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Abstract

Abstract

The use of implants for bone repair has a considerable and successful history.
Traditionally, metallic implants have been used in such a way that the implant would
be surgically removed after sufficient bone healing has been achieved. During the last
decade, interest in biodegradable magnesium (Mg) implants has increased
dramatically. The use of Mg is based on the fact that Mg is one of the essential
elements for human metabolism, and the density and elastic modulus of Mg are close
to the human bone, thus, avoiding stress shielding effect. However, Mg alloys corrodes
too rapidly, resulting in hydrogen evolution and consequently, local alkalization close
to the surgery region as well as premature degradation in the implant’s mechanical
integrity before bone healing occurred. All these factors impede the practical

applications of Mg implants.

In this study, a hydrothermal coating process was used to provide, uniform and
biodegradable inorganic calcium-phosphate (Ca-P) and calcium-phosphate/polymer
(Ca-P/Polymer) composite coatings on AZ31 magnesium substrate that slow the
corrosion of Mg and to meet different requirements for implant application. In the
current study two different types of novel Ca-P/Polymer composites coatings were
successfully deposited for the first time on AZ31 magnesium alloy to reduce Ca-P
material brittleness by using polyacrylic acid and carboxymethyl cellulose polymers.
The results showed, crystal phase and coating’s morphology could be successfully
controlled by the type and concentration of polymer used which could affect the
coating’s degradation rate as well. Incorporation of polymer in the Ca-P coatings
reduced the coating elastic modulus bringing it close to that of Mg and that of human
bone. Apart from mechanical properties, cell proliferation studies indicated that
composite coatings induced better cell attachment compared to the purely inorganic

Ca-P coating.
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Moreover, in order to inhibit bacterial adhesion and prevent implant-associated
infection, anti-infective coatings with local drug delivery ability were successfully

deposited on AZ31 magnesium substrate.

The corrosion performance of coatings were comprehensively studied with
potentiodynamic, electrochemical impedance spectroscopy (EIS) as well as long-term
immersion tests. The obtained coating could decrease the corrosion rate of AZ31

substrate by 100-10,000 fold.

A detailed investigation was performed in order to understand the deposition
mechanism of coatings on different metallic substrates during hydrothermal process to
determine the various steps in the coating formation and growth. It was found that
successful coating deposition is strongly dependent on substrate-solution interface and

resulted from substrate corrosion in the first step of deposition process.

The obtained coatings could be promising candidates for surface protection of Mg for
implant application with the multiple functions of corrosion protection and cell

attachment/cell growth promotion.
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Chapter 1 Introduction

1.1 Background

Currently, there is a huge demand in the hard-tissue replacement implant markets
around the world. Current permanent metallic implants are made of commercially pure
titanium (Ti) or Ti-6Al-4V alloy, 316L stainless steel (SS), and cobalt-chromium (Co-
Cr) alloys, which are widely used for bone fracture fixation. These metallic implants
have a serious drawback of stress shielding effect due to the mismatch in mechanical
properties between implant materials (Young’s modulus 100-200 GPa) and human
bone (Young’s modulus 10-30 GPa) as reported in Table 1-1. Bone stress shielding is
due to a high load being carried by the implant due to its high modulus for a given
strain value. Stress shielding effect results in a number of critical clinical issues such
as implant loosening, delay in healing process and damaged bone growth. Also,
normally metallic implants need to be removed after the bone has healed within the
first two years after the first surgery. Therefore, another surgical operation is necessary
with all the personal, medical, social, economic consequences and CcoOSts.

Biodegradable implant can be an ideal solution to overcome these challenges [1-8].

Table 1-1.Summary of the properties of various implants in comparison to natural bone [9]

Properties Bone Mg Ti Co-Cr SS HA
Density(g/cm?) 1821  1.7-2.04 4-45 8.3-9.2 79-81 31
Elastic modules (GPa) 3-20 41-45 110-117 230 189-205 73-117
Compressive yield (MPa) 130-180  65-100 758-1117 450-1000 170-310 600
Fracture toughness (MPa.m*?)  3-6 15-40 55-115 NA 50-200 0.7

Currently, biodegradable implants are mainly made of polymers, such as poly-L-
Lactic acid (PLLA). These polymer based implants usually do not have a satisfactory

mechanical strength. Metals are more suitable for load-bearing applications compared
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with polymeric materials due to their combination of high mechanical strength and
fracture toughness. Mg and its alloys could be an ideal alternative for implant material
due to its non-toxic nature. The use of Mg is based on the fact that Mg takes part in
many metabolic and biological reactions and shows excellent biocompatibility.
Moreover, density and elastic modulus of Mg are close to the human bone, which
avoids stress shielding effect. Mg implants can also dissolve in the body, thus
eliminating the need for a second surgery for implant removal. However, it was found
that Mg alloys corroded too rapidly, resulting in hydrogen evolution and consequently,
local alkalization close to the surgery region as well as failure in the implant’s
mechanical integrity before bone healing occurred; all these factors retard the practical

applications of Mg implants [7, 10].

In general, a biodegradable material should have a controllable dissolution rate, and
maintain its mechanical integrity before the surgical region recovers or heals. After
bone healing, the implant should gradually dissolve, be consumed or be absorbed [10].
Obviously, a suitable corrosion rate becomes critical for biodegradable Mg implant in
this scenario. To put Mg to practical use, it is necessary to deal with its shortcomings
and improve its performance through alloying or surface modification. Corrosion rate
of Mg can be enhanced by adding suitable alloying elements. These elements must be
non-toxic and harmless to the human body. Common alloying elements used are zinc
(Zn) and calcium (Ca). However, the amount of alloying elements is limited in order
to maintain desired mechanical properties and reduce their potential toxicity. In
addition, surface modification of Mg could also decrease the corrosion rate. The
coating layer can block the access of body fluids to the Mg surface. Consequently,
reducing corrosion rate [5, 11-13]. Since the interaction between the cells and tissues
with biomaterials at the tissue-implant interface is a surface phenomenon; therefore
surface properties of the implant play a major role in determining the biological
response to implants and the material response to the physiological conditions, which

the current project is aimed to focus on that.
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1.2 Objectives and Scope

Based on the gaps in the previous studies, the objectives of the current research were

defined as:

=
1

To develop novel hydrothermally deposited biodegradable and biocompatible
coatings for Mg alloys to achieve controllable and uniform degradation rate in
order to protect Mg substrate until bone healing occurs.

To adjust mechanical performance of coatings by incorporating biodegradable
and biocompatible organic phases into the coating structure.

To develop an anti-infective coating with drug delivery ability in order to
inhibit bacterial adhesion and prevent implant associate infection.

To understand the deposition mechanism of the coating during hydrothermal

deposition process.

To this end the scope of this study includes:

Development of biodegradable Ca-P coatings by means of hydrothermal
process and understanding the effect of deposition temperature and deposition
time on coatings properties such as chemical composition, surface
morphology, coating’s adhesion and thickness.

Development of composite coatings (Ca-P/Polymer) by hydrothermal method,
in order to overcome the Ca-P coating’s drawbacks such as brittleness and to
adjust the mechanical properties of coating by incorporating polymers into the
coating structure.

Study the effect of polymer addition on crack formation tendency, hardness

and Young’s modulus by using nano-indentation and scratch tests.
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e Study the corrosion properties of the inorganic and composite coatings using
different electrochemical techniques like potentiodynamic and electrochemical
impedance spectroscopy tests.

e Study the biodegradation behavior of coatings by performing an immersion test
in simulated body fluid solution.

e Study the effect of polymer addition on the biodegradation rate of the
composite coatings.

e Study the deposition mechanism of coatings on different metallic substrates
using different techniques such as Raman spectroscopy, Fourier transform
infrared spectroscopy, X-ray Diffraction, field emission scanning electron
microscopy and energy dispersive spectroscopy to determine the various steps
in the coating formation and growth.

e Investigation of the coating’s biocompatibility by conducting direct and in
direct in vitro tests in the present of MG63 cell line.

e Study the drug release profile and anti-bacterial activity of coatings using

Ultraviolet-visible spectroscopy and agar disk diffusion test.

1.3 Organization of the Thesis
The organization of the rest of this thesis is as follows:

Chapter 2 is focusing on literatures and reviewing previous research in the field of

biodegradable Mg implants.

Chapter 3 is focusing on materials and experimental details and describing different
techniques which were used during this project for characterization of deposited

coatings.

Chapter 4 is focusing on deposition of inorganic Ca-P and novel Ca-P/Polymer

composite coatings and analyzing the coatings in detail by using different techniques.
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Chapter 5 is focusing on the deposition mechanism of inorganic and composite
coatings and comparing the deposition process during hydrothermal process for

different metallic substrates.

Chapter 6 provides comprehensive results for evaluating corrosion and mechanical

performance of inorganic and composite coatings.

Chapter 7 describes the in vitro performance and cytotoxicity of coatings. The second
section of this chapter is focusing on deposition of anti-infective coatings with drug

delivery ability.

Chapter 8 summarized the obtained results of the current project and provides some

recommendations for future works.
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Chapter 2 Literature Review

2.1 Introduction

The use of implants for bone repair has a considerable and generally successful history.
Currently used metallic implants are usually made of Ti or Ti-6Al-4V alloy, 316L
stainless steel and Co-Cr alloys. These metallic implants have the serious drawback of
stress shielding effect due to the mismatch in mechanical properties between implant
materials (Young’s modulus 100-200 GPa) and human bone (Young’s modulus 10—
30 GPa) [5, 14]. This phenomenon causes stress concentration at bone-implant
interfaces. Bone as a living tissue, is constantly remodeling and adapting to the stress
imposed upon it. This process of remodeling can lead to the phenomena of stress
shielding when an implant is present. If the implant carries a large fraction of the
applied load as compared to the bone beneath, the bone experiences a reduced load,
which results in reduced bone density. In the case of conventional implant materials,
each metal alloy used has a significantly higher modulus of elasticity, which in turn
leads to the implant carrying a greater portion of the load and runs the risk of causing
stress shielding of the bone as shown in Fig.2-1 [8, 15]. Stress shielding can cause
critical clinical issues such as implant loosening, delay in healing process and
consequently, damaged bone growth, as well as skeleton thickening, and chronic
inflammation. Eventually, the implant will fail to satisfy the requirement of load-
bearing fixation. In addition, the release of toxic ions by corrosion or mechanical wear
from these metallic implants can cause further harm, inflammation and less bone
formation [16-18]. Also, after bone healing, second surgery may be required for the

implant removal.
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Implant

Bone

screw T /Stress flow

Fractured
bone

Figure 2-1. Stress shielding effect on fixing fractures [8]

However, more recently the use of biodegradable implant materials including
biodegradable metals, have become a key research area striving to combine improved

mechanical properties and biocompatibility [5, 14].

During the last decade, interest in biodegradable Mg implants has increased
dramatically since Mg is an essential element for human metabolism, and the density
and elastic modulus of Mg alloys (density: 1.7-2.04 g/cm®, Young’s modulus: 41-45
GPa) are close to that of human bone (density: 1.8-2.1 g/cm®, Young’s modulus: 10-
30 GPa), thus avoiding stress shielding effect [1, 5, 14]. However, Mg alloys suffer
from high corrosion rate, resulting in hydrogen evolution and consequently, local
alkalization close to the surgery region as well as premature degradation in the
implant’s mechanical integrity before bone healing can occur. The degradation rate of
Mg and its alloys in the initial stages of implantation would play a significant role in

the newly formed tissue response. If the early degradation rate of Mg-based implants
12
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IS too rapid, pre-implantation and osteolysis reaction would take place. Consequently,
this would negatively affect the bone tissue regeneration and healing process [11, 19-
21]. To put Mg to practical use, it is necessary to improve its corrosion performance
through alloying or surface modification. Corrosion resistance of Mg can be enhanced
by adding non-toxic alloying elements such as Zn and Ca which also are essential
elements in human metabolism. However, the amounts of alloying elements are
limited in order to maintain desired mechanical properties and sufficient improvement
in corrosion properties as well as to reduce their potential toxicity when present in high
concentrations. The alternative is surface modification of Mg that could also decrease

the corrosion rate, potentially to a higher extent [22, 23].

2.2 Mg and Its Alloys as Biomaterials

The biodegradability of Mg and its alloys and their mechanical properties (which are
quite similar to the human bone) is an attractive combination for orthopedic
applications. This combination makes Mg a promising candidate for bio-medical
application. The use of Mg based implants could avoid or minimize the stress shielding
effect. Moreover, using Mg alloys as an implant material remove the necessity for

second removal surgeries, thereby, decreasing health risks, costs and scarring.

The use of Mg is based on the fact that Mg takes part in many metabolic reactions and
is a constituent of bones and muscles with high daily intake. Normally, the human
body requires 300-400 mg/day of Mg [24, 25]. Moreover, Mg ions assist in the growth
of new bone and shorten the healing process time. For all above reasons, Mg and its
alloys can be used as a scaffold or as a plate and screw for bone fracture fixation.
However, an undesirable high degradation rate of Mg and its alloys is a major concern
for using it as an implant material and retards its practical application [5, 26, 27]. The

high corrosion rate results in the formation of harmful hydrogen gas pocket in the

13
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interface of bone and implant causing failure of the surgery before bone healing, as the
gas pocket can cause separation of implant and tissue and may also lead to infection
[28]. In addition, due to the high degradation rate of Mg, the implant’s mechanical
stability fails during the healing process. Therefore, this is important to control the
corrosion performance of Mg based implants for two reasons: firstly, the implant
material must maintain its mechanical integrity and remain in the body for a specific
period for the bone to heal and secondly, the corrosion must be sufficiently slow so as

to not affect the healing process [29-33].

2.3 Corrosion Mechanisms of Mg and Its Alloys

Mg and its alloys possess a low corrosion resistance in aqueous solutions that limit
their engineering applications, and for safe use surface modification might be required.
However, this limitation is a significant blessing for biodegradable implant application
[4, 34, 35]. Corrosion mechanism of Mg in aqueous solutions takes place according to
Eqg.2-1 which is the sum of the following reactions (EQs.2-2~2-4) and leads to
evolution of hydrogen gas and formation of magnesium hydroxide (Mg(OH)>) [36].

Mg(s) + 2H,0(aq) > Mg(OH),(s) + H»(g) (2-1)
Mg(s) - Mg?* + 2e” (2-2)
2H,0 + 2e” > H, + 20H" (2-3)
Mg?* + 20H™ - Mg(OH), (2-4)

According to Pourbaix diagram in Fig.2-2 Mg dissolves below a pH value of
approximately 11.5 while above pH value 11.5 a passive layer of Mg(OH). could form
which is normally not fully protective [37]. In the human body, blood pH value is
around 7.3~7.4; therefore, Mg is actively dissolved [37, 38]. The high reactivity of Mg
is due to the fact that the standard electrode potential of Mg (-2.37 V vs. SHE) is very

14
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negative and it is more active than most metals. Thus, in most situations Mg acts as an

anode [38].

Due to the strongly negative electrode potential, Mg is highly susceptible to galvanic
corrosion. Galvanic corrosion of Mg and its alloys is caused by impurities and
secondary phases that act as cathode [10, 36]. Cathodes can be external such as other
metals in contact with Mg, or may be internal such as secondary or impurity phases as
shown in Fig.2-3. In the case of internal galvanic corrosion, the presences of cathode
regions are due to precipitation of continuous secondary phase along the grain
boundaries. These continuous cathodes form galvanic cells with the purer Mg domains;
consequently, corrosion starts and propagates along the matrix close to the grain

boundaries [36].
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Figure 2-2. Pourbaix diagram of Mg [37]
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Figure 2-3. a) Macro-galvanic corrosion and b) Micro-galvanic corrosion [36]

Apart from galvanic corrosion, localized corrosion is another major corrosion

mechanisms of Mg alloys in physiological environment [39].

Localized corrosion is identified by the non-homogeneous corrosion on the surface of
the Mg and its severely corroded sites. Furthermore, a metastable and partially
protective film, often, naturally forms on the Mg alloys and there is a tendency for
selective attacks to happen at these susceptible sites when exposed to the solution [39].
Therefore, continuous localized corrosion at these sites often results in a non-
uniformly corroded surface of the Mg alloy [40]. The surface of Mg is normally
covered by a partially protective film. Galvanic corrosion can start as general corrosion
that may transition to localized corrosion, and, in several cases, it can begin as a local
galvanic attack depending on the metallic phase distribution and morphology, solution
properties, agitation, temperature, and impurities [41].

However, the localized corrosion for Mg is different from autocatalytic pitting

corrosion observed in stainless steels. When localized corrosion starts in Mg,_irregular
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pits tend to form that spread laterally and cover the whole surface without a tendency
towards deep pitting.

Moreover, unlike stainless steel, the localized corrosion in Mg has an inherent
tendency to be self limiting due to pH change. However, the intense localized
corrosion would be expected to have produced high local pH values and high local
concentrations of Mg?* so that it would be expected that most of the surface would

indeed be covered by a film of corrosion products [42].

2.4 Mg Alloys for Bone Fixation

The most frequent types of fracture in the skeleton can be classified into four groups:
fracture in neck, back and spine, head, and the extremities. In the fractured bone, the
fragment loses its alignment in the form of displacement. In this case, implants can be
used to hold a fracture reduction [43]. Different types of implants such as plates,
screws and nails are used for the bone fracture fixation. These implants must only
remain in the body until bone healing is completed and therefore, have a temporary
function. The temporary implant must provide a good mechanical stability until the
bone is healed and then gradually dissolve afterwards [9, 14, 30, 44]. Biodegradable
implants have the advantage that a second surgery for removal of the implant is not
necessary, saving cost to the health system and being beneficial for the patient. In
addition, degradable implants are also applicable in pediatrics cases, where the body
is still in a growth process, and permanent implants would have to be changed to match
the growth. Moreover, the healing and remodeling process of the injured tissue is
stimulated by degradable implants due to a gradual load transfer from the implant to
the tissue, as depicted in Fig.2-4. After an injury, the fractured bone needs support
from the implant for healing. With time the implant degrades; its strength diminishes
and hence, the load is gradually transferred to the bone until the tissue has healed and

reached its full strength while the implant has dissolved. The optimal degradation
17
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performance of a biodegradable orthopedic implant is initially slow to provide
mechanical integrity and increases with time once the injured tissue has healed
sufficiently [10, 26, 30, 32, 45]. Mg alloys as potential biodegradable materials
providing both biocompatibility and suitable mechanical properties can be used for

this purpose [5].

To evaluate the in vivo degradation of Mg, Li et al. [45] used Mg-Ca alloy, and Ti pins
for bone fixation of rabbit femoral, and they found that the Mg-Ca alloy did not induce
any toxicity in the cells. After 3 months of implantation, the Mg-Ca alloy was
completely absorbed in the body while the new bone was formed around the alloy.
However, they did not find any new bone formation around the Ti pin during the

experimental period.

Mechanical properties

implant rissuc

fime

Figure 2-4. Schematic diagram of the ideal change in strength over time of an implant and
healing bone tissue [46]

Likewise, Thomann et al. [47] compared the degradation of LAE442 magnesium alloy

and Mg-0.8 wt.% Ca in the rabbit model for 12 months implantation. Based on their
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result, Mg-0.8 wt.% Ca showed osteogenic effect, and the bone-implant contact was
much stronger than for the LAE442 (89.6% Mg, 4.0% Li, 3.9% Al, 2.2% Se, 0.2% Mn)
magnesium alloy. However, the Mg-0.8 wt.% Ca alloy showed higher degradation rate
in comparison with LAE442 alloy [47, 48]. Another report found the byproduct of
implant degradation for Mg-0.8 wt.% Ca is benign since Mg and Ca are natural
components of the organism. On the other hand, the corrosion product of LAE442

alloy that consist of rare earth elements was hard to resorb by the body [48].

2.5 Improving the Mechanical and Corrosion Properties of Mg with
Alloying

Pure Mg has many shortcomings such as insufficient strength, elongation and heat
resistance as well as poor corrosion resistance. Hence, it is necessary to enhance the
performance of Mg before using it in practical applications. Adding alloying elements
to pure Mg can improve its mechanical properties. In addition, the corrosion resistance
of Mg can be changed with alloying as well. From a medical point of view, there are
only few suitable alloying elements for making biodegradable Mg alloys such as
manganese (Mn), Zn, Ca, strontium (Sr), zirconium (Zr) and yttrium (Y) [7, 49-52].
Generally, these alloying elements affect the mechanical and corrosion properties of

Mg alloys. Some of these alloying elements are discussed below in some details.

25.1 Zinc (Zn)

Zn is an essential trace element for human body and biological functions [53]. Zn
contributes to mechanical strength due to the solid solution strengthening mechanism
[26, 54]. Zn can improve corrosion resistance and decrease the hydrogen evolution

rate as shown in Fig.2-5. Moreover, Zn addition can change the corrosion type from
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localized to general form due to the presence of a higher amount of Zn in the corrosion

protective layer as compared to Mg [12, 13, 55].

From a mechanical property standpoint, Zn is known to be a good solid solution and
precipitation-strengthening agent in Mg alloys. It is one of the most commonly and
effectively used alloying elements in Mg. Since Zn has a relatively high solid solubility
in Mg at high temperatures, good mechanical properties can be achieved by solid
solution strengthening mechanism. The effect of Sr and Zn addition to Mg on its
mechanical properties was reported by Brar et al. [26] and according to their findings,
an increase in Sr content in the binary alloying system had a minor effect on the
strength of the alloys, but the addition of Zn significantly improved the mechanical
properties of the alloys. Based on their result Mg-6.0 wt.% Zn-0.5 wt.% Sr alloys
showed highest yield strength (YS) and ultimate tensile strength (UTS), due to grain
refinement properties of Sr resulting in growth restriction effect, and consequently,

improved corrosion resistance by formation of a passive layer on the surface.

In the same way, Zhang Yin et al. [56] reported the effect of Zn addition on Mg-Zn-
Mn alloy. Zn element can significantly refine the grain size of Mg alloys, because Zn
shows relatively high growth restriction factor (GRF) compared to other elements such

as Al, Srand .

The mechanical properties of Mg, especially the yield strength are grain sensitive.
Therefore, the tensile and yield strength both increased slightly with an increase in Zn
content due to the refinement effect of Zn. However, when the Zn content is increased

to 3 wt.%, a serious drop in elongation was found [56].
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Figure 2-5. The hydrogen evolution rate in SBF [55]

2.5.2 Calcium (Ca)

Besides Zn, Ca is also a vital nutrient in the human body and very important for bone
strength. Ninety-nine percent of Ca is stored in the human bone. Ca contributes to solid
solution and precipitation strengthening in Mg alloys. Using Ca with low density (1.55
g/cmq) produces the Mg-Ca systems with the density very close to the bone. Ca can

improve both the corrosion and mechanical properties [8, 45].

Due to the above reasons, some researchers worked on Mg-Ca alloys. Among them,
Wan et al. [57] reported an improvement in compressive strength and elastic modulus
when Ca was incorporated into pure Mg. This phenomenon can be readily interpreted

by the amount of precipitates such as Mg.Ca within the Mg-Ca alloys.

Similarly, Li et al. [45] fabricated different Mg-xCa (x=1-3 wt.%) alloys and they
reported the obtained alloys mainly consisted of a-Mg and Mg.Ca phases while the

Mg.Ca phase precipitated along the grain boundaries. The mechanical properties of
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alloys degraded with increasing Ca content. Among the different alloys, the Mg-1wt.%
Ca did not show toxicity effect. Based on their results, corrosion and mechanical
properties of Mg-Ca alloys could be adjusted by controlling the Ca content and

processing treatment.

2.5.3 Yttrium (Y)

Some researchers reported that adding Y as an alloying element resulted in a net shift
in the corrosion current density (icorr) to higher values; due to the formation of Mg24Y's
intermetallic phase that increases with increasing amount of Y (from 2 wt.% to 18
wt.%) added to the pure Mg as shown in Fig.2-6 [36]. Briefly, the effect of adding the
different alloying elements on corrosion rate, cathodic and anodic branches shift is

presented in Fig.2-7 [20].
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Figure 2-6. Representative potentiodynamic polarization curves for binary Mg-Y alloys [36]
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Figure 2-7. Effect of different alloying elements on Mg corrosion behavior [20]

2.6 Surface Modification of Mg Alloys

Extremely high degradation rate of Mg alloys result in a rapid loss of implant
mechanical integrity in the human body environments, limiting practical applications.
Considering the fact that the interaction between the cells and tissues with biomaterials
at the tissue-implant interface is a surface phenomenon, implant surface properties play
a major role in determining both the biological response to implants and the material
response to the physiological condition [58, 59]. Hence, the ability to modify the
surface properties while preserving the bulk properties is important. Therefore, surface
modification to form a hard, biocompatible and corrosion resistant layer has always
been an interesting topic in the biomaterial field. A corrosion resistant coating can
significantly delay the initiation of biodegradation. A delayed degradation process is

critical to a biodegradable implant, as the implant needs to be fully functional for a
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certain period before the surgery region starts healing. Ideally, the corrosion resistant
film formed on the Mg implant should also be wear resistant, so the film will not be
damaged by scratching during implanting. In addition, since Mg possesses a low
melting point, some of the coating methods such as physical vapor deposition is less

practical for surface modification of Mg [11, 22, 30, 36, 60, 61].

Generally, coatings can be classified as conversion and deposited coatings. The in situ
grown coatings are called conversion coatings. In conversion coating, some parts of
the surface are converted into the coating as an oxide layer with a chemical or
electrochemical process between the substrate and the solution [62-64]. On the other
hand, deposited coatings can be divided into organic, inorganic and metallic materials.

Different coating methods are discussed below.

2.6.1 Chemical Conversion Coatings

Fluoride conversion coating and anodized coatings exhibit an effective barrier to
improve the corrosion resistance of Mg alloys, and they can be used as a pre-treatment
in a bi-layer coating to enhance the coating adhesion. The adhesion of conversion

coatings to the substrate tends to be very good due to in situ growth [3, 62, 65, 66].

2.6.1.1 Fluoride Conversion Coatings

Fluoride treatment is well known as one of the useful methods to inhibit the corrosion
of Mg and its alloys and acceptable for the medical purpose due to several advantages
such as economy, non-toxicity, chemical inertness, convenience, and easy processing.
Mg is regarded as one of the most resistant metals to hydrofluoric acid because of the
formation of a dense protective fluoride film that can protect the underlying metal and
prevent corrosion [29, 67]. Several researchers investigated the corrosion protective

aspect of fluoride coatings.
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Pereda et al. [67] developed 4 different fluoride conversion coatings on Mg substrate
using different concentrations (0.01 M-0.3 M) of potassium fluoride (KF) solution and
further investigated the effect of chloride ions (CI") on the corrosion performance of
different conversion coatings. According to their result in the presence of CI-, fluoride
content in the conversion coatings gradually drop and consequently the magnesium
fluoride (MgF2) layer gradually dissolves, resulting in a decrease in corrosion

resistance.

Apart from that, Chiu et al. [29] obtained a thin (1.5 pum) and compact fluoride
conversion coating on pure Mg substrate after 24 hours immersion in 48% hydrofluoric
acid (HF) solution which was mainly composed of MgF. phase. According to their
results the conversion coating provided moderate improvement in corrosion resistance
(around 40 times) in Hanks' solution. Still, the obtained coating could be use as pre-

coat for subsequent coating method.

Likewise, Ren et al. [68] used MgF conversion coating as pre-coat on AZ31 alloy for
the sol-gel process in order to develop a double layers coating of Ca-P/MgF.
According to their report the good adhesion strength between the coating and AZ31
substrate prevented coating cracking and peeling off during the immersion of samples
in simulated body fluid (SBF) solution which prolonged the protection period of
coating on AZ31 alloy until 18 days.

In another research, Van Phuong et al. [69] compared zinc phosphate and magnesium
phosphate conversion coatings which formed on AZ31 by immersion in zinc
phosphate and magnesium phosphate solutions respectively. Their results showed
although zinc phosphate layer possessed a higher thickness compared with a
magnesium phosphate layer, but a magnesium phosphate coating offered better

corrosion resistance due to the presence of less porosity in the coating nature.

In the same way, Witte et al. [70] investigated the corrosion behavior of extruded

LAE442 magnesium alloy with and without fluoride treatment as a biodegradable
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implant in a rabbit model. A favorable corrosion resistance of LAE442 magnesium
alloy in vivo was observed; moreover, they found the evolution of hydrogen gas was

remarkably restricted after fluoride treatment.

2.6.1.2 Anodizing of Mg

Anodizing is also classified as a conversion coating method. In anodizing method, the
metal makes the anode in the electrical circuit with the aim to passivate the surface
and increase the thickness of oxide layer in order to enhance the corrosion and wear
resistance of substrate. Anodizing can take place in different solutions, such as alkaline
baths based on potassium hydroxide, phosphate-fluoride or even silicate-containing
electrolytes [44]. Anodizing of Mg in 0.25M sodium hydroxide and 0.1M sodium
silicate solution at room temperature can improve corrosion resistance of Mg substrate.
The coating composition mostly consisted of a mixture of magnesium oxide (MgO)
and forsterite (Mg2SiOs4). Moreover, The high molar volume of Mg.SiOs4 could
smoothen and uniform the anodized coating shrinkage caused by the formation of low

molar volume MgO [44].

Guang et al. [71] reported that the ceramic like anodized coating formed on the surface
of Mg could slow down the degradation rate of Mg and therefore, result in slower
hydrogen evolution and solution alkalization process. The results indicate that an

anodized Mg alloy might be used as a biodegradable implant material.

On the other hand, Shi et al. [72] used micro arc oxidation (MAQO) method followed
by TiO2 sol—gel coating for surface modification of Mg substrate. The porous MAO
coating layer with a thickness about 12 um was sealed by TiO2 layer which resulted in
slightly improvement of Mg corrosion resistance (30 times).

In brief, one of the challenges in anodizing of Mg alloys is to obtain thick and compact

layers with a low Pilling-Bedworth (P-B) ratio for making oxide/hydroxide layers.
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High P-B ratio leads to high internal stress and can cause cracking in the growing oxide
layer [73, 74]. Another anodizing method is called plasma electrolytic anodizing (PEO)
which forms the oxide layers on Mg substrate above the breakdown voltage. This
method can produce stable and hard coating with high resistance to corrosion and

abrasion [75-77].

Vu et al. [78] reported formation of porous anodized film on AZ91D alloys by using
plasma electrolytic anodizing process at constant current density (20 mA/cm?), using
classical electrolytic bath ( KOH, KF and K2HPO.) with addition of CaO (1-3 g/L).
According to their report obtained coating was composed of Mg(OH)., MgO,
MgAIl;O4, and Ca and P elements. The result showed that small addition of CaO (1
g/L) to the deposition electrolyte could optimize coating corrosion performance in SBF
solution. The enhancement in corrosion performance was resulted from precipitation
of Ca/P containing layer in SBF solution and its sealing effect. However, adding higher
amount of CaO (3 g/L) resulted in a crack formation in the anodic oxide film and
subsequently negatively affected the corrosion performance of coating layer.

The drawbacks of PEO coatings are their brittleness and their electrical isolation
properties, which make this technique unsuitable for later processing by

electrochemical methods [3].

2.6.1.3 Biomimetic Ca-P Conversion Coatings

An apatite layer can form on the substrate in the biomimetic process, during the
immersion in SBF solution. SBF is a supersaturated solution of Ca and P ions. The
deposition solution’s concentration can vary between SBF and 10xSBF (the
concentration of ions in this solution is ten times of normal SBF solution). This process
is carried out at pH 7.4, temperature 37 °C and for an immersion period of about 14-
28 days with replenishment of SBF solution [33, 79]. Different compositions of surface

layers such as amorphous carbonate, Ca-P, Mg-P and a mixture of Ca/Mg-P can form
27



Chapter 2 Literature Review

on the surface by changing the bath composition. The thickness of these layers is more

than 20 um, reportedly extremely permeable, and exhibit many cracks [80].

Cui et al. [81] reported the formation of non-uniform and porous Ca-P coatings on Mg
substrates. Releases of hydrogen bubble on Mg substrate and consequently formation

of Ca-P layer around these bubbles resulted in a porous and non-compact coating.

Apart from that, Zhang et al. [23] developed homogenous bone-like biomimetic apatite
coating on Mg substrate using high supersaturated SBF solution (3xSBF) without any
surface pre-treatment at 42 °C for 24 and 48 hours. The obtained coating showed good
bioactivity and decreased the corrosion rate of Mg substrate. Formation of an apatite
coating resulted from a high level of supersaturation of SBF solution and a sharp
increase of solution’s pH as a result of Mg substrate corrosion.

Similarly, Chen et al. [82] studied the possibility of a formation of biomimetic coating
on Mg-x% Ca and Mg-3Zn—y% Ca alloys. The 5 pm thick biomimetic coatings were
formed on Mg alloy substrates during two steps of immersion in solution at 65 °C for
2 minutes followed by post-treatment in a 10 g/L NaOH solution at 80 °C for 4 hours.
The obtained coatings were loose and rough with a mixture of Ca-P and Mg(OH)2
phases. The results confirmed that the level of corrosion protection of coatings strongly
depends on Ca content in the substrate. Coating could form on Mg-5Ca (Ca content in
the substrate was around 5 wt.%) and Mg-3Zn substrates, however, the obtained
coatings were not provided remarkable corrosion protection.

Likewise, Duan et al. [83] reported a formation of multi layers biomimetic Ca-P
coatings on Ti, SS, Co-Cr-Mo, and tantalum (Ta) substrates without using high
supersaturated solution. The coating process consists of multi steps of immersion
samples in SBF solutions, taking out the samples and drying in room temperature. A
crystalline Ca-P coating completely covered the surfaces after several dip and dry
processes which reportedly helped formation of a compact coating layer. Dipping the

sample in supersaturated solution left a wet Ca-P layer on the sample surface. During

28



Chapter 2 Literature Review

the drying step, the solvent gradually evaporated from Ca-P layer, which resulted in
an increase in supersaturation level on the top of samples. This increase in
supersaturation level may assist the nucleation of Ca-P crystals during the next
immersion step and consequently, increase the surface coverage and supported the
subsequent growth of Ca-P coatings due to their similarities in structures and
compositions.

Silva et al. [84] used a different approach for the deposition of biomimetic coating on
bio-inert silicon nitride ceramic in order to improve their bioactivity. Coating process
was done in two steps: first silicon nitride substrate was immersed into sodium silicate
solution at 37 °C for 7 days followed by immersion of substrate into 1.5xSBF solution
at 37 °C for 6 days. As they reported, the successful deposition of a hydroxyapatite
(HA) layer resulted from adsorption of silicates ions on the surface in the first step

which provide a desirable area for nucleation and growth of the HA layer.

2.6.2 Deposited Coatings

Another group of coatings is classified as deposited coatings. This group includes
metallic, inorganic, and organic based coatings. These types of coatings can be applied
by different methods such as electrodeposition, electrophoresis and plasma spray
techniques. Among these coatings, the use of metallic coating on the Mg surface is a
big technological challenge. Since Mg has one of the highest chemical reactivity and
lowest electrode potential in comparison with other metals, it usually acts as an anode
in contact with other metals. Therefore, any damage in the metallic coating layer leads

to galvanic corrosion and a rapid degradation of the Mg substrate [3].
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2.6.2.1 HA and Ca-P Electrodeposited Coatings

HA is a main inorganic constituent of natural bone and can speed up bone growth.
However, due to its poor mechanical strength, it cannot be used in load-bearing
applications [85]; nevertheless, HA could be used as a coating layer in order to
improve biocompatibility of metallic implants [86]. The previous literature indicated
that electrodeposition of HA results in better properties than the chemical conversion
method. However, for electrodeposition, the deposition parameters need to be adjusted
carefully. Moreover, the deposited coating is not always pure due to the presence of
trace amounts of the substrate material that is mixed into the coating. This induces the
formation of new phases in the surface layer [87-92]. Song et al. [87] applied HA
coating on AZ91 by electrodeposition and found that HA layer can decrease the
degradation rate of Mg alloy substrate. The coating morphologies after corrosion also
showed that the HA coating could potentially offer protection to the Mg alloy substrate.
The icorr for the HA coating was reported 3.65*10~° A/cm?, which was almost ten times
lower than that of Mg substrate (2.97*10°* A/cm?). Other research results showed
reduced hydrogen evolution after applying the HA coating [87, 90]. Similarly, Guan
et al. [90] reported that after applying HA coating the corrosion potential (Ecor) of
coated sample was higher in comparison with the uncoated sample, indicating that the
coated sample would be more corrosion resistant. However, in the electrodeposition
method, the release of a hydrogen bubble on the Mg surface creates imperfections in
the coating, resulting in a poor adherence and a non-uniform layer, since the hydrogen
bubbles adhere to the surface and prevent the nucleation and deposition of coating [87,
90, 93]. Some researchers, compared the deposition of Ca-P coatings with pulse and
direct current deposition, and reported that by using the pulse current method the
coated alloy showed higher polarization (Rp) resistance and lower corrosion rate. This
improvement in corrosion resistance can be related to a decrease in anodic dissolution
and a more uniform coating morphology resulting from the pulse current method [94,

95].
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Kannan et al. [96] used potentiostatic pulse-potential and constant-potential methods
for deposition of Ca-P on AZ91 substrate in order to improve substrate’s corrosion
performance. The obtained coating from the pulse-potential deposition method
showed better corrosion resistance (around 3 times improvement in Rp) compared to
the obtained coating from constant-potential deposition method. The better
performance of a pulse-potential deposited coating resulted from compact surface
morphology of Ca-P coating, even though, the coating thickness was lower for this
coating (7 um) compared to a deposited coating by the constant-potential method

(12 pm).

Similarly, Qin et al. [97] deposited a silicon (Si) doped Ca-P coating on AZ31 substrate
by the pulse electrodeposition method in an attempt to enhance bioactivity, corrosion
performance and osseointegration of substrate. It was believed that an inadequate Si
amount in the body decreases osteoblast formation and influences the rate of bone
repair. An incorporation of Si into the Ca-P coating resulted in a higher osteogenic
activity, osteoblast differentiation as well as a higher apatite layer formation which
confirmed its better bioactivity. Moreover, the obtained coatings could improve the
corrosion performance of the Mg substrate approximately ten fold (icorr OF the coating:

1.51 * 10”8 A/cm?, icorr OF the bare substrate 7.42 * 10~ ° A/lcm?).

Apart from that, Kannan et al. [98] investigated the effect of adding a polylactic acid
(PLA) polymer layer on top of Ca-P deposited coating in attempt to control the coating
porosity and the corrosion performance, since the porosity is a major problem in
electrodeposition of the Ca-P coating on Mg substrate due to hydrogen evolution. The
results showed adding a polymer layer can enhance Rp of Ca-P coating to one order
of magnitude. However, while the bare alloy and Ca-P coating alloy exhibited patches
of localized degradation, there was no evidence of a localized attack on the alloy with

the polymer top layer.
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Roy et al. [95] also deposited thick porous Ca-P and Si-Ca-P coatings on the Mg
surface with sol-gel method, but the degradation results did not show any significant
improvement in corrosion resistance due to the coating’s porous nature as well as
presence of cracks in the coating layer. However, their cytocompatibility studies on
coated and uncoated samples confirmed that bioactivity of Mg substrate improved

after applying the coating.

Apart from that, Jo et al. [99] deposited a double layers HA/MgF. coating with an
aerosol deposition method on the Mg substrate in order to increase the coating
adhesion and reduce the corrosion rate. The MgF. layer was used as a bi-layer in their
study. Based on their observation, double layers of a HA/MgF2 coating significantly
improved the corrosion resistance. The Mg?* ion released during the immersion test
after 70 hours for uncoated Mg was reported 350 ppm, while in the case of coated
substrate it decreased to 100 ppm. In addition, the coating adhesion was reported

around 25 MPa that fulfilled the coating material requirement.

Likewise, Alabbasi et al. [100] reported a deposition of a two layer corrosion
protective coating (with total thickness of 37+4 um) on Mg substrate. The coating
composed of a layer of rough silicate-based coating which followed by deposition of
a smooth Ca-P layer by electrodeposition method. According to their report, the
obtained coating significantly enhanced the substrate corrosion performance. Two-
order of magnitudes increase in Rp and a remarkable decrease in icor (~96%) was

observed.

Grubac et al. [101] deposited HA coating on AZ91D in two steps: first a deposition of
a calcium hydrogen phosphate (CaHPO4) layer with a constant potential
electrodeposition method (voltage: -1.90 V to -2.10 V), followed by a conversion of
CaHPO4 layer to HA through alkaline treatment. The deposited coating decreased icorr

of substrate from 32 pA/cm?to 4 pA/cm? in Hanks’ solution; the increase in corrosion
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performance was depended on deposition voltage and increased by increasing cathodic

potential and deposition time.

Ren etal. [102] reported a simple method for deposition of a uniform calcium deficient
hydroxyapatite (CDHA) coating on AZ31 substrate in a short period of time (less than
10 min in two steps) by using a microwave assisted coating technology layer. However,

the decrease in corrosion rate was not significant.

2.6.2.2 Organic Coatings

Organic coatings (as a part of the deposited coatings class) are very attractive for
biomedical applications because they offer great flexibility in the chemical functional
groups that can be combined on the implant surface (to control tissue-implant
interactions). Additionally, the polymer coatings have mechanical properties that are
comparable to soft biological tissues. The relative ease of processing is another reason
for the extensive interest in organic thin films. Moreover, these coatings are attractive

as they can offer drug delivery capability [3, 103, 104].

For example, Xu et al. [6] used biodegradable PLA and polycaprolactone (PCL)
polymer film to modify the surface of Mg and reported that the polymer films can
significantly improve the cytocompatibility and decrease Mg?* release during the cell
culture tests. The decrease in Mg?* release is an indication that the corrosion resistance
of Mg substrate is enhanced by applying the different organic films. Other researchers
reported that by applying chitosan coating on Mg alloy the corrosion resistance
increased and higher volumes of new bone growth were observed on the polymer-
coated samples [105, 106]. Thicker coatings may improve corrosion resistance; such
as increasing thickness of PLA organic film which increases the polarization resistance.
However, increasing the coating thickness also showed a deleterious effect on the

coating adhesion [107]. Cai et al. [108] fabricated a multilayer organic coating by
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using a layer-by-layer method. The cytocompatible multilayer coating increased the

Rp of AZ31 magnesium substrate by 3.45 times

In the same way, Abdal-hay et al. [61] deposited polyvinyl acetate (PVA) on the
AMS50 magnesium substrate by using different solvents. Based on their observations,
the solvent type has a significant effect on the coating porosity, and therefore, coating
performance. The presence of porosity in the PVA film improved the cell attachment
in cell culture test. However, the corrosion rate increased after applying the PVA
coating due to the porous coating morphology. On the other hand, in vitro degradation
testing of PLA coating on AZ91 magnesium alloy using the spin coating method

proved to be beneficial for enhancing the degradation resistance of the alloy [61, 105].

Likewise, Wong et al. [105] reported deposition of layer-by-layer PCL and
dichloromethane coating on Mg substrate by a spraying method, the obtained coating
had a porous nature mainly due to the process of phase separation and solvent
evaporation during the drying process, although, this porous layer could reduce the

substrate degradation rate without showing any toxicity and any inflammation effect.

Similarly, Oosterbeek et al. [109] deposited a PLA polymer and ceramic-polymer
composite coatings on a Mg substrate with a combination of biomimetic and dip
coating methods. The obtained coating did not show remarkable corrosion protection
due to the presence of porosity and cracks in the coating. Moreover, ceramic-polymer
composite coatings showed lower adhesion strength to the substrate compared to the
PLA coating resulted from poor bonding between the ceramic layer and the Mg
substrate. This reduced the coating’s adhesion strength which leads to earlier coating

cracking during the corrosion test, demonstrating poorer performance of the coating.
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2.6.2.3 Composite Coatings

The main issues for HA coatings are their brittleness and low adhesive strength
between the coatings and substrates that lead to early failure of the bone-implant
interface. Composites can be formed by the combination of HA and bioresorbable
polymers that can be an effective method to overcome the HA mechanical problems
[103, 110-116]. In addition, human bone is a composite of HA and collagen. From the
viewpoint of bionics, if the composition and structure of implants are similar to the
human bone, it will be favorable for cells to adhere and proliferate to the bone. These
composites usually have weak mechanical properties; accordingly, they cannot be used
in load bearing application. However, composites such as HA/collagen can be used as
coating for metals substrate. In this case, the presence of collagen in the HA/collagen
composite coating increases the metals-implant biocompatibility in comparison with
HA coating [112, 115, 117, 118]. Shi et al. [119] coated AZ80 magnesium alloy with
a MAO/Ca-P layer in two steps: first development of MAO layer followed by
electrodeposition of Ca-P layer. They reported a decrease in hydrogen evolution rate
from 0.07 ml/cm?/day for uncoated substrate to 0.01 ml/cm?/day for the coated sample,
indicating that MAO/Ca-P layer can decrease the corrosion rate. Also, Zhang et al.
[120] worked on HA/stearic acid composite coating by using the combination of
electrodeposition and solution methods. The resulting coating was porous, although
according to Electrochemical Impedance Spectroscopy (EIS) results, the coating
showed higher corrosion resistance compared to the bare substrate. They suggested

this porous coating might improve the growth of osseous tissue.

Likewise, Li et al. [121] applied a layer of PCL coating on MAO pre-treated Mg
substrate, in attempt to seal the porous structure of MAO and improve the corrosion
performance. According to their results MAO layer could not provide sufficient
corrosion protection for Mg substrate due to the porous nature, however, applying a

layer of PCL with dip coating method on MAO layer (PCL thickness: 9 pm) could

35



Chapter 2 Literature Review

decrease the icor Of MAO coated substrate from 1.14 pA/cm? to 0.0045 puA/cm?.
Although deposition of a relatively thin PCL layer (600 nm) did not have significant

effect of corrosion performance (icor: 0.81 pA/cm?).

lan et al. [122] reported deposition of a composite coating of poly(lactic-co-glycolic
acid) (PLGA) and nanostructured hydroxyapatite (nHA) [nHA/PLGA coating] on Mg
substrate using the spin coating method in order to control its corrosion rate. Pure
PLGA coating was used as control as well. The results showed that corrosion
performance of Mg substrate (icorr: 4.71*10°3 A/cm?) was relatively improved after
applying PLGA (icor: 9.17*10* A/cm?) and nHA/PLGA coatings (icorr: 8.23*107
Alcm?). However, the coating layers showed a delamination from the Mg substrate

during an immersion in a SBF solution, resulted from a release of H. gas.

For comparison a summary of different common coatings for surface modification of

magnesium is reported in Table 2-1.
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Table 2-1. A summary of common surface modification for magnesium substrate

Substrate Coating Coating method Results Ref.
) Coating reduced the corrosion rate of substrate; Coating aided in retaining the mechanical
AZ91 Polycaprolactone | Spraying ] ) o [105]
strength of the substrate; Coating showed good biocompatibility
AZ91D HA Electrodeposition Improve the biodegradation rate; Parts of the flake-like HA coating were dissolved into SBF [87, 123, 124]
AZ31 Ca-P Biomimetic Coating improved the corrosion resistance [23, 30, 33, 125]
) ) Improved the corrosion resistance of the substrate ;Coating showed good bioactivity
Mg-Zn-Ca MgO/HA Micro arc /electrochemical ) o o ] [113]
Coating decreased the loss of mechanical integrity in SBF solution
) o Coatings improved the corrosion resistance; coating not supported cell growth;
Pure Mg MgO Micro arc /Anodizing ] o ) ) ) ] [126]
The biocompatibility improved by a series of post surface treatments in cell-culturing medium
) ) Coating improved the corrosion resistance of substrate; Increase in coating thickness decreased
AZ91 PLA Spin coating ) ) ) ) o ) ) [107]
the adhesion; Coatings degradation resistance decreased with increase in SBF exposure time
] . Interfacial reaction between the polymer and the substrate improved the coating to substrate
AZ31 MgF2/PAN Dip coating ) ) ) [32]
adhesion; coating decreased the corrosion rate
) ) - Coating enhanced corrosion resistance; Coating reduced haemolysis
Mg-Nd-Zn-Zr | Brushite Chemical deposition . . o [127]
Coating produced less gas; Coating showed good surface bioactivity
Mg-Zn-RE Ti-O/HA Sputtering Coating improved the corrosion resistance [128]
The corrosion rate increased because of the galvanic effect between the Zn rich surface
Mg Zinc lon implantation [129]

and magnesium

37




Chapter 2 Literature Review

2.7 Summary

Up to date different types of coatings such as anodizing, electrodeposition, fluoride
conversion and biomimetic coatings have been used to control the corrosion of Mg
alloys. Based on a literature survey, a wide range of coatings on Mg and Mg alloys
can increase the corrosion resistance. However, the problem is that different research
groups performed their experiment under different conditions including the use of a
different deposition solution or using different deposition parameters selection.
Therefore, their results are not comparable. Generally in vitro and in vivo tests have
indicated that most of the coatings improved the corrosion performance of Mg
substrate at a different level. However, the control of phases and the formation of
cracks is still unsatisfactory. For example, biomimetic and anodized coatings are

reportedly rather permeable and exhibited many cracks [3, 11].

On the other hand, a relatively thin and dense coating can be made of MgF. as a
conversion coating, but it gradually dissolves when the sample is transferred to
fluoride-free solutions precluding long-term protection [3, 11].

An issue that is normally neglected is for coated samples corrosion may start at defects
present in the coating, and therefore, it is non-uniform in nature and flaking of coating
could take place. Moreover, most studies did not investigate the coating adhesion to
substrate or only focused on corrosion analysis.

Thus, no suitable coating seems to exist for Mg implant application and there is a need
for a novel coating that is dense and able to provide superior corrosion protection. In
addition, the coating must be biodegradable and biocompatible as the biological
response of implant materials strongly depends on the implant’s surface properties,
since interactions between the cells and biomaterials takes place at the tissue-implant
interface [61]. In order to obtain a denser and fault-free protective layer on Mg, it

would be necessary to prepare the layer in such a way that any porosity would be
38



Chapter 2 Literature Review

healed during the coating process. It was expected that a process that gradually grows
the coating material may fulfill this requirement. Such a known process is
hydrothermal growth of particles that increases the size of crystals gradually until
either overlap of crystals, or exhaustion of ions to build the crystals, is reached. Surface
modification of Mg alloy by hydrothermally deposited coatings is the main objective

of the current work, which will be discussed in detail in the next chapters.
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This chapter describes the hydrothermal method for deposition of inorganic coatings,
composite coatings as well as anti-infective coatings. Moreover, characterization
methods for deposited coating layers in terms of surface properties, corrosion and

mechanical performance are also summarized in this chapter.

3.1 Materials and Methods

3.1.1 Materials

AZ31 magnesium alloy was used as substrate for the coating process allowing
comparison with previous literature reports. Disks were prepared with 25 mm diameter
and 2 mm thickness using commercial AZ31 rod. The nominal chemical composition
of AZ31 is listed in Table 3-1. Prior to the coating process, an AZ31 substrate was
prepared up to 2400 with grit abrasive paper, and then ultrasonically cleaned in acetone

for 20 minutes.

Table 3-1. Chemical composition of AZ31

Ingredient Weight %
Magnesium (Mg) 94.8-97
Aluminium (Al) 2.4-3.6
Zinc (Zn) 0.5-1.5
Manganese (Mn) 0.02-0.1

Moreover, in the current work the possibility of deposition of Ca-P inorganic coatings
on Al free Mg alloy substrates was also checked. For this purpose a hydrothermal

deposition process was done on WE54 (chemical composition: 4.75-5.5 wt.% Y; 1.5-
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2 wt.% Neodymium; 1-2 wt.% Rare Earths and 0.4 wt.% Zr) and Mg-Ca alloys for

comparison purposes too.

For the hydrothermal process, calcium nitrate [Ca(NO3)2] with 99.98% purity and
ammonium dihydrogen phosphate (NH4H2PO4) with 98% purity were obtained from
Alfa Aesar. Sodium carboxymethyl cellulose (SCMC) with molecular weight 700,000
units (degree of substitution: 0.9) and polyacrylic acid (PAA) with molecular weight
450000 units were used in this study due to their biocompatibility and biodegradability.

PAA and SCMC polymers were purchased from Sigma-Aldrich.

3.1.2 Deposition Methods

3.1.2.1 Deposition Process of Ca-P and Ca-P/Polymer Coatings

In order to deposit a Ca-P coating on the AZ31 magnesium substrate, hydrothermal
processes were used. A solution containing of NH4H2PO4 (0.06 M) and Ca(NOs):2
(0.1M) was prepared. The pH of solution was adjusted to 3.9-4.0 by using ammonia,
the AZ31 samples were sealed in the autoclave with the deposition solution and heated
in an electric oven at varied temperatures (100 °C, 130 °C, 160 °C and 190 °C) for 3
hours (Note: Under some conditions, Mg may corrode in the autoclave, potentially
generating hydrogen gas that may increase the pressure significantly. Such potential
pressure increase and the pressure rating of the autoclave should be taken into account
for safe operation of autoclave.). The samples henceforth were named as HE100 °C-
3hr, HE130 °C-3hr, HE160 °C-3hr and HE190 °C-3hr, respectively. For the 190 °C

deposition temperature, heating durations of 1 and 2 hours were used as well.

Moreover, a hydrothermal deposition process was performed on WE54 and Mg-Ca
substrates at 160 °C for 3 hours as well, and samples henceforth were named as WE54

substrate and MgCa substrate respectively.
44


https://www.google.com.sg/search?hl=en&biw=1280&bih=802&q=calcium+nitrate+alfa+aesar&spell=1&sa=X&ei=NjpUUdLeNMfsrAf82YHgDA&ved=0CCwQvwUoAA

Chapter 3 Experimental Procedures

In the next step hydrothermal process was used for deposition of Ca-P/PAA and Ca-
P/SCMC composite coatings which were denoted as HEPAA and HESCMS composite
coatings from now on respectively. For the hydrothermal deposition process first, a
stock solution of Ca(NO3)2 (0.1M) and a stock solution of NHsH2PO4 (0.06 M) were
prepared, then different amount of PAA (0.1, 0.2, 0.3, 0.4, 0.5 and 0.6 wt.%) was fully
dissolved in 100 ml of NH4H2PQOj4 stock solution. A further 100 ml of Ca(NO3)2 stock
solution was added to the first solution (NH4H2PO4 + PAA) and the pH was adjusted
to 3.9-4.0. Next, AZ31 samples were sealed in the autoclave with the deposition
solution and heated in an electric oven at 160 °C for 3 hours. The samples henceforth
were named as HEPAA(0.1%), HEPAA(0.2%), HEPAA(0.3%), HEPAA(0.4%),
HEPAA(0.5%) and HEPAA(0.6%) respectively.

The same procedure was repeated for SCMC by replacing PAA with SCMS and
samples were named as HESCMC (0.1%), HESCMC(0.2%), HESCMC(0.3%),
HESCMC(0.4%), HESCMC(0.5%), and HESCMC(0.6%) respectively.

3.1.2.2 Deposition of Anti-infective Coating with Incorporation of
Antibiotic
Anti-infective coatings with a local drug delivery ability could be prepared by
incorporating the antibiotics into the coating. One of the effective and widely used
antibiotics is tetracycline (TCH). TCH is well known to have a binding affinity to the

bone and could prevent biofilm formation and consequently infection.

In this work, different concentrations of TCH were incorporated into inorganic and
composite coatings [Ca-P and HEPAA(0.2%) coatings were hydrothermally prepared
before antibiotic’s incorporation] by means of the electrophoretic deposition (EPD)

method.
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The processes of TCH incorporation in the coatings are summarized below:

Two solutions were used in order to incorporate TCH into hydrothermally pre-coated

samples:

1- A solution of SCMS polymer (0.2% w/V)
2- A solution of SCMS + TCH (5mg/ml)

Incorporation of TCH into the coating was done in 3 steps:

1- Deposition of a layer of SCMS/TCH for 2 minutes at 10 Volts by means of EPD on
the hydrothermally pre-deposited coatings; followed by drying in room temperature

for 15 minutes.

2- Deposition of an intermediate layer of SCMS polymer for 2 minutes at 10 Volts by
EPD, followed by drying in room temperature for 15 minutes (this intermediate layer

was applied to control the drug’s release profile).

3- Deposition of a layer of SCMS/TCH for 2 minutes at 10 Volts by EPD followed by

drying in room temperature for 15 minutes.

In the case of HEPAA, TCH was incorporated in other concentrations as well (2.5 and

10 mg/ml).

3.2 Characterization of Coatings

3.2.1 X-Ray Diffractometer (XRD) Analysis

The surface phases of the coated samples were characterized by XRD (XRD,
Panalytical Empyrean, DY2t), by using Cu-Kal radiation (wavelength A= 1.5406 A).
The diffraction patterns were collected in the 20 range 10°-80°, with a step size of

0.02°. Scanning rate was 0.5°/min.
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3.2.2 Surface Morphology Observation

The surface morphology and the chemical compositions of samples were analyzed by
means of scanning electron microscopy (JEOL JSM 5600 SEM) with an EDS (INCA

system, Oxford Instruments, UK).

3.2.3 Fourier Transform Infrared Spectroscopy (FTIR) Measurement

FTIR (VERTEX 80V) measurements were carried out to verify the deposition of Ca-
P coatings. First, the coating layer was carefully scraped from the AZ31 substrate, and
then mixed with potassium bromide (KBr) powder in 1:50 weight ratio, and then the
mixture was compressed into a disc for characterization. Analyses were performed in

the 400 to 4000 cm™ wave number range.

3.2.4 Raman Scattering Measurement

The Raman scattering measurements were performed using a Raman microprobe
instrument (RENISHAW-in Via Raman Microscope) in order to investigate the
deposition mechanism of coating during hydrothermal process. Raman spectra were
collected over the frequency range 100-1500 cm™ with 1 cm™ spectral resolution. The
488 nm line of an Ar™ laser was used as excitation source. Raman measurements were
done through the coating cross section. For this purpose, samples were cold mounted
and after cutting the samples the cross section were prepared with up to 4000 grit

abrasive paper, and mechanically polished up to 0.5 micron using alumina slurry.
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3.2.5 Coatings Degradation Evaluation

3.25.1 Immersion Tests and Mg lons Release Measurements

Immersion tests were conducted in simulated body fluid (SBF) standard solution
according to a reported procedure [130] at pH 7.2-7.4 for up to 28 days in order to
assess the early corrosion performance of the coated and uncoated substrates. After
each immersion period samples take out from SBF solution and the mass loss was

measured.

Mg?* ions release from the substrate was measured using an inductively coupled
plasma atomic emission spectrometer (ICP-MS7700, Agilent). After each immersion
period, 5 ml of solution was analyzed in order to determine the Mg*? release from the

bare and coated samples.

3.2.5.2 Electrochemical Tests

The electrochemical behavior of uncoated and coated samples was investigated by a
potentiodynamic polarization test using a Solartron potentiostat (Model SI 1287)
conducted in SBF solution. For the electrochemical tests, a three-electrode cell was
used with the sample as working electrode, saturated calomel electrode (SCE (sat.
KCI)) was used as the reference, and graphite as the counter electrode. An area of 1
cm? of the working electrode was exposed to the solution. A 1 mV/s scanning rate was
applied during the potentiodynamic polarization test. Prior to the polarization test,

samples were equilibrated in SBF solution for 30 minutes.

An EIS test was performed in order to investigate the corrosion behavior of coatings

in SBF solution using a Solartron potentiostat (Model SI 1260). The EIS tests were
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conducted at the open circuit potential (OCP) in the frequency range of 100 kHz to 10

mHz using 10 mV amplitude of signal’s perturbation.

It is worth noting that the electrochemical techniques are widely used for the
evaluation of the corrosion of Mg alloys because it is a quick and easy technique. The
Tafel extrapolation method is essentially an instantaneous technique, which provides
a measurement of the corrosion rate at a particular time over which the measurement
was carried out. In contrast, the weight loss measurement evaluates the corrosion rate
as an average value over the exposure period. Possible issues with the Tafel
extrapolation method for Mg alloys are that the corroding area (or topography) is
different during immersion test and measurement of the polarization curve. Thus short-
term tests may provide measurements that do not agree with long-term tests. An
important issue is, thus, that the short-term tests do not provide adequate prediction of
long-term behavior [131].

The most beneficial aspect of a polarization test is that it allows quantification of the
relative rates of the anodic and cathodic reaction over a range of potentials, while
weight loss experiments do not reveal the mechanisms involved in the corrosion

process [132].

3.2.6 Mechanical Performance Measurements

3.2.6.1 Compression Test

In order to evaluate the degradation of mechanical integrity of uncoated and coated
specimens after various immersion periods in SBF solution due to corrosion,
cylindrical samples with 15 mm height and 10 mm diameter were used and tested via
a compression test. After each immersion period, samples were removed from SBF

solution and their compressive strength was measured using Instron 5569 testing
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machine using 1 mm/min crosshead speed. The displacement speed was controlled

with an Instron machine.

3.2.6.2 Pull Off Adhesion Test

Adhesive strength between the coating layer and AZ31 substrate was evaluated based
on I1SO 13779-4 test method. Coating adhesion strength was determined by applying
a uniaxial tensile load to a cylindrical test assembly composed of one coated specimen
bonded to an uncoated component. The tests were carried out by using Instron 5569

testing machine at a crosshead speed of 1 mm/min.

3.2.6.3 Nano-indentation Measurement
For characterizing the mechanical response, nano-indentation experiments were
conducted using a Berkovich diamond indenter (Hysitron). A maximum load of up to

4000 N was used.

3.2.6.4 Scratch Test
A scratch test was performed using a micro scratch tester (CETR multifunction
tribometer), by applying a constant increasing force from 0 to 1500 g to the sample. A
diamond indenter with the point radius of 200 um was used. The scratch speed was 5

mm/min, and the scan length was 6 mm.
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3.2.7 Contact Angle Measurement

Contact angle measurements were carried out using a VCA Optima (VCA-2500XE,
AST products, Inc.) Contact Angle System using ultrapure water at room temperature.
The volume of the water drop was 0.5 ul and the measurements were repeated three

times.

3.2.8 Thermo-Gravimetric Analysis (TGA)

The polymer loading in the coating structure was determined by means of TGA (TGA
Q500). First, the coating layer was carefully scraped from the AZ31 substrate and
powders were heated in nitrogen atmosphere from 20 °C to 600 °C, then the gas was
switched to air for continued heating from 600 °C to 950 °C at a heating rate 10 °C/min.
The mass of composite coating during heating was recorded as a function of time and

temperature. The mass loss of inorganic Ca-P coating was measured as the control.

3.2.9 In Vitro Tests

The in vitro tests were done by means of direct and indirect tests in order to analyze
the cell-coating interactions as well as coatings biocompatibility. Cell morphology
observation was used for the direct test. For the indirect test, cell viability was used to
assess the cytotoxicity of bare and coated samples. The MG63 (human osteosarcoma)
cell line was obtained from American Type Culture Collection (ATCC, Rockville, MD)
and cultured in a standard culture medium containing Eagle's Minimum Essential
Medium (EMEM, Sigma-Aldrich) supplemented with 10% fetal calf serum (FCS,
Sigma Aldrich) and 1% penicillin/streptomycin (Sigma-Aldrich) at 37 °C in a
humidified atmosphere of 5% CO..
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3.2.9.1 Direct In Vitro Test

For the direct test, samples (1x1cm?) were UV sterilized for one hour prior to the test.
Samples were placed in 24 wells and 2 ml complete culture medium including 10°
cells/ml (3 samples for each group was used) were added to each well and cultured for
1 and 7 days. On day 1 and 7, samples were taken out, rinsed twice with sterile
phosphate buffered saline (PBS) solution and fixed with 4% formaldehyde solution

and freeze dried. Cell morphology was observed under SEM.

3.2.9.2 Indirect In Vitro Test (Cell Viability Measurement by Extract

Assay)

Bare substrate, inorganic and composite coatings were immersed in culture medium
with the sample surface exposed to the culture medium at 1ml/lcm? level and
incubated at 37 °C at 5% COg for 3 days. After 3 days, supernatant fluids (extracts)
were collected and stored at 4 °C prior to the cytotoxicity test.

MG63 cells at density of 1.2*102% cells were cultured on a 96 well culture plate and
incubated for 1 and 7 days for cytotoxicity test. After each incubation time, cell
viabilities were measured by MTS assay [3-(4,5-dimethylthiazol-2-yl)-5-(3-
carboxymethoxyphenyl)-2-(4-sulfophenyl)-2H-tetra-zolium] according to company
instructions (Promega). Briefly, a MTS working solution was prepared by mixing 1
part of MTS reagent and 4 parts of culture media. Cells were incubated with the
working solution for 3 hours in an incubator and absorbance of the product solution
was measured by a microplate reader (Tecan Ultra Evolution) at a wavelength of 492
nm. The cell viabilities of the test media (mean * SD, in %) were calculated relative

to negative control (fresh culture medium).
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3.2.10 Drug Release Measurements and Antibacterial Test

The effect of antibiotic’s incorporation into anti-infective coatings on the viable counts
of gram positive S. aureus bacteria (ATCC 25923) was investigated by conducting
agar disk diffusion tests, in order to evaluate the antibacterial activity of the coatings
according to literature [133]. Prior to the study, coatings were sterilized by UV
treatment for 45 min each side. Four samples of each series were immersed at 37 °C in
PBS solution at pH 7.4 for 10 days. The sample surface area to solution ratio was
1cm?/5ml. At pre-determined time intervals (1, 3, 7 an d 10 days) aliquots (5 pl) of
each series were removed and applied to paper discs and placed on the surface of
Mueller—Hinton agar plates seeded with S. aureus through a modification of the agar
disk diffusion method of CLSI (CLSI 2010) [The bacterial cells were incubated
overnight and the solution was then diluted to an optical density OD600 (optical
density of a sample measured at a wavelength of 600 nm) of 0.01. After that 50 pl
diluted bacteria solution were inoculated on Mueller-Hinton agar plates.]. After 24
hours of incubation at 37 °C agar plates were checked and the size of inhibition zone

was measured.

The release of TCH from the coatings into the PBS solution was measured using the

Ultraviolet-visible spectroscopy (UV-Vis) at 360 nm over a period of 10 days.
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4.1 Introduction

For practical application of Mg as an implant material, there is a need for a novel
coating that is dense and able to provide superior corrosion protection. In order to
obtain a denser and protective layer on the Mg substrate, it would be necessary to
prepare the coating in such a way that any porosity would be healed during the coating
process. It was expected that a process that gradually grows the coating material may
fulfill this requirement. Such a known process is hydrothermal growth of particles that
increase the size of crystals gradually until either overlap of the crystals or exhaustion
of ions to build the crystals is reached. Producing Ca-P crystals by hydrothermal
process has a successful history [134-138]. However, there are not many publications
on the deposition of Ca-P crystals directly on metal substrates. Liu et al. [139] reported
deposition of a fairly uniform crystalline hydroxyapatite (HA) layer on metal
substrates such as Ti, Al, copper (Cu) and SS by seeded hydrothermal deposition
method. The process was done in two steps, first, deposition of a seed layer by means
of an electrochemical method, followed by a hydrothermal process. Successful
deposition resulted from deposition of a primary seed layer. However, corrosion
performance of the obtained coating were not investigated. Similarly, Onoki et al. [140,
141] used a double layered capsule hydrothermal hot-pressing technique for
developing HA coating on Ti and Mg substrates with good adhesion properties (4-5.5
MPa). Hiromoto et al. [142] used hydrothermal method to deposit HA and octacalcium
phosphate in a wide range of pH conditions, although the improvement in corrosion
performance was not remarkable (ten-fold improvement in corrosion rate of substrate),

due to the presence of porosity in the coating structure.

Apart from this, formation of a Mg(OH)2 layer as a corrosion protective layer by means
of hydrothermal process for surface modification of a Mg substrate was investigated

by different researchers [66, 143, 144]. Although a Mg(OH). layer can improve the
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corrosion performance of Mg substrate, it is not preferred in biomedical applications
unlike the biodegradable and biocompatible Ca-P coatings. Additionally, since the aim
of surface modification of Mg is to delay the degradation of Mg only for a specific
period of time until bone healing takes place, therefore, coating solubility is a critical
factor. Thus, other resorbable Ca-P phases like monetite or tricalcium phosphate are
more suitable for surface modification of Mg compared to a HA phase, due to their
higher solubility and resorption rate [145-147]. Hence, a hydrothermal method is
reported here that is able to produce dense, adherent and biodegradable coatings over
a large surface area (the sample surface area is depended on the autoclave size. In this
experiment a total surface area of 16 cm? could be coated in one run) of Mg substrate
even with irregular substrate geometry. In this chapter the feasibility of deposition of
inorganic Ca-P (in sections 4.2) and Ca-P/Polymer composite coatings (in section 4.3)

on AZ31 magnesium substrate will be discussed.

4.2 Deposition of Inorganic Ca-P Coating

The successful deposition of Ca-P layer on the AZ31 substrate during a hydrothermal
process resulted from an increase in the solution’s supersaturation. Increasing the
temperature reduced Ca-P salt solubility and consequently the solution becomes
supersaturated resulting in Ca-P mineral deposition. Fig.4-1 shows a photograph of
hydrothermally deposited coatings on AZ31 substrate. From Fig.4-1 it is clear that the
Ca-P coating successfully deposited on AZ31 substrate and fully covered the substrate.

The surface morphology of the coatings will be discussed in the next section.

Increasing the deposition temperature resulted in color changes in deposited coatings.
Coating’s color was changed from gray to white by increasing deposition temperature
from 100 °C to 190 °C, which might be due to the change in the coating’s chemical

composition. This aspect will be discussed in more details in the next sections.
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Moreover, the deposition of Ca-P coating was successful for other Mg substrates

(WE45 and MgCa) as well regardless of substrate chemical composition as shown in

Fig.4-2.

Figure 4-1. Photographs of hydrothermally deposited coatings: a) HE100 °C-3hr, b) HE130 °C-
3hr, ¢) HE160 °C-3hr and d) HE190 °C-3hr
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Figure 4-2. Photographs of: a) Ca-P coating on WE54 and b) Ca-P coating on MgCa substrate

4.2.1 Structure and Chemical Composition of Coatings

4.2.1.1 XRD and FTIR Studies of Deposited Ca-P Layer

XRD analysis indicated that the deposited Ca-P coatings were a mixture of monetite
(CaHPOg), tricalcium phosphate with a small amount of Mg substitution
(Ca286Mgo.14(PO4)2, also known as whitlockite), and calcium pyrophosphate (Ca2P.07)
phases as shown in Fig.4-3. XRD analysis confirmed that by changing the deposition
temperature coating’s composition varied from a monetite phase, to a mixture of

monetite and whitlockite phases.

At 100 °C and 130 °C deposition temperatures, the coating composed of a monetite
phase. In XRD pattern the peak at 20 =13.08° is a characteristic of the monetite phase.
The XRD patterns showed diffraction peaks with minimal line broadening and high
intensity confirming the presence of the crystalline phases. The stronger diffraction
peak at the [112] direction can be ascribed to the preferential growth in [112]

orientation. Further increase in deposition temperature resulted in coatings
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compositional changes. By increasing the temperature from 130 °C to 190 °C,
whitlockite and calcium pyrophosphate peaks appeared in the XRD patterns. For the
sample coated at 190 °C, the peak intensities of the whitlockite phase increased while

the monetite peak height decreased slightly.

The XRD pattern of Ca-P coating deposited at 190 °C is given in Fig.4-4. For the
coating deposited at 190 °C-1hr, the coating composition was a mixture of monetite
and whitlockite. By increasing the deposition time to 2 and 3 hours the peak intensity
of whitlockite phase increased significantly. A schematic of crystal structures of
monetite and tricalcium phosphate phases is shown in Fig.4-5. Monetite has a triclinic
structure (a: 6.91, b: 6.62, c: 6.99; a: 96.34, B: 103.82 and y: 88.33) while whitlockite

has a rhombohedral structure (a = b: 10.40 and c: 37.316).
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Figure 4-3. X-ray diffraction pattern of coated samples at different temperatures
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Figure 4-4. X-ray diffraction pattern of coated samples at 190 °C for different deposition time
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Figure 4-5. Schematic of crystal structure of: a) monetite phase and b) whitlockite phase

The FTIR spectra for Ca-P coating layers deposited at different temperatures, Ca-P
coating layers deposited at 190 °C for different deposition times and FTIR spectra for

Ca-P coating deposited on different Mg substrates are given in Fig.4-6 to Fig.4-8
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respectively. They show all the vibration bands corresponding to P-O stretching, P-
O(H) stretching, O-P-O(H) and O-P-O in the range of 400-1400 cm™. These bands are
characteristics for monetite structure [148, 149]. The peaks at 960 cm™ and 1087 cm™
were assigned to P-O-P band in calcium pyrophosphate structure [150]. The peaks at
443 cm?, 548 cm™?, 605 cm™*and 1127 cm™ represent the vibrational band of PO4* in
tricalcium phosphate structure. The observed bands were in general agreement with
the literature [151, 152]. The vibrational bands are summarized in Table 4-1. These
results agree well with analysis obtained from X-ray diffraction data, which confirmed
the formation of monetite and tricalcium phosphate phases under acidic conditions

during hydrothermal process.

The chemical composition of deposited Ca-P coating on different Mg substrates was
similar and composed of monetite phase which was confirmed by FTIR analysis
(Fig.4-8). This is confirmed that for different Mg alloy substrates deposition of Ca-P
was mainly controlled by deposition temperature and deposition solution’s pH.

Therefore, the rest of the project was carried out on AZ31 substrate.

Table 4-1. FTIR bands for the Ca-P coatings

Wave number (cm™) Assignment Structure

421 O-P-O Monetite

528 P-O bending mode Monetite

577 O-P-O(H) Monetite

888 P-O(H) stretching Monetite

992 P-O stretching Monetite

1016 P-O Monetite

1065 P-O stretching Monetite

1131 P-O stretching Monetite

1392 P-O-H in plane bending Monetite

960 v P-O-P asymmetric Calcium pyro phosphate
1087 v P-O-P asymmetric Calcium pyro phosphate
433 PO4* Tricalcium phosphate
553 PO4* Tricalcium phosphate
605 PO4* Tricalcium phosphate
1127 PO4* Tricalcium phosphate
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Figure 4-6. FTIR spectra for coating deposited at different deposition temperature
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Figure 4-7. FTIR spectra for coating deposited at 190 °C for different deposition time
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Figure 4-8. FTIR spectrum of deposited Ca-P layer on different Mg alloy substrate

4.2.1.2 Surface Morphology Studies of Deposited Coatings

Figure.4-9 shows the morphologies of Ca-P coatings obtained from the hydrothermal
process. The coating’s morphologies are quite compact, and the crystals clearly show
the triclinic structure. The coated sample at 100 °C deposition temperature clearly
showed a two layer coating, the under layer is nodular like and the top layer showed a
plate like morphology. By increasing the temperature, the gap size between crystals
decreased and the coating became denser. The amount of deposited Ca-P and the size
of crystals increased significantly with increase in the deposition temperature. The
solubility of Ca-P decreases with increasing temperature, consequently, a higher
amount of Ca-P is deposited on the substrate. Additionally, diffusion rate of ions
increases by increasing the deposition temperature, hence the reactants move to the
substrate more readily accelerating crystal growth to larger dimensions [139]. During

the hydrothermal process, the deposition solution (pH: 3.9-4.0) etches the Mg substrate
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and forms a rough metal surface as seen on the substrate after removing the coating

layer which may act as nucleation sites for Ca-P deposition and growth.

X 5,000 5.0V SET SEM WD 5. 7Twmm

Bm
¥ 5,000 5.0kV SEY SEM WD S.7mm

Figure 4-9. SEM micrographs of coatings: a) HE100 °C-3hr, b) HE130 °C-3hr, c) HE160 °C-3hr,
d) HE190 °C-3hr, €) HE190 °C-2hr and f) HE190 °C-1hr

The semi-quantitative analysis of coating layers obtained from EDS analysis is
summarized in Table 4-2. The results showed that Ca to P atomic ratio varied from

0.93 to 1.26 corroborating the findings from the XRD studies.
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Table 4-2. EDS result for Ca-P coated samples

Sample Ca (at. %) P (at. %) Ca/P ratio
HE100 °C-3hr 16.42 17.35 0.93
HE130 °C-3hr 17.39 16.52 1.05
HE160 °C-3hr 11.98 10.7 111
HE190 °C-3hr 12.49 11 1.13
HE190 °C-2hr 28.35 22.45 1.26
HE190 °C-1hr 18.09 16.53 1.09

At the pH lower than 5, biocompatible and biodegradable monetite and calcium
pyrophosphate are the most stable phases. However, the presence of Mg ions can
stabilize the tricalcium phosphate phase. The stabilizing effect of Mg is attributed to
the markedly smaller ionic radius of Mg?* (0.65 A) compared to Ca®* (0.99 A) [153-
155]. Deposition of Ca-P phases during hydrothermal process might take place
according to Eq.4-1 to Eq.4-3 [156, 157]. Based on the phase transformation route in
the Ca-P family, the thermodynamic stable phase eventually forms. Transformation of
monetite to calcium pyrophosphate most likely occurred by a dissolution- re-

precipitation process as indicated by Eq.4-3.

Ca?* + HPO3~ — CaHPO, (4-1)
3Ca* + 2P03~ - Ca3(P0,), (4-2)
2CaHPO, — Ca,P,0, + H,0 (4-3)

When the surface in contact with body fluid is Ca-P, resorption or transformation into
the other, more stable Ca-P phase can happen [146]. Monetite with triclinic
crystallographic structure has high aqueous solubility around the physiological pH
values compared to other Ca-P phases and it can be easily resorbed unlike HA [158,
159]. Moreover, recent studies confirmed that monetite possess good osteoblastic

activity and osteoconductivity [160, 161] with a significant dissolution rate which is
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able to be rapidly replaced by new bone and also resulted in greater new bone volume
formation [162]. Therefore, monetite is a preferred material for resorbable coating on
Mg. Since the aim of the Mg surface modification is to delay the degradation of Mg
only for a specific period of time until bone healing takes place (around 4-5 months,
depending on fracture type) and therefore, an optimum coating solubility is a

requirement.

4.2.2 Coating Thickness and Adhesion Measurements

The coating thickness was measured by an eddy current probe and was checked with
the cross sectioning method which is shown in Fig.4-10. The result showed that
deposition temperature had significant effect on the coating thickness. The coating
thickness increased slightly from 20 um at 100 °C deposition temperature to around

61 um at 160 °C, which was followed by a sharp increase to 400 pum at 190 °C.

The coating adhesion to substrate was measured by the pull-off test. During the pull-
off test no delamination was observed for coating layers as it is clear from Fig.4-11.a.
The SEM micrograph of coating (Fig.4-11.b) after pull-off test clearly showed that
coating still remained on the substrate for all samples without exposing any
magnesium, confirming cohesive failure. This cohesive failure confirmed that
adhesion strength of the coating to the AZ31 substrate was higher than the cohesion

strength between the Ca-P crystals [163].

68



Chapter 4 Deposition of Protective Inorganic Ca-P and Novel
Ca-P/Polymer Composite Coatings

450

400

350

300

250 4

200

150 4

Coating thickness (pum)

100

504

0

Y T ¥ T Y T Y T * T g
80 100 120 140 160 180 200

¥ 800 5.0kV SEI SEM WD 5. Jm

Temperature (°C)

Figure 4-10. a) Coating thickness variation with deposition temperature and b) Coating thicknes
measurment with cross sectioning method for HE160 °C-3hr coating
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Figure 4-11. a) Photograph of coated sample surface and b) SEM micrograph of coated sample
surface after adhesion test
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The stress-displacement curves obtained from a pull-out adhesion test is shown in
Fig.4-12. For the samples treated at 100 °C, 130 °C and 160 °C, the coatings failed by
cohesive failure between 5.2 to 5.8 MPa. Further increasing the deposition temperature
to 190 °C, the coated sample failed at 3.1 MPa. The lower failure stress may be due to
the increase in coating thickness and possibly higher residual stress in the coating layer.
Alternatively, changes in the coating composition could have contributed to the lower

strength.
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Figure 4-12. The stress-displacement curves obtained from pull-out adhesion test

The data measured from the pull-off test present the stiffness (based on the slope of
the loading part of the curves) and separation force of the samples. The same substrate
and glue were used for all the experiments. The stiffness indicated in the plot is the

stiffness of the whole assembly (substrate, glue, coating, perhaps even the grip). The
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relatively large extension before the failure suggests that the whole assembly is
elongated and consequently, the observed stiffness is primarily determined by the parts
other than the coating. Thus, it is not possible to derive reliable data on the coating
modulus or stiffness from this experiment. The coating modulus was measured by

nano-indentation.

4.3 Deposition of Novel Ca-P/Polymer Composite Coatings

The main issue for Ca-P coatings is their brittleness, potentially leading to early failure
of the bone-implant interface. Composite coatings can be an ideal approach to
overcome this issue and they can be formed by a combination of Ca-P as inorganic
part and bioresorbable polymers as organic component [103, 110-116]. Apart from
mechanical properties consideration, cell proliferation and cell attachment to the
implant material is another aspect to be considered. Human bone is a composite of Ca-
P and collagen. From the viewpoint of bionics, if the composition and structure of
implant are similar to the human bone, it will be favorable for cells to adhere to and

proliferate to form bone tissue [112, 115, 117, 118].

According to the literatures, biologically active composite coatings with a combination
of ceramic and polymeric materials are generally developed in multistep processes [68,
109, 121, 122, 140]. However, the complexity of the coating preparation usually
reduces their practical usefulness. Therefore, there is a clear need to deposit high

performance composite coatings in one step.

4.3.1 Structure and Chemical Composition of Coatings

In order to address the current issues of coating deposition complexity and adjustment

of coating mechanical properties, novel biodegradable composite coatings consisting
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of Ca-P with either PAA or SCMS polymers were prepared in a single step by means

of hydrothermal deposition process, reported here for the first time.

PAA and SCMS have been used due to their biocompatibility and biodegradability.
The use of these polymers have a successful history [164-167]. The availability and
reactivity of PAA surface carboxylic groups for the covalent bonding of molecules
that are able to promote the osseointegration is another reason for their wide use [164,
165]. Likewise, SCMS have been used due to its high chemical stability, non-toxic
nature, hydrophilicity, biocompatibility, and biodegradability [168]. Fig.4-13 shows a
photograph of hydrothermally deposited composite coatings (temperature: 160 °C
duration: 3 hours, polymer concentration 0.2 wt. %) which confirmed the successful

deposition of uniform and compact composite coating by hydrothermal process.

Figure 4-13. Photographs of hydrothermally deposited composite coatings: a) HEPAA(0.2%0)
and b) HESCMS(0.2%0)
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4.3.1.1 XRD and FTIR Studies of Composite Coatings

The XRD patterns of HEPAA and HESCMS composite coatings are given in Fig.4-14
and Fig.4-15 respectively which includes the XRD pattern of a Ca-P inorganic coating
as a reference. The inorganic coating shows diffraction peaks with minimal line
broadening and high intensity relating to the crystalline phase. The inorganic coating
is mainly composed of a monetite phase. Incorporation of PAA in the coating structure
caused the peaks to become wider and peak intensities to decrease significantly.
Moreover, a second crystalline phase, tricalcium phosphate, appeared along with
monetite. These results showed that incorporation of PAA in the coating changed the
phase formation route during the hydrothermal process. By increasing the PAA
concentration, the signal strength of tricalcium phosphate phase increased in the

coating while the XRD peak intensities related to monetite phases decreased.

For the HESCMS composite coatings (Fig.4-15) the main phase remained as
monetite even with an increasing polymer concentration but an incorporation of SCMS
in the coating caused the diffraction peaks to become wider with reduced peak
intensities compared to the inorganic coating. A further increase in SCMS
concentration to 0.5 wt.% and 0.6 wt.%, the intensity of tricalcium phosphate phase,

started to increase in the coating structure.

For the HESCMS coatings, the intensities of the diffraction peaks corresponding to the
(112) and (200) planes of monetite phase decreased significantly suggesting that
SCMS interacts and adsorbs on these planes resulting in reduction of crystallinity.
SCMS adsorption on these planes can act as a barrier and therefore decreases diffusion
of Ca?* ions and reduces its incorporation into the crystals, thus inhibiting crystal
growth. The morphological change due to adsorption of polymer on crystalline plane

had been observed and reported for other Ca-P phase as well [169].
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Figure 4-14. XRD pattern of HEPAA composite coatings
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Figure 4-15. XRD pattern of HESCMS composite coatings
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The FTIR spectra of HEPAA and HESCMS composite coatings are given in Fig.4-16
and Fig.4-17 respectively. They show all the vibration bands corresponding to P-O
stretching, P-O(H) stretching, O-P-O(H) and O-P-O in the range of 400-1400 cm™.
These bands are characteristic for monetite structure [148, 149]. The peaks at 443 cm”
1 548 cm?, 605 cm? and 1127 cm™ represent the vibrational band of PO.* in
tricalcium phosphate structure. The observed bands were in general agreement with
literature reports [151, 152]. Apart from the vibrational bands related to the monetite
and tricalcium phosphate phases, extra vibrational bands appeared in the composite
coatings spectra related to the CH,, CH-CO and COOH and COO" groups which
confirmed the co-deposition of Ca-P and polymers and formation of composite coating
during the hydrothermal process. By increasing the polymer concentration in the
deposition bath, the peak intensities related to CH2, CH-CO and COOH and COO" also

increased, which is in agreement with analysis obtained from X-ray diffraction data.
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Figure 4-16. FTIR spectrum of HEPAA composite coatings
75



Chapter 4 Deposition of Protective Inorganic Ca-P and Novel
Ca-P/Polymer Composite Coatings

HESCMS(0.6%)

HESCMS(0.5%)

HESCMS(0.4%)

HESCMS(0.3%)

HESCMS(0.2%)

HESCMS(0.1%)

COOH | COOH { cooH {COOH( cooH

Transmitance

Inorganic

[

<&
g
(-9

' I i 1 ' I ' I M I ' 1 ' 1
4000 3500 3000 2500 2000 1500 1000 500
Wave number (cm")

Figure 4-17. FTIR spectrum of HESCMS composite coatings

4.3.1.2 Surface Morphology Studies of Composite Coatings

SEM micrographs of HEPAA and HESCMS composite coatings are depicted in Fig.4-
18 and Fig.4-19 respectively. The crystals of the inorganic coating were fairly well
developed, while the crystals in the HEPAA composite coating were significantly
modified in appearance, showing a nodular morphology. Granule-shape Ca-P was
formed at the surface of the Mg substrate which is a typical result of the strong
interaction between the carboxyl (COO") acid groups and Ca?* [170] due to the
chelation of Ca®"ions and a decrease in their diffusion rate caused by electrostatic
interaction between Ca?* and COO™ functional groups. The formation of the chelate
structure of COO™ groups and Ca®* ions decreases the activation energy for Ca-P

nucleation due to an increase in the local super saturation level. Similar nodular
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morphology is also reported for CaCOs in the presence of poly(methacrylic acid)

(PMAA) [170].

Incorporation of SCMS in the coating mainly affects the crystal size, unlike in the case
of PAA addition which also changed the morphology. Adsorption of SCMS on (112)
and (200) planes suppresses the crystal growth. By increasing the SCMS concentration
sufficiently, signs of nodular morphology appeared in the HESCMS coating as well,
probably due to the increase of COO" functional group concentration. The difference
in coating morphology in the presence of PAA and SCMS polymers could be resulted
from significantly higher concentration of COO" functional group in PAA structure as
compared to SCMS. The results showed that SCMS acts as a crystal habit modifier for
crystal growth and it was found that the critical amount of SCMS needed to change

the crystal phase from monetite to tricalcium phosphate is higher compared to PAA.

It is reported that formation of crystalline phases are affected by the degree of super
saturation in the Ca-P system. The crystalline phases of Ca-P could be changed,
depending on the functional groups present in the deposition system because
functional groups might change the degree of super saturation required for nucleation
[29, 170]. COO  is the functional group in PAA structure which is negatively charged
and attracts Ca2*. Chelate formation between Ca?* and COO-functional groups induces
heterogeneous nucleation and increases the local concentration of Ca?" which can
provide local super saturation and accelerate the formation of tricalcium phosphate

phase [169].

The higher concentration of tricalcium phosphate in the HEPAA coatings compared
to the HESCMS coatings correlates with the presence of higher concentration of COO"
functional group in the PAA structure compared to the SCMS polymer. According to
the PAA and SCMS chemical structure, the COO" concentration in PAA is around 62%
while it is only around 18% for the SCMS. The coating process involves cross linking
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of COO" groups in PAA and SCMS structure by the Ca®* ions and co-deposition of
Ca-P and polymer [170]. It is well known that if a polymer lowers the interface energy
of a specific polymorph (and the interface energy is lowered already below the critical
surface coverage), it is this polymorph which is specifically nucleated. This concept is
consistent with the recent finding that COO~ containing copolymers were able to
initiate the vaterite nucleation from stable supersaturated solutions through binding of
the Ca®* ions at the ionized COO groups [170]. It appears that the formation of
chelate structure of COO™ groups and Ca®" decreases the activation energy for
tricalcium phosphate nucleation. The change in the crystalline phase of the Ca-P in the
presence of functional groups is reported in literature. Yokoi et al. [171] reported that
octacalcium phosphate was changed to HA in the presence of COO" groups in the
solution due to a decrease in the activation energy of Ca-P formation by presence of a

chelate structure involving Ca**and COO" groups.

Organic molecules can act as “templates”, accelerating the nucleation and controlling
the crystal growth and morphology via providing preferential sites for nucleation and
determining the orientation of the resulting crystals. The organic macromolecule
behaves as foreign surface and accelerates the nucleation. Acceleration of nucleation
is ascribed to reduced interfacial energy between a crystal nuclei and the foreign
substrate compared to the interfacial energy between crystal nuclei and solution.
Additionally, the organic material provides a set of chemical functionalities that
promotes strong bonding to the nucleus, the enthalpy contribution to the interfacial
free energy becomes small and nucleation occurs preferentially on the corresponding

crystal plane [169, 171].
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Figure 4-18. SEM micrographs: a) inorganic coating, b) HEPAA(0.1%), c) HEPAA(0.2%), d)
HEPAA(0.3%), e) HEPAA(0.4%), f) HEPAA(0.5%) and g) HEPAA(0.6%)
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Figure 4-19. SEM micrographs: a) inorganic coating, b) HESCMS(0.1%), ¢) HESCMS(0.2%b),
d) HESCMS(0.3%), e) HESCMS(0.4%), f) HESCMS(0.5%) and g) HESCMS(0.6%)
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4.3.2 Thermogravimetric Analysis of Composite Coatings

The amount of polymers incorporated into the coating structures were measured by the
TGA technique and inorganic coating was used as the reference. TGA results of
HEPAA and HESCMS composite coatings are given in Fig.4-20 and Fig.4-21

respectively.

The total mass loss for inorganic coating in the range of 30- 900°C was 9.4 wt.%; while
it was 15.8 wt.% for the HEPAA(0.1%), and reached to 40.1 wt.% for the
HEPAA(0.6%). Therefore, the PAA loading in the HEPAA composite coatings was
between 6.87 wt.% to 33.81 wt.%. In the case of HESCMS composite coatings, the
SCMS loading in the HESCMS composite coating was between 3.44 wt.% to 9.94
wt.%. The higher weight losses of composite coatings compared to the inorganic

coating were attributed to polymer degradation.

According to literature, thermal degradation of PAA commences with a dehydration
reaction occurring by intramolecular cyclisation of adjacent monomer units (below
120 °C) to give six-member anhydride ring structures. Next, decarboxylation proceeds
to give carbon dioxide product at about 250 °C and both water and carbon dioxide
continue to evolve on heating up to 500 °C. A number of other volatile products,
including monomers, are formed but only in trace amounts. Above 350 °C, the polymer
residue mainly decomposes, which consists of short chain fragments derived from two
or more original repeat units. These may contain only anhydride rings or both rings

and carboxylic acid structures [172].
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Figure 4-20. TGA results for the HEPAA composite coatings
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Figure 4-21. TGA results for the HESCMS composite coatings
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In the case of SCMS, decomposition of SCMC starts (up to 150 °C), with vaporization
of the hydrated water which is bound in the internal surface area of the super molecular
cellulosic structure. This is followed by weight loss above 150 °C which could be
attributed to breaking the bond associated with the functional groups along the polymer

chain and weak groups within the chain [173].

4.4 Summary

Ca-P coatings were successfully deposited on AZ31 substrate by using hydrothermal
method at different deposition temperatures (from 100 °C to 190 °C). By increasing
the temperature and deposition time, coating compositions were changed to some
extent. Lower process temperatures favored the formation of resorbable monetite
together with some whitlockite, while high temperature promoted the deposition of
some calcium pyrophosphate as well. The coating thickness was found to increase with
deposition temperature significantly, and in a non-linear manner. Higher temperature

promoted the growth of much thicker layers (at 190 °C).

On the other hand, novel Ca-P/Polymer composite coatings were successfully
deposited on AZ31 substrate by a hydrothermal process for the first time. Inclusion of
biocompatible PAA and SCMC polymers in the deposition solution resulted in the co-
deposition of Ca-P crystalline phases and polymer molecules. The polymer molecules
strongly modulated the morphology of the crystals. SCMC with low carboxylate group
content reduced the Ca-P crystal size while PAA with high carboxylate content or high
SCMC concentration resulted in the growth of nodular structures allowing the
adjustment of surface morphology that is known to be an important factor in cell

attachment and cell proliferation on surfaces.

83



84



Chapter 5

Deposition Mechanism of Hydrothermally
Deposited Coatings
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5.1 Introduction

As explained in Chapter 4, the hydrothermal process is a useful method for deposition
of uniform inorganic Ca-P and Ca-P/Polymer composite coatings on the AZ31
substrate. Since the deposition mechanism determines the coating properties to a
considerable extent, therefore the aim of this chapter is to present a thorough
understanding of the deposition mechanism of inorganic and composite coatings on
the AZ31 substrate during hydrothermal process by means of comparing deposition
under different conditions. For comparison purposes and understanding the effect of
substrate on deposition mechanism, Ca-P coating was also deposited on Ti, SS and Zn

substrates at 160 °C for 3 hours.

5.2 Deposition Mechanism of Inorganic Ca-P Coatings

5.2.1 Structure and Chemical Composition of Coatings

The hydrothermal process is a useful method for the deposition of the Ca-P and Ca-P
/Polymer composite coatings on AZ31 substrate [174] as explained in Chapter 4, and

other metallic substrates [139] which resulted from the solutions’ supersaturation.

The XRD patterns of Ca-P coating layers deposited on different substrates is shown in
Fig.5-1. XRD analysis shows that coated materials obtained from the hydrothermal
process on AZ31 substrate are predominantly a mixture of monetite and whitlockite

and the as-deposited coatings on SS and Zn substrates are pure monetite phase.

The morphologies of the coatings deposited on different substrates (at 160 °C for 3
hours) are shown in Fig.5-2. Coatings were only found on AZ31, Zn, and partially on
SS substrates. In the case of SS, the coating appeared to be visibly discontinuous. No

coating was found on Ti substrates.
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Coatings are deposited uniformly on AZ31 substrate and Zn substrates. However, in
the case of the SS substrate, some parts of the substrate were not covered by the coating.
For the Ti substrate, Ca-P crystals only deposited as separate islands on some parts of
the metal surface, and the coating deposition was not successful in agreement with a
study reported in the literature [175]. This confirmed that the substrate’s chemistry

plays an important role in successful deposition of Ca-P coatings.
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Figure 5-1. XRD comparison of deposited coating on different substrates at 160 °C
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Figure 5-2. SEM micrographs of coating on different substrates: a) AZ31 substrate, b) Zn
substrate, ¢) SS substrate and d) Ti substrate

5.2.2 Nature of Deposited Layers and Proposed Deposition Mechanism

In order to understand the deposition mechanism of Ca-P, Raman spectroscopy studies
were conducted through the coating cross section for Ca-P layers deposited at different
temperatures on AZ31 substrate, as well as deposited Ca-P layers on Zn and SS
substrates. In the case of AZ31 substrate, the Raman spectroscopy results for
deposition temperatures from 100-160 °C were similar (deposited coatings at 190 °C
showed different deposition mechanism which will be discussed separately in the next
section). Therefore, only one Raman spectroscopy mapping analysis is reported
through the cross section by selecting the sample coated at 160 °C as given in Fig.5-3.
Deposition of Ca-P on the Zn substrate showed the same mechanism as on AZ31

substrate as shown in Fig.5-4. However, the coating layer was thinner compared to the
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coating layer deposited on AZ31 substrate (approximately 50 um for the Zn substrate
and 60 um for the AZ31 substrate). This may be resulted from less reactivity of Zn
substrate compare to AZ31 substrate, which affects the corrosion rate of substrate and

subsequently pH change close to the substrate.

Based on the cross section studies noted that the coatings are composed of two
different layers, which can be distinguished through their main corresponding Raman
peaks. The layer adjacent to the AZ31 (or Zn) substrate contains predominantly
tricalcium phosphate or to be more precise whitlockite phase with the main Raman
peak at 970 cm™. This layer started to deposit on the AZ31 substrate at the early stages
of coating formation. This was followed by the deposition of a second layer mainly

consisting of monetite phase with the main Raman peak at 987 cm™.

Increasing distance from the AZ31 substrate indicated decrease in the peak intensity
related to tricalcium phosphate while the intensity of monetite phase increased. The
observed Raman peaks are summarized in Table-5-1. There were some small
differences (shift in the range of 1-2 cm™) in the positions of the observed bands found
in the coating and reported in the literature. This finding could be attributed to the

partial substitution of Ca?* by Mg?* in the tricalcium phosphate structure.
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Figure 5-3. a) SEM cross section, b) Raman pattern through the cross section, ¢) Raman map review through the cross section on AZ31 substrate
(T:160 °C)
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Figure 5-4. a) SEM cross section, b) Raman pattern through the cross section, ¢) Raman map review through the cross section on the Zn substrate
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Table 5-1. Raman bands for Ca-P coatings

Raman Shift (cm™?) Assignment Phase

177 Lattice mode Monetite

277 Magnesium hydroxide
391 POH Monetite

413-417 POH Monetite

444 MOH bend Magnesium hydroxide
559 POH Monetite

589 v4 PO Tricalcium phosphate
619 v POP (symmetric) Calcium pyrophosphate
850 Carbonated apatite

946 v1 PO,*; POH Tricalcium phosphate; Monetite
968-970 vi1 PO Tricalcium phosphate
890 POH Monetite

987 POH Monetite

999 vPO3(asymmetric) Calcium pyrophosphate
1039 v3 POg3 Tricalcium phosphate
1090 vs POs%,; POH Tricalcium phosphate; Monetite
1157 vPO3; (asymmetric) Calcium pyrophosphate
1180 vPO3; (asymmetric) Calcium pyrophosphate
1202 POH Monetite

1293 POH Monetite

1450 POH Monetite

Mg (and Zn) actively corrodes at low pH; as a result of substrate corrosion, released
hydrogen ions are converted into hydrogen gas, and consequently, the local pH close
to the substrate surface increases. The rise in the local pH can exceed the pH stability
range of tricalcium phosphate which results in the solution’s super saturation and
promotes the deposition of tricalcium phosphate crystals as a first deposited layer

according to Eq.5-1.
Ca?* + P03~ - Ca3(P0,), (5-1)

Moreover, the presence of Mg?* (released through substrate corrosion) can stabilize

the tricalcium phosphate phase as well. The stabilizing effect of Mg is attributed to the
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markedly smaller ionic radius of Mg?* (0.65 A) compared to Ca?* (0.99 A) [153-155].
Mg ions reside in the Ca(4) and Ca(5) sites in the tricalcium phosphate structure, which

can accommodate divalent cations and stabilize the structure [176].

The EDS analysis through the cross section of coated sample at 160 °C on AZ31
substrate confirms that Mg?* contributed to the coating layer with high abundance near
the substrate. However, the Mg?* diminished as the distance from the substrate

increased, as shown in Fig.5-5.

Substrate Coating layer

Element Specific X-Ray Intensity (Counts)

Distance from substrate(pum)

Figure 5-5. EDS analyses through the coating cross section for Ca-P layer on AZ31 substrate
deposited at 160 °C

Initial deposition of tricalcium phosphate on the AZ31 substrate can isolate the metal
substrate from the direct contact with the solution. Thus, after a thin tricalcium
phosphate coating layer is formed, the effect of substrate corrosion on the local pH of
the solution is reduced. Further Ca-P deposition is influenced only by the solution’s
pH (pH is 3.9 to 4.0) that is more conducive for monetite phase formation on top of

the tricalcium phosphate layer. Therefore, the coating was composed of two different
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crystalline layers (tricalcium phosphate and monetite). The tricalcium phosphate layer
can dissolve partially at low pH and it can be converted to monetite as well. This means
that the deposition of the monetite phase could happen through two different

mechanisms according to Eq.5-2 and Eq.5-3 [157, 158, 177].
Ca;3(PO,), + 2HPO; — 3CaHPO, + HPO3~ (5-2)
Ca?* + HPO3~ - CaHPO, (5-3)

Firstly, partial dissolution of the tricalcium phosphate phase and re-precipitation as a
monetite phase may occur. Secondly, direct deposition of monetite from the solution

bath is likely.

By increasing the deposition temperature to 190 °C, the coating thickness on AZ31
substrate increased significantly (approximately from 60 pum to 400 um), and the
deposition mechanism also changed as will be discussed comprehensively in the next

section.

5.2.3 Deposition Mechanism of Ca-P Coating at 190 °C

By increasing the deposition temperature from 160 °C to 190 °C using an AZ31
substrate, the coating thickness increased sharply and the deposition mechanism was
found to be different. Cross sections of coatings deposited at 190 °C show two distinct
layers as shown in Fig.5-6. The coating is composed of a thick layer of Mg(OH):
adjacent to the substrate and mixed with a minor amount of tricalcium phosphate and
a second crystalline layer with a mixture of monetite and whitlockite phases forming
the outer layer of the coating. The coating geometry seemed to suggest that first a

Mg(OH) layer was formed on the substrate followed by deposition of Ca-P layers.
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Figure 5-6. SEM image (left) and EDS profile (right) through the cross section of coated sample
at 190 °C for 3 hours

However, comparison studies through the cross section of samples coated at varied
deposition times at 190 °C confirmed that the first deposited layer is a non-compact

and crystalline whitlockite phase.

SEM micrographs of the top surface and cross sections of coated samples deposited at
190 °C for different deposition times are shown in Fig.5-7. Fig.5-7.b shows that the
coated sample at 190 °C-1hr is only composed of a crystalline layer and the SEM
micrograph from top surface of this coating showed that the coating is non-compact

(Fig.5-7.a).

Due to imperfections in the initially formed whitlockite layer, the AZ31 substrate was
still exposed to corrosive electrolyte, and Mg(OH). started to deposit under the
whitlockite layer. Since the Mg converted primarily into Mg(OH)>, the results suggest

that mostly water was able to penetrate through the first whitlockite layer, and
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phosphates (as well as Ca ions) had lower penetration rate through the coating to the
metal. This observation is supported by the fact that at increased deposition
temperature the water vapor pressure as well as the activity of water increases

significantly, thus providing a driving force for the water to penetrate the coating.

- 0, _
¥ 300 5.0kV SEI IM WD 12.0m X 180 20.0kV SEI Y WD 12.0mm

Figure 5-7. SEM micrographs of coated samples at 190 °C: a) HE190 °C-1hr top surface, b)
HE190 °C-1hr cross section, ¢) HE190 °C-2hr top surface, d) HE190 °C-2hr cross section, €)
HE190 °C-3hr top surface and f) HE190 °C-3hr cross section

The continued corrosion of the AZ31 substrate at high temperature (190 °C)
hydrothermal coating deposition process also leads to the release of increased amount

of Mg?* as shown in Fig.5-8. As a result of fast degradation of AZ31, the thickness of
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the coating increased significantly during the high temperature deposition through the

formation of Mg(OH)a.
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Figure 5-8. Mg?* concentration in the deposition batch after hydrothermal process for different
deposition temperature

The Raman spectroscopy of deposited coating at 190 °C for different deposition times
are given in Fig.5-9, Fig.5-10 and Fig.5-11 respectively. Raman spectroscopy studies
also confirmed that at the first step Ca-P phase started to deposit and then Mg(OH):

layer started to deposit under the crystalline layer.
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Figure 5-9. a) SEM cross section, b) Raman pattern through the cross section, ¢) Raman map review through the cross section for HE190 °C-1 hr
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Figure 5-11. a) SEM cross section, b) Raman pattern through the cross section, ¢) Raman map review through the cross section for HE190 °C-3 hr
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5.2.4 Deposition Mechanism on SS Substrate

Deposition of Ca-P on SS substrate showed different mechanism. A thin layer of Ca-
P partially deposited on the SS substrate but, some parts of the surface remained
uncoated. The monetite phase directly nucleates and grows on the SS substrate during
the hydrothermal process as shown in Fig.5-12. The deposition of some monetite on
the SS substrate might be a result from the deposition of the pre-formed monetite
crystals from the deposition bath. The obtained results confirmed that interface

reaction has a critical role in the coating deposition.

According to Liu et al. [139] inertness of Ti and SS substrate in deposition solution
prevent the deposition of Ca-P on these substrates; according to their report even after
15 hours hydrothermal deposition at 200 °C (solutions’ pH 10) no coating was
observed on Ti and SS substrates. Only a few scattered crystals were deposited on
substrates. The dissolution behavior of metal substrates is an important factor which
affects the successful deposition of Ca-P coating [139, 175, 178]. According to Xiong
et al. [179] a relatively successful deposition of HA particles at high temperature (200
°C) on TiNDb substrate might be related to formation of negatively charged Ti-OH and
Nb-OH functional groups on the alloy surface during hydrothermal process. The

negative charge can absorb Ca?* and promote heterogeneous nucleation.
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Figure 5-12. a) SEM cross section, b) Raman pattern through the cross section, ¢) Raman map review through the cross section for coated sample on SS
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5.2.5 Causes of Unsuccessful Ca-P Deposition on Ti and Discontinuous

Coating Formation on SS Substrates

In order to understand the reason why deposition of the Ca-P coating was not
successful for some substrates, the electrode potentials of different substrates were
monitored for one hour in Ca-P deposition solution and the results showed more active
electrode potentials for AZ31and Zn substrates than Ti and SS substrates as shown in
Fig.5-13. The obtained potentials for each substrate were transferred to their respective
Pourbaix diagram as illustrated in Fig.5-14 (Note: these Pourbaix diagrams are used
for comparison purposes. The presence of some ions may change the Pourbaix
diagram). The Pourbaix diagram of Zn is based on a standard calomel electrode,
therefore the conversion between hydrogen standard electrode and calomel standard

electrode had been done).

SS Substrate
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0,0

Zn Substrate
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Figure 5-13. Change in electrode potential vs. time in a Ca-P solution for different substrates
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Figure 5-14. Pourbaix diagram for a) AZ31 substrate [180] , b) Zn substrate [181] , ) Ti
substrate [182], and d) SS substrate [183]

According to the Pourbaix diagrams, AZ31 and Zn actively corrode at potentials
developed in the deposition solution. This corrosion process is described by Eq.5-6
[184] and Eq.5-7. However, SS and Ti form oxide layers at those potentials according

to Eq.5-8 and Eq.5-9.
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Mg + 2H* - Mg2* + H, (5-4)
Zn + 2H* - Zn** + H, (5-5)
2Fe** + 3H,0 > Fe,0; + 6H" + 2e” (5-6)
Ti + 2H,0 — Ti0, + 4H* + 4e" (5-7)

Based on the measured electrode potentials and Pourbaix diagrams, it seems that the
interface reaction between substrate and solution is a key driver for successful
deposition of Ca-P layer. As a result of corrosion of AZ31 and Zn substrates, solution’s
pH increases in the vicinity of the metal which helps to locally supersaturate the
solution and consequently, Ca-P mineral starts to deposits from solution. Conversely,
in the case of Ti and SS substrates, any corrosion and corresponding oxide layer
formation results in the release of hydrogen ions decreasing the pH. The lower pH
delays or prevents the deposition process. According to SS’s Pourbaix diagram the
release of H* and concomitant decrease in solution’s pH shifts the metal into the
corrosion area with ferrous ion (Fe?*) release as a result of iron corrosion. Since, the
atomic radius of Fe?* (0.62 A) is smaller than Ca?* (0.99 A), Ca®* can be substituted
by Fe?* in the Ca-P structure; therefore, release of Fe?* ions might help to speed up the
deposition of the Ca-P on the SS substrate as compared to the Ti substrate where no

stabilizing effect is expected.

The pH values of deposition solutions were measured after the hydrothermal process
and found to be in the range of 3.2-3.4 pH when using AZ31 or Zn, while it decreased

to pH: 2.5 when SS or Ti substrate was used.

5.2.5.1 Effect of Wettability

Apart from substrate corrosion, substrate wetting is also an important interface

phenomenon during nucleation process. It has been confirmed that wettability of a
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substrate is favorable for the heterogeneous crystal nucleation [185-188]. According
to Wang et al. [186] a decrease in wetting angle significantly decreases the critical
nucleus radius and critical nucleation energy, which remarkably accelerates
heterogeneous crystal nucleation on the substrate. Chevalier [185] studied the effect
of substrate wettability on calcium carbonate heterogeneous nucleation and he
reported that an increase in hydrophilicity for silanized glass substrate resulted in
higher crystal nucleation rate. It has also been reported that surfaces with step-like
structures display strong wettability by an aqueous NH4Cl solution and, therefore the
nucleation density of NH4Cl on such a substrate is significantly higher than smooth
surfaces which shows that the geometrical morphology features can have important

effects on both the wettability and the nucleation behavior [188, 189].

The water contact angle on different substrates is reported in Table 5-2, measured at
room temperature. The SS substrate showed the lowest contact angle and highest
wettability in comparison to the other substrates, though the contact angles may change
at higher temperature. Despite the lower contact angle and its potential effect of
decreasing the energy barrier for heterogeneous nucleation, the deposits did not form
a continuous film on SS implying that the metal corrosion (for Mg and Zn) is the

dominant factor in promoting nucleation.

Table 5-2. Water contact angle data for different substrates

Substrate Contact angel (degree)
AZ31 Substrate 59+3
Zn Substrate 7412
SS Substrate 3314
Ti Substrate 66+2
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5.3 Deposition Mechanism of Composite Coatings

As reported in Chapter 4, incorporation of polymers (PAA and SCMC) in the
deposition solution of calcium and hydrogen phosphate ions had a different effect on

deposition process in terms of the coating’s chemical composition and morphology.

In order to better understand the difference between deposition of inorganic Ca-P and
Ca-P/Polymer composite coatings, a deposition process was done only for 15 minutes
for each coating in order to understand the initial step of deposition. The prepared
samples were further analyzed by Raman spectroscopy technique. Interestingly results
showed in the case of HEPAA composite coating, in the beginning of the deposition
process a layer of polymer (PAA) was adsorbed on the AZ31 surface as shown in
Fig.5-15, it means that we have a COO" functionalized surface which has a strong
negative charge. This adsorbed polymer layer protected the AZ31 substrate from
further corrosion as well, which means that the deposition process cannot be affected
by corrosion of the AZ31 substrate and local pH increase and deposition following a

different route [190].

In this case, a negatively charged surfaces attract Ca* ions easily from solution and
resulted in high concentration of Ca* on the surface. Consequently at the same time
many nuclei formed, by formation a layer of nuclei on the substrate and isolating the
substrate deposition it is most likely followed by deposition of nuclei formed in the

solution [191].
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Figure 5-15. Raman spectrum of HEPAA composite coatings after 15 min deposition

By passing time, decreasing the amount of polymer in the solution and dropping the
supersaturation of solution, monetite phases started to deposit. This concept is
confirmed by Raman spectroscopy through the cross section of HEPAA(0.2%) as
shown in Fig.5-16. From the Fig.5-16 by increasing distance from substrate, a monetite
phase is started to appear in the coating layer. The deposition of monetite is confirmed

by appearing the peak at 987 cm™.

However, the findings showed that the initial step of coating deposition for the
HESCMS composite coatings was different. The coated sample for 15 minutes showed
no sign of polymer adsorption on the surface of AZ31 substrate and the deposition
mechanism of HESCMS composite in the initial step was similar to inorganic Ca-P
coating as shown in Fig.5-17. The Raman result showed that tricalcium phosphate is

deposited in the beginning of deposition, however, the formation of tricalcium
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phosphate in this case most probably followed the pH induce deposition mechanism
[190]. As it reported earlier Mg is actively corroded at low pH, as a result of Mg
corrosion, hydrogen gas releases and consequently, the pH close to the substrate
surface increases and should reach the pH stability range of tricalcium phosphate
which results in the solution’s super saturation, and promotes the deposition of

tricalcium phosphate as a first deposited layer [190].

The role of SCMS in this case was limited to interaction and adsorption on the crystal

plane and, consequently, slows down the growth process.
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Figure 5-16. a) SEM cross section, b) Raman pattern through the cross section, ¢) Raman map review through the cross section for HEPAA (0.2%b)

coating
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Figure 5-17. Raman spectrum of inorganic and HESCM composite coating after 15 min
deposition

A schematic comparison of deposition of HEPAA and HESCMS composite coatings
are shown in Fig.5-18 and Fig.5-19. In both cases deposition occurs due to super
saturation of the solution but the mechanism of super saturation is different in the
presence of the two different polymers. PAA polymer adsorption increases local
calcium concentration near the surface while in the case of SCMC the effect of AZ31
on the local pH shifts the solution into the super saturated range. The figures explain
the difference in deposition mechanism which was affected by polymer adsorption on

the AZ31 substrate.
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Figure 5-19. A schematic of inorganic and HESCM composite coating deposition

5.4 Summary

Ca-P coatings were successfully deposited on the AZ31 and Zn substrates using a
hydrothermal process. Comparisons to unsuccessful and partially successful
deposition on Ti and SS, respectively, indicated that metal-electrolyte interface
reactions played a dominant role in the deposition mechanism. The Corrosion of
substrate in the first step of the deposition process resulted in inducing a pH change in

the vicinity of the metal and promoting Ca-P precipitation on the surface. This finding

113



Chapter 5 Deposition Mechanism of Coatings

was corroborated by the observation that AZ31 and Zn substrates had coatings
composed of two different layers. The formation of the first deposited layer adjacent
to the substrate (tricalcium phosphate) is promoted by increased local pH by the
interface reaction while the second layer (monetite) is deposited at the lower bulk

solution pH.

Moreover, deposition temperature had a significant effect on the deposition
mechanism. By increasing the temperature, the deposition mechanism changed for the
Mg substrate and the coating composed of a thick Mg(OH). layer on the substrate
capped by a mixture of tricalcium phosphate and monetite. The formation of a thick
Mg(OH). layer resulted from a permeable and not fully protective initial tricalcium
phosphate layer which allowed access and penetration of water to the AZ31 substrate
during the 190°C deposition process, resulting from increased water vapor pressure.
Fast degradation of the AZ31 substrate was found and it accelerated the formation of

a thick Mg(OH): layer.

On the other hand, the polymer incorporation in the deposition solution also affected
the deposition mechanism. In the case of composite coatings, PAA polymer adsorption
on AZ31 substrate in the initial step of deposition had changed the deposition
mechanism. In this case, an increase in the local calcium concentration near the surface
accelerated the deposition of the Ca-P coating. While, HESCMS composite coatings

had followed the same deposition mechanism as inorganic Ca-P coatings.
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6.1 Introduction

Despite the high potential of using Mg alloys as temporary and biodegradable implants,
their applications are not widespread. Yet as the corrosion rate of Mg alloys is too high
(resulting in excessive hydrogen evolution and local alkalization close to the surgery
region), premature degradation in the implant’s mechanical integrity before sufficient

bone healing can occur [3].

The corrosion properties of obtained coating as well as their mechanical performance

are reported in this chapter.

6.2 Corrosion Performance of Coatings

6.2.1 Corrosion Performance of Inorganic Ca-P Coatings

The variation of open circuit potential (OCP) over time can be used as a criterion to
understand the interface stability of coating and substrate. OCP curves for uncoated
and coated samples are illustrated in Fig.6-1. The OCP of the coated samples shifted
to nobler potential as compared to the bare alloy. The OCP of coated sample deposited
at 190 °C increased by 1.72 VV compared to AZ31 bare substrate, while 1.22 V increase
was seen for a coated sample at 160 °C. The positive shift of OCP due to the presence
of coating indicates the formation of a stable Ca-P/AZ31 interface [93, 192]. The much
nobler behavior of the coated sample at 190 °C and the stable OCP over a 30 minutes
period can be attributed to the improved stability of the coated alloy surface that may
be related to high coating thickness, and a more complicated path of electrolyte

penetration into the coating layer due to its compact morphology. The observations
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indicated that the Ca-P layer has a protective nature and could provide good protection

for the Mg substrate.
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Figure 6-1. Open circuit potential curves of uncoated and coated samples for different
deposition temperature in simulated body fluid (SBF) solution

Fig.6-2 shows the potentiodynamic curves for coated samples deposited at varied
temperatures for 3 hours. The Ecorr and icorr Were derived from the polarization curves
by means of the Tafel extrapolation method, and the results are summarized in Table
6-1. According to the data, the corrosion rate of coated samples decreased significantly
compared to the uncoated sample. The corrosion rate was reduced by increasing the
hydrothermal deposition process temperature. This was likely due to an increase in the
coating thickness and changes in coating morphology. However, the corrosion

resistance did not change uniformly with coating thickness. Mg and its alloys are
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known to suffer from pitting corrosion manifesting in rapid increase in the anodic
current over small polarization potential range in potentiodynamic scans which can be
seen clearly in Fig.6-2 for the bare substrate and coated sample at 100 °C. On the other
hand, samples coated at 130 °C and 160 °C, the polarization curves show an abrupt
increase in anodic current followed by a quasi-passive region at around 10° A/cm?,
while coated sample at 190 °C only had a quasi-passive region in polarization curve at

around 5*10’A/cm?2.

The corrosion improvement can be better understood by considering the corrosion
process of the metal. Mg reacts with SBF solution immediately upon contact and starts

to corrode according to Egs 6-1 to 6-3 [193]:

Mg - Mg?* + 2e” (6-1)
2H,0 + 2e~ — H, + 20H" (6-2)
Mg?* + 20H™ - Mg(OH), (6-3)

The presence of a coating layer can prevent or delay the access of electrolyte to the
Mg substrate and retard the initiation of corrosion process by limiting the availability
of water needed for hydrogen generation according to Eq.6-2. Thus, by increasing the
coating thickness and improving the coating morphology, the corrosion rate can be

decreased [192].

The change in corrosion rate of the sample coated at 190 °C was examined for different
deposition durations from 1 to 3 hours, as shown in Fig.6-3. By increasing the
deposition time, the protective nature of the coating improved, most likely due to the

increase in coating thickness and formation of a more compact morphology.
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Figure 6-2. Potentiodynamic curves of uncoated and coated samples for different deposition

temperature in SBF solution
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Figure 6-3. Potentiodynamic curves of uncoated and coated samples at 190 °C
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Table 6-1. Coating thickness and potentiodynamic polarization curve parameters

Sample Coating Thickness (um) icorr (Afcm?) Ecorr (V vs. SCE)
AZ31 Substrate 0 1.2*10* -1.5
HE100 °C-3hr 20124 1.2*10° -1.5
HE130 °C-3hr 48+4.8 2.8*10° -1.1
HE160 °C-3hr 61+54 1.1*107 -0.8
HE190 °C-3hr 389 +10.2 2.3*108 -0.7
HE190 °C-2hr 150 £ 8.3 4.2*10° -0.7
HE190 °C-1hr 58 + 3.7 2.2*10° -1.4

6.2.2 Corrosion Performance of Composite Coatings

Fig.6-4 and Fig.6-5 show the potentiodynamic curves for HEPAA and HESCMS
composite coatings respectively. The Ecorr Of coated samples increased significantly
(between 500 mV-1000 mV, depending on coating composition) compared to the
AZ31 bare substrate which indicates the formation of a stable coating/substrate
interface [93, 192]. Moreover, composite coatings showed higher corrosion resistance
compared to the bare substrate. The corrosion resistance of AZ31 substrate was
enhanced approximately 1000 fold by applying composite coatings. In the case of the
HEPAA composite coatings, the variation in polymer concentrations has no significant
effect on the corrosion performance. However, in the case of the HESCMS composite
coatings, an increased polymer concentration slightly decreased the corrosion
performance of the coatings. This was due to change in the coating morphology, as the

coating become slightly porous with higher polymer content (Fig.4-19).

Fig.6-6 shows a comparison between corrosion performance of inorganic (HE160°C-
3hr) and composite coatings indicating comparable corrosion resistance. The results
showed that a HEPAA composite coating with porous structure has comparable

corrosion resistance with HESCMS, this might be due to the adsorption of a polymer
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layer (PAA) on the surface of the AZ31 substrate in the initial step of deposition of the
HEPAA composite coating (as shown in the Fig.5-15) which could protect the

substrate from solution attack.
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Figure 6-4.Corrosion performance of HEPAA composite coating measured by potentiodynamic
polarization
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Figure 6-5.Corrosion performance of HESCMS composite coating measured by
potentiodynamic polarization

The presence of a coating layer can prevent or delay the access of electrolyte to the
Mg substrate and retard the initiation of corrosion process by limiting the availability
of water needed for hydrogen generation. Thus, by applying coating and improving
the coating morphology, the corrosion rate can be decreased [192]. The observations
indicated that coating layers have a protective nature and could provide good

protection for the AZ31 substrate.
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Figure 6-6. A comparison between corrosion of inorganic and composite coatings measured by
potentiodynamic polarization

6.2.3 Electrochemical Impedance Spectroscopy (EIS) Results

EIS measurements were done to understand the corrosion behavior and performance
of coated and uncoated substrate in a SBF solution. EIS measurements were analyzed
by two methods: Nyquist impedance spectroscopy and Bode graphs. The Nyquist
graph for the bare and coated samples with inorganic Ca-P layer is given in Fig.6-7. It
was clearly observed that the Nyquist graph for a bare sample composed of two
capacitive semi-circuits at medium and low frequency, followed by an inductive loop
in the low frequency region. The Bode phase graph of a bare sample showed two phase
maxima at low and medium frequency. The time constant at medium frequency can be
attributed to the partially protective oxide layer, and the semi-circle at low frequency

may be related to the charge transfer resistance (Rct) and double layer capacitance (Car)
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at the surface of substrate [184]. The calculated results from EIS graphs are reported
in Table 6-2. The appearance of an inductive loop at low frequency is probably due to
film weakening and pit incubation. Coated samples at 100 °C, 130 °C and 160 °C only
showed a capacitance loop at medium frequency. The capacitive loop at medium
frequency may be attributed to the coating layer Rp. The calculated capacitances for
these time constants were in the range of 4-12 pF. Since the double layer capacitance
is normally between 20-50 puF [194], the appearance of the semi-circle is related to
coating layer resistance. The size of capacitance loops were increased by increasing
the deposition temperature. This is in parallel to the increase in charge transfer and

polarization resistance which is a criterion for corrosion resistance enhancement [195].
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Figure 6-7. Nyquist of uncoated and coated samples in SBF solution (Insert is AZ31 Nyquist
graph)
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Table 6-2. EIS parameters derived from impedance spectra

Sample Rt Rp Rns 1Z] Cal o Crs
(Q.cm?) (Qecm?) (Q.em?)  (Q.cem?)  (WF/lem?)  (uF/cm?)  (nF/cm?)
AZ31 substrate | 47.1 61.5 141 20.6 8.2
HE100 °C-3hr 1981 1421 3.9
HE130 °C-3hr 2143 2088 41
HE160 °C-3hr 4182 3305 9.6
HE190 °C-3hr 6478.9 2748 7712 12.3 0.58

The sample coated at 190 °C showed a different behavior. The Nyquist graph was
composed of two capacitive loops at high and medium frequency. The high frequency
time constant can be related to the coating layer resistance and the presence of a
capacitive loop at a medium frequency range can be related to the new surface
formation at the electrode surface as a result of partial delamination of top surface of
coating [196]. This result is in agreement with the potentiodynamic test data.
According to Fig.6-1 and Fig.6-2 there is a significant difference between the OCP
value for the coated sample at 190 °C and its corrosion potential. Normally the values
of these two potentials are close. However, the formation of a new surface during

corrosion process can result in the shift of these potentials.

Since the deposited coating at 190 °C was the thickest, the high thickness may result
in increased residual stress and delamination of the top layer of coating resulting in the
emergence of the second capacitive loop at medium frequency range as shown in
Fig.6-8. However, for the coated sample at 190 °C, the diameter of the capacitive loop
at medium frequency was significantly larger than that of other coatings, which
confirmed that this coating possesses a higher corrosion resistance compared to other

coatings.
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Figure 6-8. Photograph of coated sample at 190 °C after corrosion test

Bode plot (Fig.6-9), shows that coated substrates have larger impedance (|Z|) values
compared to the bare substrate, which means the corrosion performance of coated
sample is much better than bare substrate [192]. The absolute impedance value (|Z|)
increases by increasing the deposition temperature. The EIS results are thus in a good
agreement with potentiodynamic results and confirmed that by increasing deposition

temperature, the corrosion performance of coated samples improved.
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Figure 6-9. a) Bode phase graph and b) Bode plot graph for uncoated and coated samples in
SBF solution

The impedance data for the bare and coated samples were fitted to theoretical models
as shown in Fig.6-10. For the bare substrate, Csis considered as oxide film capacitance,
while in the case of the coated sample it is related to the coating layer capacitance. Cns
is related to the newly formed surface at the surface of coated sample at 190 °C. Rpand

Rpns represent the coating layer and newly formed surface polarization resistance
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respectively. Rt represents the charge transfer resistance at the surface of substrate,
Caishows the double layer capacitance at the surface of electrode and L represents an
inductance. The fitting results were in good agreement with the original impedance

graphs.

a Rsol Cf Cdl

Rsol Cf

Rsol Cf Cns

Rp Rpns

Figure 6-10. Equivalent circuits for: a) uncoated substrate, b) coated samples at 100 °C, 130 °C
and 160 °C and c) coated sample at 190 °C
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6.3 Long Term Corrosion Performance Evaluation by Immersion

Test

The mass loss is a common test for evaluating corrosion performance as reported in
literature [197, 198]. In this study, the mass loss of bare and coated samples was
monitored during immersion in SBF solution as shown in Fig.6-11. After each
immersion time, samples were extracted and corrosion products were removed by
using chromic acid and silver nitrate according to the method described in the literature
[199]. After removal of corrosion products, the samples were further cleaned with
ethanol, and left in a dry box for one week to fully dry and remove adsorbed water
from the coating. After drying, the mass loss for each sample was calculated by
measuring the mass of sample before and after immersion in SBF solution using Eq.6-

4.
Mass loss = (mos;ml) (6-4)

mo: mass of sample before immersion test
m1: mass of sample after immersion test
S: sample’s surface area

As soon as Mg is immersed in the SBF solution, corrosion takes place which results in
the release of hydrogen gas and consequently formation of Mg(OH)2 on the surface of
Mg according to Eqg.6-3. Since SBF solution contains aggressive ions such as chloride
(CI), the Mg(OH)2 layer can convert into soluble MgCl; according to Eq.6-5 [200].
The soluble MgCl, cannot protect the surface of Mg, consequently the mass loss of the

sample increases as the immersion time becomes longer resulting from Mg dissolution.

Mg(OH), + 2C1- - Mg(Cl), + 20H" (6-5)
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Figure 6-11. Mass loss as a function of immersion time in SBF solution for uncoated and coated
samples

Conversely, coated samples would be expected to lose mass due to dissolution of the
coating layer as well as corrosion of the Mg once it is exposed to the electrolyte via
either existing coating defects or coating dissolution. In order to estimate the maximum
contribution to mass loss due to coating dissolution, the coating weight can be
calculated. Using the theoretical density of monetite and tricalcium phosphate based
on their crystal structure parameters (the theoretical density of monetite is 2.93 g/cm®
and the theoretical density of tricalcium phosphate is 3.13 g/cm?), the coating density
can be estimated to be in the range of 2.9 g/cm?® to 3.1 g/cm?®. Taking the coating density
as 3 g/cm?® and assuming no porosity in the coatings based on the OCP results and
previously coating morphology studies, this translates to approximately 3 mg/cm?

coating weight for each 10 um coating thickness.
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The total mass loss from the uncoated AZ31 was 38.7 mg/cm? after 28 days immersion
in a SBF solution, while samples coated at 160 °C had mass loss of 14.3 mg/cm?
compared to the estimated 18 mg/cm? original coating weight. In the case of samples
coated at 100 °C and 130 °C, the mass loss after 28 days immersion in SBF solution
was 27.3 mg/cm? (estimated 6 mg/cm? original coating weight) and 21.4 mg/cm?
(estimated 14 mg/cm? original coating weight), respectively, indicating that a
significant amount of mass loss must have been due to metal corrosion of these
samples. The degradation rate of the Mg samples in the 28 days immersion test
decreased three-fold as measured by the combined mass loss from corrosion and
coating dissolution when applying the coating at 160 °C. The electrochemical tests
indicated a much higher reduction of corrosion rate (approximately 1,000 fold for a
coating deposited at 160 °C). However, it is necessary to consider the different time
scales of the electrochemical and immersion tests. While the electrochemical tests
characterize the corrosion resistance in the presence of intact coating, the immersion
tests take a much longer time, allowing some defects to develop on the coating and
resulting in a localized attack on the substrate. Once such localized coating defects
occur, the corrosion can accelerate at the defect site allowing the eventual degradation
of the metal substrate. In fact, such behavior is desirable for implant application when
the alloy is initially well protected from corrosion but it can degrade more readily once
the bone healing process is underway (the bone healing process takes 6-12 weeks,

depending on fracture type) .

A comparison of mass loss for the inorganic (HE160 °C-3hr) and composite coatings
[HEPAA(0.2%) and HESCMS(0.2%)] is shown in Fig.6-12. The total mass loss for
HEPAA(0.2%) and HESCMS(0.2%) after 28 days immersion in SBF solution were
17.43 mg/cm? and 16.5 mg/cm? respectively, while the mass loss for the inorganic

coating was 14.32 mg/cm?. The slightly higher mass loss for the composite coatings
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compared to inorganic coating may be resulted from incorporation of a polymer into
the coating structure. Polymers have higher degradation rate than Ca-P phases,
therefore, incorporation of biodegradable polymers such as PAA and SCMS could

increase the degradation rate of the coatings [201-203].
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Figure 6-12. A comparison of mass loss as a function of immersion time for inorganic and
composite coating

From the TGA analysis the PAA amount in the HEPAA(0.2%) composite coating
(Fig.4-20) is 9.05 wt.% and in the case of HESCMS(0.2%) coating the SCMS amount
in the coating (Fig.4-21) is 4.33 wt.%; therefore the higher degradation rate of
HEPAA(0.2%) coating might be a result of a higher amount of incorporated polymer
into the coating structure. Based on the literatures the resorption rate of tricalcium
phosphate is much lower than monetite; the orders of relative solubility of Ca-P phases

are as follows:
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Amorphous calcium phosphate (ACP) > Monetite (DCP) > Tetracalcium phosphate
(TTCP) > a-Tricalcium phosphate (a-TCP) > B-Tricalcium phosphate (-TCP) >HA.
However, a polymer addition into Ca-P structure had a significant effect on coating
degradation. The increase in HA solubility with adding PAA is also reported in
literature [204]. Besides that, polymer degradation by itself is dependent on polymer

hydrophilicity, molecular weight and end functional group.

Generally, a polymer with a lower average molecular weight has a higher degradation
rate [205]. The polymers that we used in this project had different molecular weight.
PAA (Mw: 450000 units) has lower molecular weight compared to SCMS (Mw: 700000
units); therefore, PAA should has higher degradation rate and consequently affect and

increase the HEPAA(0.2%) coating degradation rate.

Another factors that could affect degradation rate of coatings are their physical form,
composition, crystal structure and crystal size [204]. The crystal size of HEPAA(0.2%)
coating was smaller than HESCMS(0.2%) coating and also the HEPAA(0.2%) coating
has a porous morphology. All these factors could affect the coating degradation rate
and resulted in slightly higher degradation rate of HEPAA(0.2%) compared to
HESCMS(0.2%) and inorganic coatings, unlike what was expected. It was expected
that HEPAA(0.2%) coating shows lower degradation rate compared to other coatings,
since HEPAA(0.2%) coating is mainly composed of tricalcium phosphate which is
less soluble than monetite phase [HESCMS(0.2%) and inorganic coatings are mainly
composed of monetite phase]. However, a combination of different factors like
polymer content, polymer type, polymer molecular weight, coating’s morphology and
coating crystal size define the real dissolution rate of coating. The EDS analysis results

of coated and uncoated samples after 28 days immersion test are given in Table 6-3.
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Table 6-3. EDS analysis after 28 days immersion test in simulated body fluid

Sample Element (Wt.%)
C @] Mg P Ca Cl
AZ31 substrate 57.46 23.14 6.47 9.08 3.85
HE100 C-3hr 3.49 48.91 14.19 10.21 14.44 8.75
HE130 C-3hr 7.79 53.46 5.41 12.86 20.49
HE160 C-3hr 58.14 1.32 16.42 24.13
HEPAA(0.2%) 15.76 29.37 3.88 29.64 21.34
HESCMS(0.2%) 10.91 16.93 3.92 17.97 50.26

6.3.1 Surface Morphology Study after Immersion Test

Photographs of tested samples after 28 days immersion in SBF solution are shown in
Fig.6-13. As it can be seen from Fig.6-13, the uncoated Mg substrate undergoes severe
and non-uniform corrosion. As immersion time increased to 28 days, the pits on the
surface of Mg became wider and started to penetrate through the substrate thickness.
In some parts of the substrates, pits propagated through the whole 2 mm substrate
thickness leading to premature loss of mechanical integrity. On the other hand, the Ca-
P coated samples at 130 °C and 160 °C as well as composite coatings displayed little

change in the coatings and no obvious pits were observed on the coating surface.

Since the Mg(OH)2 layer formed from the metal is not protective and can transform
into soluble MgCly, the breakdown of Mg(OH)2 layer can provide more active sites on
the Mg surface, which accelerates the substrate corrosion. Moreover, the difference in
electrochemical activities of different phases in the alloy results in the formation of
microcells and consequently galvanic corrosion can happen after dissolution of

protective layers resulting in the formation of a non-uniform corrosion process [200].
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Figure 6-13. Photographs of tested samples after 28 days immersion test: a) AZ31 substrate, b)
HE100 °C-3hr, ¢) HE130 °C-3hr, d) HE160 °C-3hr, e) HEPAA(0.2%) and f) HESCMS(0.2%)
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SEM images of the bare and coated samples after 28 days immersion test are shown
in Fig.6-14. It is clear that surfaces of bare AZ31 substrate and HE100 °C-3hr undergo
severe corrosion and show a rough appearance. However, in the case of coated sample
at 130, 160 °C and HESCMS(0.2%) the coating layers still remained on the surface of
substrate but Ca-P crystals started to dissolve as some pits appeared on their surfaces.
Formation of pits on the surface of Ca-P crystals might be attributed to the dissolution
of monetite. Monetite is a stable phase below pH value around 5. Since the pH was
around 7.2-7.4 in the SBF solution, this higher pH could break down the
thermodynamic equilibrium at the interface of monetite and solution and results in

dissolution of monetite phase according to Eq.6-6 [206].
CaHPO, — Ca’* + HPO3~ (6-6)

Even though the mass loss for the HEPAA(0.2%) composite coatings was slightly
higher that HE160 °C-3hr, but no significant changes were observed in the coating

morphology.
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Figure 6-14. SEM micrographs of tested samples after 28 days immersion test: a) AZ31
substrate, b) HE100 °C-3hr, ¢c) HE130 °C-3hr, d) HE160 °C-3hr, e) HEPAA(0.2%) and f)
HESCMS(0.2%)
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6.3.2 lon Release Measurements and pH Monitoring

The Mg, Zn and Al ions release of uncoated and Ca-P coated samples were measured
by means of ICP techniques. The results are shown in Fig.6-15 for Mg ions release.
Cumulative Zn and Al release did not exceed 0.2 ppm/cm? for the 28 days immersion
period. For the uncoated samples, the Mg ion release increased from 83 ppm/cm? after

2 days immersion to 174 ppm/cm? after 28 days immersion in SBF solution.
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Figure 6-15. Mg ion release from bare and Ca-P coated samples during immersion test (solution
volume: 5 ml)

The release of Mg?* from Ca-P coated samples was low compared to the uncoated
sample. In the case of samples coated at 160 °C, Mg?* release started from 11 ppm/cm?

after 2 days of immersion and reached to 108 ppm/cm? after 28 days immersion in

139



Chapter 6 Corrosion and Mechanical Performance of Coatings

SBF solution. The results show that Ca-P coatings can protect Mg substrate from

corrosion and can decrease its degradation rate significantly.

A comparison of Mg?* release from inorganic and composite coatings is shown in
Fig.6-16. In the case of HEPAA(0.2%) composite coating the Mg?* release started
from 36 ppm/cm? after 2 days and reached to 140 ppm/cm? after 28 days immersion
test. On the other hand, Mg?* release from HESCMS(0.2%) composite coating was in

the range of 32-125 ppm/cm? during 28 days immersion in SBF solution.
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Figure 6-16. Mg ion release from bare sample, inorganic and composite coatings during
immersion test (solution volume: 5 ml)
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In general the Mg?* release from composite coatings was slightly higher compared to
inorganic coating; however, the ion release was still lower than the bare substrate. The
higher ion release from composite coatings could be a result from a slightly higher
degradation rate of composite coatings compared to an inorganic coating as explained
in the previous section; or it might be resulted from release of Mg ions that combined

and chelated with COO" in a polymer structure.

Apart from Mg?* release, fast hydrogen evolution and consequently alkalization are
critical issues resulting from Mg corrosion that may delay the healing process and
adversely affect new tissue formation and cell proliferation. To see if the present
coatings can overcome this problem, the change in pH over immersion time in SBF
solution was monitored for uncoated and coated samples, and the results are shown in
Fig.6-17. The initial measured pH value of the SBF solution was 7.35, and it increased
significantly after one-day immersion to 8.4 and leveled out to 9.95 after 10 days
immersion for uncoated sample. For the inorganic Ca-P coating (deposited at 160 °C)
the change in pH (to 7.42) was minor after one-day immersion and increased to 8.35
after 10 days immersion. The change in pH for composite coatings was almost similar
as inorganic coating and it reached to 8.3 and 8.6 for HEPAA(0.2%) and
HESCMS(0.2%) composite coatings respectively. The results confirmed that the

present coating can moderate the pH increase induced by Mg corrosion.

The presence of a coating layer acts as a barrier to prevent access of electrolyte to the
substrate. By increasing the immersion time, the solution can penetrate through the
coating via pits and the substrate dissolution and pH increase start. However, the

changes in the pH values were much smaller for coated samples than for bare substrate.
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Figure 6-17. Change in pH value after different immersion times

This phenomenon might be explained by Eq.6-7 and Eq.6-8 describing the dissolution
of the coating. As a result of dissolution of monetite or tricalcium phosphate phase,
HPO.% or PO4* ions are released from the surface which can moderate the pH increase

due to substrate dissolution.
CaHPO, — Ca?* + HPO3~ (6-7)
Ca3(P0,), - 3Ca’* + 2P03- (6-8)

Moreover, during the immersion test in the SBF solution, coatings partially could
convert to the HA phase through the dissolution-reprecipitation mechanism. The
dissolution of coatings at this slightly alkaline pH and concurrent precipitation of Ca?*
and PO4> ions due to their high concentration in SBF solution leads to eventual
thermodynamic equilibrium by the conversion of coatings into HA. The conversion

may be described by Eq.6-9 and Eq.6-10 [206]:
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5Ca%* + 3HPO3™ + OH™ - Cas(P0,)3;(OH) (6-9)
5Ca%* + 3P0% + OH™ - Cag(P0,)3;(0H) (6-10)

As it can be seen from Eq.6-9 and Eq.6-10 some OH™ ions are consumed during the

formation of HA phase, which also helps to keep the solution’s pH from rising rapidly.

6.4 Mechanical Properties of Coating

Ca-P coatings are known to be stiff and brittle which leads to early failure of the bone-
implant interface. On the other hand, polymers exhibit relatively low mechanical
strength and stiffness which do not meet the mechanical demands in bone regeneration
applications. Composite coating with a combination of Ca-P as inorganic part and
bioresorbable polymers as organic component can be an ideal approach to obtain
adjustable mechanical properties [207] . Mechanical properties of coatings and the
effect of polymer incorporation into the coating structure were evaluated by means of

nano-indentation and scratch tests.

6.4.1 Nano-indentation Test Results

Figure.6-18 shows a comparison between load-displacement curves of inorganic and
composite coatings. In load-displacement plots, lower indentation depth indicates a
higher hardness and a higher slope of unloading curve which indicates high stiffness
of the sample [208]. The Ca-P coating showed the lowest indentation depth (around

83 nm) compared to composite coatings.

Moreover, in the case of Ca-P inorganic coating, a loading curve for indentation shows
sudden displacements. This behaviour can be attributed to brittle failure and suggests

the growth of micro cracks during loading or may be related to deboning or
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delamination of coating [208]. On the other hand, the composite coatings had smooth
indentation curves without any displacement, indicating no cracking and higher
resistance to crack formation. In the composite materials, the polymer bridge resists
crack formation and propagation [207]. Thus, by incorporating the polymer, the
brittleness of the coating can be significantly reduced and the coating modulus can be
adjusted to be close to that of Mg for optimum mechanical matching between substrate
and coating. The increased coating ductility prevents or at least decreases the crack

formation tendency.

5
Inorganic
—— HEPAA(0.2%)

44 — HESCMC(0.2%)
z 7
g
o
&
e 24
—

14

0 T T T T T T T T T

0 50 100 150 200 250

Depth (nm)

Figure 6-18. Load-displacement curves in nano-indentation

Fig.6-19 and Fig.6-20 show a comparison between mechanical properties of inorganic

and composite coatings versus polymer content in the coating structure. Ca-P inorganic
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coating shows high hardness (5.7 GPa) and Young’s modulus (98 GPa). Incorporating
polymer in the coatings reduced the inorganic content in the coating and consequently
reduces both hardness and Young’s modulus significantly. Young’s modulus of
HEPAA(0.2%) [With 9.05 wt.% polymer content] and HESCMS(0.2%) [With 4.24
wt.% polymer content] were very close to that of the Mg substrate at 50 GPa and 47
GPa, respectively. Similarity between mechanical properties of substrate and coating
could be beneficial and significantly reduce the substrate-coating interface stress and

concomitant failure.
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Figure 6-19. Comparison between Young’s moduli of coatings vs. polymer content in the coating
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Figure 6-20. Comparison between hardness of coatings vs. polymer content in the coating

6.4.2 Scratch Test Results

Evaluation of the crack formation and failure mode in the coating was further
investigated with scratch testing. Fig.6-21 shows the change in friction force (Ff)
versus distance for inorganic and composite coatings. The Ca-P inorganic coating’s
graph showed an abrupt increase in friction force at 2584 mN which can be related to
delamination or crack formation in the coating. On the other hand, the HESCMS
composite coating graph indicated no major friction force fluctuations in the test, while
the HEPAA composite coating showed a small increase in friction force at 2782 mN.
In the scratch testing, friction force varied as different types of damage occur in the

scratch track. Distinct changes in friction coefficient and friction force are indication
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of damage event in the scratch test [209]. Fig.6-22 shows a comparison between
friction coefficients (COF) of different coatings. COF of inorganic Ca-P coatings was
higher compared to composite coating and fluctuated drastically. An abrupt increase
in COF shows that the surface has experienced or undergone some damages such as
coating delamination or micro cracking [209]. For the composite coatings, COF was

relatively low and steady.
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Figure 6-21. Change in friction force vs. distance in the scratch test (Load was increased linearly
over time)
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Figure 6-22. Change in friction coefficient vs. distance in the scratch test

Fig.6-23 shows optical micrographs of the coatings after the scratch test and Fig.6-24
shows the SEM micrograph of the coatings at higher magnification revealing the
damage event during the scratch test. Coating failure was characterized by crack
formation through the scratch path. According to Fig.6-23 the trackside spallation was
observed for the Ca-P inorganic coating while the scratch paths were consistence and
no damage was observed for the composite coatings. The delamination of the coating
is characterized by the white portion along the scratch path in Fig.6-23 which was
severe for Ca-P inorganic coating, but it was partial for the HEPAA composite coating.
While, the HESCMS composite coating showed no delamination along the scratch

path.

An examination of the sample’s SEM images after the scratch test showed that

different coating failures can be identified. The Ca-P inorganic coating clearly showed
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crack formation and spallation of coating, however no crack formation was observed
for the HEPAA and HESCMS composite coatings. Although, composite coatings
showed partial coating’s delamination which was minor compared to inorganic coating,

suggesting that incorporation of polymer significantly affects the crack formation

tendency.
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Figure 6-23. Optical micrographs of scratch track: a) inorganic coating, b) HEPAA(0.2%) and
c) HESCMS(0.2%0)
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Figure 6-24. SEM micrographs of scratch track: a), b) inorganic coating, ¢, d) HEPAA(0.2%)
and e, f) HESCMS(0.2%)

Nano-indentation and scratch test results showed that incorporation of the polymers

can significantly improve the mechanical performance of the coatings. Based on nano-
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indentation results, the use of a 0.2 wt.% polymer in the deposition bath (SCMS or
PAA) adjusted Young’s modulus of coating close to the Mg substrate [50 GPa for
HEPAA(0.2%) and 47 GPa for the HESCMS(0.2%), compared to 98 GPa in the case
of inorganic Ca-P coating and 41-47 GPa for Mg substrate]. Unlike an inorganic Ca-
P coating, there was no significant change in COF or Fs for the composite coatings

showing no sign of crack formation.

6.4.3 Effect of Coatings on Mechanical Integrity of AZ31 Substrate

Biodegradable implants must maintain their mechanical integrity until bone healing is
achieved. In order to determine the effect of coating on the delay of substrate
disintegration, cylindrical bare and coated samples were immersed in SBF solution for
up to 28 days. After each predetermined immersion time the compressive strength of

bare and coated samples were measured.

Fig.6-25 shows the change in compressive strength of samples after immersion in a
SBF solution, it is clear that uncoated samples suffered from a significant decrease in
mechanical strength after 28 days immersion in a SBF solution. The compressive
strength of bare substrate decreased from 452 MPa to 299 MPa, while in the case of
inorganic coating, HEPAA(0.2%) and HESCMS(0.2%) coatings decreased from 452
MPato 402, 393 and 397 MPa respectively. These results confirmed that the deposited
protective and corrosion resistant coatings can significantly delay the initiation of

mechanical strength degradation.

Photographs of bare and coated samples after 28 days immersion test are shown in
Fig.6-26. The bare substrate had suffered from severe corrosion and the sample surface
was irregular, while the corrosion level for coated samples was moderate and coatings

still were preserved.
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Figure 6-25. Change in samples compression stress after an immersion test in SBF solution
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Figure 6-26. Photographs of sample after 28 days immersion test: a) bare AZ31 substrate, b)
inorganic coating, c) HEPAA(0.2%) and d) HESCM(0.2%0)
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6.5 Summary

Corrosion performance of hydrothermally deposited inorganic Ca-P and composite
coatings on the AZ31 alloy substrate were evaluated and compared to the bare
substrate for potential biomedical application. The Ca-P coatings consisting of a
mixture of bioactive and resorbable monetite and tricalcium phosphate improved the
corrosion performance of Mg substrate up to 10,000 fold as measured by the corrosion
current density. EIS results showed that the size of capacitance loops increased after
applying the coating layers on Mg substrate and the capacitance loop’s size was
increased by increasing the deposition temperature. This was in parallel to the increase
in charge transfer and polarization resistance which is a criterion for corrosion
resistance enhancement and confirmed the results from potentiodynamic tests. The
coating evaluation indicated that the corrosion resistance improved by increasing
deposition temperature due to deposition of thicker layer at higher temperature.
However, the EIS also revealed that coatings deposited at the highest temperature
(190°C) did not behave the same way as coatings prepared at lower temperature by
displaying an additional capacitive loop at medium frequency. Additionally, a
potentiodynamic study indicated a lower level of corrosion protection for equivalent
coating thickness when the deposition temperature was raised to 190 °C. This
suggested that the coating structure and deposition mechanism may change above the
160 °C deposition temperature. The main factor in improving corrosion resistance was
found to be increasing the coating thickness while the deposition temperature also
played a factor. Thicker coating layers are expected to reduce the electrolyte access to
the substrate and slow down the corrosion process. There appears to be an optimum
deposition temperature at approximately 160 °C that can produce fairly thick coatings

with good corrosion protection and stability.
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In the case of composite coatings, a significant decrease (1000 fold) was observed in
the corrosion rate of coated samples as compared to a bare alloy. The level of corrosion

protection did not depend strongly on the polymer content of the coatings.

The incorporation of polymers reduced the Young’s modulus and coating hardness
significantly. With the appropriate polymer concentration, Young’s modulus close to
that of magnesium and bone can be achieved (approximately 50 GPa). Matching of the
substrate and coating mechanical properties to the properties of bone tissue is expected
to reduce interfacial stresses and potential interfacial failure such as delamination
under loading. The composite nature of the coatings reduced cracking tendencies due

to the increased ductility provided by the organic component.
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Chapter 7 In Vitro Performance of Coatings

7.1 Introduction

From Chapter 6 the corrosion resistance of the coatings appears to meet the implant
application requirements. Since the interaction between the cells and tissues with
biomaterials at the tissue-implant interface is a surface phenomenon, surface properties
of implants play a major role in determining the biological response to the implant and
the material response to the physiological conditions. Therefore, further studies were
done to test the in vitro performance of the coatings in order to analyze the cell-coating
interactions as well as coatings biocompatibility, which will be discussed in section

7.2 in detail.

Apart from controlling corrosion performance, anti-inflammatory and drug delivery of
coatings need to be considered as well. Implantation of an orthopedic device in the
body is always associated with a risk of microbial infection and biofilm formation [133,
210, 211]. When a bone becomes infected, the inner part (bone marrow) often swells.
The infection can also spread outward from the bone to form a collection of infection
in adjacent soft tissue, such as muscle. This phenomenon drastically reduces the
patient’s recovery process after implant surgery. Biofilms are extremely resistant to
both the immune system and antibiotics, therefore inhibiting bacterial adhesion is
essential to prevent implant-associated infection. In this chapter, a deposition of an
anti-infective coating with a drug delivery ability and their antibacterial performance

will be discussed (section 7.3).

7.2 In Vitro Tests

7.2.1 Direct In Vitro Test

Osteoblasts are important cells in the osseointegration of bone to the implant. They

have the ability to synthesize and produce extracellular matrix and to control its
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mineralization and regulate the ingrowth of bone to the implant. Osteoblasts are key
cells with regard to implant performance, and assessing their behavior on a potential
biomaterial may give insight into its likely biocompatibility [212].

The in vitro cellular responses to bare and coated samples were assessed with the use
of MG63 osteoblastic cells. Fig.7-1 and Fig.7-2 show the typical cell-surface
interaction after 1 day and 7 days incubation for the bare and coated samples. The
results indicate a healthy morphology of cells and good interaction between cells and
coated samples. The cells appear flattened and attach tightly to the sample surface
suggesting high cell viability on coated surfaces. This confirmed that coated samples
have good bioactivity and can provide an interface conducive for cell growth. Cell
attachment is a complex process, affected by numerous aspects, such as cell behavior,
material surface properties, and environmental factors. Material surface properties
comprise the hydrophilicity, surface charge, surface roughness, softness and chemical
composition of the biomaterial surface itself. Previous studies showed that cell
adhesion is improved by increasing the surface hydrophilicity [213].

After 1 day, more cells were attached to the composite coatings compared to the
inorganic coating. The contact angle results in the present work showed that both
inorganic and composite coatings are super hydrophilic (the contact angle was below
10", therefore, the higher cell attachment to the composite coatings surface cannot be
justified by this factor. Another factor is surface charge; the higher cell attachment
may be due to the presence of COO™ functional groups on the surface of composite
coatings. It is more likely that any difference in cell growth, such as proliferation, is
influenced by the COO™ functional group. Thevenot et al. [214] reported that the
incorporation of negative charges may help adsorption of proteins which promote cell
adhesion. Keselowsky et al. [215] reported that surfaces with differently chargeable
functional groups (CH3, OH, COO", and NH; groups) modulated MC3T3 adsorption
and direct binding and specificity to control cell adhesion of osteoblasts to coated
surfaces followed the trend: OH >COO™ = NH. > CHzs. Beside the surface charge,

158



Chapter 7 In Vitro Performance of Coatings

surface stiffness is another factor that can affect the cell attachment. From mechanical
properties results (in Chapter 6) the stiffness of composite coatings were much lower
compared to inorganic coating (50 GPa for HEPAA(0.2%), 47GPa for HESCMS(0.2%)
and 98 GPa for inorganic coating). The lower stiffness of composite coatings which
are closer to bone stiffness, may improve the cell attachment [213]. Surface functional
groups can influence cell growth, likely due to the fact that surface chemical

functionality affects adsorbed protein and subsequent protein-cell interactions [214].

10pm
X 1,000 1.00kV SEI GB_LOW WD 5.7mn X 1,000 1.00kV SEI GB_LOW WD 5, Tmm

10pm 10pm
X 1,000 1.00kV SEI GB_LOW WD 5.7rm X 1,000 1.00kV SEI GB LOW WD 5.6mm

Figure 7-1. Cell attachment after 1 day: a) AZ31 substrate, b) inorganic coating, c)
HEPAA(0.2%) and d) HESCMS(0.2%)
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Figure 7-2. Cell attachment after 7 days: a) AZ31 substrate, b) inorganic coating, c)
HEPAA(0.2%) and d) HESCMS (0.2%)

In comparison, the bare substrate had an adverse effect on cell attachment; few cells
attached on the surface of the bare substrate and the attached cells did not show healthy
morphology, which confirmed that the bare substrate did not have good bioactivity.
This confirmed that surface modification of Mg substrate is essential for implant

application.
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The ultimate use of biomaterials in clinical purposes involves direct contact with the
host tissues and cells. Therefore, the direct exposure of cells to the Mg alloy would be
an important evaluation on cell-alloy interaction. This study suggested that the
untreated Mg alloy surface is not favorable for cell attachment, which could impede
the process for implant integration and remodeling process in the host. Coated samples
have high potential to be used as implants for biomedical applications since they

showed acceptable cell growth and cell attachment.

7.2.2 Indirect In Vitro Test

Another concern when using biodegradable alloys in biomedical applications is the
cytotoxicity induced by their degradation products. Thus, cytotoxicity (cell viability)
of bare and coated samples was assessed by means of an indirect test. Prior to
cytotoxicity test, sample’s extracts were added to the cell line and incubated for 1 and
7 days. After 1 and 7 days incubation, cell viabilities were measured by MTS [3-(4,5-
dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-(4-sulfophenyl)-2H-tetra-

zolium] test and the results are shown in Fig.7-3. All the extracts obtained from the
coated samples exhibited no cytotoxicity to the cells. However, the byproduct of a bare
substrate showed a moderate level of toxicity (the cell viability in the case of bare

substrate was in the range 77-88 %).

The in vitro tests results indicated that although the byproduct of the bare substrate
degradation showed low cytotoxicity, the bare substrate did not provide good
bioactivity and cannot readily support cell growth. Thus, surface modification of AZ31

is shown to be essential for implant application.
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Figure 7-3. Cell viability measured by MTS assay
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7.3 Anti-Infective Coatings with Local Drug Delivery Ability

Until now, Ca-P inorganic and Ca-P/Polymer composite coatings were successfully
deposited on the AZ31 substrate by means of hydrothermal method, which offered
good corrosion performance, mechanical properties, degradation behavior as well as
cell attachments [174, 190, 216, 217]. Apart from that, inhibiting bacterial adhesion is
essential to prevent implant-associated infection, because biofilms are extremely
resistant to both the immune system and antibiotics. This could be achieved by using
anti-infective coatings. An anti-infective coating could be developed by two means:
first, incorporation of some ions such as silver (Ag) or copper (Cu), and second, by

incorporating antibiotics such as tetracycline into the coatings [218, 219]. The second
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method is preferred because by incorporating an antibiotic, the coating offers local

drug delivery as well.

Systemic therapies can be used to treat implant-associated infections, but this method
has a possible disadvantage of not being sufficiently effective due to impaired blood
circulation and the need for a high concentration of antibiotics. Local drug delivery is
a promising and effective procedure of delivering drug at the implantation site and
seeks to prevent implant-associated infections by reducing the concentration of
bacteria, and/or impeding bacterial adherence to the implant surface. Moreover, it has
been proposed that a local delivery of an antibiotic can reduce the side effects and risk
of overdose, also increasing the drug concentration that can be effectively delivered to
a targeted site; in that way, a systemic administration of drug could be significantly

reduced [220, 221].

7.3.1 Drug Release Measurement from Anti-Infective Coatings

A different concentration of TCH was incorporated into hydrothermally deposited
inorganic Ca-P (HE160°C-3hr) and HEPAA(0.2%) composite coatings. TCH was
loaded into the coating by using EPD technique. EPD is a fast, effective and low cost
method which provides the possibility to incorporate different materials into the
coatings in order to achieve controlled properties. Since drugs (antibiotics) are not
stable at high temperature, it is not possible to incorporate TCH into the coating during
the hydrothermal process in a single step. In this case, EPD deposition process at low
temperature could be used with hydrothermal process for loading antibiotic into the
pre-hydrothermally deposited coatings.

TCH is water soluble and hydrophilic and therefore, TCH is first encapsulate into the
polymer solution (SCMS solution) in order to increase drug loading into the coating

and prevent fast release of TCH. The release profile of TCH from the coatings into the

163



Chapter 7 In Vitro Performance of Coatings

PBS solution is shown in Fig.7-4. For the both samples, an initial burst release was
followed by a slow release (around 15-25 %) over a period of 10 days. The majority
of release took place during the first 24 hours (75-85%) of immersion of samples in
PBS solution. The fast drug release in the beginning is related to surface attached drug
which followed by the slower release of the entrapped drug within the micropores
present on the coated samples [222, 223]. Besides that, a further release of drugs could
be a result from dissolution of an intermediate polymer layer (SCMS) which provided
a new drug covered surface. The SCMS intermediate polymer layer also could act as

a diffusion barrier to control the release rate of TCH into the solution.
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Figure 7-4. Release profile of TCH over time from inorganic and composite coatings

The release mechanism of the antibiotics can be described as a dissolution-diffusion

phenomenon. Drug release could be affected by surface morphology and porosity. The
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release of TCH from HEPAA(0.2%) composite coating was more sustained and after
250 hours around 90% of drug was released from the composite coating while in the
case of inorganic coating after 250 hours almost 100% of the loaded drug was released
into the PBS solution. A composite coating has a porous structure and drugs could
entrap into the pores, and further release by diffusion from this pores. That may be a
reason for more sustained release of TCH from a composite coating compared to an

inorganic coating.

Fig.7-5 shows the release of TCH from HEPAA(0.2%) coatings with different amount
of loaded TCH. The TCH release behavior was similar for all concentrations. The
extent of release was proportional to the concentrations and the majority of release

took place during the first 24 hours (around 70%).

100

90

80

70

60

Drug release (%)

50

—=— HEPAA(0.2%-2.5TCH)
—+— HEPAA(0.2%-5TCH)
—+— HEPAA(0.2%-10TCH)

40 -

7T 7T T T T T
0 25 50 75 100 125 150 175 200 225 250 275

Time interval (hour)

Figure 7-5. Release profile of TCH over time for different incorporated concentration of drug
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From Fig.7-4 and Fig.7-5 the major amount of TCH loaded into the coating was
released in the first 24 hours. This is considered as a fast release profile. Tissue
engineering and drug delivery application are required continuous release of the drug;
moreover, controlling the initial release of the drug could reduce the possibility of drug

overdose and damaging the cells [224].

Therefore, in order to further control the drug release a top layer of SCMS polymer

without the drug was applied on the previous coating as follows:

1- Deposition of a layer of SCMS/TCH for 2 min at 10 Volts by EPD

2- Deposition of an intermediate layer of SCMS polymer for 2 min at 10 Volts by
EPD

3- Deposition of the second layer of SCMS/TCH for 2 min at 10 Volts

4- Deposition of a top layer of SCMS polymer for 2 min at 10 Volts by EPD

After that, the release profile for the new coatings was checked and the result is shown
in Fig.7-6. The results showed that adding a top layer could significantly affect the
drug release profile. Adding a top layer decreased the TCH release from 70% to 35%
in the first 24 hours. Moreover, adding a top layer of polymer resulted in prolonger
release of TCH. In this case the drug release sustained for around 500 hours, while for
the coating without the top layer, almost the whole amount of the loaded TCH was

released from the coatings after 250 hours.

For ideal drug delivery, antibacterial agents (antibiotics) should be released from the
coating immediately after the implantation to prevent bacterial adhesion and infection
in the implantation site, and followed by gradual and continuous release for a
prolonged period [225]. The new coating with a top layer of polymer was controlled
the initial release of TCH and was resulted in a sustained released of TCH for almost

20 days.
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Figure 7-6. A comparison of TCH release profile with and without polymer top layer

7.3.2 Antibacterial Activity of Coatings

The antibacterial activity of the samples was investigated by conducting agar disk
diffusion tests against gram positive S. aureus bacteria and measuring the zone of
inhibition (ZOIl) as shown in Fig.7-7 for inorganic and composite coatings. A
comparison of antibacterial activity of HEPAA(0.2%) coatings with different amount
of loaded TCH is shown in Fig.7-8. ZOl indicates the degree of sensitivity of bacteria
to a drug. A color contrast around the samples is indicative of ZOI that resulted from
a release of antibiotics into the solution which prevents bacterial growth. The size of
ZOl for the composite coating was higher (19-23 mm) than inorganic coating (15-18
mm). The size of ZOI for both coatings was increased over time resulted from

increased amount of released antibiotic from coatings.
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Figure 7-7. A comparison in the size of ZOI for inorganic and composite coatings
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Figure 7-8. A comparison in the size of ZOI for different amount of loaded TCH into the coating
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Photographs of the agar plates after antibacterial test are shown in Figures 7-9 to 7-12
for inorganic and composite coatings respectively. The PBS control did not develop a
ZOl area against bacteria growth. The release of TCH from all samples showed a clear
ZOl area. The bigger ZOI for the composite coating was a result from a higher amount
of incorporated TCH into the composite coating. However, the inorganic coating was
also capable of bacteria inhibition. The observed ZOI area confirmed that the quantity
of TCH released from the coating exceeded the minimum inhibitory concentration
(MIC) for the drug. The results showed that the obtained coatings could successfully

prevent bacterial growth and can be used as the anti-infective coatings.
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Figure 7-9. Photographs of agar plate after antibacterial test for inorganic coating: a) PBS
control, b) inorganic after 1 day, c) after 3 days, d) after 7 days and e) after 10 days

170



Chapter 7 In Vitro Performance of Coatings

Figure 7-10. Photographs of agar plate after antibacterial test for HEPAA(0.2%-5TCH)
composite coating: a) after 1 day, b) after 3 days, c) after 7 days and d) after 10 days
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Figure 7-11. Photographs of agar plate after antibacterial test for HEPAA(0.2%-2.5TCH)
composite coating: a) after 1 day, b) after 3 days, c) after 7 days and d) after 10 days
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Figure 7-12. Photographs of agar plate after antibacterial test for HEPAA(0.2%-10TCH)
composite coating: a) after 1 day, b) after 3 days, c) after 7 days and d) after 10 days
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7.4 Summary

In vitro studies with MG63 cells confirmed that composite coatings provided a surface
conducive for cell proliferation and did not have any cytotoxic effect. In comparison,
the purely inorganic coating was found to support cell growth to a lesser extent while
the uncoated AZ31 substrate displayed a modest level of cytotoxicity due to its

degradation and associated change in pH at the surface.

Besides that, an anti-infective coating with drug delivery capability was successfully
deposited by a combination of hydrothermal and EPD techniques. Since drugs are not
stable at high temperature, it was not possible to incorporate drug into the coating
during hydrothermal process. So it was beneficial to use an EPD method for
incorporating different concentration of drug on the top of hydrothermally deposited
coatings. The obtained coatings showed good antibacterial activity and drug release
profile over time. The observed ZOI confirmed that the quantity of TCH released from
the coatings exceeded the MIC for the drug. The results showed that obtained coatings
could successfully prevent bacterial growth and can be used as the anti-infective

coatings.
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8.1 Conclusion

In this study, the possibility of deposition of biodegradable and biocompatible
inorganic Ca-P and Ca-P/Polymer composite coatings on AZ31 magnesium alloy, Zn,
Ti and SS substrates by means of hydrothermal process was investigated. The
emphasis of the current work was on the deposition of biodegradable Ca-P phases,
since Mg is designed to be biodegradable and the aim of surface modification of Mg
substrate is only to delay the degradation of substrate until bone healing has been
achieved and afterward coating needs to be dissolved and removed from the substrate.
Therefore, there was no interest on the deposition of most common Ca-P phases like
HA, but a focus on deposition of biodegradable monetite and tricalcium phosphate
phases. The coatings were produced that close the gaps in terms of corrosion resistance,
biocompatibility, and mechanical performance. The outcomes of the current project

are as follow:

8.1.1 Deposition of Inorganic Ca-P Coatings

The hydrothermal process is an easy and low cost method for deposition of both
inorganic and composite coatings. In the case of inorganic Ca-P coatings, it was found
that deposition temperature and deposition time are important variables, which affect
different coating’s characteristics such as morphology, chemical composition,
thickness and corrosion performance. Moreover, deposition temperature and

deposition time showed a significant effect on coating deposition mechanism.

Deposited coatings at lower temperatures were mainly composed of the biodegradable
monetite phase. However, increasing the deposition temperature resulted in a
deposition of a higher amount of tricalcium phosphate and partial deposition of the
calcium pyrophosphate phase, which are still considered as biodegradable phases

compared to the HA phase.
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A higher deposition temperature (190 °C) promoted the growth of a thick layer of
Mg(OH). on the AZ31 substrate which resulted in an increase in the coating thickness
to around 400 pm (the thickness of deposited coating at 160 °C was around 60 pum).
This significant increase in coating thickness consequently, decreased the coating

adhesion to the substrate.

8.1.2 Deposition of Novel Ca-P/Polymer Composite Coatings

Novel Ca-P/Polymer composite coatings were successfully deposited in a single step
on the AZ31 substrate by means of a hydrothermal process and reported for the first
time in this project. In the case of composite coatings it was found that the polymer
type strongly affects coating morphology and coating chemical composition. These
differences resulted from polymer structure and molecular weight. Here we used two
polymers (PAA and SCMS) with carboxylate functional group since Ca?* ions could
cross link with carboxylic groups in the polymer structure and accelerate the deposition
process. PAA with high carboxylate content concentration resulted in deposition of the
tricalcium phase with nodular structures; while SCMC with a low carboxylate group
acted as a crystal habit modifier and reduced the Ca-P crystal size; although, the crystal

phase still remained as monetite phase which was similar to inorganic Ca-P coating.

8.1.3 Understanding the Deposition Mechanism of Coatings during the
Hydrothermal Process

It was found that the successful deposition of coating during the hydrothermal process

is strongly affected by substrate surface chemistry and metal-electrolyte interface

reactions. Inorganic and composite coatings were successfully deposited on AZ31 and

Zn substrates, and partially deposited on a SS substrate using the hydrothermal process.

Deposition of the coating was mainly due to the substrate corrosion and consequently

the pH change in the vicinity of the metal surface and promoting Ca-P precipitation on
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the surface. The increase in pH and incorporation of Mg?* and Zn?* resulted in
deposition and stabilization of the tricalcium phosphate phase followed by deposition

of the monetite phase. A monetite phase is deposited at the lower bulk solution pH.

In the case of composite coatings, it was found that PAA polymer adsorption on AZ31
substrate in the initial step of deposition changed the deposition mechanism. In this
case, increases in the local Ca®" concentration near the surface accelerated the
deposition of composite coating. The Incorporation of a SCMS polymer did not alert

the deposition mechanism compared to the inorganic coating.

8.1.4 Corrosion Performance of Hydrothermally Deposited Coatings

The main aim of the current project was to control the corrosion performance of AZ31
magnesium substrate for potential biomedical application. The biodegradable
inorganic Ca-P and Ca-P/Polymer composite coatings improved the corrosion
performance of the AZ31 substrate between 100-10,000 fold as measured by the
corrosion current density. In the case of composite coatings, the level of corrosion

protection did not depend strongly on the polymer content of the coatings.

From immersion test results, composite coatings showed a higher mass loss compared
to inorganic coating. This difference resulted from an incorporation of the polymers
into the coatings. Polymers have a higher degradation rate than Ca-P phases; therefore
incorporating biodegradable polymers could increase the degradation rate of coating.
In general, a combination of different factors like polymer content, polymer type,
polymer molecular weight, coating morphology and coating crystal size define the real

dissolution rate of a coating.

Different fracture types have different healing periods, for example healing period for
a femoral shaft fracture is around 12 weeks, while the healing period for a humeral

bone fracture is approximately 6-8 weeks. Therefore, by controlling different
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parameters, coatings with different degradation rates could be deposited and be used

for different bone fracture types.

8.1.5 Mechanical Properties of Hydrothermally Deposited Coatings

Ca-P coatings showed high Young’s modulus, hardness and brittle behavior which
resulted in crack formation during scratch and nano-indentation tests. Besides
corrosion resistance, adjustable mechanical properties are another requirement for
biomedical coatings in order to prevent early failure of the bone-implant interface. This
aim was achieved by an incorporation of polymers into the coating structure and a

deposition of composite coatings.

With the appropriate polymer concentration, Young’s modulus close to that of Mg
and bone was achieved (approximately 50 GPa). The composite nature of the coatings
reduced cracking tendencies due to the increased ductility and prevented crack

formation provided by the organic component.

8.1.6 Biocompatibility of Hydrothermally Deposited Coatings

Biocompatibility of coatings for biomedical applications is another concern which
must be taken into consideration. In vitro studies with MG63 cells confirmed that both
inorganic and composite coatings surface could support cell proliferation and growth
and showed no cytoxicity effect, unlike uncoated AZ31 substrates which did not
support cell attachment due to its degradation and associated change in pH at the
surface. However, the composite coatings supported cell growth to higher extent,

which was influenced by the COO" functional group in composite coatings structure.
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8.1.7 Anti-infective Coatings

Implant infection is another aspect for biomedical coatings which needs to be
considered. Anti-infective coatings were developed by incorporation of antibiotics into
the coatings. The obtained coatings showed good antibacterial activity and sustained
drug release profile over time. The obtained coatings successfully prevented bacterial
growth and could be used as an anti-infective coatings with local drug delivery

capability.

8.2 Suggestions for Future Works

8.2.1 InVitro Study of Biomechanical Properties of Coated Samples

The ultimate goal of surface modification is to use a coated Mg substrate as an implant
(as plate and screw, or rod) for bone fracture fixation. Therefore, the ability of coated
AZ31 substrate as a bone fixation implant needs to be confirmed before use by

conducting in vitro biomechanical tests.

In clinical applications, implant materials are subjected to different types of loads such
as tension, compression, bending and shear forces, or even a combination of different

loads depending on the implantation area.

In biomechanical testing, a simulated fixation test specimen such as a plate secured
with screws is subjected to different loads, and the results demonstrate the real
behavior and properties of a bone fixation implant. Since the bone fixation is
biodegradable, its mechanical properties will change over time in the body. Therefore,
it is necessary to perform biomechanical tests under wet condition in order to simulate
real conditions and to better understand the mechanical performance of implant
fixation. The biomechanical tests are depended on the implant fixation type and its

applications can be divided as follows:
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Chapter 8 Conclusions and Suggestions for Future Works

1- Static biomechanical tests including: tensile tests; bending tests; pull-out tests
and shear tests

2- Cyclic biomechanical tests

8.2.2 In Vivo Studies of Coated Substrates

It is necessary to fully understand the nature of corrosion and biodegradation of
hydrothermally deposited coatings in vivo condition before using them in practical
applications. The biodegradation of material in vivo is a cell mediated process and is
dependent on interface dynamics between material and environment, and caused by

living systems such as microorganisms and cells.

Therefore, it is essential to evaluate the corrosion performance, biodegradation, as well
as biocompatibility of coated samples in vivo and in animal models by using different
techniques such as in vivo micro-computed tomography (UCT), blood examinations,

histomorphological analysis and screening of degradation products.
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