
critical lower limb ischemia [34–36].

1.3 Objectives

A finite element corrosion modeling framework was developed in order to predict ab-
sorbable metal stent mechanics. As the phenomenological model is material-specific,
calibration is required. The aim of the work reported in this thesis is to design in vitro
test protocols in order to characterize the corrosion behaviour of a typical magnesium
alloy. More specifically, the corrosion rate and reduction in mechanical integrity over
time are measured by means of immersion testing and tensile testing of thin foil spec-
imens. These experimental data are used to calibrate the proposed corrosion model.
Eventually, this framework is applied to simulate the deployment and degradation of a
realistic magnesium stent geometry.
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Biodegradable metal stents

2.1 Biodegradable metals

The materials most often used to manufacture biodegradable metallic stents are mag-
nesium (Mg) alloys and pure iron (Fe). Both metals are naturally present in the human
body. As a consequence, they are broken down and resorbed completely when implanted,
with little associated inflammatory response [10, 37, 38]. It is also important to assess
possible cytotoxicity of products released into the human body upon degradation. While
a high local Fe ion concentration may have a detrimental effect on endothelial cells [39],
an in vitro study conducted by Sternberg et al. [40] suggests that elevated Mg levels
keep in check smooth muscle cell proliferation and stimulate endothelial cell prolifera-
tion. These effects are expected to suppress neointimal thickening on the one hand and
promote re-endothelialization of the foreign stent struts on the other hand. A study
by Zhang et al. [41] showed an acceptable hemolysis (lower than 5% according to ISO
10993-4) and cell adhesion rate for the investigated Mg-Al-Zn alloy.

There are a number of considerations that have to be made when selecting a metal alloy
for a biodegradable stent. The alloy has to exhibit sufficient strength and stiffness to
avoid potential immediate recoil of the stent upon deployment. In general, biodegradable
materials have mechanical properties inferior to those of traditional corrosion-resistant
alloys used for balloon-expandable stents, such as stainless steel grade 316L. Iron stents
however, exhibit good radial strength because of a high elastic modulus, limiting some-
what the required strut thickness. Magnesium alloys typically have a low elastic modu-
lus. For magnesium and iron stents to match the performance of CoCr devices in terms
of radial strength and recoil, Grogan et al. [42] reported an increase in the required
strut cross-sectional area with a factor of 2.4 and 1.5 respectively. The lower ductil-
ity of magnesium alloys also complicates stent production and leads to a higher risk

5
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of fracture [42, 43]. Tuning of the mechanical properties through alloying and specific
pre-processing is required [44]. Table 2.1 summarizes relevant mechanical properties
such as the Young’s modulus E, yield strength σ0 and average degradation rate CR for
both corrosion-resistant and biodegradable stent alloys. Technically, the use of reduc-
tion in thickness to quantify the corrosion rate using units of mm/year is only suitable
for metals undergoing uniform corrosion. As discussed in section 2.3, degradation of
magnesium alloys in body fluid is characterised by non-uniform localized attack. The
rate of degradation is cited in units of mm per year for the sake of comparison of the
corrosion susceptibility for different alloys.

Alloy E (GPa) σ0 (MPa) CR In vitro (mm year−1) Source

Stainless steel, grade 316L 193 380 - [45]
Cobalt Chromium L605 243 629 - [46]
Platinum chromium 203 480 - [47]
Magnesium alloy WE43 45 216 1.35 [9, 48]
Magnesium alloy AZ31 44 138 1.02 [49,50]
Magnesium alloy JDBM 45 293 0.28 [50,51]
Iron, annealed 210 150 0.19 [52,53]

Table 2.1: Mechanical and degradation properties of stent metal alloys
(Young’s modulus E, yield strength σ0, average degradation rate CR In vitro)

The change in mechanical properties directly depends on the rate of degradation. In
a physiological environment, iron stents have been shown to degrade slowly, whereas
the degradation of magnesium alloy stents occurs too fast to provide sufficient mechan-
ical support during the process of arterial remodeling. Complete decomposition can be
expected after 3 months [54]. The rate at which metallic materials corrode can be con-
trolled by tuning of the alloy composition to benefit from solid solution strengthening and
precipitation strengthening, and preprocessing (e.g. the effect of grain size [55–57] or sur-
face modification treatment [58–60]). Addition of passivation agents such as chromium
and nickel enhances the corrosion resistance of stainless steel alloys significantly. Alu-
minium and rare earth metals are added to magnesium based biomedical alloys to im-
prove the mechanical strength and to slow down degradation [61, 62]. The addition of
zinc also increases corrosion resistance [41,63,64]. The approximate composition of both
corrosion-resistant and biodegradable stent alloys is given in Table 2.2. The corrosion
mechanics of magnesium alloys are discussed in more detail in section 2.3. To date, the
biggest challenge in the design of biodegradable metallic stents is to achieve appropriate
mechanical stability, without compromising biocompatibility, as increased local concen-
trations of released metal species could interfere with biological processes [9, 37,65,66].
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Weigth percentage (%)

Alloy Fe Cr Ni Mo Co W Pt Mg Al Zn Zr RE Source

Stainless steel, 316L >61 17 12 2.5 [52]
Cobalt Chromium L605 3 20 10 >50 15 [67]
Platinum Chromium >35 18 9 2.6 33 [47]
Mg alloy WE43 >90 7 [48]
Mg alloy AZ31 96 3 1 [68]
Mg alloy JDBM 0.003 0.001 96.3 0.2 0.49 2.98 [50]
Iron, annealed >99.5 [52]

Table 2.2: Composition (main constituents) of stent metal alloys
(RE: Rare earth metals a.o. Y, Nd and Gd)

2.2 Corrosive degradation

Metals undergo electrochemical oxidation in aggressive environments, whereas degra-
dation of polymers is associated with disintegration and loss of macromolecular chain
length. In a redox reaction an oxidizing agent, e.g. O2 or H+, removes electrons from a
reducing agent. Metals readily give away electrons and are therefore oxidized according
to the general oxidation half-reaction:

M −→ Mn+ + n e−

For the transfer of electrons to be possible, the oxidants and reductants have to be in
electrical contact, e.g. in an aqueous environment. In a physiological fluid, containing
several inorganic ion species, the released metal ions typically combine to produce oxides
or salts. The susceptibility to corrosion of a metal or alloy is reflected by its standard
hydrogen electrode potential or alternatively by a potential measure more representative
of the environment of application. Fig. 2.1 shows the galvanic series in flowing seawa-
ter, clearly illustrating the relative corrosion tendencies of engineering alloys. The more
positive the electrode potential (anodic index), the more noble the material. Whenever
two metals with differing electrode potentials are in electrical contact, galvanic corro-
sion occurs, i.e. the more active material or anode corrodes preferentially (acceleration),
while corrosion of the more noble material is slowed down. Pure magnesium and magne-
sium alloys are the most active of all structural materials. Without modifications these
materials have a low corrosion resistance and act as a sacrificial anode when coupled to
other metals.
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Figure 2.1: Galvanic series chart illustrating electrode potentials for engineering metal
alloys relative to a saturated calomel electrode (SCE) in flowing seawater

(adapted from [69])

2.3 Experimental characterisation of magnesium corrosion

It is generally accepted that stent dissolution should not occur before six months in order
to prevent early mechanical device failure or fragment embolisation of the treated vessel.
With regard to resorbable metallic endovascular devices, many studies have aimed to
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improve the understanding and to determine quantitatively the rate of the degradation
process in vivo. A major limitation of in vivo studies is that in vivo degradation rates
cannot be assessed without disrupting the environment [37, 54]. The only possibility
is the analysis of explanted specimens, which provides little information about ongoing
processes. In vitro studies allow for the characterisation of the corrosion behaviour
in aqueous or simulated physiological environment of pure magnesium and Mg alloys
with more flexibility and nearly real-time [70–73]. However, some studies have shown
significant discrepancy between the corrosion rate in vivo and the rate observed under
simulated in vitro conditions which was substantially higher [74–76]. Witte et al. [75]
reported in vitro corrosion rates four orders of magnitude higher than corresponding in
vivo results. Furthermore, the relative degradation susceptibility of two different Mg
alloys was not predicted correctly based on standard in vitro experiments. Because of
strongly simplifying test bench conditions, conclusions drawn from in vitro corrosion
tests have not proven suitable to predict corrosion rates in vivo, where numerous factors
contribute to a very complex dynamic environment. This section reviews important
experimental aspects with respect to the design of an appropriate in vitro environment
for corrosion testing of magnesium and its alloys.

2.3.1 Corrosive degradation mechanism

Corrosion attack can occur on the different material phases present in a magnesium
alloy. Since the main constituent Mg is very reactive in aqeous environment, its cor-
rosion properties dictate those of the alloy. The understanding of corrosion of pure
magnesium in aqueous environments provides the basis to investigate corrosion of al-
loys. Pure magnesium corrosion proceeds by an electrochemical reaction with water
producing magnesium hydroxide and hydrogen gas. For each magnesium atom that is
dissolved, one molecule of H2 is produced.

2 Mg + 2 H+ + 2 H2O −→ 2 Mg2+ + 2 OH− + 2 H2 (Overall reaction)

Mg2+ + 2 OH− −→ Mg(OH)2 ↓ (Product formation)

The overall corrosion reaction corresponds to the sum of the following partial reactions
[70]:

2 Mg −→ 2 Mg+ + 2 e− (Anodic reaction)

2 H+ + 2 e− −→ H2 (Cathodic reaction)
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2 Mg+ + 2 H2O −→ 2 Mg2+ + 2 OH− +H2 (Chemical reaction)

As the overall reaction consumes H+ and produces OH−, the pH increases, favoring
the formation of a Mg(OH)2 film on the magnesium surface (precipitation reaction).
The deposited semi-permeable layer acts as a protective barrier, slowing down further
corrosion.

More recently, Atrens et al. [72] have proposed a more detailed mechanism, indicating
Mg+ as an intermediate in the reaction sequence between metallic Mg and Mg2+:

Mg −→ Mg+ + e− (Anodic reaction)

k Mg+ −→ k Mg2+ + k e− (Anodic reaction)

(1 + k) H2O + (1 + k) e− −→ 1/2 (1 + k) H2 + (1 + k) OH− (Cathodic reaction)

(1− k) Mg+ + (1− k) H2O + (1− k) OH− −→ (1− k) Mg(OH)2 + 1/2 (1− k) H2

(Product formation)

In the anodic reactions, metallicMg is converted toMg2+ ions involving the uni-positive
ionMg+ as an intermediate. Only a fraction k of theMg+ ions reacts electrochemically
to formMg2+, the stable Mg ionic species in aqueous solution. The complement 1−k re-
acts chemically to produce magnesium hydroxide. As a consequence, the corrosion of Mg
is only partially electrochemical and electrochemical measurements are expected to yield
a corrosion rate lower than the actual value. The real corrosion rate can be determined
by means of gravimetric techniques (mass loss) or hydrogen evolution (Section 2.3.4).

In chloride containing electrolytes, passivity is lost completely as magnesium hydroxide,
which is metastable in water, is converted into highly soluable magnesium chloride. The
partially protective Mg(OH)2 layer is broken down, exposing the magnesium metal
directly to the corrosive medium and expediting further dissolution of Mg.

Mg(OH)2 + 2 Cl− −→ Mg2+ + 2 Cl− + 2 OH−

In aqueous electrolyte solutions, magnesium is characterized by a negative free-corrosion
(Ecorr) and pitting potential (Ep). The partially protective film is potential dependent.
For potentials lower than the pitting potential or for short periods of immersion, there is
nearly complete film coverage of the metal surface and anodic dissolution of Mg is low.
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As the potential increases beyond Ep or for prolonged immersion, the surface film is
broken down, causing an increase in the anodic reaction rate and hydrogen production.
This phenomenon is called the negative-difference effect (NDE) [77]. Localized corrosion
attack is associated with additional mass loss because of undermining and falling out of
grains. Pit formation increases the total surface area where corrosion can occur. The
corrosion mechanisms for magnesium in aqueous environments are illustrated in Fig. 2.2.

Figure 2.2: Schematic representation of the corrosion mechanisms for magnesium in
aqueous environment (adapted from [78])

For magnesium alloys, the corrosion process is more complex than for pure magnesium.
Metallurgical factors such as alloying additions influence the mechanism. Mg alloys show
a higher resistance against corrosion attack. Formation of passivating Al2O3 hinders
corrosion in aluminium containing alloys [63, 79–82]. Addition of Al to magnesium
alloys has been shown to stabilize the protective film and increase corrosion resistance
for an Al content of about 3 to maximally 4 wt.%. A higher Al content may lead to the
presence of a second phase, which could be detrimental to the corrosion resistance as big
second phase particles are undermined by corrosion fronts spreading laterally. Moreover,
magnesium has the lowest standard potential of all engineering metals, meaning that it
is readily subject to both macro- and microgalvanic corrosion when in electrical contact
with other, more noble metals such as steel [80]. Song and Atrens [70] investigated
the effect on corrosion resistance of increasing levels of alloying elements. Most metals
serve as active cathodic sites when present at a level higher than an element specific
tolerance limit, leading to micro-galvanic acceleration of magnesium corrosion. As Mg
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is more reactive than the alloying metals which are concentrated at grain boundaries
and impurities, the anode matrix close to these local cathodes has a corrosion potential
lower than that of the second phase and is dissolved preferentially. A schematic of
micro-galvanic corrosion is included in Fig. 2.3.

Figure 2.3: Schematic representation of micro-galvanic corrosion of magnesium alloys
in aqueous environment (adapted from [78])

Scanning electron microscopy (SEM) studies confirm that localized pitting is the domi-
nant corrosion mechanism for magnesium alloys such as the AZ31 alloy [57,83]. However,
uniform corrosion would constitute the preferred mechanism of degradation, as it guar-
antees a more predictable device lifetime and longer retention of mechanical integrity,
necessary to support the stented artery for a period of 6 to 12 months. The released
particles should not have dimensions larger than a few microns to prevent them from
occluding capillaries elsewhere in the vascular tree.

Magnesium alloys subject to static or cyclic loads in an aqueous environment are suscep-
tible to stress corrosion cracking (SCC). Inter-granular SCC can be attributed to crack
formation due to the preferential corrosion along grain boundaries, rich in the above
mentioned secondary phases. Trans-granular SCC involves strain-induced rupture of
the protective film and crack growth driven by hydrogen embrittlement [70]. These
failure mechanisms are mainly being investigated in the context of structural alloys for
load-bearing applications. Bobby Kannan et al. [84, 85] have reported about stress cor-
rosion cracking in solution under different loading conditions. The relative importance
of the second phase grain boundary and hydrogen embrittlement mechanisms was seen
to depend on the type of magnesium alloy.



Chapter 2. Biodegradable metal stents 13

2.3.2 Immersion testing

2.3.2.1 Selection of suitable solutions for in vitro studies

Magnesium alloys degrade at a high rate in a saline environment. In order to evaluate
the corrosion rate quantitatively, various in vitro test systems have been designed, ap-
plying different techniques. Electrochemical tests are a convenient way of characterizing
corrosion properties based on measurements of the open circuit potential and polariza-
tion curves [72,83,86] or via electrochemical impedance spectroscopy [87] (Section 2.3.3).
Immersion tests are also commonly used to study the corrosion of biodegradable metallic
materials. Various (buffered) electrolyte solutions have been used to mimic the body
fluid. The ionic compositions of natural human blood plasma, conventional simulated
body fluid (c-SBF), revised simulated body fluid (r-SBF) and Hank’s solution are given
in Table 2.3. The composition of the immersion medium has a very important influence
on the corrosion test results [88]. Zhen et al. [73] illustrate significant differences in cor-
rosion potential and current density for different electrolyte systems. Besides inorganic
ions (Na+, Mg2+, Ca2+, Cl−, HCO−3 , HPO

2−
4 ), blood plasma and intercellular fluid

also contain organic compounds (amino acids, proteins). Adsorption of proteins (e.g.
albumin) and formation of biofilms on the surface of implants are difficult to quantify
and mimic ex vivo. It has been shown that diffusion of metal ions is severly restricted in
cell line biofilms, resulting in a more protective Mg(OH)2 film [89–91], partly explain-
ing the lower rate of degradation in vivo compared to approximating in vitro conditions.
Specific studies confirm that the presence of proteins reduces the in vitro degradation
rate [92–94]. The influence of aggresive ions present in physiological environment on the
corrosion behaviour of biomedical Mg alloys is also widely investigated [83, 95–97]. For
a chloride concentration exceeding 30 mmol/l, magnesium hydroxide is converted into
highly soluable magnesium chloride MgCl2 [98]. Body fluids have a chloride content
above 100 mmol/l (Table 2.3), which explains the high corrosion rate observed for Mg
alloys.

While a high Cl− concentration accelerates the transformation of Mg(OH)2 to MgCl2

and promotes dissolution of the magnesium alloy, the associated release of OH− ions
results in an increase of the pH of the solution. The presence of Ca2+ in the medium is
thought to promote the formation of a magnesium containing calcium phosphate surface
layer [99,100], indicating that Ca2+ and HPO2−

4 ions take part in the surface reactions
as well. High pH speeds up precipitation of these passive products [101].

x′ Mg2+ + (x− x′) Ca2+ + y PO3−
4 + z CO2−

3 + i OH1−

−→ (Mg,Ca)x(PO4)y(CO3)z(OH)i
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Deposition of magnesium containing calcium phosphates and hydroxyapatites is also
found in in vivo tests conducted to check the feasibility of biodegradable Mg alloys as
materials for bone implants [102, 103]. The good biocompatibility and osteoconductiv-
ity of these products suggest that they would be beneficial for bone healing. Energy-
dispersive X-ray spectroscopy (EDX) is often used to analyze the chemical composition
of both surface layer and substrate. Alternative techniques to identify corrosion prod-
ucts formed on the surface of degraded specimens are X-ray crystallography (XRD) and
fourier transform infrared spectroscopy (FTIR) [94, 100, 104]. The elemental composi-
tion of the corrosion product layers has been shown to depend strongly on the type of
electrolyte solution [94].

Previously, aqueous NaCl solutions have often been used as electrolyte, but these me-
dia are not very representative of the in vivo conditions that endovascular devices are
exposed to. Immersion tests in simple NaCl salt solutions result in a significant over-
estimation of the in vivo corrosion rate [89, 105]. As both inorganic ions and organic
components appear to have a significant influence on the degradation process and rate
of metal alloys, an electrolyte solution with similar components as human blood plasma
should be selected to mimic the in vivo environment. The simulated body fluids summa-
rized in Table 2.3 have ion concentrations very similar to plasma, but do not contain any
organic components. Addition of proteins is expected to increase the complexity of the
degradation mechanisms because of surface adsorption and to hinder the unequivocal
interpretation of test results. When the Mg release into the immersion medium is to be
analyzed, simplified phosphate buffered saline (PBS) solutions without Mg and Ca are
often used (PBS−).

Ion concentration (mmol/l)

Ion c-SBF r-SBF Hank’s Human blood plasma

Na+ 142.0 142.0 141.6 142.0
K+ 5.0 5.0 5.37 5.0
Mg2+ 1.5 1.5 0.87 1.5
Ca2+ 2.5 2.5 1.26 2.5
Cl− 147.8 103.0 144.62 103.0
HCO−3 4.2 27.0 4.17 27.0
HPO2−

4 1.0 1.0 0.78 1.0
SO2−

4 0.5 0.5 0.87 0.5

Source [106] [106] [100] [107]

Table 2.3: Ionic concentration of different artificial solutions compared to human
blood plasma
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The pH of the environment affects the stability of Mg(OH)2 and consequently the rate
of dissolution. Dissolution of magnesium has been shown to be lower at alkaline pH
compared to neutral pH [95,108]. Ng et al. [109] reported a decrease of 100% for the in
vitro corrosion rate of magnesium for a change in pH from 7.4 to 8, clearly illustrating the
importance of pH control in a pseudo-physiological test bench. Physiological solutions
are often buffered at a pH-level close to the pH of human blood plasma equal to 7.25 [107].

2.3.2.2 In vitro test conditions

Yang and Zhang [100] found that the ratio of solution volume to sample surface area
(V/S) significantly affected the biocorrosion behaviour of magnesium alloys in simulated
body solutions. A low V/S ratio leads to higher pH, resisting further corrosion. For a
V/S ratio above 6.7 ml/cm2 this effect was found to be negligible. Selection of an appro-
priate V/S ratio appears to be necessary to simulate biodegradation of Mg alloy devices
in different implantation environments, e.g. orthopaedic implants versus endovascular
devices. If a spectroscopic technique is applied to evaluate the corrosion rate as de-
scribed in section 2.3.4, the solution volume to sample surface area ratio cannot be too
high in order to allow for detection of released Mg ions in the solution.

Another important factor determining the outcome of immersion tests is the flow rate of
the solution. Indeed, the nature of the flow governs transport of reactants and products
in the immersion medium, which in turn influences the surface reaction kinetics. Under
static flow conditions corrosion of the test material may cease when an equilibrium con-
centration of ions is reached. In the body, dynamic flow conditions predominate due to
blood flow and equilibrium is not achieved. To better simulate the blood flow inside the
coronary arteries, dynamic immersion test benches have been designed [39,104,110,111].
Lévesque et al. [104] noticed that the corrosion mechanism and rate vary with the ap-
plied shear stress. Diffusion of Mg ions away from and other ion species to the degrading
material being the limiting factor for the corrosion surface reaction, flow and shear stress
constitute important parameters. Furthermore, the type of formed products strongly de-
pends on the composition of the corrosive medium. These observations demonstrate the
need for a pseudo-physiological test bench, approximating the environmental conditions
in arteries with an internal diameter between 1 and 6 mm, dedicated to the development
of biodegradable metallic stents. A physiological solution is made to circulate within a
polymethylmethacrylate (PMMA) channel. The dimensions of this channel are tuned
to have fully developed laminar flow and to produce a sufficiently large zone of uniform
shear stress. A dynamic range of shear stress and Reynolds number values, the two
degrees of freedom in the system, is obtained by varying the flow speed and viscosity of
the solution according to equation 2.1, where τ is the shear stress (Pa), µ the solution
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viscosity (Pa s), Q the flux of the SBF solution (m3/s) and W and H the width (m) and
height (m) of the channel respectively. To ensure reproducible laminar flow conditions,
the output of the centrifugal submersible pump is passed through a regulating valve and
a compliance chamber (Fig. 2.4).

τ = 6 µ Q
WH2 (2.1)

Figure 2.4: A, Schematic view of a dynamic test bench.
B, Close-up top view of the test channel with specimen in place (canal entrance length
of laminar flow Le, width W and height H of the test channel, adapted from [104])

Both static (with only gentle agitation in order to maintain homogeneous temperature
and solute distribution throughout the solution) and dynamic tests have been performed
using the setup from Fig. 2.4. During dynamic testing, the implant material is preferen-
tially exposed to near-physiological shear stresses. Values for hemodynamic parameters
representative of the flow in human coronary arteries are summarized in Table 2.4. Tak-
ing into account that shear stresses are typically higher in stenosed arteries than in
healthy coronary arteries and that the presence of a deployed stent can lead to an extra
30% increase in shear stress, Lévesque et al. [104] adopted worst case values equal to
0.88 Pa (lower), 4.4 Pa (medium) and 8.8 Pa (upper, 10 times lower boundary).
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Re (-) τ (Pa) Source

Lower limit 75 0.33 [112–115]
Upper limit 250 1.24 [112–115]
Simulated lower 75 0.88 [104]
Simulated medium 75 4.4 [104]
Simulated upper 250 8.8 [104]

Table 2.4: Reynolds number (Re) and shear stress (τ) values representative of the
flow conditions in coronary arteries

The AM60B-F alloy tested has been shown to degrade faster and more uniformly at low
or moderate shear stress compared to static flow conditions, while highly localized corro-
sion is observed for high shear stress. Formation of a passive film is limiting the corrosion
rate, but as the flow increases, local pH increase near the specimen surface is inhibited,
thus promoting faster and more uniform degradation [116]. Other tests applying shakers
(immersion) [117, 118] or rotating electrodes (electrochemical) [108] confirm that flow
of the electrolyte solution accelerates the degradation process by reducing deposition of
corrosion products.

Schille et al. [119, 120] incubated specimens of eight different Mg alloys in a modified
Chandler-loop system using human whole blood and compared the results to static im-
mersion tests in phosphate buffered saline (PBS). The release of Mg was 10 times higher
in flowing blood than in static PBS. Moreover, the dynamic test protocol suggested
an order of corrosion tendency different from static and electrochemical results [121],
clearly establishing the issue concerning the reliability of conventional in vitro testing of
material degradation in simulated body fluids. Apparently, relative corrosion tendencies
of different alloys are strongly influenced by both the electrolyte composition and the
test flow conditions. One of the reasons why static immersion tests are misleading in
predicting the degradation characteristics of Mg alloys is the negative-difference effect
(section 2.3.1).

Testing with human whole blood as opposed to a SBF raises the question of hemo-
compatibility. The influence of thrombogenicity on the degradation processes in vivo is
largely unknown. Plasma proteins, such as fibrinogen, and platelets covering the surface
may act as a barrier to diffusion and therefore slow down degradation or may enhance
corrosion due to the formation of aeration cells (oxygen concentration giving rise to
anodic and cathodic sites) at crevices between the substrate and the blood component
layer [120]. Anticoagulation with heparin is necessary to prevent excessive blood clot-
ting in the test bench, thus excluding the effect of thrombogenicity. Due to the limited
stability of human whole blood, the tests were terminated after 6h, whereas simplified
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immersion tests are often done over a time period of up to two weeks [61,93,94,122]. This
experimental restriction limits the capabilities of this type of dynamic immersion tests
to characterize the degradation behaviour in the long term, despite the more realistic
medium (real blood) and flow conditions.

Finally, the mechanical loading of the specimen may also have an influence on the
degradation process. Since immersion tests are mainly performed to study the corrosion
mechanism and to evaluate the rate, specimens are mostly not subjected to any loads.
Obviously, this is the case for stents deployed in a diseased coronary artery. Taking into
account mechanical loading could be necessary to realistically simulate stress corrosion
cracking and corrosion fatigue of a candidate stent material. Crack propagation is then
driven by the combined effect of corrosive degradation and stress concentration.

2.3.3 Electrochemical testing

Corrosion occurs at a rate determined by the equilibrium between electrochemical re-
actions and the associated flow of electrons gives rise to an electrical current that can
be measured. The potential of the metal balances the anodic and cathodic reactions.
Therefore, electrochemical testing constitutes a standard method to characterize the
corrosion behaviour of metals and their alloys. To this end, the metal to be studied is
immersed in a representative electrolyte together with additional electrodes connected
to a potentiostat. The potentiostat allows to manipulate the potential of the metal
sample in a controlled manner and measure the resulting current (as a function of the
potential). Usually, the first step is to measure the steady-state Open Circuit Potential
(Eoc) or alternatively Corrosion Potential (Ecorr). Next, the sample can be polarized,
meaning that the potential is forced away from the Eoc, while measuring the transient
response current. The resulting polarization curves (Fig. 2.5) can be used to develop an
electrical equivalent model for the corrosion process. A possible methodology to quantify
the corrosion current (Icorr) and derive the corrosion rate is described in Section 2.3.4.

Another electrochemical testing technique is Electrochemical Impedance Spectroscopy
(EIS). Here, the impedance of the system is measured over a range of frequencies. Again,
the response is fitted to a circuit model in order to quantify polarization resistance and
corrosion rate. The main advantage compared to other laboratory techniques is the
possibility of using only very small amplitude signals that do not interfere with the
phenomena being measured, e.g. a voltage between 5 and 50 mV.
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2.3.4 Evaluation methodology of the corrosion rate

The most straightforward technique to quantify the corrosion rate (CR) is a gravimetric
method. After removing adhered corrosion products from the test specimen, the mass
loss due to corrosive degradation equals the initial mass minus the final mass. The
corrosion rate is then readily expressed in units of mass loss per unit of surface area and
per unit of time (mg cm−2 h−1). The biggest disadvantage of gravimetric evaluation
of the CR is the necessity to perturb the system and sacrifice the specimen when the
desired time of immersion is reached. The largest error is introduced in the step of
cleaning the test sample. Non of the strategies ensued to remove corrosion products
from the surface are flawless: rinsing with distilled water [111] cannot remove deposited
products completely, brushing [123] may leave scratches and therefore add to the mass
loss, while aggresive chemicals such as chromic acid solutions [41, 99, 124] could react
with the matrix if the washing time is too long. The corrosion rate can be expressed
using the following equation:

CR = W

A t ρ
(2.2)

Here, CR is the corrosion rate, W the change in mass (g), A the original surface area
exposed to the corrosive medium (cm2), t the exposure (immersion) time (h) and ρ the
mass density of the material (g/cm3). Normalization with the density to express the
CR as penetration rate is only meaningful for materials undergoing uniform corrosion.

Assessment of the corrosion rate by means of electrochemical methods is based on Fara-
day’s law of electrolysis relating mass flux per unit area and time to electric current
(equation 2.3). Since corrosion of magnesium alloys proceeds only partially electro-
chemical in aqueous solution (section 2.3.1), standard electrochemical methods cannot
be applied to quantify the corrosion rate accurately. For electrolytic dissolution of a
general species S, electric current is related to mass flow:

S −→ S z+ + z e−

m = Q

F

M

z
(2.3)

where m is the mass of material liberated (g), Q the total electric charge (C), F the
Faraday constant (96 485 C/mol), M the molar mass (g/mol) and z the number of
electrons transferred per ion.
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Under the assumption of a constant current, the corrosion rate can be expressed as a
function of corrosion current:

Q = Icorr t

CR = 1
F

M

z

Icorr
A

(2.4)

Figure 2.5: Tafel line extrapolation for determining electrochemical corrosion
parameters (adapted from [125])

Classic Tafel analysis or Tafel line extrapolation is performed to find the anodic or
cathodic current (icorr) at their intersection by extrapolating the linear portions of a po-
tential versus log current plot (Fig 2.5). As experimental data are in general not perfectly
linear, curve fitting may be done to find the corrosion current, requiring knowledge of the
corrosion kinetics. Other widely applied techniques applied are DC polarization resis-
tance and AC impedance measurements [126]. All electrochemical techniques require a
single anodic or cathodic reaction in order to yield a valid measure of the corrosion rate.
Moreover, electrochemical testing applies accelerated corrosion, not representative of the
material behaviour in vivo. Yfantis et al. [127] found electrochemical corrosion rates one
order of magnitude higher than results from static immersion (mass loss) testing (Ta-
ble 2.5). One can conclude that with respect to simulated physiological environments
electrochemical tests are only useful to predict corrosion sequences of different materials
and not for quantitative corrosion rate evaluation.
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CR (mg cm−2 h−1)

Material Electrochemical test Mass loss test Source

Pure Mg 50.60 5.95 [127]
Mg AZ31 4.28 0.52 [127]
Pure Fe 9.33 10−3 1.07 10−3 [111]

Table 2.5: Comparison of corrosion rates determined by means of electrochemical and
mass loss tests in 0.1 M NaCl

A particularly elegant method to measure the corrosion rate of magnesium alloys exposed
to aqueous solutions is described by Song et al. [70]. An experimental setup like the one
in Fig. 3.4 is used to collect the hydrogen gas produced by the corrosion reaction. The CR
is derived from the volume of evolved hydrogen. The overall corrosion reaction indicates
that dissolution of one atom of Mg generates one molecule of H2. Therefore, evolution
of one mole of H2 corresponds to dissolution of one mole of Mg. As a consequence,
measuring the volume of evolved hydrogen is equivalent to measuring the mass loss of
the metal directly, i.e. after conversion to the appropriate units. To convert hydrogen
evolution rates to mass loss rates based on the above assumption, the ideal gas law is
used (equation 2.5).

p V = n R T (2.5)

One can derive that at standard athmospheric pressure (p=101 325 Pa) and room tem-
perature (T=293 K) 1 ml H2 corresponds to 0.001 g Mg and subsequently calculate the
CR by means of equation 2.2 (R=8.314 J/(mol K), MMg = 24.305 g/mol).

The corrosion reaction considered is valid for pure magnesium metal. Yet, the proposed
methodology remains applicable even for magnesium alloys with a single or multiphase
microstructure. The α matrix phase in these alloys is a Mg-based solid solution, which
is less corrosion resistant than secondary phases acting as cathodes. The magnesium
in the α matrix can be assumed to dissolve according to the same reaction equation
as the pure metal [79]. Particles falling out of the surface after being undermined by
the corrosion process also contribute to the measured material loss, unless it constitutes
a secondary phase that does not corrode and liberate H2 within the same time scale.
As all magnesium alloys of practical importance for biodegradable endovascular devices
contain small amounts of alloying elements (less than 10%), the maximal error due to
particle undermining is 10%.
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Comparison of corrosion rates determined by means of mass loss measurement and hy-
drogen evolution shows good agreement between the two methods (Fig. 2.6). Further-
more, the H2 evolution method is free from errors inherent to weight loss measurement
procedures and allows monitoring of dynamic processes, as changes in the evolution rate
of hydrogen directly reflect changes in corrosion rate.

Figure 2.6: Correlation between the measured mass loss rate R for magnesium alloys
and the mass loss rate derived from the hydrogen evolution rate Revolution

(adapted from [128])

A prerequisite for using hydrogen evolution to estimate the corrosion rate of magnesium
is that the contribution of oxygen reduction is negligible, as is the case in aggresive
chloride containing solutions. In this study, oxygen reduction has been neglected in the
corrosion mechanism (section 2.3.1).

One last strategy to measure the corrosion rate of metallic materials in vitro is by ana-
lyzing the concentration of ions released in the immersion solution. After the corrosion
products have been dissolved in a strong acid (e.g. HNO3), the concentrations of various
ions are measured by means of inductively coupled plasma atomic emission spectroscopy
(ICP-AES) or atomic absorption spectroscopy (AAS) [104, 111]. The corrosion rate is
obtained from equation 2.6, with c and c0 the instantaneous and initial released ion con-
centration (g/ml) respectively, V and V0 the instantaneous and initial volume of solution
(ml) respectively, A the original surface area exposed to the corrosive medium (cm2) and
t the exposure time (h). Similarly to the mass loss method, errors are introduced if the
corrosion products cannot be completely removed into the solution.

CR = c V − c0 V0
A t

(2.6)
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2.3.5 Tuning degradation properties of candidate stent alloys

The main factor currently limiting the practical application of magnesium alloys in
endovascular stent devices is the short degradation time. Stent struts typically have
dimensions between 50 and 150 µm and the stents should maintain their mechanical
integrity for at least 6 months. It is clear that the corrosion rate of Mg alloys currently
investigated is too high. Although the material is covered by endothelial cells in vivo,
resulting in slower degradation, the outcome of the localized corrosion process is difficult
to predict, as opposed to uniformly corroding materials.

Several techniques have been adopted to improve the biodegradation properties of these
materials. Novel, more durable Mg alloys are being designed by varying the amounts of
several alloying elements. The gain in corrosion resistance that can be realized through
alloying is limited due to the tolerance limits of solid solubility and the possible release of
toxic or carcinogenic metal ions [129–131]. At very low levels, below the solubility limit,
alloying elements generally retard anodic corrosion kinetics by incorporating in the α
Mg matrix. For levels exceeding the solubility limit, which is fairly low in Mg based
alloys, the addition of alloying elements leads to formation of second phase intermetallic
particles acting as local cathodes. Such features in the microstructure promote micro-
galvanic corrosion with an increased corrosion rate as a result. Also, some elements
explored for alloying in structural applications, e.g. Mn, Ni, Ag, cannot be added to
biomedical materials because of toxicity [130]. Recently, a novel Mg alloy (JDBM),
containing relatively high amounts of zirconium and rare earth metals, emerged as a
promising biomaterial [50,51,132]. Due to formation of a more compact and protective
surface layer, this JDBM alloy exhibits a much lower degradation rate in vitro and a more
uniform corrosion mechanism than more conventional Mg alloys, e.g. AZ31 and WE43
(Table 2.1). Such properties constitute huge advantages for application in biodegradable
endovascular devices, because the time to structural failure is more predictable.

Degradable polymers can be used as a coating for Mg alloy stents and thus slow down the
loss in mechanical properties of the Mg substrate. Such coatings also enable controlled
drug release. Examples of suitable polymers are PLLA/PLGA [133–137] and PCL [136,
138]. Also calcium phosphate [117, 139, 140], titanium [141] and fluoride [142] coatings
have been explored.

Changes in mechanical and biodegradation properties can also be introduced through
different processing histories, e.g. extrusion and ageing heat treatment as opposed to
casting [132], alkali-heat treatment [143,144] for surface modification or anodizing treat-
ment to increase the thickness of the protective oxide film [64].
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Decreased surface roughness appears to improve the passivation behaviour and reduce
pitting tendency [145]. Fine grained Mg alloys have been shown to exhibit slightly better
corrosion resistance because of a more homogeneous distribution of local anodes and
cathodes [146,147]. In case particle undermining and eventual fallout constitute relevant
mechanisms of degradation, less material is lost from a fine grained alloy compared to a
coarse grained one, postponing mechanical failure.
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2.4 Computational modeling of magnesium corrosion

In addition to in vitro and in vivo models designed to evaluate the performance of
stent devices, advanced computational modeling can contribute to further optimization
of stent design, mechanics and revascularization procedures. The main advantages of
numerical modeling are its potential to perform parametric studies and the fact that
virtual models are used instead of manufacturing large numbers of prototypes, reducing
both cost and required time. Finite element models do not face most of the difficulties
limiting the flexibility of in vitro models and can be designed to simulate highly realis-
tic and complex conditions. Numerical modeling enables analysis of (medical) devices
whose performance cannot be readily evaluated in vivo. Real life experiments are most
often still required to calibrate the parameters in the computer model and validate the
predictive capabilities. While numerical modeling of the mechanics of traditional non-
degradable stents is a highly active field [42, 148–151], much less modeling approaches
have been reported to account for degrading stent material. The current section reviews
published methods to simulate corrosion of absorbable stent alloys. Table 2.6 briefly
summarizes both the merits and limitations of corrosion modeling frameworks currently
considered.

One numerical method applied to study the corrosion of metals is the boundary element
method (BEM), discretizing only the domain boundaries of interest. This methodology
has been applied successfully to the problem of galvanic corrosion of magnesium com-
ponents coupled with other structural metal alloys [152–155]. Models implementing the
BEM focus on predicting corrosion current densities for given potential fields, geometric
factors (e.g. anode/cathode surface area ratio), electrolyte conditions and film thick-
nesses. Predicted current densities are readily related to mass loss rates. However, these
studies don’t take into account the movement of the corrosion surface. More recent nu-
merical models employing the finite element method (FEM) and arbitrary Lagrangian
Eulerian (ALE) meshing are capable of tracking a moving corrosion boundary [156–159].
The aim is to accurately predict the corrosion rate as well as the current-driven evolu-
tion of the corrosion surface arising from potential fields. Sun et al. [159] additionally
account for time-dependent deposition of corrosion products at the interface and diffu-
sion of reactants and products through the deposited layer. The approaches mentioned
above are limited to fairly simple geometries and are used primarily for predictive mod-
eling of localized corrosion, pit growth and galvanic corrosion interfaces. They have not
proven suitable for incorporating corrosion in the modeling of the mechanical behaviour
of complex three-dimensional structures such as absorbable metallic stents. Because of
the difficulties in solving moving boundary problems, other modeling frameworks were
explored.
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A promising engineering approach to avoid the practical difficulties associated with
developing physical corrosion models applicable to complex three-dimensional geometries
is the use of continuum damage mechanics [160,161]. Continuum damage theory allows
to account for the effects of corrosion on the structural integrity without resorting to
an explicit description of microscopic phenomena and their progression. The effects of
progressing damage on the material mechanics are represented by means of arbitrary
state variables. Furthermore, both a damage initiation criterion and a damage evolution
law are required, e.g. a hardening function in plasticity formulations. Lemaitre and
Desmorat [162] proposed to introduce a scalar damage parameter d and an effective
stress σ̄ij according to:

σ̄ij = σij
1− d (2.7)

Continuum damage mechanics has been applied to predict corrosion fatigue crack propa-
gation or stress corrosion cracking (SCC) in structural materials under sustained loading
in aggressive environment [163,164]. Wenman et al. [165] included the concept of initially
assigning a random number between 0 and 1 to all finite elements indicating the local
susceptibility to pitting and removing elements having reached a critical damage thresh-
old. Both corrosion-induced pit formation and crack growth are simulated by means of
FE deletion. In the next time increment of the FE routine the stresses are redistributed.
Gastaldi et al. [166] have developed a phenomenological finite element framework ded-
icated to AMS modeling to reproduce the corrosion behaviour of magnesium alloys.
In addition to uniform corrosion, stress mediated corrosion is implemented by means
of a stress-dependent damage evolution law based on the work of da Costa-Mattos et
al. [164]. The evolution of the free surface exposed to the aggressive environment is
governed stochastically as proposed by Wenman et al. [165]. A good match was found
between simulation and experimental results for two different magnesium alloy stent
designs [167] (Fig. 2.7). The developed corrosion model has been applied in multiple
numerical studies regarding optimization of AMS design, e.g. to achieve lower residual
stresses in order to delay the loss of structural integrity [167–169].

The law governing the temporal evolution of the damage parameter is extended by Gro-
gan et al. [49] through the introduction of an element-specific pitting parameter λe. The
damage evolution law now accounts for heterogeneous or pitting corrosion. Numerically,
the degree of heterogeneity of the corrosion process is described by the characteristics
of the probability density function (PDF) of the distribution of the initial λe values.
The narrower the range of λe values assigned to the elements, the more uniform the
resulting corrosion process will be (Fig. 2.8). Once the damage parameter d reaches a
value equal to 1, the corresponding element is removed from the FE mesh. Consequently
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Figure 2.7: Predicted damage evolution in two magnesium alloy stent designs
Red circles highlight the locations on the stent rings with highest susceptibility to stress

corrosion (normalized time unit t*, damage parameter d, adapted from [167])

the surface is updated based on an element connectivity map: Neighbouring elements
become part of the surface and inherit the scaled pitting parameter value of the recently
removed element. These steps correspond to the FE implementation of the corrosion
surface evolution and controllable pit growth acceleration. Validation experiments have
confirmed the capacity of the computational corrosion model to describe localized at-
tack and subsequent reduction in mechanical integrity of Mg AZ31 foils, as well as the
effects of mechanical loading on alloy corrosion. Due to the phenomenological nature,
the developed model does not capture electrochemical processes, nor species evolution.
As a consequence, the model predictions are specific to a given alloy, microstructure and
medium. Recalibration is required when simulating corrosion of alloys with different
composition and/or microstructure.

Based on previous work [49,166] Debusschere et al. [170] implemented constitutive equa-
tions in FE code to model both stress-driven and pitting corrosion of magnesium stent
devices and checked the feasibility of accounting for the presence of a degradable coating.
The considered coating comprised of the outer layer of finite elements. This approach
allows to include the shielding of the underlying material, but not the specific mechanics
and relative deformations of the coating-substrate couple.

As opposed to damage approaches, ALE corrosion models based on adaptive meshing
do not rely on element removal and therefore are less sensitive to mesh resolution.
The velocity at which surface facets move is explicitly controlled and can be calibrated
based on experimental corrosion rates [171]. The current work addresses solving three-
dimensional moving boundary problems, being the main limitation of adaptive meshing
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Figure 2.8: FE simulation results for predominantly pitting (left) and uniform (right)
corrosion processes for an AMS deployed in an idealized artery model. Failure due to
localized attack is expected to occur at the locations as circled (adapted from [49])

approaches. Grogan et al. [172] recently developed a physical corrosion model accounting
for diffusion of magnesium ions. The evolution of the corrosion surface is governed by
chemical and transport processes at the interface (Fig. 2.9). However, the assumption
of diffusion control is only valid after the surface is covered by a corrosion product
layer or alternatively a polymer coating or tissue layer. As the initial microgalvanic
corrosion process at the bare surface cannot be considered to be diffusion controlled,
tracking the boundary by means of adaptive meshing is very cumbersome. Long-term
stent degradation, after formation of a corrosion product layer, is predicted correctly by
the model described in [172]. Another methodology, extended to be suitable for three-
dimensional geometries, is required to model the initial corrosion process by accounting
for product deposition (adaptive remeshing) [159] or using level set functions without
representing the interface explicitly, analogous to [173].

Figure 2.9: The velocity at which the corrosion front moves is governed by physical
processes such as dissolution of Mg ions into the corrosive environment and diffusion

away from the alloy surface (adapted from [172])
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Chapter 3

Mechanical alloy characterisation

3.1 Materials and methods

3.1.1 Material

The Magnesium/Aluminium/Zinc alloy (AZ31, Mg 96/Al 3/Zn 1) to be tested is sourced
in the form of a 0.25 mm thick foil (Goodfellow, UK). The foil has dimensions 100 x 100
x 0.25 mm and a net weight of 4.5 g (density ρ = 1.8 g/cm3).

3.1.2 Specimen preparation

For the tests described in Section 3.2 specimens are cut from the 0.25 mm thick foil
(Fig. 3.1). Square specimens with dimensions 10 x 10 mm are cut directly (experi-
ment A). Dog bone and stent strut shaped specimens are created by means of lasercut-
ting (experiment B and C).

Figure 3.1: Photograph of the three types of experimental specimens used in experi-
ments A, B and C with indication of dimensions (thickness 0.25 mm)

30
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All samples are cleaned with isopropyl alcohol to remove oils from the surface and
consequently dried in a glassware drying oven operating at 50 ◦C. In order to restrict
corrosion to the gauge section of both the dog bone and stent cell shaped specimens, the
end regions are covered with a layer of petroleum jelly. Petroleum jelly is an inexpensive
water repellent and acts merely as a temporary protective coating. In order to remove
corrosion products from magnesium alloys without attacking the base material a solution
of 20% chromic acid (H2CrO3) in water is used. Next, the specimens are rinsed in
ethanol and dried. Samples to be imaged by means of scanning electron microscopy are
put in a vacuum furnace for 4 hours to remove possible contaminants. The presence of
a vacuum prevents further oxidation of the magnesium metal.

3.1.3 Reference stent geometries

The stent strut geometry used in this work is similar to the Absorbable Metal Stent
(AMS) developed by Biotronik. The stent geometry shown in Fig. 3.2 combines optimal
flexibility for delivery and sufficient mechanical properties. The design also aims at
reducing the risk of particles falling out as a consequence of localized corrosion and
subsequent embolization [74]. Different absorbable magnesium stent designs recently
used in clinical trials are shown in Fig. 3.3 and the main characteristics are summarized
in Table 3.1.

Figure 3.2: A, The absorbable metallic stent (AMS-1) by Biotronik, adapted from
[174].

B, High magnification SEM image of the AMS-1 stent, adapted from [175].
C, Low magnification SEM image of the AMS-1 stent, adapted from [74].
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Figure 3.3: Cross-sectional profile and strut geometry of AMS-1 (A),
DREAMS 1st generation (B) and DREAMS 2nd generation (C) [29].

AMS-1 Magic (AMS-2) DREAMS 1G DREAMS 2G

Material Mg WE43 Mg (Zr, Y, RE) Mg (Zr, Y, RE) Mg WE43
Strut dimensions (µm) 80x165 120x120 130x120 150x140
Coating - - PLGA PLLA
Coating thickness (µm) - - 1 7

Source [18] [10,176] [29,177] [29,177]

Table 3.1: Characteristics of different absorbable magnesium stent designs (Biotronik)
used in clinical trials

3.1.4 Simulated body fluid

The corrosive medium used for immersion testing is conventional simulated body fluid
(c-SBF) (Table 2.3). c-SBF has ion concentrations equal to those of blood plasma,
except for Cl− and HCO−3 . The main advantage compared to revised simulated body
fluid (r-SBF) is a higher stability with respect to changes in ion concentration and pH
upon storage [106]. The solution is prepared by dissolving the reagents in the sequence
listed in Table 3.2 in distilled water (approximately 700 ml), while magnetically stirring
and heating to 36.5 ◦C. Each reagent is added as soon as the preceding component is
completely dissolved. Titration with 1M HCl aqueous solution is performed to adjust
the pH to 7.4. After cooling to room temperature, pure water is added to adjust the
volume to 1000 ml. Since the pH has an influence on the in vitro corrosion rate, the test
solution is buffered using tris(hydroxylmethyl)aminomethane (TRIS). The electrolyte
solution is eventually stored in a closed container at 4 ◦C for maximally 8 weeks.
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Reagent Amount for 1000 ml of c-SBF

NaCl 8.036 g
NaHCO3 0.352 g
KCl 0.225 g
K2HPO4 · 3H2O 0.230 g
MgCl2 · 6H2O 0.311 g
1M HCl 40 ml
CaCl2 0.293 g
Na2SO4 0.072 g
TRIS 6.063 g
1M HCl 
 0.2 ml

Table 3.2: Amounts of reagents for the preparation of 1000 ml of c-SBF, in the order
of addition [106]

3.1.5 Tensile testing

Tensile testing is carried out on an Instron 5800R electromechanical testing system with
a static 1 kN load cell. The speed of the crossheads is set to 2 mm/min in all tests.
The analog signal coming from the system is sampled at a frequency of 10 Hz. A scale
of 50 N/V and 0.5 mm/V are used to represent accurately the force and displacement
range respectively. The data are read into a LabVIEW (National Instruments) based
program and exported for analysis.

The engineering stress-strain curves measured experimentally do not give a true indi-
cation of the material deformation, because these measures are derived using only the
initial dimensions of the specimen (Eq. 3.1). In tension the cross-sectional area de-
creases, causing the load required to continue deformation to fall off. As a result the
engineering stress decreases beyond the point of maximal withstood load. In reality, a
metal continues to strain-harden up to the point of fracture, which is captured by the
true stress σ and strain ε based on the instantaneous length and cross-sectional area
(Eq. 3.2).

s = F

A0

e = ∆L
L0

(3.1)

σ = F

A

ε = ln L

L0

(3.2)
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True stress and strain are readily derived from the engineering measures s and e by
means of equation 3.3. One condition is the homogeneous distribution of strain along
the entire specimen gauge length.

σ = s (e+ 1)

ε = ln(e+ 1)
(3.3)

3.2 Experimental setup

3.2.1 Determination of corrosion rate (A)

To measure the corrosion rate as a function of time, square Mg AZ31 specimens are
immersed in simulated body fluid. The hydrogen gas produced by the corrosion reaction
is collected by means of the setup illustrated in Fig. 3.4, including an upside down glass
funnel and graduated test tube or buret. AsH2 gas bubbles up, it displaces an equivalent
volume of physiological fluid from the buret. A thermostatically controlled oil bath is
used to maintain the solution temperature at 36.5 ◦C. Distilled water is added to the
container to compensate for fluid loss due to evaporation, which is approximately 10 ml
per 24 hours. Dynamic measurement of the evolved H2 volume at regular time intervals
allows to quantify the in vitro corrosion rate without having to perturb the system.

Figure 3.4: Experimental setup to collect H2 produced by the corrosion reaction of
Mg AZ31 alloy in simulated body fluid

An extra test is performed in order to investigate the effect on the corrosion rate of
galvanic corrosion due to the simultaneous presence of magnesium and an other metal
alloy in the electrolyte. This situation may occur when the corrosion testing is to be
combined with simultaneous (tensile) loading of the specimen. The suitability of an
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experiment requiring a magnesium alloy and another (less active) metal alloy to be in
electrical contact is checked.

Scanning electron microscopy (SEM) is used to verify the corrosion mechanism based
on the topology of the surface.

3.2.2 Effect of corrosion on mechanical properties (B)

In order to assess the effect of corrosive degradation on the mechanical properties of
the AZ31 alloy, stress-strain curves are measured. Prior to tensile testing, dog bone
specimens cut from a thin foil are immersed in simulated body fluid. The ratio of
solution volume to exposed sample surface area (V/S) is approximately 50 ml/cm2.
Specimens are removed from the immersion medium at regular points in time: 1h, 3h,
6h, 24h, 48h, 72h and 96h. The corresponding mass loss is determined gravimetrically,
which requires removal of corrosion products from the specimen gauge region surface
by means of a chromic acid solution. The dog bone specimens are eventually loaded in
uniaxial tension to fracture using a constant crosshead speed of 2 mm/min.

3.2.3 Influence of a tensile load on corrosion (C)

Stent strut shaped specimens (Fig. 3.1) are loaded in uniaxial tension in a controlled
way and brought in corrosive environment afterwards. The degradation process of an
unloaded specimen serves as a reference. The effect of deformation and the associated
induced stresses on the local corrosion behaviour is assessed qualitatively.

3.3 Results and discussion

3.3.1 Determination of corrosion rate (A)

Initially a low corrosion rate of about 0.080 mg cm−2 h−1 is observed (Fig. 4.8). After
6 hours of immersion the instantaneous corrosion rate increases significantly up to a value
of 0.115 mg cm−2 h−1. For this nearly steady rate of mass loss an average corrosion rate
of 0.103 mg cm−2 h−1 is evaluated. The pH of the solution is seen to increase slightly,
from 7.4 up to a value of 7.8, over the course of the measurements (96 hours), which may
have a decelerating effect on degradation. Therefore, the pH of the solution is measured
regularly and if necessary adjusted to a constant value of 7.4.
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The observations with respect to the instantaneous corrosion rate are not in agreement
with the reports of other authors [99,100]. The decrease in mass loss rate after about 6
hours of immersion reported is thought to occur due to formation of a partially protective
Mg(OH)2 layer on the alloy surface. For longer immersion times the corrosion rate
remains fairly constant. This behaviour does correspond reasonably well to the results
of similar static immersion testing by Grogan et al. [78] and the long-term average
corrosion rate is of the same order of magnitude: 0.103 versus 0.084 mg cm−2 h−1.

The AZ31 mass loss rate values for the in vitro test conditions used are one or two
orders of magnitude higher than in vivo WE43 degradation rates measured for the novel
DREAMS device [178]. This discrepancy can be explained by the relatively high Cl−

level in the electrolyte solution and the absence of proteins and cells. The in vitro
environment was designed to mimic the in vivo situation as closely as possible, except
for the exact in vivo flow conditions, which were not recreated in vitro, and the influence
on the degradation process and transport phenomena by organic species such as proteins
and cell lines. In particular, extremely long immersion times should not be considered
as cell adhesion or endothelialization is expected to occur in vivo after a few days [74].

The corrosion rate of the AZ31 Mg alloy has proven to be too high, even for temporary
scaffolding applications. Therefore, several strategies are considered to improve the
corrosion resistance of such alloys (Section 2.3.5).

From the SEM images of the specimen surface, localized corrosion is seen to initiate
with the formation of small irregular pits growing as a function of time (Fig. 3.5). After
6 hours of immersion in a corrosive medium, the pit diameter is between 50 and 100 µm.
Cracks are observed in the surface of the material as well. It can be concluded that
localized pitting corrosion constitutes the primary type of corrosion attack for the AZ31
magnesium alloy in physiological electrolyte solutions. The main disadvantage of pitting
corrosion compared to uniform corrosion is the possibility of a significant reduction in
mechanical strength, thus stent scaffolding support, even for a modest percentage of
mass loss. This is a highly undesirable trait for the application of AMS.

Given the significant difference in redox potential or anodic index between magnesium
and stainless steel alloys (Fig. 2.1), galvanic corrosion is expected to take place whenever
these materials are in electrical contact (aqueous environment). Indeed, the magnesium
mass loss rate is seen to increase by a factor of 1.3 compared to a situation where no
galvanic corrosion occurs. As a consequence, the acceleration of mass loss due to galvanic
corrosion would obscure any relevant measurements.
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Figure 3.5: SEM images of the specimen corrosion surface
(a) Prior to immersion, (b) After 6 hours of immersion,

(c) Corrosion pit with visible precipitates, (d) Corrosion pit without precipitates

3.3.2 Effect of corrosion on mechanical properties (B)

The combination of the corrosion series described in Section 3.2.2 and tensile testing
enables to quantify the effect of progressive corrosion damage on the mechanical integrity
of the material. The resulting true stress-strain curves establishing the deformation
characteristics of the AZ31 alloy are shown in Fig. 4.10. The reduction in specimen
strength with corrosion mass loss is represented in another format in Fig. 4.11. The
ultimate tensile strength (UTS), which is the engineering stress value for the maximal
load withstood, is used to quantify the specimen strength.

Both specimen strength and strain at fracture are seen to decrease significantly, even
for moderate corrosion mass losses. For small percentages of mass loss, up to 3%, the
UTS decreases by 8% and the maximal strain by 43%. For relatively high percentages
of mass loss, up to 20%, these measures fall of by 50% and 68% respectively.



Chapter 3. Mechanical alloy characterisation 38

3.3.3 Influence of a tensile load on corrosion (C)

When comparing the corrosion attack on unloaded and loaded struts, differences with
regard to the degradation pattern are observed. However, the visual evidence is not at
all conclusive and doesn’t point out a significant acceleration of the corrosion process
due to induced stresses in the material. Bobby Kannan et al. [84] reported significant
stress corrosion susceptibilities for magnesium alloys similar to the AZ31 alloy studied
in this work.



Chapter 4

Corrosion model for magnesium
stents

4.1 Methods

The damage model is implemented through a Fortran user material subroutine or UMAT,
compatible with the finite element solver Abaqus/Standard (Dassault Systèmes, USA).
This interface allows to define constitutive relationships of arbitrary complexity in addi-
tion to the material models already implemented in the Abaqus material library. Meshed
generic stent geometries are readily created by means of the Python based open-source
software pyFormex (bioMMeda, Ghent University). Furthermore, this framework allows
to write complete Abaqus input files. Finite element simulations are run on a high per-
formance Linux computing cluster (184 CPU’s) dedicated to computational mechanics.

4.2 Model development

Finite element modeling has become an indispensable tool for design and virtual testing
of endovascular devices. The developed numerical framework [170], based on previous
work by Wu et al. [166,167,169] and Grogan et al. [49], implements magnesium corrosion.
Provided material-specific calibration (Section 4.3), this model is able to reproduce the
effects of corrosive degradation on the mechanical properties, as well as the influence
of residual stresses on the local corrosion rate (stress corrosion). The material model
implements continuum damage mechanics theory through the introduction of a scalar
damage parameter d, representing the extent of damage.

39



Chapter 4. Corrosion model for magnesium stents 40

Corrosion of magnesium and its alloys is assumed to be a superposition of two types
of non-uniform corrosion processes: stochastic pitting corrosion (dp) and stress-driven
corrosion (dsc).

∂dp
∂t

= δu
Le

Ku λp (4.1)

∂dsc
∂t

= Le
δsc

(
S σeq

1− dsc

)R
(4.2)

if σeq ≥ σth > 0

∂dsc
∂t

= 0 (4.3)

if σeq < σth

The damage evolution laws Eq. 4.1, Eq. 4.2 and Eq. 4.3 describe the assumed evolution
of the corrosion damage parameters in surface elements. λp is an element-specific dimen-
sionless pitting parameter for which random values are assigned initially. Ku (h−1) is a
kinetic parameter for the corrosion process representing the uniform degradation rate,
δu, δsc (mm) and Le (mm) are material and FE model characteristic lengths respectively
and σeq (MPa) represents a measure for the internal stress driving the stress corrosion
process, e.g. the maximum principal stress. S (mm2h−0.5N−1) and R (-) are constants
related to the kinetics of the stress corrosion process depending on the corrosive envi-
ronment. It is clear from equations 4.2 and 4.3 that stress corrosion only occurs when
the equivalent stress σeq exceeds the value σth (MPa) and becomes more important as
the internal stresses rise due to deformation.

Intrinsic to a continuum damage mechanics approach for modeling corrosion is the de-
pendence of the results on the mesh element size. The inverse dependency on the charac-
teristic length Le in the damage evolution law Eq. 4.1 guarantees consistent degradation
for different element sizes. The larger the volume of a finite element, the more time
is required to evolve towards complete erosion of its mass. Grogan et al. [49] assign a
value to δu consistent with grain sizes observed experimentally for the AZ31 alloy. Wu
et al. [167, 179] on the other hand, adopt scaling of the numerical grid characteristic
length with a relevant dimension of the corrosion process, namely the critical thickness
of the corrosion film. Here, δu and δsc are tuned to achieve similar time scales for the
pitting and stress corrosion processes.
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Eventually, the contributions due to both pitting and stress corrosion are superposed
linearly in order to evaluate the overall damage parameter d:

d = (1− f) dp + f dsc (4.4)

where f = 0.5 for convenience.

A random number generator, based on the standard Weibull distribution with probabil-
ity density function (PDF) f(x), is used to assign λp values to all elements on the initial
exposed surface. The probability of the value of λp to be in the range [a, b] is given by:

P [a ≤ λp ≤ b] =
∫ b

a
f(x)dx (4.5)

f(x) = γ xγ−1 e−x
γ

x ≥ 0, γ > 0 (4.6)

γ is a dimensionless distribution shape factor characterizing the probability density
function. Increasing values of γ result in a more symmetric and narrow range of λp values
being assigned to surface elements, corresponding to a more homogeneous corrosion
process (Fig. 4.1). For the modeling of non-uniform or localized corrosion, λp values are
assigned according to a distribution with lower γ value.

Figure 4.1: Probability density function (PDF) for a standard Weibull distribution.
Increasing values of γ correspond to a more symmetric distribution of λp and more

homogeneous corrosion.
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A linear elastoplastic material behaviour with isotropic hardening is assumed for the
magnesium stent alloy. An experimental stress-strain curve is used to describe the
hardening behaviour of the undamaged material (Fig. 4.10). The influence of the damage
parameter on the stress state σ is given by Eq. 4.7, where σ̄ represents the stress tensor
in the undamaged material. In damaged elements, the stress corresponding to a given
strain value reduces as more damage is induced, governed by the evolution of the damage
parameter d.

σ = (1− d) σ̄ (4.7)

In every iteration the strains and stresses are updated. By analogy with Grogan et al. [49]
(implementation using Abaqus/Explicit) elements should be removed from the surface
once the associated damage parameter effectively reaches its maximal value, modeling
mass loss due to corrosive degradation. However, Abaqus/Standard does not allow
for elements to be deleted. Instead, the mechanical properties of corroded elements
are set to nearly zero, so that they do not longer contribute to the mechanics of the
object. Subsequently, the underlying elements become subject to corrosion. When an
element is effectively removed, the neighbouring elements (λ′p) inherit the value of the
pitting parameter (Eq. 4.8). The dimensionless scaling parameter β controls pit growth
acceleration. An element connectivity map is required to update the corrosion surface.

λ′p = β λp (4.8)

The implementation of this user-defined material model is given schematically in the
following flowchart (Fig. 4.2). The damage subroutine is highlighted and the compos-
ing steps are shown in detail in Fig. 4.3. For implementation in FE code, both the
constitutive equations and the damage evolution laws need to be converted to discrete
approximations.
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Preprocessing
Generate element connectivity map

Isolate surface elements
Generate element volumes map

Assign initial values for the pitting parameter

Read in material properties from
the input file material section

Common block

Update the effective stress σ̄t+∆t based
on the strain increment ∆ε using

elasto-plastic constitutive equations

Update the value of the damage parameter:
dt+∆t

Calculate the actual stress σt+∆t and return to
the Abaqus solver:

σt+∆t = σ̄t+∆t × (1− dt+∆t)

Write volumes of ‘removed’ ele-
ments to quantify the total mass loss

Solution depen-
dent variables

σ̄t+∆t,
dt+∆t

σ̄t, dt∆ε, ∆t

σt+∆t

Abaqus/Standard
solver

Store

Figure 4.2: Schematic overview of the preprocessing steps and the corrosion model
UMAT
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Update the value of the damage parameter:

dp,t+∆t = dp,t + δu
Le
Kuλp |t ∆t

if σeq ≥ σth:

dsc,t+∆t = dsc,t + Le
δsc

(
S σeq

1− dsc,t

)R
∆t

if σeq < σth:

dsc,t+∆t = dsc,t

dt+∆t = (1− f) dp,t+∆t + f dsc,t+∆t

If dt+∆t = 1 :
Replace initial material by dummy material,

equivalent to element removal
Make surrounding elements surface elements
Assign new pitting parameters to surrounding

elements

Common block

λp |t+∆t

λp |t

dp,t+∆t

dsc,t+∆t

dp,t, dsc,t
Le, σeq, ∆t

UMAT

Figure 4.3: Schematic overview of the damage subroutine

4.3 Model calibration and validation

4.3.1 Simulation of experiments

Figures 4.4 through 4.6 illustrate virtual representations of the three types of experi-
mental specimens used in experiments A, B and C (Section 3.1.2). The finite element
mesh is shown in the outset.

The generated computational meshes are optimized for element uniformity. Finite el-
ements with an aspect ratio close to 1 are most suited to model degradation-induced
mass loss. Mesh convergence studies are conducted to guarantee minimal influence of
the mesh on simulation results. The finite elements discretizing the volume of the ge-
ometries are progressively refined until the differences between consecutive results for
the predicted corrosion rate and induced stresses become smaller than a tolerance of
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Figure 4.4: FE representation of the corroding foil specimen used in experiment A

Figure 4.5: FE representation of the dog bone specimen used in experiment B

Figure 4.6: FE representation of the stent cell specimen used in experiment C

10%. The results of these analyses are summarized in Table 4.1. The element type
used in simulations implementing corrosion modeling is an 8-node linear brick (C3D8)
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without application of reduced integration (cf. C3D8R), as this method would require
user-definition of the hourglass stiffness.

Experiment Geometry
Simulation
conditions

Number of
elements (-)

Element
characteristic length

(mm)

Element
type

A Cuboid Corr 43 200 0.144 C3D8

B Dog bone
Mech 3920 0.433 C3D8R
Corr 31 360 0.217 C3D8

C Stent cell
Mech 2272 0.217 C3D8R
Corr 38 000 0.087 C3D8

Table 4.1: FE meshes generated to discretize the specimen geometries used in exper-
iment A, B and C (Mech: Purely mechanical modeling, Corr: Corrosion modeling)

In order to reproduce the results obtained in experiments A and B, corrosive degradation
is simulated for different periods of time: 1h, 3h, 6h, 24h, 48h, 72h and 96h (Fig. 4.7).
In a second step, tensile loading of the dog bone is achieved by imposing a displacement
boundary condition on one end, while fixing the other (Fig. 4.9). To ensure an unam-
biguous problem definition, nodes in these plane sections are restrained in two directions
orthogonal (y,z) to the loading direction (x). Tensile loading of the stent strut is simu-
lated in the same way (Fig. 4.12). Afterwards, corrosion is allowed to occur (Fig. 4.13).
Maximally 1000 time increments are used in the analysis. Additional refinement of the
time step size is verified to have only a marginal effect on the simulation results.

4.3.2 Calibration strategy

In order to properly calibrate the corrosion model, material model parameters and degra-
dation constants are tuned by fitting the FE simulation results to the collected exper-
imental data. The first requirement is that the mass loss versus time curve predicted
by the model corresponds qualitatively to the trend observed in experiment A. The
condition of the evolution of mass loss in time having to match the course observed
experimentally, allows to determine γ and β. Second, the simulated average corrosion
rate should quantitatively match the experimental value, which enables to set a value
on the uniform degradation rate parameter Ku for given values of γ and β. Third, the
model should properly capture the corrosion-induced decrease in specimen mechanical
integrity measured in experiment B.
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4.4 Results and discussion

4.4.1 Determination of corrosion rate (A)

Fig. 4.7 demonstrates the evolution of the damage parameter throughout the specimen
volume as a function of corrosion time. The numerical framework successfully simulates
pitting-like material loss.

Figure 4.7: FE simulation predictions for experiment A. The color code represents
the value of the damage parameter d or the degree of corrosion-induced damage.

Figure 4.8: Percentage of mass lost over time as measured in experiment A and
corresponding FE simulation predictions.

Error bars represent a single standard deviation from the mean (n=4).
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In order to reproduce the experimentally observed corrosion rate, the FE model predic-
tions are fitted to the mass loss measurements performed in experiment A (Section 3.3.1).
The corrosion model is able to reproduce the two phase linear mass loss trend as a func-
tion of time (Fig. 4.8).

4.4.2 Effect of corrosion on mechanical properties (B)

The simulation results corresponding to experiment B are shown in Fig. 4.9. First,
the gauge region is subject to corrosion. Next, the tensile stress-strain behaviour is
evaluated.

Figure 4.9: FE simulation prediction for experiment B, with indication of loading
direction and boundary conditions. The color code represents the value of the damage

parameter d or the degree of corrosion-induced damage.

Given the good fit between the FE predictions and experimental data (Fig. 4.10), the
numerical framework captures the effect of a specific degree of corrosion-induced damage
on the mechanical properties of the material relatively well. The reduction in ultimate
tensile strength (UTS) with mass loss, both measured and simulated, is apparent from
Fig. 4.11.
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Figure 4.10: True stress-strain curves for different degrees of corrosion-induced mass
loss as measured in experiment B and corresponding FE simulation predictions

Figure 4.11: Ultimate tensile strength (UTS) as a function of corrosion-induced mass
loss as measured in experiment B and corresponding FE simulation predictions.

Error bars represent a single standard deviation from the mean (n=6).

4.4.3 Influence of a tensile load on corrosion (C)

The FE prediction of the stresses (maximal principal stress) induced in the material due
to tensile loading is shown in Fig. 4.12. Slight differences in the corrosion process due
to induced stresses are predicted by the corrosion model implementing both pitting and
stress corrosion concepts (Fig. 4.13).
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Figure 4.12: FE simulation prediction for the stresses induced in experiment C,
with indication of loading direction and boundary conditions

No evidence of stress-induced changes in the rate of corrosion was observed experimen-
tally (Section 3.3.3). Because of the convex combination, coefficients f ≥ 0, 1 − f ≥ 0
and

∑
= 1, of both damage parameters dp and dsc in Eq. 4.4, such effects are not in-

corporated in the modeling framework either. In the current formulation, with f = 0.5,
the pitting and stress corrosion evolution laws contribute equally to the scalar damage
field.

Figure 4.13: FE simulation predictions for experiment C. The color code represents
the value of the damage parameter d or the degree of corrosion-induced damage.
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4.4.4 Calibrated model parameters

A set of values for the corrosion model parameters allowing for a good fit of the exper-
imental data collected in this study is shown in Table 4.2. Values reported by other
authors are included for comparison.

Parameter
Calibrated

value
Grogan et al. Wu et al.

Le (mm)
FE

characteristic
length

0.07 -

δu (mm) 0.100 0.017 0.100
δsc (mm) 0.067 n/a 0.070
Ku (h−1) 0.00650 0.00042 0.00500

γ (-) 0.2 0.2 n/a
β (-) 0.5 0.8 n/a

σth (MPa) 80 n/a 80

S (mm2 h−0.5 N−1)
0.003 n/a 0.007

R (-) 2 n/a 2

Source [49] [167]

Table 4.2: Calibrated parameter values for the damage model description of Mg AZ31
pitting and stress corrosion
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4.5 Model limitations

The purely phenomenological foundation of the model for pitting and stress corrosion
implies a number of limitations. First, the continuum damage mechanics framework does
not capture physical processes related to the electrochemical surface reactions or species
evolution and diffusion. Therefore, the model is specific to a given metal alloy and
solution composition. Recalibration is required as soon as another material or corrosion
medium is considered.

Second, the effect of precipitates or grain size on the corrosion process is not taken into
account, making the model predictions specific to one particular microstructure.

Another important limitation is the fact that tissue coverage of the material is not
modeled. In reality, layers of cells and proteins are expected to affect mass transport as
well as exposure to flow.

Finally, since the effect of dynamic loading conditions on corrosion is neglected, the
possible reduction in mechanical integrity due to corrosion fatigue is not captured by
the model.
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Modeling biodegradable
magnesium stent mechanics

5.1 Methods

By analogy with Section 4.1 the damage model is implemented through a Fortran user
subroutine or UMAT compatible with the finite element solver Abaqus/Standard (Das-
sault Systèmes, USA). Meshed generic stent geometries are readily created by means
of the Python based open-source software pyFormex (bioMMeda, Ghent University).
Finite element simulations are run on a high performance Linux computing cluster (184
CPU’s) dedicated to computational mechanics.

5.2 Model development

The continuum damage mechanics corrosion modeling framework described in Chapter 4
is calibrated using experimental data for the AZ31 magnesium alloy (Chapter 3). Here,
the developed corrosion model is applied to the FE modeling of realistic stent mechanics.

5.2.1 Stent geometry

The free expansion and subsequent degradation of a degradable metal stent is modeled.
The reference stent geometry is the DREAMS (Drug-Eluting Absorbable Metal Stent)
design by Biotronik (Fig. 3.3). Only the stent substrate material is modeled, so no
coating is included in the analysis. Fig. 5.1 shows the FE geometry. The stent has an
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initial diameter of 1.8 mm and a length of 10 mm. Both the strut width and strut height
are 100 µm.

Figure 5.1: Stent geometry generated with the pyFormex software

5.2.2 Stent deployment and degradation

In this analysis, abstraction is made of the expansion balloon and the delivery system.
Instead, radial displacements are imposed on rigid cylindrical surfaces. De Beule et
al. [180] have shown that modeling stent deployment by means of rigid surfaces under
displacement control significantly reduces computational cost, without inducing a sub-
stantial error with respect to the stent strut configuration at the end of the procedure.
Since the main interest is in the buildup of stresses in the stent material and their effect
on the corrosion attack, these simplifications are considered acceptable.

The simplified stent deployment simulation comprises the following steps:

1. Crimping

2. Elastic recoil

3. Expansion

4. Elastic recoil

5. Corrosion (∆t = 0h− 96h)

6. Radial strength evaluation

First, the stent with an initial diameter of 1.8 mm, is crimped to a minimal diameter
equal to 1.0 mm. Next, the device is allowed to recoil (outward), expanded to a nominal
diameter equal to 2.7 mm, followed by a second recoil phase (inward) (Fig. 5.2). The
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following step comprises degradation of the deployed stent. Different corrosion time
periods are simulated. After the free expansion and degradation phases, another step is
implemented in order to quantify the radial strength of the device (Section 5.2.3).

Figure 5.2: The initial stent configuration (left) and FE predictions for the
configuration after crimping (middle) and after expansion (right)

The FE stent model is meshed with 200 448 C3D8 elements. In order to limit the com-
putational expense, two interconnected rings are taken to represent the entire geometry.
As a consequence, the mesh size is reduced to 39 636 elements. The number of SFM3D8
surface elements required to discretize the crimping and expansion surfaces is low. Here,
only six elements are generated along the circumference of the cylindrical surfaces.

Surface-to-surface contact between the surfaces and the inner and outer stent surfaces
is modeled. Elastic recoil is accounted for by removing the contact at the end of the
crimping and expansion phases.

For the definition of boundary and loading conditions, a cylindrical coordinate system
(R,T,Z) is introduced. R is the radial, T the circumferential and Z the longitudinal
or axial direction. A couple of boundary conditions are imposed on three outer nodes
on one end of the stent, positioned symmetrically along the circumference of the stent.
Displacement of these nodes in both the axial and circumferential direction is precluded.
Alternatively, the nodes could be fixed axially while defining a tangential friction factor
µ (-). The friction factor is defined as the ratio of the frictional force Ffr to the normal
force Fn (Eq. 5.1).

Ffr = µ Fn (5.1)

with 0 < µ < 2
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The nodes on the rigid surfaces are restrained both axially and circumferentially. Dis-
placements are imposed in order to radially contract and expand these surfaces, repre-
sentative for the crimping of the stent and the controlled inflation of the balloon.

5.2.3 Evaluation of the radial strength

The radial strength (RS) of the investigated stent is evaluated for different degrees of
corrosion-induced damage. Radial compression of the stent is again imposed through
the introduction of a cylindrical shell under displacement control (Fig. 5.3). The collapse
behaviour of the stent is characterized by virtue of the reaction force-displacement curve.
The radial strength is derived from the reaction force value for which there is a sudden
reduction in the stent diameter or, if no clear point of collapse exists, for which the
diameter loss equals 10%. The radial stiffness constitutes an alternative measure that
provides useful information about the condition and performance of both permanent
and degradable stent devices. The stiffness can be derived from the initial compression
behaviour (force-displacement curve).

Figure 5.3: Representation of the approach to evaluate the radial strength of the
stent. The arrows indicate the radial contraction of the cylindrical shell.

5.3 Results and discussion

The simulation results for the stresses induced in the stent material upon deployment
and the pitting-like mass loss due to corrosion are shown in Fig. 5.4.
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Figure 5.4: FE simulation predictions for the stresses induced in the stent material
upon deployment (left) and the pitting corrosion process for 8.5 % mass loss (right)

Fig. 5.5 illustrates the predicted loss in stent radial strength for low percentages of
mass loss. The intact device withstands a maximal load of 0.08 MPa. This collapse
pressure corresponds very well to the value for the Magic stent (Biotronik) reported by
Erbel et al. [27]. The collapse pressure predicted for the investigated magnesium stent
is significantly lower than values for SS 316L and CoCr L605 stent devices measured
experimentally (0.13 - 0.25 MPa) [181].

Figure 5.5: FE simulation predictions for the radial strength (RS) of the stent as
a function of corrosion-induced mass loss. The blue shaded area indicates a linear

extrapolation of the trend resolved for low percentages of mass loss.
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The proposed approach has only proven suitable to evaluate the stent radial strength for
low percentages of mass loss. The initial reduction is shown to be linear. 7.5% mass loss
evokes a 25% decrease in the radial strength. For higher degrees of material loss, the
simulations are terminated due to convergence issues, so no quantification is possible. To
resolve these issues, further revision of the UMAT code and tweaking of the simulation
conditions are required.

5.4 Validation

No validation study is conducted to assess the accuracy of the finite element computa-
tional model. The relevance of the FE results obtained for the stent radial strength as a
function of corrosion mass loss could be validated by performing the crimping and free
expansion of magnesium stents, immersing them in a corrosive environment, quantifying
the mass loss and eventually determining the radial strength. Compression, expansion
and measurement of reaction forces can be carried out by means of test systems such as
the one illustrated in Fig. 5.6.

Figure 5.6: The RX550/650 (Machine Solutions) designed to measure and record
radial reactive force during expansion and compression of interventional devices [182]
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5.5 Limitations

In vivo, the deployed stent is subject to cyclic loading due to pulsatile blood flow. Given
the static simulation conditions, failure due to fatigue is not accounted for in this work.

Stent strut dimensions typically lie within the range 50-150 µm. For some materials,
this implies that there are only a few metallic grains throughout the cross-section of
the struts. As such, microscale phenomena or size effects may become important and
continuum plasticity theory may not fully capture the mechanical behaviour of the
material [45]. Mostly, experimental stress-strain data are collected from tensile testing
of large-size specimens. However, for structures with dimensions in the µm range failure
stresses and strains are size dependent. Microscale modeling based on crystal plasticity
theory has been implemented by Harewood and McHugh [183] to investigate size effects
for realistic stent strut geometries and representative loading modes.

Since the primary focus is on the application of corrosion modeling in combination with
realistic stent mechanics, no blood vessel model is included in this analysis, reducing the
computational expense. Also, abstraction is made of the inflatable expansion balloon
and associated delivery system (catheter). Deployment by means of rigid cylindrical
surfaces has been shown to produce a good approximation of the stent configuration
achieved in more computationally expensive wrapped balloon simulations [180].



Chapter 6

Conclusion and future work

6.1 Conclusion

Current in vitro test systems applying simplifying conditions allow to screen qualitatively
for new stent alloys. However, it is not possible to predict the in vivo corrosion behaviour
accurately. Simulation of in vivo conditions regarding exact body fluid composition,
transport processes and mechanical stresses is troublesome. The higher dissolution rates
of magnesium alloys often observed in vitro are probably due to higher concentrations
of chloride and the absence of proteins and cells in the electrolyte solution applied.
Selection of an appropriate medium as well as physiological flow conditions is key to
transfering conclusions drawn from in vitro corrosion tests to in vivo application.

Considering the limited complexity of the in vitro test environment used, it cannot be
expected to reproduce with great accuracy in vivo degradation processes. However, the
efforts in this work clearly demonstrate the feasibility of using in vitro experimental
data, collected during relatively simple tests, to calibrate a theoretical corrosion model
dedicated to FE modeling of stent mechanics.

In general there are four different methods to evaluate the corrosion rate of metallic
materials: mass loss, hydrogen evolution, ion release concentration and electrochemical
corrosion current measurement. In this work, the hydrogen evolution method is selected
to quantify the rate of corrosion, because of its robustness for dynamic measurements.
The pitting and stress corrosion model is able to predict the mass loss time course.

The experimental results indicate a significant reduction in mechanical integrity, even
for modest corrosion-induced mass losses. The modeling framework captures the effect
of corrosion on the mechanical properties of the material very well. A good fit is found

60
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between experimental stress-strain curves and the stress-strain behaviour predicted by
the FE model.

The continuum damage mechanics framework combining pitting and stress corrosion
modeling for the AZ31 alloy is successfully applied to a realistic stent geometry. Both
deployment and degradation of the stent are simulated. Eventually, the loss in stent
radial strength for low percentages of mass loss is predicted.

6.2 Future trends in experimental characterisation

Since much of the inconsistency regarding the degradation characteristics of Mg alloys
stems from the choice of the test medium, adoption of new standards for in vitro studies
is desirable, applying experimental test conditions even more representative of the in vivo
environment of endovascular devices: a pseudo-physiological solution with composition
similar to human blood and a circulation system to mimic the in vivo flow conditions.
The effects of protein adsorption and cell attachment on the corrosion process are largely
unknown and should be studied in more detail. Finally, systematic evaluation of the
cytotoxicity of novel alloys for biomedical implants is required in order to select the best
performing materials.

6.3 Future trends in computational modeling

In the future, the current corrosion modeling framework has to be made more robust,
so that it becomes generally applicable. In particular, the time scaling in the evolution
laws for different types of corrosion should be studied in more detail.

A phenomenological model like the one applied in this work, requires recalibration for
different stent materials and/or microstructures. Some authors have reported about
physical modeling of the electrochemical and transport processes associated to the cor-
rosion surface reaction. ALE adaptive meshing can be used to track moving corrosion
interfaces. A comprehensive physical modeling framework would be applicable to any
material, requiring only physical characteristics (e.g. rate constants, diffusion coeffi-
cients).

To prolonge the life time of the device, magnesium alloy stents are currently covered
with a polymeric coating. New FE frameworks adopted to model the mechanics and
degradation of these devices should implement realistic interaction between the substrate
and coating.
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