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ABSTRACT

The development of biodegradable implants for orthopaedic and cardiovascular
applications has gained considerable attention as an alternative to avoid long-term
complications caused by permanent implants. Magnesium is an attractive material for
such applications mainly due to its biocompatibility and good mechanical properties. Mg
alloys biodegrade via corrosion reaction; however, they corrode too fast in the body,
leading to a premature decrease in the mechanical properties and implant failure.
Current research efforts to control the corrosion rate of Mg alloys are oriented mainly in
two directions: (i) the development of new Mg alloys with improved corrosion resistance
and biocompatibility, and (/i) the development of protective biocompatible coatings.
However, faster and more efficient development of Mg-based materials is limited by the
lack of a complete understanding of the Mg alloy corrosion mechanisms in the real
physiological environment and by difficulties at emulating such environment in vitro.

The focus of this PhD project was to investigate the short-term corrosion
behaviour of bare and polypyrrole-coated WE43 Mg alloy at in vitro experimental
conditions closer resembling those experienced in the physiological environment. This
was done by performing 5-day immersion experiments in a modified simulated body
fluid (m-SBF) with an ionic composition similar to that of blood plasma, at the
physiological pH and average body temperature. Interfacial processes such as charge
transfer, diffusion and adsorption of species were investigated by electrochemical
impedance spectroscopy (EIS). The corrosion kinetics was investigated by hydrogen

evolution, inductively coupled plasma optical emission spectroscopy (ICP-OES) and



EIS. The polypyrrole coating and corrosion products layer were characterized by
scanning electron microscopy (SEM), energy dispersive spectroscopy (EDS), X-ray
diffraction (XRD), attenuated total reflectance Fourier transform infrared spectroscopy
(ATR-FTIR) and X-ray photoelectron spectroscopy (XPS).

The corrosion kinetics and mechanisms of WE43 Mg alloy in m-SBF and their
time dependence were investigated. An initial decrease in the corrosion rate was related
to formation of a partially protective corrosion layer, while an increase in the corrosion
rate observed after 48 h was related to onset of a localized corrosion process. Four
corrosion stages were proposed involving: (/) the formation of a partially protective
corrosion layer, (ii) the adsorption of Mg intermediates, (iii) the formation of an inner
protective MgO layer with increasing coverage over time, (iv) the rupture of the
corrosion layer, and (v) lateral growth of stable pits. Characterization of the corrosion
products layer revealed the presence of an amorphous carbonated apatite/Mg(OH),
mixed corrosion layer.

The effect of daily electrolyte renewal, as a method to better simulate
physiological homeostasis, on the corrosion behaviour of WE43 Mg alloy in m-SBF was
investigated. Electrolyte renewal was found to affect the corrosion mechanisms by
promoting partial dissolution of the corrosion layer and by increasing mass transport
through the corrosion layer, thereby delaying the increase in the MgO barrier film
coverage and the occurrence of localized corrosion. No significant variation in the
corrosion layer morphology and composition with respect to the results obtained without

electrolyte renewal was observed.



The corrosion behaviour of polypyrrole-coated WE43 Mg alloy in m-SBF with
daily electrolyte renewal was also investigated. Polypyrrole (PPy) was found to
effectively contribute to a decrease in both the corrosion rate of WE43 Mg alloy and in
the production of hydrogen gas during the time period investigated. A temporary
increase in the corrosion resistance after electrolyte renewal was related to the increase
in the concentration of dissolved CO, in the m-SBF. The corrosion protection of PPy
was attributed to: (/) the PPy coating barrier properties, and (ii) the adsorption of
dissolved CO, species on the PPy coating, which leads to a decrease in the PPy
conductivity and to substrate/coating decoupling due to uncompensated coating positive
charging and misalignment of the substrate and coating Fermi levels.

Lastly, results on the corrosion behaviour of WE43 Mg alloy in m-SBF under
continuous electrolyte flow conditions are presented in the appendix of the thesis. It is
shown that the presence of a continuous flow leads to a slower increase in the MgO
barrier film coverage, with respect to static immersion experiments, resulting in a higher
corrosion rate. These results demonstrate the importance of the experimental set-up for
an accurate determination of the Mg alloys corrosion behaviour for biodegradable
applications.

The present thesis contributes to (/) a better understanding of the corrosion
mechanisms of bare and PPy-coated WE43 Mg alloy at in vitro conditions partially
resembling the physiological environment and (ii) to the advancement of in vitro
methodologies for the screening and development of new Mg alloys for biodegradable

implants applications.



RESUME

Le développement d'implants biodégradables pour des applications orthopédiques et
cardiovasculaires a gagné une attention considérable en tant qu'alternative pour éviter
les complications a long terme causées par des implants permanents. Le magnésium
est un matériau attrayant pour de telles applications, principalement en raison de sa
biocompatibilité et ses bonnes propriétés mécaniques. La dégradation des alliages de
magneésium se produit via corrosion; cependant, ils se corrodent trop vite dans le corps,
ce qui conduit a une diminution prématurée des propriétés mécaniques et I'échec de
l'implant. Des efforts pour contrdler la vitesse de corrosion des alliages de magnésium
sont orientés principalement dans deux directions: (/) le développement de nouveaux
alliages de Mg avec une meilleure résistance a la corrosion et une meilleure
biocompatibilité, et (i) le développement de couches de protection biocompatibles.
Toutefois, un développement plus rapide et plus efficace des matériaux a base de Mg
est limité par I'absence d'une compréhension compléte des mécanismes de corrosion
des alliages de Mg dans le corps et par des difficultés a émuler tel environnement in
vitro.

Le but de ce projet était d’étudier le comportement de corrosion a court terme de
l'alliage de magnésium WE43 nu et avec une couche de polypyrrole, dans des
conditions expérimentales in vitro ressemblant a celles rencontrées dans
I'environnement physiologique. Ceci a été réalisé en effectuant des expériences
d'immersion de 5 jours dans un fluide corporel simulé modifié (m-SBF) ayant une

composition ionique analogue a celle du plasma sanguin, au pH physiologique et a la



température moyenne du corps. Les procédés d'interface tels que le transfert de
charge, la diffusion et l'adsorption des espéces ont été étudiés par spectroscopie
d'impédance électrochimique (EIS). La cinétique de corrosion a été étudiée par le
dégagement d'hydrogéne, la spectroscopie d'émission optique avec plasma a couplage
inductif (ICP-OES) et EIS. La couche de polypyrrole et les produits de corrosion ont été
caractérisés par la microscopie électronique a balayage (SEM), la spectroscopie a
rayons X a dispersion d'énergie (EDS), la diffraction des rayons X (XRD), la
spectroscopie infrarouge a transformée de Fourier avec un montage de réflexion totale
atténuée (ATR-FTIR) et la spectroscopie photoélectronique a rayons X (XPS).

La cinétique et les mécanismes de corrosion de l'alliage de Mg WE43 ainsi que
leur comportement en fonction du temps dans le m-SBF ont été étudiés. Une diminution
initiale du taux de corrosion est liée a la formation d'une couche d’oxyde protectrice,
tandis qu'une augmentation de la vitesse de corrosion observée apres 48 h est liée a
I'apparition d'un processus de corrosion localisée. Quatre étapes de corrosion ont été
proposées impliquant : (/) la formation d'une couche d’oxyde protectrice, (ii) I'adsorption
des produits de corrosion intermédiaires, (iii) la formation d'une couche protectrice
interne d’oxyde de magnésium (MgO) avec une superficie augmentant au cours du
temps, (iv) la rupture de la couche d’oxyde, et (v) la croissance latérale des piqlres de
corrosion. La caractérisation de la couche d’oxyde a montré la présence d'une couche
amorphe contenant une apatite carbonatée et Mg(OH),.

L'effet du renouvellement quotidien de I'électrolyte, en tant que méthode pour
mieux simuler I'homéostasie physiologique, sur la corrosion de l'alliage de Mg WE43

dans le m-SBF a été étudié. Il a été observé que le renouvellement de I'électrolyte



affecte les mécanismes de corrosion en favorisant la dissolution partielle de la couche
d’'oxyde et en augmentant le transport de masse a travers cette couche, ce qui retarde
l'augmentation de la surface recouverte par le film barriere de MgO et I'apparition de la
corrosion localisée. Aucune variation significative de la morphologie et la composition
de la couche d'oxyde par rapport aux résultats obtenus sans renouvellement
d’électrolyte n’a été observée.

L’évolution de la corrosion de lalliage de Mg WE43 avec une couche de
polypyrrole (PPy) dans le m-SBF avec renouvellement quotidien de I'électrolyte a
également été étudiée. Il a été observé que la couche de PPy contribue efficacement a
la diminution de la vitesse de corrosion de l'alliage de Mg WE43 et de la production du
gaz d’hydrogéne au cours de la période étudiée. D’autre part, une augmentation
temporaire de la résistance a la corrosion apres le renouvellement de I'électrolyte a été
liée a I'augmentation de la concentration de CO, dissous dans le m-SBF. La protection
contre la corrosion par la couche de PPy a été attribuée a: (i) les propriétés de barriére
de la couche PPy, et (ii) I'adsorption de molécules de CO; sur la couche de PPy, ce qui
conduit a une diminution de la conductivité du PPy et a son découplage électrique avec
le substrat. Ceci est expliqué en raison d’'une charge positive non compensée dans la
couche de polypyrrole et du décalage des niveaux de Fermi du substrat et du
polypyrrole.

A la fin de cette thése, des résultats sur le comportement & la corrosion de
l'alliage de Mg WE43 dans le m-SBF et dans des conditions d'écoulement continu
d'électrolyte sont présentés dans l'annexe. Il est démontré que la présence d'un

écoulement continu conduit a une augmentation plus lente de la surface recouverte par
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le film barriere de MgO, par rapport a des expériences d'immersion statique, résultant
en un taux de corrosion plus élevé. Ces résultats démontrent lI'importance du montage
expérimentale pour une détermination précise du comportement a la corrosion des
alliages de Mg pour des applications biodégradables.

Cette thése contribue (/) a une meilleure compréhension des mécanismes de
corrosion de l'alliage de Mg WE43 nu et avec une couche de Ppy dans des conditions
expérimentales in vitro partiellement ressemblant I'environnement physiologique, et (ii)
au deéveloppement des méthodes expérimentales in vitro pour la sélection et le

développement de nouveaux alliages de Mg pour des applications biodégradables.
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Chapter 1

Introduction and Problem Statement

1.1 INTRODUCTION

Recently, the use of biodegradable materials for temporary implant applications has
been suggested, the justification being twofold: 1) the short-term need of an implant to
assist in the healing process of diseased or injured tissues and 2) the avoidance of
potential long-term complications caused by permanent implants [1, 2]. So far, the
development of biodegradable metal-based materials has focused mainly in two
applications: biodegradable stents for the treatment of occlusive arterial disease [3] and
biodegradable implants to assist with the repair of bone tissue [4]; however, applications
in other areas such as tissue engineering [5-7] and soft tissue repair [1, 6, 8, 9] are

currently being investigated (Figure 1.1).

Metallic implants are suitable for load bearing applications due to their
combination of high mechanical strength and fracture toughness [10]. Currently-
approved most-commonly used biomedical metals include stainless steel, titanium-
nickel and cobalt-chromium alloys [2]. However, a disadvantage of these materials is
the possible release of toxic metallic ions or particles through corrosion or wear
processes, leading to inflammatory reactions and decreased implant biocompatibility [4].
Moreover, permanent implant materials are related to long-term complications in

cardiovascular and orthopedic applications [3, 11].



Figure 1.1: Applications of biodegradable magnesium implants: (a) cardiovascular
stents, (b) screws, (c) micro-clip for laryngeal microsurgery (pure magnesium), (d)
orthopedic implants, and (e) wound closing devices [19].

Cardiovascular disease remains a leading cause of death in industrialized
countries [12]. Currently, the first choice treatment of occlusive arterial disease in
selected groups includes the placement of a stent (Figure 1.1a) inside the narrowed or
blocked artery [13]. Stents, which are small wire mesh devices, provide mechanical
support to hold the artery open, allowing for blood flow and preventing further
complications such as heart attack [14]. The use of stents has considerably improved

the treatment of occlusive arterial disease; however, currently-used stents are



permanent implants that are frequently related to the occurrence of complications such
as in-stent restenosis [15, 16]. Restenosis occurs when the treated artery becomes
blocked again due to neointimal proliferation (scar tissue growth) [16]. Restenosis
occurs as a biological response to injury and is considered to be part of a local and
systemic inflammatory response syndrome after stent implantation [13, 16]; this
condition is aggravated by the presence of enmeshed wires, which act as a chronic
injury/inflammatory stimulus [3]. Additional limitations of permanent stents are long-term
endothelial dysfunction, thrombogenicity, difficulties in the treatment of in-stent
restenosis due to the presence of a metallic shield at the blockage site and, their

inability to adapt to growth, which limit their application in pediatric patients [17].

Regarding orthopedic implants, plates, screws and pins are commonly used to fix
bone fractures [4]. However, drawbacks of currently used metallic materials are their
higher elastic modulus compared to that of natural bone, leading to stress shielding
effects that reduce stimulation of new bone formation, eventually leading to implant
loosening and, the need of a second surgery to remove the implant after the tissue has

healed, thus increasing health care costs and patient morbidity [4, 11].

It is worth emphasising the temporary need of the implants in the previous
applications. Cardiovascular stents are needed only for the time required to complete
the artery healing process, usually from 6 to 12 months after stent implantation [7], while
conventional bone implants are expected to maintain mechanical integrity over a time
range of 12 to 16 weeks [7]. In addition, permanently-implanted stents are not suitable
for still-growing children. The purpose of biodegradable implants for cardiovascular and

orthopedic applications is thus, to provide mechanical support and enhance tissue
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healing and regeneration while simultaneously degrading, with the implant eventually
being replaced by the newly formed tissue [4, 18]. Most important, biodegradable
implants are expected to improve the performance and biocompatibility of
cardiovascular and orthopedic implants, avoiding the occurrence of long-term

complications [19].

Polymeric and metallic materials have been investigated for the development of
biodegradable implants [3, 18, 20, 21]. However, metals are preferred over polymers
due to their superior mechanical properties, which make them good candidates for
orthopedic and coronary stent applications, where a high strength-to-bulk ratio is
required [3, 4, 10, 19]. Among metals, the feasibility of biodegradable iron and
magnesium implants has been investigated [19]. In vivo experiments suggest that iron
can be safely used as a biodegradable material [19, 22-24]; however, some limitations
are its slow degradation rate and the risk of local toxicity due to high iron concentrations
[1, 19, 25]. Magnesium is an attractive material for biodegradable implants mainly due
to its good mechanical properties and good biocompatibility [1]. Mg is an essential
element and its importance in many metabolic reactions and physiological functions has
been reviewed [3, 26, 27]. Mg depletion is attributed to cardiac arrhythmias,
development of atherosclerosis and increased blood pressure [27, 28] and therefore, its
slow release during implant degradation can be expected rather to have beneficial
effects. Moreover, Mg and its alloys have a similar Young modulus and a favorable
compression and tensile strength with respect to the cortical bone, which have

encouraged its use in orthopaedic applications [4, 29].



So far, the largest progress in the development of Mg alloy implants has been
achieved with cardiovascular stents. The feasibility and safety of biodegradable Mg
alloy implants has been demonstrated by in vivo experiments [30-35] and clinical trials

[36-39]; however, the main limitations of Mg alloy implants remain [3, 19]

(i) their fast corrosion rate in the physiological environment, which leads to
premature loss of mechanical properties and implant failure,

(i) fast production of hydrogen gas during the degradation process leading to
subcutaneous gas accumulation, which delays tissue healing, and

(i)  the potential toxicity of some of the alloying elements found in commercially
available Mg alloys, whose development has been driven mainly by the needs

of the transportation industry.

The corrosion of magnesium is a complex process and various corrosion
mechanisms have been proposed [6, 40-42]; however, up to the present date, no
agreement regarding the Mg partial corrosion reactions has been reached. The

corrosion of Mg in an aqueous environment can be represented as follows [42]:

2H,O + 2e" — H;+20H (cathodic reaction) (1.1)
2Mg — 2Mg" + 2¢e (anodic reaction) (1.2)
2Mg* + 2H,0 — 2Mg?* + 20H" + H; (chemical reaction) (1.3)
2Mg + 4H,0 — 2Mg?* +40H + 2H, (overall reaction) (1.4)
Mg®* + 20H — Mg(OH), (product formation) (1.5)



According to the previous reactions, reduction of water (reaction 1.1) and
electrochemical and chemical oxidation of Mg (reactions 1.2-1.3) lead to formation of
hydrogen gas, Mg?* and OH" species. Thermodynamic data show that Mg®* is the stable
species up to a pH of about 10, above which the formation of a Mg(OH), layer occurs
(reaction 1.5) [42]. Mg(OH), accumulates on the substrate surface forming a protective
corrosion layer; however, Mg has a poor corrosion resistance in the presence of metallic
impurities or aggressive electrolyte species such as CI" ions, which lead to dissolution of

the magnesium hydroxide layer and formation of soluble magnesium chloride [43]:
Mg(OH), + 2CI" — Mg*" + 2CI' + 20H (1.6)

Magnesium and its alloys can suffer different forms of corrosion such as galvanic
and pitting [44]. In neutral or alkaline solutions the corrosion of Mg alloys usually takes
the form of pitting [42, 44]. Microgalvanic corrosion occurs due to the presence of
metallic impurities such as Ni, Fe and Cu, and second phases, which act as cathode

sites [42].

The corrosion behaviour of Mg described above allows us to understand the
rapid degradation of Mg alloy implants observed in vivo. In the physiological
environment, with a pH of 6.8-7.4 and a chloride concentration of about 0.15 M,
magnesium hydroxide converts into soluble magnesium chloride and Mg alloys can
undergo severe pitting corrosion [19, 43]. In addition, the presence of impurities and
secondary phases with low hydrogen overpotential lead to fast hydrogen production
[41], thus causing considerable galvanic corrosion and subcutaneous gas accumulation

[4]. Furthermore, the corrosion behaviour of Mg alloys depends on several parameters



involving the properties of the implant material (e.g., presence of impurities, alloying
elements and composition, phase components and microstructure) and environmental
factors (e.g., composition of corrosive medium, pH, temperature, biological components
and the presence of a flow) [7, 19, 42], making difficult a complete understanding of the

corrosion mechanisms in vivo.

Current research efforts aim at the development of methods to control the
corrosion rate of Mg-based implants and to ideally, tailor the implant degradation rate to
specific body applications. Most of these efforts are oriented in two directions: tailoring
the composition and microstructure of Mg alloys for improved biocompatibility and
targeted corrosion resistance [42] and, the development of protective coatings [45].
However, faster and more efficient development of Mg-based materials is limited by the
lack of a complete understanding of the Mg alloy corrosion mechanisms in the real
physiological environment and by difficulties at emulating such environment in vitro. The
corrosion performance of prospect Mg-based materials can be evaluated by in vivo
and/or in vitro experiments [19]. In vivo experiments are expensive, time consuming and
pose some limitations for the investigation and monitoring of the implant corrosion
behaviour [43] and thus, in vitro evaluation is usually preferred. However, it has been
reported that the corrosion behaviour of Mg alloys observed in vivo does not always
correlate to the corrosion behaviour observed in in vitro experiments for the same alloys
[46, 47], which reveals deficiencies in the current in vitro methodologies for the
evaluation of Mg-based biodegradable materials. Since the corrosion behaviour of Mg
alloys depends on the corrosive environment, the observed lack of correlation between

in vivo and in vitro experiments can be attributed to experimental difficulties at



simulating physiological conditions. For instance, the concentration of the implant
degradation products, i.e., Mg2+ and OH" species, is regulated in vivo by homeostatic
processes; however, in vitro experiments often report a fast increase in the
concentration of these species as a result of the corrosion process, leading to an
increase in the electrolyte pH and thus, possibly affecting the Mg alloy corrosion
mechanisms and degradation rate. Additional limitations of current in vitro
methodologies are (i) the absence of relevant physiological ions with an effect on the
corrosion behaviour, such as phosphates and carbonates [48-50]; (ii) the lack of an
appropriate experimental set-up tailored to specific body applications, e.g., the presence
of a flow to simulate physiological shear stress inside the arteries [51]; and (iii) the
absence of important biological components in the corrosive medium, such as proteins
and cells, which have been shown to influence the degradation process [52, 53].
Therefore, in order to improve the performance of biodegradable Mg-based materials it
is necessary to first develop a fundamental understanding of the corrosion mechanisms
at experimental conditions that closer resemble the complex nature of the in vivo

corrosion process and corrosive media the most.

The corrosion behaviour of commercially available and novel Mg alloys has been
extensively investigated for their potential use in biodegradable applications, with
published studies describing the effect of several parameters on the corrosion
behaviour, such as the selection of alloying elements [19, 54], alloy composition [7, 19],
microstructure [55-61], electrolyte components [48, 50, 54, 62, 63] and the use of
surface pretreatments and protective coatings [45, 64]. However, little information is

available regarding the corrosion mechanisms of the investigated Mg alloys in simulated



body fluids [6]. Moreover, Mg and its alloys are very reactive and their corrosion
behaviour changes with time, ultimately depending on the protective properties and
stability of the corrosion layer formed at the corresponding experimental conditions [6].
Therefore, in order to have a better understanding of the parameters determining the
corrosion behaviour of Mg alloys in vivo, it is necessary to first understand the time-
dependence of the corrosion mechanisms and their relationship to the formation, growth
and stability of the corrosion layers formed at experimental conditions simulating the

physiological environment.

The aim of this PhD project is threefold:

(i) Investigate the corrosion mechanisms of WE43 Mg alloy in a modified
simulated body fluid (m-SBF) for an immersion time up to five days,

(ii) Investigate the effect of electrolyte renewal, as a method to better simulate
physiological homeostasis, on the corrosion behaviour of WE43 Mg alloy
in m-SBF, and

(i) Investigate the short-term (up to five days) corrosion behaviour of

polypyrrole-coated WE43 Mg alloy in m-SBF with daily electrolyte renewal.

Commercially available WE43 Mg alloy (4 wt.% yttrium, 3 wt.% rare-earths, Mg
balance) was selected as a model alloy in this project due to its good corrosion
resistance, which led to its use in clinical trials by the company Biotronik (Germany) for
the development of biodegradable cardiovascular stents [19, 36]. WE43 Mg alloy is thus
an important reference often used as a control in the investigation of the corrosion

behaviour of Mg-based biodegradable materials. The m-SBF was selected as corrosive



medium due to the combination of its similar ionic composition to that of blood plasma
and higher stability compared to other available simulated body fluids [65]. The m-SBF
is buffered with HEPES to better control changes in the electrolyte pH. HEPES is an
organic buffering agent widely used in cell culture media and in the investigation of the

corrosion behaviour of Mg alloys for biodegradable applications.

As it was already mentioned, a limitation of current in vitro methods is the
accumulation of corrosion products as a result of the corrosion process, leading to a fast
increase in the electrolyte pH and thus, possibly affecting the corrosion behaviour of Mg
alloys. Despite the use of buffering agents to control the pH increase as a result of the
corrosion process, studies often report an increase in the electrolyte pH to values above
the physiological range [66-69]. To address this issue, daily electrolyte renewal was
performed by some researchers to avoid the accumulation of corrosion products and
control the fast increase in the electrolyte pH, thereby better simulating physiological
homeostasis [70-73]. However, the effect of electrolyte renewal on the corrosion
behaviour of Mg alloys has not yet been reported. Consequently, in (ii) above, the effect
of daily electrolyte renewal, as a method to better simulate physiological homeostasis,

on the corrosion behaviour of WE43 Mg alloy in m-SBF was investigated.

An interesting approach to control the corrosion rate of Mg alloys is by
developing biocompatible protective coatings [45]. Polypyrrole (PPy) is an electrically-
conductive polymer with well-known biocompatibility that offers the possibility of
controlled released of a variety of drugs and enzymes, which can be incorporated in the
polymer as dopant species [74]. Moreover, PPy has been extensively investigated for

the corrosion protection of metals, showing a number of promising corrosion protection
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mechanisms [75, 76]. Recently, the potential of PPy coatings to control the corrosion
rate of biodegradable Mg implants has been demonstrated [77, 78]; however, little
information has been provided on the corrosion behavior of PPy-coated Mg alloys in a
simulated body fluid and on the corresponding corrosion mechanisms. Consequently, in
(iii) above, PPy coatings were electrochemically synthesized on a WE43 Mg alloy
substrate and the corrosion behaviour of the PPy-coated WE43 Mg alloy in m-SBF with

daily electrolyte renewal was investigated.
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Chapter 2

Background and literature review

2.1 AN OVERVIEW OF Mg BIODEGRADABLE IMPLANTS

The first use of Mg as a biomedical material goes back to 1878, when Huse used some
Mg wires as ligatures to stop bleeding vessels of three human patients [1]. In the years
following, different investigations in animals and humans reported the use of Mg-based
materials for wire ligatures, intestinal and vessel connectors, rods, plates, screws,
sutures, anodes for implantable batteries and intravascular wires [1]. However, due to
the high reactivity of Mg and its observed high corrosion rate in vivo, its use in
biomedical applications was soon replaced by more corrosion resistant materials such
as stainless steel [1]. Recently, the use of Mg as potential material for biodegradable
applications has gained renewed interest as a result of the development of new Mg
alloys with improved corrosion resistance and mechanical properties, mainly driven by

the needs of the transportation industry [2].

The use of biodegradable materials for temporary implants has recently been
suggested as an alternative to avoid complications caused by permanent implants.
Metallic implants are suitable for load bearing applications due to their combination of
high mechanical strength and fracture toughness. Currently approved most-commonly
used biomedical metals include stainless steel, titanium-nickel and cobalt-chromium
alloys. However, a disadvantage of these materials is the possible release of toxic
metallic ions or particles through corrosion or wear processes [3], leading to
inflammatory reactions and decreased implant biocompatibility. Moreover, permanent
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implant materials are related to long-term complications in cardiovascular and
orthopedic applications, such as restenosis, thrombosis and stress shielding effects [4,
5]. So far, the development of biodegradable materials has focused mainly in two
applications: biodegradable stents for the treatment of occlusive arterial disease and
biodegradable implants to assist with the repair of bone tissue; however, applications in
other areas such as tissue engineering [6] and soft tissue repair are currently being

investigated.

2.1.1 Cardiovascular applications

2.1.1.1 Percutaneous coronary intervention

Coronary artery disease (CAD) is a leading cause of mortality worldwide [7]. CAD is
often a manifestation of atherosclerosis, a progressive narrowing process of the artery
caused by abnormal plaque deposition in the vessel wall [8]. Atherosclerotic plaque
limits blood flow and may by erosion or rupture become unstable, eventually leading to

thrombosis and heart attack [9].

Percutaneous coronary intervention (PCI) and stenting is currently the first choice
for treatment of CAD in selected groups [10], Figure 2.1. Stents are small wire mesh
devices used to provide mechanical support and prevent the shrinkage of the arterial
wall diameter (negative remodelling) [10, 11]. During this procedure a catheter inserted
into the artery, usually in the groin, is conducted to the narrowed site where a balloon tip
covered with a stent is inflated. The balloon tip expands the stent and compresses the
plague allowing for improved blood flow. Once the stent is in place, the balloon is

deflated and withdrawn (Figure 2.1).
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Figure 2.1: Deployment of a stent in a coronary artery with plaque build-up. (A)
Insertion of deflated balloon catheter with closed stent, (B) balloon inflation, stent
expansion and plaque compression and, (C) normal blood flow restored after stent
deployment. Cross sections show the artery before and after stent deployment [12].

Although the use of stents has proven effective in treating coronary and

peripheral arterial occlusions, recurrence of arterial narrowing due to in-stent restenosis
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(ISR) is still frequent [4]. Restenosis limits the benefits of PCl in many patients,

particularly those with diabetes or multi-vessel coronary artery disease [13].

2.1.1.2 Restenosis

The principal limitation of percutaneous coronary intervention is the recurrence of
arterial narrowing after treatment, a condition known as restenosis. Although the
introduction of coronary stents has reduced the incidence of restenosis by providing
mechanical support, in-stent restenosis (ISR) still occurs in 20% to 30% of stented
vessels (Figure 2.2) [13]. Restenosis, which occurs due to arterial negative remodelling
(shrinkage of the arterial wall diameter) and neointimal proliferation (tissue growth inside
the artery), is considered a vascular manifestation of the biological response to injury
[14]. The high pressure technique of stent deployment triggers an exaggerated tissue
repair process as a consequence of trauma [10, 14]. This condition is aggravated by the

presence of enmeshed wires which act as a chronic injury/inflammatory stimulus [14].

Figure 2.2: Cross-section of coronary artery (A) immediately after implantation of a bare
metal stent and (B) six months after implantation of a bare metal stent, showing
significant in-stent restenosis [15].
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Although many therapies have been developed to manage ISR, its treatment is
extremely difficult. The most promising techniques are brachytherapy and drug eluting
stents (DES), which target neointimal proliferation [14]. Brachytherapy is based in the
use of intracoronary radiation to decrease smooth muscle cell mitosis [13]. This
technique has been found to reduce restenosis to 10-15% [14], however the procedure
is expensive, requires the services of a radiation oncologist and has been related to
deleterious effects such as late thrombosis [13]. The concept of DES is based in the use
of stents as vehicles for local intracoronary drug delivery to reduce inflammation and
smooth muscle cell replication and migration [16, 17]. A DES generally consists of a
metallic stent coated with a thin polymer layer containing the drug [17]. The use of DES
has been reported to reduce ISR to 4-15% [14]. However DES have been related to
other specific complications such as endothelial dysfunction and late thrombosis
associated with the permanent presence of the polymer carrier [10, 18, 19]. This has
motivated the use of biodegradable polymer coatings or non-polymeric surfaces for

direct loading of drugs [18].

Difficulties in the treatment of ISR and additional drawbacks of permanent
implants such as physical irritation, long-term endothelial dysfunction, thrombogenicity,
chronic inflammation, disadvantageous characteristics for later surgical
revascularization and inability to adapt to growth [20], have limited the more wide

spread use of metallic stents.
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2.1.1.3 Development of biodegradable Mg stents

The development of biodegradable stents has been suggested as an alternative to
avoid the long-term side effects of permanent implants. As biodegradable stents are
expected to “fulfill their mission and step away”, their mechanical properties as a
function of the degradation time and the nature of the degradation process have to be
considered [21]. Ideally, a biodegradable stent will maintain its mechanical properties
during the degradation process until the physiological arterial remodelling (after
stenting) will be completed, from 6 to 12 months after stent implantation. In addition, the
degradation process in vivo should not clinically induce negative side effects on the
physiology or health of the patient, e.g. must not generate toxic effects or block vessels,
and corrosion products should be eliminated by the conventional physiological

mechanisms [21].

Polymers such as polylactic acid and polyglycolic acid, and metals such as iron
and magnesium have been investigated for the development of biodegradable stents.
However, polymers have inferior mechanical properties compared to metals [14] and
their relatively bulkiness may limit their use in small vessels such as the coronary
arteries [20]. For example, they cannot be used to treat calcified plaque (or blood
vessels). Animal studies [22-24] suggest that iron can be safely used as a
biodegradable material; however, some limitations are its slow degradation rate [22] and

the risk of local toxicity [25].

The largest progress in the development of biodegradable Mg alloy implants has

been achieved with cardiovascular stents (Figure 2.3). In vivo experiments [20, 26-31]
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and clinical trials [32-34] demonstrated the feasibility and safety of biodegradable Mg
alloy stents. In the first clinical study of biodegradable coronary stents (PROGRESS-
AMS), WE43 Mg alloy stents from the company Biotronik (Germany) were implanted in
63 patients with lesions in the coronary arteries [33, 34]. Observed re-narrowing of the
treated arteries was related to neointima proliferation (scar tissue growth) and arterial
negative remodelling (arterial shrinking), indicating a limited implant biocompatibility and
premature loss of the implant mechanical properties. The latest generation of
biodegradable Mg alloy stents (DREAMS) from the company Biotronik consisting of a
drug-eluting biodegradable Mg stent is still under clinical trials [35]. The challenge is to
develop degradable stents capable of retaining their mechanical properties long enough
to avoid vessel recoil and that trigger a minimum local inflammatory/immunological

response during the degradation process.
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Figure 2.3. (A) Biodegradable WE43 Mg alloy stent fabricated by the company Biotronik
and (B) SEM image of the same stent [36].

2.1.2 Orthopaedic applications

Metallic implants made of stainless steel, Ti-alloys, and Co-Cr alloys are widely used in

orthopaedic applications to assist with the repair or replacement of bone tissue, e.g.,
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plates, screws and pins to fix fractures [37]. These alloys possess good mechanical
strength, which is required for load bearing applications; however, their mechanical
properties are not well matched with those of natural bone tissue, leading to stress
shielding effects that reduce stimulation of new bone formation and remodelling,
eventually leading to implant loosening [5]. In addition, removal of permanent implants
after the tissue has healed requires a second surgery, which increases health care

costs and patient morbidity [38].

Magnesium has mechanical properties comparable to those of human bone and
it has shown stimulatory effects on the growth of new bone tissue, which makes it an
attractive material for orthopaedic applications. Magnesium has a Young modulus and
compressive yield strength closer to natural bone compared to other metallic materials,
while its fracture toughness is greater than that of ceramic biomaterials such as
hydroxyapatite (Table 2.1) [39]. Regarding fracture treatment, Mg alloys would have the
advantage of providing an adapted stabilization depending on its degradation state, thus
improving the physiological stimulation of the bone tissue and the healing process [40].
Mg biodegradable implants are expected to maintain their mechanical properties for a

time range of 12-18 weeks, eventually being replaced by natural bone tissue [39].

Recent studies suggest a positive role of Mg on the bone cell attachment and
tissue growth, probably by promoting precipitation of biologically equivalent apatite
((Cat1-xMgx)10(PO4)sOHy) [41, 42]. Although several studies have shown the potential of
Mg alloys for orthopaedic applications [40, 43-48], control of the implant corrosion rate

in the physiological environment, optimization of the implant osseointegration (implant
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ability to integrate with bone tissue) and thorough evaluation of the Mg alloys

biocompatibility are still required.

Table 2.1: Physical and mechanical properties of various implant materials in
comparison to bone [39].

. Natural . . Stainless Synthetic
Properties bone Magnesium Ti alloy Co-Cr alloy steel hydroxyapatite
Density (g cm™) 1.8-2.1 1.74-2.0 44-45 8.3-9.2 7.9-8.1 3.1
Young's modulus 3-20 41-45 110-117 230 189-205 73-117
(GPa)

Compressive yield 144 180 65100  758-1117  450-1000  170-310 600
strength (MPa)
Fracture foughness 4 4 15-40 55-115 N/A 50-200 0.7

(MPa m'?)

2.2 CORROSION OF Mg AND Mg ALLOYS

Magnesium alloys have a high strength/weight ratio and their development over the last
40 years has been motivated mainly because of their wide applications in the aerospace
and transportation industries [49]. The designation system of magnesium alloys
generally follows the nomenclature of the American Society for Testing and Materials
(ASTM) [50]. In this nomenclature the first two letters identify the two most important
alloying elements in the alloy, according to Table 2.2, and the next two digits indicate
the nominal concentrations of the alloying elements in wt. %. Thus, WE43 is an alloy
nominally containing 4% yttrium and 3% rare earth elements. Magnesium alloys can be
divided into three major groups: pure magnesium with traces of other elements,
aluminum containing alloys (AZ91, AZ21, AZ31, AE21, LAE442, etc.) and Al-free alloys

(WE43, ZE41, Mg-Mn-Zn, Mg-Ca, etc.) [51, 52].
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Table 2.2: ASTM codes for identifying alloying elements in Mg alloys [50].

Alloying element | Code
Aluminum A
Calcium X
Rare earth E
Copper C
Iron F
Lithium L
Manganese M
Nickel N
Silicon S
Strontium J
Yttrium w
Zinc V4
Zirconium K

The corrosion of Mg and Mg alloys has been extensively reviewed [49, 51, 53,
54]. The understanding of the corrosion processes of Mg alloys builds on the
understanding of the corrosion of pure magnesium [54]. In aqueous environments
magnesium corrosion occurs through electrochemical reaction with water producing
magnesium hydroxide and hydrogen gas (reaction 2.1). It has been shown that
magnesium corrosion is relatively insensitive to the oxygen concentration [55]. The

overall corrosion reaction of magnesium in agueous environments can be expressed as:
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The corrosion of Mg is a complex process and different mechanisms have been
proposed [49, 56]. In a simplified manner, the overall reaction may be expressed as the

sum of the following partial reactions:

Mg —» Mg?* + 2e~ (anodic reaction) (2.2)
2H,0 + 2e~ - H, + 20H™ (cathodic reaction) (2.3)
Mg?**t + 20H™ - Mg(OH), (product formation) (2.4)

Magnesium has a standard electrode potential (Mg**/Mg) of -2.37 V vs. NHE and
its corrosion potential is usually about -1.7 V vs. NHE in aqueous solutions [54]. The
difference in these values is due to the formation of a magnesium hydroxide film, which
acts as a protective layer over a wide pH range [54]. The thermodynamic behaviour of
magnesium in aqueous solution is described by the Pourbaix diagram (Figure 2.4),
which shows that Mg?®* is the stable species up to a pH of about 10, above which the

formation of a stable Mg(OH), layer occurs.

Magnesium hydroxide accumulates on the Mg surface as a corrosion protective
layer in water; however, Mg has a poor corrosion resistance in the presence of metallic
impurities or aggressive electrolyte species such as CI" ions [49], which lead to
dissolution of the magnesium hydroxide layer and formation of soluble magnesium
chloride. Magnesium and its alloys can suffer a number of different forms of corrosion
such as galvanic, pitting and localized corrosion [49]. The hydroxide film on magnesium
is much less stable than the passive films formed on metals such as aluminum and
stainless steel, and provides only poor pitting resistance [54]. Thus, the corrosion of Mg

alloys in neutral or alkaline solutions typically takes the form of pitting [49].
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Figure 2.4: Pourbaix diagram for the Mg-H,O system at 25 °C [49]. The region of water
stability lies between the lines marked (a) and (b). The different regions are separated
by the following reactions: (1) Mg + 2H,O — Mg(OH), + Hy; (2) Mg®* + H,0 — MgO +
2H"; (3) Mg—Mg®* + 2¢".

Magnesium is an active metal (Figure 2.5) and thus, Mg alloys are highly
susceptible to galvanic corrosion, which is usually observed as localized corrosion near
cathodic regions. Macrogalvanic corrosion occurs when magnesium is coupled with
another metal (less active). Microgalvanic corrosion occurs due to the presence of

metallic impurities, such as Ni, Fe and Cu, and second phases acting as cathodes [54].
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Figure 2.5: Standard electromotive force series [49].

The corrosion behaviour of a metal highly depends on the properties of its
corrosion layer. However, the nature of the corrosion layer formed on Mg is still not well
understood [49]. The composition and structure of the corrosion layers formed on Mg
and Mg alloys has been investigated, showing the presence of MgO and Mg(OH), [57-
60]. Mcintyre et al. [57] observed that corrosion of pure Mg under atmospheric ambient
conditions led to formation of a MgO film with a thickness of ca. 2.2 nm after 10 s of
exposure. A logarithmic oxide film growth was observed at longer immersion times, with
the inclusion of water molecules leading to formation of a hydrated corrosion layer.
Nordlien et al. [58, 59, 61] investigated the morphology and structure of Mg oxides
formed on pure Mg and Mg-Al alloys by exposure to water. They observed the presence
of a three layer-structure, for both pure Mg and Mg-Al alloys, characterized by a

hydrated globular inner layer (0.4-0.6 pm), a thin and dense intermediate region (20-40
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nm) and a platelet-like outer region (1.8-2.2 ym). They reported that electron beam
irradiation during observation led to dehydration of the innermost layer and formation of
crystalline MgO zones, while no structural or morphological changes were observed for
the dense and platelet-like outer layers. According to a model proposed by Baril et al.
[60] to describe the corrosion of pure Mg in Na;SO4 solutions, Mg corrosion is controlled
by the presence of an inner thin MgO film, with corrosion occurring only at film-free
areas. Both the MgO and the film free areas are covered by a thick porous layer of
Mg(OH),. Investigations of the initial film growth on pure Mg by XPS showed the
presence of a bilayer structure consisting of an ultra-thin MgO inner layer (ca. 2.5 nm)

and a Mg(OH), external layer [62, 63].

The corrosion behaviour of Mg described above allows us to understand the
rapid corrosion rate of Mg alloys in vivo. In the physiological environment, with a pH of
6.8-7.4 and a chloride concentration of about 150 mmol L™, magnesium hydroxide
converts into soluble magnesium chloride and Mg alloy implants can undergo severe
pitting corrosion [51]. Pitting of magnesium is observed for CI" concentrations above 30
mmol L™ [39]. In addition, the presence of impurities and secondary phases with low
hydrogen overpotential leads to fast hydrogen production, thus causing considerable

galvanic corrosion and subcutaneous gas accumulation [39].
2.2.1 Negative difference effect (NDE)

Mg and Mg alloys exhibit an abnormal electrochemical behaviour during anodic
polarization experiments, a phenomenon known as the negative difference effect [49].

According to the electrochemical theory, anodic polarization leads to an increase in the
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anodic reaction rate and a simultaneous decrease in the cathodic reaction rate, i.e.,

hydrogen evolution reaction. However, in the case of Mg a different behaviour has been

observed experimentally; an increase in anodic potential leads to an increase in both

the corrosion rate and the hydrogen evolution rate [49, 64]. Additionally, it has been

observed that during anodic polarization Mg dissolution occurs faster than expected

according to electrochemical theory. In order to explain this contradictory behaviour,

four different corrosion mechanisms have been proposed [49]:

1)

2)

3)

Partially protective surface film model. The NDE is attributed to the presence of a
partially protective corrosion layer, which breaks down during anodic polarization,
leading to an increase in both the corrosion rate and hydrogen evolution [49, 65].
Mono-valent magnesium ion model. Since the calculated valence of dissolved
Mg has been reported to be in the range from 1.33 to 1.66 [49, 66], the presence
of a monovalent magnesium intermediate (Mg*) has been proposed. This Mg
species is produced electrochemically and reacts chemically to produce
hydrogen, according to the following equations:

Mg - Mg*t + e~ (2.5)
2Mg* + 2H* - 2Mg?* + H, (2.6)
Therefore, anodic polarization would lead to an increase in the production of
monovalent Mg species and consequently, in the hydrogen evolution rate.
Particle undermining model. The observed higher than expected corrosion rate is
related to the undermining and falling away of second phase particles, which lead

to accelerated local corrosion of the surrounding Mg matrix by a galvanic effect
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[49, 53]. This results in a mass loss higher that predicted by electrochemical
theory.

4) Magnesium Hydride (MgH2) model. It is proposed that MgH, formed on the metal
surface reacts with water producing Mg®* and H,, according to the following
equation [49, 67]:

MgH, + 2H,0 - Mg** + 20H™ + 2H, (2.7)

Although thermodynamic data predict the stability of MgH, and its formation has
been proved experimentally [49], this model is in contradiction with
electrochemical theory. Since reaction 2.7 is a cathodic reaction, it is expected
that anodic polarization would decrease the production rate of hydrogen, which is

contrary to the observed experimental behaviour [49].

Recently, Song et al. [49] proposed a new mechanism that combines models 1
and 2 to explain the NDE. According to this mechanism, at corrosion layer-free regions
Mg is oxidized to form monovalent Mg intermediates (reaction 5), which then react with

water to produce Mg®* and hydrogen, according to the following equation:
2Mg* 4 2H,0 - 2Mg* + 20H™ + H, (2.8)

It is proposed that anodic polarization increases the corrosion layer-free area and thus,

an increase in the dissolution of Mg and the production of hydrogen gas is observed.
2.2.2 Metallurgical factors

The corrosion behaviour of Mg and Mg alloys depends on their metallurgy and
environmental factors [49]. Metallurgical parameters that have an influence on the
corrosion behaviour of Mg alloys include impurity and alloying elements, phase
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components and microstructure. Metallurgical manipulation is a conventional approach
towards overcoming corrosion problems and provides an effective way to improve the

corrosion resistance of magnesium alloys [49].

2.2.2.1 Impurity elements

The corrosion resistance of Mg alloys can be increased by reducing the content of
impurity elements such as iron (Fe), copper (Cu), nickel (Ni) and cobalt (Co) [49]. These
elements have been found to accelerate the corrosion rate of Mg 10 - 100 fold due to
their low solid-solubility limits and because they provide active cathodic sites. Other
impurity elements with a more moderate effect on the corrosion rate include silver (Ag),
calcium (Ca) and zinc (Zn) [49]. For each of these impurities a tolerance limit can be
defined, Cu is limited to 100-300 ppm, Fe to 35-50 ppm and Ni to 20-50 ppm [51].
Different alloys have different tolerance limits because the tolerance limits are
influenced by the presence of third elements [54]. For biodegradable implant
applications, the amount of these impurities has to be strictly controlled. In addition, Ni

should be avoided due to its toxic properties [51].

2.2.2.2 Alloying elements

Common alloying elements of Mg alloys investigated for biodegradable applications
include Al, Mn, Zn, Ca, Li, Zr, Y and rare earths [20, 27, 31-33, 39, 40, 43, 51, 68-70].
These elements influence the mechanical, physical and corrosion properties of Mg
alloys [51]. They can react with magnesium or among each other to form intermetallic
phases which enhance the alloy’s strength. In addition, they contribute to corrosion

resistance by reducing the effect of impurities, improving the corrosion resistance of the
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surface film or increasing grain refinement [49]. The reasons for the use of some of
these elements in Mg alloys were reviewed by Song and Witte [49, 51]. Al induces the
precipitation of a corrosion resistant phase and increases the corrosion resistance of the
hydroxide film formed on the surface. Mn itself does not improve the corrosion
resistance, but it reduces the harmful effects of impurities. Zn can increase the
tolerance limits and reduce the effect of impurities once the tolerance limit has been
exceeded. Zr improves corrosion performance by precipitation of metallic impurities
such as Fe and Ni, and is an effective grain refiner agent in Al-free Mg alloys. Ca
contributes to solid solution strengthening. RE can strengthen the material by solid
solution strengthening and precipitation strengthening, forming intermetallic phases that
act as obstacles for the dislocation movement at high temperatures [51]. Furthermore,
RE favor the formation of protective corrosion films, which increase the stability of the
alloy surface [71]. However, some of these elements are not suitable for biodegradable
Mg alloys due to their toxic nature [51, 72]. Elements with potential toxicological
problems should be avoided in the design of biodegradable materials, and they should
be only used in minimal acceptable amounts if they cannot be excluded from the design
[52]. So far, only a small amount of elements that can be tolerated in the human body
and can also retard the biodegradation rate of Mg alloys has been considered, namely
Sr, Ca, Zn, Mn and perhaps a very small amount of low toxicity rare earth elements [72-

74].

2.2.2.3 Phase components and microstructure

The presence of intermetallic phases has an important influence on the corrosion

of magnesium alloys [49]. The presence of secondary phases may reduce the corrosion
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resistance of the alloy in two ways: 1) by their action as cathodes, accelerating the
corrosion of the a-matrix and, 2) by the depletion of alloying elements from the matrix,
which results in a less protective surface [71]. As an example, AZ91 alloy usually
contains a large fraction of B-phase (Mg+7Al12) precipitated along the grain boundaries
(Figure 2.6). Mg47Al42 exhibits a passive behaviour over a wide pH range, was found to
be inert to a chloride solution in comparison to the surrounding magnesium matrix,
acted as a corrosion barrier and its distribution determined the corrosion resistance of
Mg-Al alloys [49]. However, it has been found that B-phase acts as an efficient cathode,
increasing the alloy corrosion by a galvanic effect [75]. Song et al. [76] suggested that
the B-phase serves as a galvanic cathode and accelerates the alloy corrosion if its
volume fraction is small; however, if its volume fraction is high, it could act as an anodic

barrier to inhibit the alloy corrosion.

Figure 2.6: Microstructure of die cast AZ91D Mg alloy [49].

Microstructural parameters such as grain size and phase distribution influence

the corrosion behaviour of Mg-alloys [49, 77]. Any of the alloying elements in its pure

36



form or intermetallic phase are less active than magnesium and thus acts as a cathode
[51]. Compared to the matrix, a grain boundary is a distorted area with high imperfection
and a poor corrosion resistance. Segregation of the alloying elements towards the grain
boundary occurs thus incrementing the cathodic behaviour near the boundary. Although
the grain boundary is a weak area, small grain magnesium alloys are preferred due to
minimized segregation and more homogeneous corrosion behaviour [51]. On the other
hand, it has been pointed out that fine, uniformly dispersed cathodic phases were the
most detrimental to the corrosion resistance of Mg alloys [49]. The microstructure of Mg
alloys and thus their corrosion behaviour can be influenced by the manufacturing

process and heat treatment [51, 73, 78-80].

2.2.3 Environmental factors

The corrosion behaviour of Mg alloys depends on environmental factors such as the
composition of the corrosion media, pH, temperature and the presence of corrosive
electrolyte flow. In vivo experiments have shown that the corrosion behaviour of Mg
alloy implants depends on the characteristics of the physiological media with two
important factors influencing the corrosion rate: the local blood flow and the water
content of the surrounding tissues, which are related to the local chloride content and
hydrogen diffusion coefficient, respectively [51]. The investigation of the influence of
these factors on the degradation process of implants in various anatomical locations
might give some information about the underlying corrosion mechanism of the
investigated Mg alloys [51]. Analytical methods have been used to determine the
elemental components of biodegradable Mg alloys in bone, tissue and body fluids;
however, some limitations of currently available methods are insufficient sensitivity, time
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consuming sample preparation, availability of the method, lack of sufficient lateral
resolution for solid sample analysis and difficulties to overcome interferences during the
measuring process [51]. Therefore, there is a need for in vitro studies that lead us to a
better understanding of the key factors controlling the corrosion process of the Mg alloy

implants.

2.2.3.1 Composition of the corrosion media

So far, the physiological medium to which the surface of a biodegradable implant is
exposed has been simulated in in vitro experiments by electrolytes with similar ionic
content to that of the body fluid. Simulated biological fluids used in in vitro corrosion
experiments include sodium chloride solution, phosphate buffered solution (PBS),
Hank’s solution, simulated body fluids (SBFs) and Dulbecco’s modified eagle medium
(DMEM) [81]. Table 2.3 shows the composition of four of these electrolytes. SBF is a
very open denomination that allows for variations in the ionic content and buffering
strength. Oyane et al. [82] pointed out that conventional SBF (c-SBF) had ionic
concentrations not exactly equal to those of blood plasma and prepared new SBFs (r-
SBF, i-SBF and m-SBF) with concentrations equal to or closer to those of blood plasma.
After analysis of the prepared SBFs at different storage times, it was concluded that,
among the different SBFs prepared, m-SBF was optimal in terms of stability and
similarity to blood plasma. Xin et al. [81] investigated the influence of different tests
solutions (NaCl, PBS, Hank’s, c-SBF and DMEM) on the in vitro degradation of AZ91
Mg alloy and they reported a dramatically different degradation behaviour in the five
solutions investigated. They attributed the observed behaviour to the different
composition of the test solutions and mainly to the effect of the buffering agents and
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presence of carbonates, which accelerate Mg dissolution. On the other hand, they
observed a decrease in the alloy pitting corrosion at higher carbonate concentrations,

which was attributed to formation of insoluble carbonates.

Table 2.3: Concentration of simulated biological fluids used in in vitro corrosion
experiments [81, 82].

Species Blood plasma Hank's DMEM c¢c-SBF m-SBF
Na* (mM) 142.0 142.0 127.0 1420 1420
K" (mM) 5.0 5.9 5.3 5.0 5.0
Ca? (mM) 2.5 1.3 1.8 2.5 2.5
Mg*" (mM) 1.5 0.8 0.8 1.5 1.5
HCO; (mM) 27.0 4.2 44 .1 4.2 10.0
CI' (mM) 103.0 1450 90.8 147.8 103.0
HPO,* (mM) 1.0 0.8 0.9 1.0 1.0
SO (mM) 0.5 0.8 0.8 0.5 0.5
TRIS? (g L™ - - - 6.06 -
Amino acids (g L™ variable - 1.6 - -
Glucose (g L™) variable 1 45 - -
Hepes® (g L) - - 5.96 - 17.89

4TRIS=Tris(hydroxylmethyl)aminomethane
bHEPES=2-(4-(2-hydroxyethyl)-1-piperazinyl)ethanesulfonic acid

The pH value of the electrolyte has an important effect on the corrosion rate of
Mg alloys [54]. As already mentioned, in acidic or neutral solutions Mg corrodes to form
Mg?* ions, causing dissolution of the Mg alloys. During this process, the formation of
hydroxyl ions (OH") promotes alkalization of the electrolyte. When the pH reaches a
value of 10 or higher, the formation of a relatively stable Mg(OH), layer occurs, thus
inhibiting the corrosion process. A critical parameter observed in in vitro experiments is

the buffer ability of the electrolyte. Hydroxyl ions produced by the corrosion reaction are
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consumed by the buffering agents, with an important effect in the corrosion rate. When
Mg alloys are soaked in either sodium chloride or Hank’s solution the pH value
increases up to approximately 10.5, regardless of the initial pH value of the test solution
[73]. In buffered solutions less changes of the surface pH take place and no partial
passivation as a result of alkalization occurs. This explains the fact that the polarization
resistance, which is inversely proportional to the corrosion resistance, has been found
to be significantly smaller in buffered SBFs compared to unbuffered NaCl solutions [83].
It has been observed that after the implant surgery the pH of the tissue surrounding the
implant decreases to a value of approximately 5.2 and then recovers after 10 to 15 days
[84]. This suggests an initial accelerated corrosion rate of the magnesium implant [73].
Therefore, pH variations of the in vitro environment were investigated. It was observed
that acidic SBFs (pH=5) formed a short-term stable corrosion layer, but induced a more

severe corrosion attack in the long term [84].

An investigation of the effect of aggressive ions (chloride, phosphate, carbonate
and sulfate) on the degradation behaviour of Mg alloys in the physiological environment
showed that the corrosion rate and the occurrence of pitting corrosion is significantly
delayed by precipitation of magnesium phosphate species [85]. The presence of
carbonates was related to an initial increase in the corrosion rate, but also to a delay in
the occurrence of pitting corrosion due to the precipitation of insoluble magnesium
carbonates. Sulfate and chloride ions were found to stimulate the corrosion process and

induce pitting corrosion, respectively [85].

It has been observed that Ca and P play an important role in the corrosion

mechanism of Mg alloy implants. Witte et al. [43] investigated the in vivo degradation of
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four Mg alloys (AZ31, AZ91, WE43 and LAE442) and found that the corrosion layers
contained high levels of Ca and P. XRD analysis suggested that an amorphous calcium
phosphate had formed at the surface of the implants in vivo. Rettig et al. [46, 83]
investigated the composition of the corrosion layers formed on WE43 Mg alloy
immersed in buffered SBF (m-SBF). They used different “partial” SBFs that contained
only some of the SBF components to identify the ions that participate in the corrosion
layer formation. After 5 days of immersion in SBF, formation of a thick non-protective
corrosion layer containing amorphous carbonated calcium phosphate was observed.
The corrosion layer reached its final composition after some hours, showing a nearly
constant concentration at longer immersion times. Finally, they found that calcium ions
are only precipitated together with phosphates forming calcium phosphates, while

phosphates can be deposited without calcium.

In an attempt to simulate in vivo conditions, the influence of proteins in the
corrosion of Mg alloys has been investigated [83, 84, 86, 87]. It is believed that proteins
interact and change the corrosion process and metal surface properties by adsorbing on
the metallic surface or acting as chelating agents [84]. Their role in the corrosive
environment is governed by several factors such as the surface chemistry of the metal,
the protein adsorption characteristics, the interaction between protein molecules and
other ions present in the electrolyte that produce organic complexes, and the transport
of anionic and cationic charges to and away from the local environment [84].
Electrochemical investigations in SBFs containing bovine serum albumin (BSA) in the
physiological concentration showed that proteins form a short-term corrosion blocking

layer on the surface of Mg alloys in in vitro experiments; however, after some hours
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their presence has no effect on the corrosion rate [83]. Liu et al. [84] investigated the
degradation susceptibility of AZ91 Mg alloy in SBF. They found that the addition of BSA
enhanced the short term electrochemical stability and decreased the pitting
susceptibility of the alloy by adsorbing on the corrosion layer. They suggested that the
adsorbed BSA layer can suppress the dissolution of Mg alloys by a covering and
blocking effect. Mueller [87] also proposed that the presence of proteins in SBF inhibits
the dissolution of AZ31 and LAE442 alloys. Although it is not clear why the presence of
proteins has only a short-term effect on the corrosion process, it has been suggested
that the protein layer may be destroyed by the corrosion process or that after some
hours it is no longer dominating the electrochemical behaviour [87]. Yamamoto et al.
[88] investigated the effect of inorganic salts, amino acids and proteins on the
degradation of pure Mg in SBF. They found that protein adsorption and insoluble salt
formation retarded Mg degradation, whereas organic compounds such as amino acids
encouraged the dissolution of Mg. The effect of amino acids in the dissolution of Mg
was suggested to be caused by their chelating effect, which inhibited the formation of

insoluble salts.

2.2.3.2 Temperature and flow

Temperature is not considered to be an important factor in the corrosion process of Mg
alloys; however, it may influence the adsorption of proteins and thus the corrosion

mechanism of the implant in vivo [49, 51].

On the other hand, the flow of the corrosive media has been demonstrated to

have a significant effect in the corrosion rate of magnesium alloys. Levesque et al. [21]
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developed a test bench to investigate the influence of flow on the corrosion behaviour of
magnesium alloys for cardiovascular applications. After testing AM60B alloy samples in
modified Hank’s solution under static and dynamic conditions, they found that the shear
stress has a strong influence on the corrosion process. When this stress is low, it
protects the surface from localized corrosion; but when it is very high, uniform and
localized corrosion occurs. Hiromoto et al. [89] investigated the influence of pH and flow
on the corrosion behavior of pure Mg in 0.6 wt.% NaCl borate buffer solutions at pH
values of 6.7, 7.6 and 9.3 using a rotating disc electrode. They found that the existence
of flow prevented the accumulation of corrosion products and promoted uniform
corrosion, regardless of the electrolyte pH. No influence of the electrolyte pH was
observed at static conditions; however, under dynamic conditions a higher corrosion

rate was observed at lower pH values.

2.3 IN VITRO METHODOLOGY FOR THE INVESTIGATION OF THE CORROSION
BEHAVIOUR OF Mg ALLOYS FOR BIODEGRADABLE APPLICATIONS

2.3.1 Limitations of current methodology

The development of suitable Mg-based materials for biodegradable applications
requires the use of appropriate testing methodology that allows for material screening
and best candidate selection. Ideally, in vitro tests should be able to provide a strong
correlation with in vivo experiments, so that long and expensive animal experiments can
be minimized. Witte et al. [90] investigated the in vivo and in vitro corrosion behaviour of
AZ91D and LAE442 Mg alloys. They reported that in vivo corrosion was about four

orders of magnitude lower than in vitro corrosion for the alloys tested. They also
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observed that the tendency of the corrosion rate values obtained from in vitro tests was
in the opposite direction as that obtained from the in vivo study, suggesting that current
in vitro methodology cannot be used to predict in vivo corrosion rates of Mg alloys. They
proposed that the lower corrosion rate observed in vivo was the result of a lower
concentration of CI" ions (compared to the corrosive medium used in vitro) and the
presence of proteins, which have been shown to adsorb on the implant surface and
provide barrier protection. However, they were not able to explain the opposite trend of
the corrosion behaviour of in vivo and in vitro studies. These results led to increased
interest in the corrosion mechanisms of Mg alloys in vivo and the parameters affecting

such behaviour.

Since the corrosion behaviour of Mg alloys depends on the corrosive
environment, the observed lack of correlation between in vivo and in vitro experiments
can be attributed to experimental difficulties at simulating physiological conditions. For
instance, the concentration of the implant degradation products, i.e., Mg* and OH
species, is regulated in vivo by homeostatic processes; however, in vitro experiments
often report a fast increase in the concentration of these species as a result of the
corrosion process, leading to an increase in the electrolyte pH and thus, possibly
affecting the Mg alloy corrosion mechanisms and degradation rate. Additional limitations
of current in vitro methodologies are the absence of relevant physiological ions with an
effect on the corrosion behaviour, such as phosphates and carbonates [81, 85, 91, 92];
the lack of an appropriate experimental set-up tailored to specific body applications,
e.g., the presence of a flow to simulate physiological shear stress inside the arteries

[21]; and the absence of important biological components in the corrosive medium, such

44



as proteins and cells, which have been shown to influence the degradation process [83,
87]. Therefore, in order to improve the performance of biodegradable Mg-based
materials it is necessary to first develop a fundamental understanding of the corrosion
mechanisms at experimental conditions that resemble the complex nature of the in vivo

corrosion process and corrosive media the most.

The effect of several parameters on the corrosion behaviour of Mg alloys has
been investigated, such as the selection of alloying elements [93, 94], alloy composition
[94, 95], microstructure [76, 96-100], electrolyte components [81, 85, 91, 93, 101] and
the use of surface pretreatments and protective coatings [2, 102]. However, little
information is available regarding the corrosion mechanisms of the investigated Mg
alloys in simulated body fluids [56]. Moreover, Mg and its alloys are very reactive and
their corrosion behaviour changes with time, ultimately depending on the protective
properties and stability of the corrosion layer formed at the corresponding experimental
conditions [56]. Therefore, in order to have a better understanding of the parameters
determining the corrosion behaviour of Mg alloys in vivo, it is necessary to first
understand the time-dependence of the corrosion mechanisms and their relationship to
the formation, growth and stability of the corrosion layers formed at experimental

conditions simulating the physiological environment.

Some reviews on the limitations of current methodologies for the assessment of
the corrosion behaviour of biodegradable Mg implants have been published [103, 104].
The experimental parameters and set-up must be understood for the correct
interpretation of corrosion results. Regardless of the corrosion test used, the volume-to-

surface-area ratio must be considered, since it will have an effect on the pH time-
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dependent behaviour and thus, on the corrosion rate. It is recommended to maintain the

volume-to-surface-area ratio as large as possible [103].

The different methods to measure corrosion rates can be divided in conventional
and electrochemical methods, the latter involving the presence of a corrosion driving
force, i.e., potential, which is applied or measured during the test [103, 105].
Conventional tests include weight loss, hydrogen evolution and analytical techniques,
while electrochemical tests include potentiodynamic polarization and electrochemical
impedance spectroscopy. A brief description of the main techniques used in the
investigation of the corrosion behaviour of Mg alloys for biodegradable applications,

including their advantages and limitations is provided below.

2.3.2 Weight loss

During this test the sample is weighed before and after immersion in the corrosion
medium for certain period of time, after which the sample is withdrawn and the resulting
change in weight is calculated. Prior to measuring the final weight, an appropriate
cleaning method should be used to remove the corrosion products. A solution
containing CrO3 (chromic acid) and AgNOsj is recommended for the cleaning of
corroded Mg alloy samples [106]. This solution is able to dissolve the MgO/Mg(OH),
corrosion products, while causing negligible corrosion to the metal substrate. The use of
the weight loss method in the investigation of biodegradable Mg implants is very
common [74, 80, 107-110]. Assuming that localized corrosion is not present, corrosion

rate values (mm year™') can be calculated using the following equation [111]:

_ kw (2.9)

W_Atp
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where P, is the corrosion rate (mm/year), k is a constant (8.76 x 10%), t is the time of
exposure (h), A is the area (cm?), w is the weight loss (g) and p is the density (g cm™).
Weight loss tests are simple to set up and perform, inexpensive, they allow for easy
control of the environment and offer the possibility of performing electrochemical
measurements. However, corrosion rates calculated by this method correspond to
average values for the total immersion time and do not provide information on the
corrosion mechanisms nor on the time dependence of the corrosion behaviour. In
addition, a considerable amount of corrosion is necessary for precise measurement of

the weight loss and multiple samples are needed for accuracy [103].

2.3.3 Hydrogen evolution

According to the overall corrosion reaction of Mg (reaction 2.1), one mole of hydrogen
gas is produced by the dissolution (oxidation) of one mole of Mg. According to this
reaction, the amount of corroded material and thus, corrosion rate values, can be
calculated from the amount of produced hydrogen gas. To collect the produced
hydrogen gas, an inverted funnel and burette are usually used (Figure 2.7) [54].
Hydrogen evolution measurements are inexpensive, allow for real-time measurement of
corrosion and are not affected by the formation of the corrosion layer [54, 103]. In
addition, hydrogen evolution data is of interest for Mg biodegradable applications, since
fast production of hydrogen gas can lead to undesired gas accumulation in vivo.
However, this technique provides little information on the corrosion mechanisms.
Furthermore, the increase in the local pH by the formation of a closed system under the

funnel and hydrogen gas leaks from the burette can lead to inaccurate corrosion

47



behaviour data [103]. Corrosion rate values (mm year") can be calculated from the

volume of produced hydrogen gas using the following equation [112]:

where Py is the corrosion rate (mm year’1), k is a constant with a value of 2.279 and W4
is the hydrogen production rate (ml cm? day™”), where “cm? refers to the sample

surface area exposed to the corrosive environment.

1. specimen

Figure 2.7: Schematic illustration of the procedure to measure the corrosion rate by
measuring the volume of hydrogen evolved [54].

Hydrogen evolution tests have often been used in the investigation of Mg
biodegradable applications [52, 74, 80, 113, 114]. Although some authors [54, 112]
have claimed the suitability of this technique due to the observed good correlation
between weight loss and hydrogen evolution tests, a deviation in the stoichiometry ratio

of 1:1 in equation 2.1 has also been observed, with some publications reporting this
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ratio to vary between 0.22 and 1.31 [80, 103, 109, 110]. Although the reason for such
variation is unclear, it might be related to inefficient collection of produced hydrogen gas

[103].

2.3.4ICP-OES

Determination of the concentration of dissolved metals in the corrosive electrolyte
solution can be performed by the use of emission spectroscopy techniques such as
inductively coupled plasma optical emission spectroscopy (ICP-OES). This method has
been used to determine the concentration of dissolved Mg and alloying elements in the
electrolyte as a result of the corrosion process [52, 115, 116]. Corrosion rate values can
be calculated from the concentration of dissolved magnesium. However, some
drawbacks of this technique are the time consuming preparation of samples and the
little information provided on the corrosion mechanisms [51]. Furthermore, the presence
of Mg in the Mg(OH), corrosion layer and insoluble magnesium phosphates and
carbonates forming part of the corrosion layer or precipitated in the bulk electrolyte are
not taken into account and thus, can lead to inaccurate determination of corrosion rate

values [56].

2.3.5 Potentiodynamic polarization

Potentiodynamic polarization (PP) is the most commonly used electrochemical
technique for in vitro investigation of the corrosion behaviour of Mg alloys [77, 103, 112,
117-119]. By using this technique, the corrosion potential (E.or) and corrosion current

density (icorr) can be obtained, as well as information on the kinetics of partial anodic
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and cathodic reactions [103]. Average corrosion rate values can be calculated from the

corrosion current density (icorr) Using the following equation [112]:
P; = Kicorr (2.11)

where P; is the corrosion rate (mm year™), k is a constant with a value of 22.85 (mm cm?

year' mA™) and icor is the corrosion current density (mA cm™).

Although PP is a simple and quick technique and thus, widely used, some
authors [54, 112] have pointed out that this technique is not appropriate for the
determination of the corrosion rate of Mg alloys. Song et al. [54] observed a poor
correlation between corrosion rate values obtained for Mg alloys by PP and weight loss
technique. They attributed this behaviour to the presence of multiple simultaneous
cathodic and anodic reactions occurring on the electrode surface, invalidating the
determination of the corrosion rate by this technique. Shi et al. [112] reviewed the use
of PP for the determination of the corrosion rate of different Mg alloys and they
compared corrosion rates values obtained by PP, hydrogen evolution and weight loss.
They observed that corrosion rate values obtained by PP did not agree with the values
obtained from weight loss and hydrogen evolution measurements, with a relative
deviation in the values obtained by PP ranging from 48% to 96%. Some limitations of
PP for the determination of corrosion rates of Mg alloys that might account for the
observed deviation are: 1) Evaluation of the Mg alloy corrosion rate is performed soon
after specimen immersion, before a steady state has been attained [112]; 2) The
corrosion rate of Mg alloys is time-dependent, with gradual formation of a protective

corrosion layer and occurrence of localized corrosion contributing to variation in the
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corrosion rate, while PP provides instant corrosion rate values which do not reflect the
changing nature of the corrosion process [103, 112]; and 3) Variation in the Tafel
analysis of the same data by different researchers can result in different corrosion rate
values [103]. It should be noted that the PP technique yields an instantaneous corrosion

rate value and that the technique is usually destructive to the sample.

2.3.6 Electrochemical impedance spectroscopy

Electrochemical impedance spectroscopy (EIS) is an electrochemical method in which
an electrical perturbation (usually voltage) is applied and the system impedance
response is obtained as a function of frequency. Impedance is the term used to
describe the alternate current (ac) equivalent of direct current (dc) resistance. EIS offers
valuable information on a number of phenomena and properties of the metal surface,
allowing for the determination of parameters such as electrode capacitance, charge
transfer resistance and diffusion resistance [105]. In recent years, this technique has
gained popularity in the investigation of Mg alloys for biodegradable applications [60,
83, 103, 120, 121]. Since the applied perturbation is generally in the range of 5-10 mV,
EIS measurements are non-destructive, causing only minimal perturbation to the test
system [105]. Therefore, EIS allows for multiple recordings without having to re-polish
the sample surface and thus, real time monitoring of the corrosion behaviour can be

performed [103].

EIS provides instantaneous values of the system impedance, which can be
related to the corrosion resistance, i.e., impedance values are inversely proportional to

the corrosion rate [103]. Frequently, only a qualitative analysis of the impedance
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response is presented, since changes in the impedance response can be related to
changes in the corrosion rate. EIS data can also be analysed using a model, such as a
reaction mechanism (kinetic model) or an equivalent electrical circuit (EEC) in order to
deduce a relationship between electrical components like resistance (R) and
capacitance (C) to the processes occurring at the metal/electrolyte interface, such as

charge transfer, diffusion and adsorption [105, 122].

Some limitations of EIS for the investigation of the corrosion of Mg alloys are
[103]: 1) multiple equivalent circuits may fit the same data, resulting in significantly
different calculated values for the EEC parameters, e.g., charge transfer resistance; 2)
some noise at low frequency values is often obtained due to its apparent fast rate of
dissolution, 3) it does not provide information on the contribution of anodic/cathodic
partial reactions, and 4) since the corrosion of Mg occurs through both electrochemical
and chemical reactions, electrochemical measurements are expected to predict a

corrosion rate lower than the real value (the same applies to PP).

2.4 CURRENT APPROACHES TO CONTROL THE CORROSION RATE OF Mg

ALLOYS FOR BIODEGRADABLE IMPLANT APPLICATIONS

The main limitation of Mg biodegradable implants is their fast corrosion in the
physiological environment, often accompanied by the occurrence of localized corrosion,
leading to premature loss of the implant mechanical properties. Other drawbacks of Mg
alloys are the production of hydrogen gas at a rate the body cannot regulate and the

alkalization of the surrounding tissue, which can have deleterious effects.
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Current research approaches to improve the biocompatibility and corrosion
properties of Mg alloys for biodegradable applications include the development of novel
alloys with a composition and microstructure tailored for implant applications and, the

formation of protective layers by applying surface treatments and/or coatings [2].

2.4.1 Alloy development

Magnesium alloys currently being investigated as biodegradable materials are mostly
commercial alloys developed for the needs in the transportation industry [49]. The
observed good corrosion performance of these alloys in industrial applications has been
related to the use of alloying elements such as zirconium (Zr), aluminum (Al), zinc (Zn),
calcium (Ca), lithium (Li), yttrium (Y) and rare earth (RE) [49, 51]. Following a similar
approach, some researchers have developed novel Mg alloys for biodegradable
applications containing Y, Al and RE elements. Zhou et al. [123] investigated the
mechanical properties, biocorrosion and in vitro biocompatibility of Mg-Li-Al-RE alloys
for cardiovascular stent applications. Although the addition of Al and RE elements was
found to increase the tensile strength of Mg-Li alloys, a decrease in the corrosion
resistance was observed due to the presence of intermetallic compounds distributed in
the alloy matrix. Mao et al. [124, 125] developed a new Mg alloy with the nominal
composition Mg-2.5Nd-0.2Zn-0.4Zr and reported a highly uniform degradation and
reduced corrosion rate compared to commercial alloys (WE43 and AZ31). Haenzi et al.
[126] investigated the in vitro and in vivo degradation and biological response of new
Mg-Y-Zn alloys for biodegradable stent applications; they reported that the composition
Mg-2Y-1Zn showed homogeneous degradation, limited gas formation and good
biocompatibility.
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Alloy composition is an important issue in terms of biocompatibility; although
some alloying elements have been found to improve an alloy performance, their toxic
nature can limit the alloy use as implant material. Aluminum has been related to
neuronal damage, dementia and Alzheimer’s disease [107, 127]. Rare earth elements
are apparently hard to resorb by the body and their administration could lead to
hepatotoxicity [107, 128]. Excessive yttrium ions have been found to change the
expression of some rat genes and to have adverse effects on DNA transcription factors
[107, 129]. Therefore, it is necessary to design and develop new Mg alloys with
improved biocompatibility. Alloys that consist of trace elements already existing in the

human body are promising candidates [51, 95].

Calcium is biocompatible and has a similar density compared to bone, which has
motivated the development of calcium-magnesium alloys for orthopaedic biodegradable
applications [97, 130, 131]. Li et al. [130] reported that formation of a Mg,Ca secondary
phase led to decreased corrosion resistance; however, the amount of this phase could
be decreased by hot rolling and hot extrusion processing treatments. Wan et al. [131]
found that the optimum calcium content is 0.6 wt.% in terms of the overall bending and

compressive properties and corrosion resistance.

Zinc is an essential element and it is a common alloying element in Mg alloys,
contributing to an increase in mechanical properties [95]. Zhang et al. [107] reported
that the corrosion rate of Mg-6Zn was lower than that of high-purity Mg in SBF. Sun et
al. [132] investigated the mechanical properties, in vitro degradation and cytotoxicity of

extruded Mg-4Zn-0.2Ca. They showed that the addition of Zn and Ca to the Mg matrix
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could enhance the alloy corrosion potential, with corrosion rate values similar to those

observed for high-purity Mg in SBF.

Manganese has good biocompatibility and it plays a primary role in the activation
of multiple enzymes [95]. Zhang et al. [133] investigated the corrosion behaviour of Mg-
Zn-Mn alloys and observed that the increase in Zn content increased the corrosion
resistance, with a possible contribution of Zn to formation of a passivation layer. Xu et
al. [134] investigated the in vivo corrosion behaviour of a high purity Mg-1.2Mn-1Zn
alloy implanted in the femora of rats. They observed that at 18 weeks post-operation
54% of the implants had degraded; however, the implants were still fixed with no signs
of inflammation. Elemental analysis showed a homogeneous distribution of Mn and Zn

in the residual implant, the degradation layer and the surrounding bone tissue.

Strontium is a Group Il element that behaves similarly to Ca and Mg. The content
of Sr in the body is about 140 mg, with 99% of its total mass located in the bones [95].
Sr is commonly added to Mg as a grain refiner due to its tendency to form compounds
that segregate to grain boundaries [135]. Bornapour et al. [74, 118, 119] investigated
the corrosion rate in SBF of Mg-Sr alloys, with Sr in the range of 0.3-2.5% and, found
that the Mg-0.5Sr alloy had the lowest corrosion rate. The ternary alloy Mg-0.3Sr-0.3Ca

showed a good combination of mechanical properties and corrosion resistance.

Since alloying of Mg is challenging due to the low solubility of many elements in
Mg, the development of protective coatings is an attractive alternative to control de

corrosion of Mg alloys for biodegradable applications.
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2.4.2 Protective coatings

The development of surface treatments and protective coatings is an interesting
alternative for controlling the corrosion rate and tailoring the surface reactivity of
biodegradable Mg implants. Since current commercially-available Mg alloys were mainly
developed in response to the needs of the transportation industry, most of the work
published on protective Mg alloy coatings envisages industrial applications. Some
reviews on the development of coatings and coating technologies can be found in [136-
139]. For biomedical applications, coatings should possess, additionally to corrosion
protection, other properties such as enhancement of biocompatibility, bioactivity,
antibiotic ability, local drug delivery ability and, ideally, they should enable
biodegradation at a desired rate, as pointed out by Hornberger et al. [2]. Biocompatible
and biodegradable coatings can be classified according to their composition in inorganic
and organic. Inorganic coatings include MgO/Mg(OH),, calcium phosphate and fluoride,

while organic coatings include poly lactic acid, caprolactone, chitosan and polypyrrole.

24.21 Inorganic coatings

2.4.2.1.1 MgO/Mg(OH),

Partially protective MgO/Mg(OH), layers can be formed on Mg alloys by passivation,
thermal treatment or anodization [140-142]. Formation of a MgO/Mg(OH), passive layer
can provide protection during the initial phase of corrosion; however, passivity is quickly
lost in the physiological media due to the presence of aggressive CI° ions, which
promote dissolution of the passive layer and formation of MgCl, species [2]. An increase

in the corrosion resistance of Mg alloys for biomedical applications by the formation of
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plasma electrolytic oxidation layers with the incorporation of calcium phosphates and

fluorides into the corrosion layer has been reported [143-146].

2.4.2.1.2 Calcium phosphate coatings

Calcium phosphate coatings are the most widely studied coatings for Mg orthopaedic
biodegradable applications, mainly due to their excellent biocompatibility, stability and
bioactivity [95]. The ability of calcium phosphate coatings to induce bone-like apatite
deposition, which is similar to hydroxyapatite (HA), the mineral phase of bone, makes
them attractive for orthopaedic applications [2]. Calcium phosphate-containing coatings
have been prepared by chemical immersion [95, 140, 146, 147] and electrochemical
deposition [148, 149]. Wen et al. [149] prepared hydroxyapatite coatings on AZ31 Mg
alloy by cathodic electrodeposition. As-deposited samples were then post-treated with
hot alkali solution. It was determined that as-deposited coatings contained dicalcium
phosphate dehydrate (DCPD) and hydroxyapatite, while 10 um-thick hydroxyapatite
coatings were observed after alkali treatment. The hydroxyapatite coating slowed down

the degradation rate and effectively induced the deposition of Ca-P-Mg apatite in SBF.

2.4.2.1.3 Fluoride coatings

Fluoride-containing coatings have been investigated to decrease the corrosion rate of
Mg alloys by the formation of protective MgF, layers [69, 150, 151]. However, the
coating protective effect is only temporary, due to the dissolution of the fluoride-
containing coating [2]. Yan et al. [151] prepared coatings containing MgO and MgF, on

AZ31B Mg alloy for biodegradable applications. Immersion experiments in SBF showed
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an improved corrosion resistance for the fluoride coated samples compared to the bare

alloy.

2.4.2.2 Organic coatings

Organic coatings are attractive for biomedical applications due to their favorable
properties such as the capacity for drug delivery and their ability to be functionalised

with organic biomolecules, in addition to their protective properties [2].

2.4.2.2.1 Poly lactic acid

Poly lactic acid (PLA) is a biocompatible polymer extensively investigated for biomedical
applications [121, 152-155]. PLA undergoes hydrolytic degradation in the body fluid and
its by-products are non-toxic. The degradation product of PLA is lactic acid, a human
metabolic by-product, which breaks down into water and carbon dioxide via the citric
acid cycle [156]. Alabbasi et al. [121] formed PLA coatings on AZ91 Mg allow by a spin
coating technique for implant applications. Immersion experiments of the coated
samples in SBF revealed that the PLA coating enhanced the degradation resistance of
the alloy significantly. An increase in the coating thickness led to increased coating
resistance, but decreased adhesion. A thin film coating (2-3 um) showed good adhesion

and degradation resistance.

2.4.2.2.2 Polycaprolactone

Polycaprolactone (PCL) has been studied for the development of Mg biodegradable
implants [108, 157, 158] and Mg tissue engineering applications [6]. It is nontoxic and it

can be blended with a wide range of polymers forming miscible solutions [159].
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Compared to other polymers it has a longer degradation time of up to 2 or 3 years,
depending on the molecular weight, the degree of crystallinity and the conditions of
degradation [160]. Its hydrolysis leads to production of caproic acid that is completely
metabolized via the citric acid cycle [156]. Park et al. [158] observed that PCL coatings
on Mg led to a decrease in the substrate corrosion rate by about 50 %; however, they

observed coating detachment and rapid water absorption at the early stage of corrosion.

2.4.2.2.3 Chitosan

Chitosan is a derivative of chitin, a polysaccharide that can be found in crustaceans and
is one of the most abundant natural polymers [156]. Chitosan has been investigated for
biomedical applications due to its beneficial properties such as processability,
controllable mechanical properties, availability of reactive functional groups,
biocompatibility and antimicrobicity [159]. It biodegrades into glucosamine and in vivo
degradation rates range from a few weeks to 6 months [156]. Major drawbacks of
chitosan are its low mechanical strength and insolubility in water [159]. Chitosan has
been widely investigated for Mg biodegradable applications [161-164]. Gu et al. [164]
investigated the corrosion behaviour of a chitosan-coated Mg-Ca alloy prepared by a
dip coating method. They observed that the corrosion resistance of the coated alloy

depended on both the chitosan molecular weight and the number of coating layers.

2.4.2.2.4 Polypyrrole

Intrinsically conductive polymers (ICPs) or conductive polymers possess a conjugated
backbone, i.e., alternating double and single bonds, that allows for charge transport,

Figure 2.8 [165]. Double bonds possess a strong and localized o-bond and a less
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localized m-bond. The p-orbitals in the m-bonds overlap, allowing electrons to delocalize
and move freely between the atoms. ICPs are considered synthetic “metals” because
they have electrical, magnetic and optical properties typical of metals and
semiconductors [165, 166]. ICPs are very attractive for biomedical applications due to
their following properties [156, 165]: 1) they can contribute to better integration of the
biological tissue with hard metallic biomaterials from electrically conductive devices,
such as neural probes, cochlear implants and cardiac pacemakers; 2) they can be
easily synthesized and processed to produce smaller devices with electrical stimulus-
responsive capa