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ABSTRACT

The use of magnesium as a bioresorbable implant material has been gaining large
amounts of interest over the last five years. Mg alloys by nature corrode rapidly com-
parative to other engineering metals, Mg is also naturally found in the body, meaning
it offers a potential degradable material which can support far higher stresses than the
current biodegradable polymers. Magnesium Elektron wanted to gain an understanding
of how Mg alloys would work in this new environment and find a potential alloy fit for
purpose. This thesis outlines the progress the author and Magnesium Elektron have made
in achieving those goals.

Initally, to form an understanding of what occurs when Mg is implanted into the body.
Osteoblast trials were used to determine in vitro responses and effects on the various Mg
alloys. These studies showed that high corrosion rates initially seen when Mg alloys are
placed in cell culture medium have a lower cell numbers. Most likely due to local pH
rise. The effect is inherent to all Mg alloys irrespective of their overall corrosion rate.
However, after the initial corrosion spike, surviving cells on the surface would proliferate
and attach well. The attached cells on Mg also showed a phenotype expression change
compared to those on glass.

It was then established that lowering the corrosion rate of the current Mg alloys was
now key. Initially this involved modifications to current alloys. Annealing ML4 at 350 ◦C
for 8 hours was found optimal and lowered corrosion rates by 20-30%. Further work
looked at modifing alloys by changes to chemical composition. It was discoveredd that
additions of 8wt% Er to ML4 made corrosion rates drop by 6-8 times in SBF. Additions
of Gd in ML4 also gave low corrosion, 2 times less than ML4. Calcium also lowered
corrosion rates slightly.

The modifications to the Mg surface was also looked into to lower the initial corrosion
rate and potentially alter the biocompatibility of the alloys. Two successful techniques
were found. Firstly organo-silanes were found to protect Mg for around 4 days, with re-
ductions in corrosion rate of 6 times in the first hours. Silanes were also successfully used
as anchors to graft polythene gycol to create a non fouling surface, which could proten-
tially lower stent restenosis Secondly, Magnetron sputtered hydroxyapatite was used to
lower corrosion rates by 6 times in the first 24 hours with no visible hydrogen gas being
evolved in the first hours.
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CHAPTER

ONE

INTRODUCTION

1.1 Magnesium Elektron

Magnesium Elektron is part of the Luxfer Group, an international manufacturer of
high performance engineering materials including magnesium alloys, zirconium products
and high pressure lightweight gas cylinders. The group employs approximately 1,600
people in 26 countries and operates 17 manufacturing plants in 6 countries; UK, USA,
France, Czech Republic and Canada. Magnesium Elektron specialises in the develop-
ment, manufacture and supply of magnesium products and services to technology indus-
tries worldwide and is regarded as the world leading innovator. It employs approximately
500 people operating in Manchester (UK), New Jersey and Pennsylvania (USA), Ontario
(Canada) and Litvinov (Czech Republic).

The company was founded by A. G. Farben and F. A. Hughes in 1936 who previously
were solely involved in importing and distributing magnesium from Germany. Pre war,
Magnesium Elektron produced pure magnesium as its sole product, but at the start of
World War Two it started producing war goods. Then after, the vast quantities of scrap
were used to create scrap metal products before Magnesium Elektron then turned attention
to its current speciality; the design and manufacture of new innovative alloys.

Magnesium Elektron’s first range of alloys were the highly successful Zirconium
based range, which could withstand higher temperatures and were used for the first jet
engines. The Mg-RE-Zn-Zr alloy RZ5, first patented by Magnesium Elektron has been
hugely popular for a large range of casting applications[1]. The yttrium based alloys were
then developed, including WE43 and WE54 which are still the world leading high strength
alloys for both cast and wrought applications[2][3]. Other noteworthy contributions in-
clude the magnox alloys used for nuclear power stations, the development of sheet mag-
nesium batteries for torpedoes and life jackets.

Today, Magnesium Elektron continues to develop new alloys for a vast range of ap-
plications and actively looks to keep its research and development diverse. Currently,
Elektron alloys are used for aerospace, defence, automotive, electronics and power gen-
eration. Company strategy has always placed Magnesium Elektron at the low volume,
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high technology end of the market, as the company can not compete on the same scale as
magnesium producers from China. Because of this, Magnesium Elektron aims to keep a
large and wide spanning customer base which gives a number of benefits. Mainly that it
can trade through and adapt during difficult periods which are expected with a relatively
small volume material like magnesium. For example in 2006, the Forumla 1 industry,
which was a high profit market for materials ruled the use of magnesium illegal in certain
areas of the car[4]. It also means that Magnesium Elektron can act as ambassadors for the
material and encourage new industries and companies to take on alloys for applications
that would normally be designed with aluminium or steel in mind. This also goes hand-
in-hand with another company strategy, which is to form partnerships with new customers
and supply service and expertise. Magnesium Elektron is not just a material provider, but
helps the development of the company’s new magnesium alloy based products.

Magnesium Elektron is actively involved the drive towards lightweight armoured mili-
tary personnel carriers and lightweight commercial aerospace cabin components, markets
that had previously avoided the use of magnesium due to its combustible and corrosive
reputation. Without effort from Magnesium Elektron to provide service and expertise,
these areas would never have been developed. Markets that are commonly thought of
today as a main stay of the magnesium industry, such as investment casting and wrought
products, are now processed in mass by high production companies and would not have
been feasible if not for the development service provided by Magnesium Elektron. It is
the service driven nature of Magnesium Elektron along with their reputation of excellence
that caused the biotechnology market to approach them when wanting to trial magnesium
in vivo.

Magnesium Elektron have been regarded as a world leader in nearly all applications
its alloys are used for. Its aim is to investigate the suitablity of the biomedical mar-
ket. Success is no easy exercise due to the vast competition in the biotechnology market
and the new found interest in biomagnesium, therefore collaboration with world leading
biomedical companies will be the necessary to fulfil this.

Magnesium Elekron commonly sell material per tonne to its customers, an arrange-
ment which would clearly be inappropriate for such small scale biomedical components
where only a few kilograms will be needed. From a research perspective, this is one
the the first development routes where magnesium Elektron does not have the facilities
needed, which for this product line will be full in vivo and vitro testing access. On the
other hand, biotechnology companies have no knowledge or infrastructure to design, de-
velop and create magnesium alloys. These reasons point towards a commercial partner-
ship for product development through to the full scale production of the finalised product
range in the future.

This Engineering Doctorate project was created at the time when Magnesium Elektron
was first analysing the market and determining the feasibility of the idea. The project fol-
lows from previous work from the same author, again with Magnesium Elektron, which
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was an undergraduate fourth year research project titled ’Magnesium as a resorbable bio-
material’ started in 2005. The outcome of this porject along with the increased interest
from biotechnology companies was the stimulus for creating the Doctorate project with
the aim to aid the development of biomedical alloys alongside technical staff and increase
Magnesium Elektron’s understanding of biomedical research.

1.2 Magnesium as a Biomaterial

The proposal to use magnesium alloys as a biomaterial are based upon three logical
points: Firstly, Magnesium corrodes at a very fast rate, so could be biodegradable in

vivo, secondly as an element Magnesium is already abundant in the body, and finally its
strength would out perform all current biodegradable polymers. This is a market niche of
huge potential, and could have a large impact on the metallic medical devices industry.
There have been two key areas where a biodegradable metallic implant has been identified
for potential impact; orthopaedic trauma devices (such as screws, plates, pins and staples);
and cardiovascular stents.

1.2.1 Orthopaedics

There are several approved and commonly used metallic biomaterials for use as or-
thopaedic trauma devices, including stainless steels, titanium and cobalt-chromium based
alloys. The orthopaedics industry has been using these materials for decades and are now
widely used in medical procedures. However, these permanent devices have limitations
preventing a more widespread use and commonly introduce the need for further surgery,
compromising the patient’s health.

Prominent metallic biomaterials have been shown to release toxic metallic ions and/or
particles through corrosion or wear processes. These can lead to inflammatory responses
and induce tissue loss [5]. Furthermore, the high elastic moduli of these metals are up-
wards of 20 times greater than that of bone [6](figure 1.1 shows mechanical properties
of current popular implant materials). Implantation of metallic implants with high elastic
moduli causes an affect called stress shielding, which is the result of much stronger im-
plants taking the various loading stresses for the bone [7]. Stress shielding leads to lower
amounts of new bone growth and bone remodelling to smaller, weaker forms due to its
apparent redundance [8]. To overcome this, implants are commonly removed during a
second surgical procedure after the tissue has healed. This causes discomfort and further
medical problems, as well as increasing health care costs.

Degradable materials have been identifed as the solution to the problems described
above, hence biodegradable polymers, particularly the new synthetic polymers have been
used for the last twenty years in large numbers [9]. Polymers such as poly (lactic acid),
poly (glycolic acid) and poly (ε-caprolactone) can solve some of the problems associated
with permanent metallic implants, due to their low modulus and adjustable degradation
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Figure 1.1: Mechanical properties of current strutural implant materials alongside AZ31 magnesium alloy.
AZ31 appears to have properties closer to bone than the other metals and is also stronger than Poly-L-
Lactide Acid (PLLA), which is deemed too weak for many structural applications

Figure 1.2: An example of stress shielding. A, Preoperative image. B, Image obtained directly after
surgery. C, Image of the same patient after 7 years of follow-up. Arrow indicates region of cortical bone
resorption [8]

rates. Often, the by-products of degradation are acidic which can lead to further degra-
dation of the implant and also trigger inflammation pathways [10]. Polymers have lim-
ited applications as biodegradable load bearing implants as they rarely achieve sufficient
strength for orthopaedic procedures [11]. Poly-L-lactic acid demonstrates tensile strength
three fold less than that of the femoral bone [11].

1.2.2 Cardiovasular Stents

The uses of permanent stents can cause similar problems observed with orthopaedic
implants. Limitations include stent thrombosis, which requires prolonged antiplatelet
therapy, and stent-vessel size mismatch which often results in a smaller lumen after
stent implantation [12]. Therefore the use of degradable stents is appealing as once they
are bioabsorbed, degradable stents leave behind only the healed natural tissue, allowing
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restoration of vasoreactivity with the potential of vessel remodelling. Late stent throm-
bosis is unlikely since the stent is no longer there, and prolonged antiplatelet therapy will
protentially be no longer necessary. Bioabsorbable stents can also be suitable for complex
anatomy where stents would impede vessel geometry and morphology causing a likeli-
hood of crushing and fractures, such as is seen in saphenous femoral and tibial arteries
[13].

Polymers have been used in this application with good results. Popular bioabsorbable
stents are typically made from Poly-L-lactic acid, polyglycolic acid, polycaprolactone
and poly (D, L-lactide/glycolide) copolymer [13]. Studies have shown that thrombosis
and restenosis rates were lower than with steel stents [14]. Vascular remodelling in a
Porcine model was also seen with decreased lumen cross sectional area [14].

The limitations of polymeric biodegradable stents are their lower strength and stiffness
when compared to metallic stents, which can result in early recoil post implantation. They
can have a recoil rate of approximately 20%, which requires thick struts that can impede
their profile and delivery capabilities, especially in small vessels[13]. Polymer stents are
associated with a significant degree of local inflammation[13]. The bioabsorption rate is
relatively slow, and still results in restenosis, albeit less than steel. Polymer stents are also
radiolucent, which can make positioning hard [13].

Magnesium demonstrates the ability to overcome the limitations of polymers, whilst
having the mechnical properties of metals. However, magnesium is not visible by radio-
graphy.
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CHAPTER

TWO

LITERATURE REVIEW

2.1 The effect of implants

The performance of biomaterials comprises two components, the response of the host
to the implant and the behaviour of the material in the host[15]. The almost immediate
event that occurs upon implantation of metals, as with other biomaterials, is adsorption
of proteins[16]. These proteins first come from blood and tissue fluids at the wound site
and later from cellular activity in the periprosthetic region. A large body of work has
been completed on the subject concluding the kinetics of the adsorption to be a matter of
milliseconds [17].

The bonding of proteins to the implant depends on the nature of the surface, with hy-
drophilicity being an important parameter[17]. It is widely assumed that no specific cova-
lent attachment occurs between proteins and implant surfaces but adsorption is the product
of thermodynamic mechanisms, the ambivalent polar/non-polar characteristics of proteins
and thirdly, protein’s limited solubility meaning adsorption increases as the solubility de-
creases[18]. The amount that adsorbs varies; variations from 0.005 to 0.144µgcm−2 for
albumin and 0.283 to 0.512µgcm−2 for fibrinogen were found to adsorb under steady state
conditions on to polymers ranging from hydrophilic to hydrophobic in character [19].

Once on the surface, proteins can desorb (native or denatured, intact or fragmented)
or remain to mediate tissue-implant interactions. In fact, the nature of this conditioning
film deposited on biomaterials is believed to be responsible for the host response [15].

Cardiovascular stents

Following the implantation of a cardiovascular stent and the initial protein adsorption
there are four stages of response. First is thrombosis, which caused the failure of early
stents (over 40%)[20]. Today this has reduced to under 1%, however thrombosis remains
a feature of every stent, albeit insignificant in terms of lumen encroachment, but occurs
at the strut walls enough for mural thrombus deposition. This effect is within 1-3 days
of implantation. Thrombi that form at the struts as well as on the vessel wall between
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struts provide the site of the second phase of repair, a brief inflammatory reaction. During
this stage the area is covered in leukocytes, with the number greatly affecting the rate of
proliferation later on with the developed lesion. These leukocytes decrease in number
from day 3 to 7 and are replaced by macrophages[20].

The third phase is intimal cell proliferation of smooth muscle cells along with mono-
cytes that have migrated to the thickened layer of arterial wall (neointima). These pro-
filerate and form the metabolic and architectural framework of the hyperplastic lesion.
The number of monocytes per artery determines the extent of arterial intimal growth in a
linear relationship[20].

The last stage is remodelling of the artery. Here, increased collagen and fibrosis de-
position causes the artery to shrink. Also, the arterial wall may be squeezed through the
stent strut interstices. Because the artery is dynamic and responsive, it opposes the strain
imposed by the stent struts through increased collagen deposition, marked destruction of
elastin, and persistent inflammation[20].

Orthopaedics

The host response to implants placed in bone involves a series of cell and matrix
events, ideally resulting in intimate apposition of bone to biomaterial called osteointer-
gration. For this intimate contact to occur, gaps between bone and implant must be filled,
and bone damaged during preparation of the implant site must be repaired[15].

Initially the adsorption and remodelling of proteins along with the release of material
or reaction productions occurs. After which is the approach of inflammatory and connec-
tive tissue cells. These adhere to the surface along with targeted matrix proteins such as
bone sialoprotein (BSP), osteopontin (OPN) and α2HS-glycoprotein[15].

Figure 2.1: Representation of events at the bone-implant interface. (a) Protein adsorption (b) protein
desorption, (c) material release, (d) inflammatory and connective tissue cells approach, (e) release of matrix
proteins and selected adsorption of proteins (f) formation of lamina limitans and adhesion of osteogenic
cells, (g) bone deposition on exposed bone and implant surfaces, (h) remodeling of newly formed bone [15]

This matrix formation is the first step of the formation of the lamina limitans and
allows the adhesion of osteogenic cells. The interfacial zone now formed is absent of
serum proteins, such as albumin. This means the protein adsorption thus far is a selective
accumulation/deposition of specific molecules. The afibrillar interfacial zone there on
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becomes populated with osteogenic cells and new bone is deposited. During this phase
it has been shown that osteoblasts, osteoid, and mineralised matrix are present adjacent
to the lamina/limitans-like layer. This suggests bone is deposited directly on the surface
of the implant, extending outward from the biomaterial. Therefore, bone formation in the
interface region occurs in two directions; not only does the healing bone approach the
biomaterial, but bone also extends from the implant toward the healing bone. The new
bone growth is remodelled to mature bone structures[15].

2.1.1 Magnesium in the body

Magnesium in the human body ranks fourth in overall abundance of inorganic com-
pounds, an estimated 1 mol of magnesium is stored in the body of a normal 70kg adult.
Within cells, magnesium concentration is higher, second only to potassium. Between 60-
65% of magnesium is found in bone, the remainder stored largely within muscle cells[21].

Magnesium is involved in over 300 enzymatic reactions in the body including glycol-
ysis, the Krebs cycle, creatine phosphate formation, nucleic acid synthesis, amino acid
activation, cardiac and smooth muscle contraction, cyclic AMP formation, and protein
synthesis[22].

Magnesium and calcium are constantly linked within the body, with a number of
mechanisms involved in their homeostasis, Magnesium is a nonspecific, natural calcium
channel blocker. Renal homeostasis maintains the magnesium serum level (figure 2.2
shows a schematic of the processes within the kidney). Magnesium within the blood en-
ters the kidney where it is ultrafiltrated through the blood kidney interface, the glomeru-
lus. Here about 70% of total magnesium concentration is filtered through the glomerular
membrane into the nephron by means of the bowmans capsule[23]. Once in the nephron
only 10-15% of the filtered magnesium is reabsorbed in the proximal tubule, the major
part, roughly 60-70% is reabsorbed in the ascending limb of the loop of Henle. Here
magnesium is reabsorbed by a paracellular mechanism involving paracellin-1[23].

The remaining 10-15% is reabsorbed in the distal convoluted tubule[24]. In the dis-
tal convoluted segment magnesium is absorbed by an active transcellular mechanism.
This absorption is under the control of special divalent cation sensing receptors; elevated
plasma magnesium concentrations inhibit reabsorption of magnesium from the distal con-
voluted tubule, leading to an increased loss of magnesium from the body[23]. This system
is the main regulator of the excretion of magnesium as there is little magnesium reabsorp-
tion beyond the distal tubule. If magnesium blood levels rise, divalent cation sensing
receptors are activated on the peritubular side of the cells of the distal tubule. Activation
of these receptors reduces response to hormones such as parathyroid hormone, calcitonin,
glucagon and arginine vasopressin (magnesium conserving hormones) on the hormone
mediated magnesium uptake into the cells of the distal tubule. Subsequently less magne-
sium is transported through the cells leading to an increased urinary magnesium excre-
tion[23].
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Figure 2.2: Summary of segmental magnesium absorption along the nephron within the kidney[24]

Serum Mg Level Effect
mg/dL mmol/L
1.7-2.4 0.7-1.05 Normal Serum Level

5-8 2-3.5 Nausea, flushing, headache, lethargy
9-12 4-5 Somnolence, loss of deep tendon reflexes, pro-

longation of QRS, PR, QT intervals, bradycar-
dia and hypotension

>15 >6 Complete heart block, respiratory paralysis,
coma, shock

>20 >8 Asystole, death

Table 2.1: Serum concentrations of magnesium with their symptoms in humans.

Clinically high levels of Magnesium

Clinically significant hypermagnesemia is rare in individuals with normal renal func-
tion, and its cause is often the result of medical intervention. Hypermagnesemia is fre-
quently subtle and nonspecific and often the symptoms are attributed to other illnesses.
Hypermagnesemia is associated with a high morbidity and may be life threatening.

Mild hypermagnesemia has been observed in patients receiving a range of treatments
which actively modify homoeostasis of magnesium, such as lithium therapy, hyperparathy-
roidism and hypothyroidism.

The most common cause is prescribed excessive intake of magnesium containing laxa-
tives, cathartics, or supplements, or concomitant use of anticholinergic and narcotic agents
and multiple doses of magnesium-containing cathartic therapy given in conjunction with
activated charcoal.

Nausea, headache, flushing, warmth, and lightheadedness characterise minor eleva-
tions of serum magnesium. The cardiovascular, respiratory, and neuromuscular systems
are affected at higher doses. In large doses, magnesium acts like the poison curare at

36



2.1. THE EFFECT OF IMPLANTS

the neuromuscular junction and a parasympathetic blocking agent. Temporary intesti-
nal paralysis has been reported. Although the correlation between symptoms, signs, and
serum level can be extremely variable and dependent on the presence of one or more disor-
ders states, in most cases respiratory failure precedes cardiac collapse. Muscle weakness,
an abnormal electrocardiogram and altered mental status with a CT scan should suggest
hypermagnesemia. The highest published serum magnesium level in a patient who sur-
vived was 10.65 mmol/L (26.0 mg/dL).

2.1.2 Magnesium in bone

The majority of the body’s magnesium is located in bone. The magnesium adsorbed
on the bone’s surface is in equilibrium with the extracellular magnesium[22]. At reduced
plasma concentrations magnesium can be rapidly released from the bone surface and at
increased plasma concentrations magnesium is bound to the surface[22].

In an investigation into the kinetic model of magnesium metabolism, the movement
of stable isotopes 25Mg and 26Mg were studied. It was found that 24% of the human
total magnesium exchanges rapidly from bone to blood. Bone magnesium, therefore,
represents a magnesium reservoir that buffers extracellular magnesium concentration. In
humans this magnesium buffering capacity is reduced with increasing age as over lifetime
nearly half of the magnesium content of bone is lost [22].

2.1.3 Osteoblasts

The focus of this study with regard to understanding the biological aspects of the
research is centred around the orthopaedic market. The in vitro models chosen to inves-
tigate the magnesium-bone relationship are based on human osteoblast cells. These cells
as mentioned earlier are fundamental to implant success, as they are responsible for new
bone growth.

Fundamental to the growth of new bone tissue is the way in which the osteoblast cells
behave. This is determined by a progressive and interdependent series of biochemical
events within the cells known as the cell cycle, which affects the cell genetically [25].
First, the expression of cell growth and subsequently a series of tissue-specific genes.
The changes in gene expression can be monitored and are used to define the developmen-
tal sequence now thought of as osteoblast’s three distinct periods; Proliferation, matrix
development and maturation, finally followed by mineralisation [25].

Owenet al investigated in great depth the relationship between osteoblast gene expres-
sion, activity and time. The basis of the Owen model (shown in figure 2.3) is that genetic
modifications throughout the cells life produce the three stages. It is reported that there
are genetic restrictions on the sequence between the phases, meaning cells can progress
but not pass without the appropriate signals. Genes involved in the production and depo-
sition of the extracellular matrix must be expressed during the first phase of proliferation.
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If not, the cells will not differentiate and stay in a proliferative state. It is also reported
that the onset of extracellular matrix synthesis is the cause of the shutdown of the pro-
liferative gene pathways. The maturation and organisation of the matrix shutting down
proliferation is the tissue’s way of determining the matrix is ready for mineralisation. It
is therefore important for these gene pathways to be expressed so that new bone growth
can occur. These gene pathways are externally influenced by the conditions of the cell.

Figure 2.3: Model of the relationship between proliferation and differentiation during the rat osteoblast de-
velopmental sequence. Commitment periods and restriction points, designated within broken vertical lines.
A functional relationship between the down-regulation of proliferation and the initiation of extracellular
matrix maturation and development is based on stimulation of alkaline phosphatase (AP) and osteopontin
(OP) gene expression when proliferation is inhibited, but the developmental sequence is induced only to
the second transition point. Growth of the osteoblast under conditions that do not support mineralization
confirms the day 20 restriction point since the developmental sequence proceeds through the proliferation
and the extracellular matrix development/maturation periods, but not further. DNA, DNA synthesis; col I,
collagen Type I; OC; osteocalcin [25]

One factor that influences cell function is how its attached to its surrounding environ-
ment. Cells are attached to the extra-cellular matrix by molecules in their cell membranes
called Integrins. It has been documented that integrins can regulate gene expression[16].
Integrins along with cadherins, which are used in cell-cell attachment have direct inter-
actions with a-actinin, talin and catenins, linking to the cell’s cytoskeleton meaning a
direct affect on cell shape. The signals mediated by cell shape may be processed by
the nuclear matrix, which is physically linked to the cytoskeleton via the nuclear lamins.
Subsequently, adhesion activation is essential for signal transduction through to regula-
tion of gene expression. Extracellular matrix-mediated changes in cell shape can modify
the nuclear matrix and therefore modify gene expression. Extracellular matrix-mediated
changes in cell shape initiate a switch between the proliferative and differentiative state.
For example, as osteoblasts shift from a proliferative to a rounded differentiated state,
its been shown that the nuclear matrix protein NMP-2 is produced. NMP-2 binds to the
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Figure 2.4: Representation of the cell proteins involved in cell adhesion on biomaterial[16]

osteocalcin gene promoter and induces an expression[26]. Recent work has been con-
ducted on osteoblast adhesion to fibronectin which is a protein commonly found in the
extra cellular matrix. It was shown that the specific fibronectin receptor (α5α1-integrin)
and β1-integrin were reported to promote osteoblastic differentiation. It was found that
amplification of α5α1-integrin was associated with increased mineralisation of bone cells
in culture[16].

Osteoblasts and Magnesium

Several publications have shown that bone growth is stimulated by the presence of a
degrading magnesium implant. Witte reported increased bone growth at the surface of im-
plants within rabbits and Zijian reported increased numbers of osteoblasts and osteoclasts
around corroding Mg-1wt%Ca pins[27]. There there several hypotheses to explain why
this could happen. Electrical current has been suggested, along with increased local pH.
But logical reasoning would be that Magnesium corrosion, Mg2+ could be stimulating
osteoblast function[27].

Janning used magnesium hydroxide cylinders in rabbits to look at its affect on sur-
rounding bone[28]. It was reported that not only was there an increase in osteoblast activ-
ity, but also in the first 4 weeks, the number of osteoclasts lowered. It was concluded as
no metal alloy was present, only the magnesium ions could have produced this result as
electrochemical effects, metal surface properties or the effect of alloying elements were
removed from the model[28].

At concentrations close to normal physiological conditions, it has been reported that
lowering the amount of magnesium reduced osteoblast proliferation. This was the result
of increase TRPM7 expression[30]. TRPM7 proteins are melastatin-like transient recep-
tor potential which have been associated with cell proliferation and survival. It was found
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CTR (1mM) Mg (0mM) Mg (10mM) Mg (100mM)
Growth-related genes

Ki67 100 9 41 63
PCNA 100 55 86 75

Apoptosis-related genes
DFF-40 100 93 143 177
DFF-45 100 80 164 207

Bcl2 100 38 120 90
Bcl-XL 100 75 137 243

Inflammation-related gens
IL-8 100 159 72 200

PDGF 100 74 129 133
TGF-beta1 100 62 151 276

Angio1 100 24 23 91
bFGF 100 108 258 241
VEGF 100 58 98 168
ET-1 100 91 114 210

CXCR-1 100 33 43 54
HIF-1a 100 110 288 160

Migration-related genes
uPA 100 34 791 1100

MMP2 100 142 194 279
MMP9 100 148 197 124
TIMP-1 100 159 431 214

Table 2.2: Gene expression of U2-OS (osteoblast) cells cultured in different magnesium conditions[29]

that increasing magnesium concentration from 0 mM through to 0.8 mM gave cell prolif-
eration increases proportional to concentration[30].

Using higher concentrations, predicted to be similar to those found around the implant
surface, YeoHeung looked at genetic responses in osteoblasts to changes in magnesium
concentration. Osteoblasts were cultured in 0, 1, 5, 10, 100 and 200 mM magnesium[29].
The results are shown in table 2.2. Average growth, apoptosis, inflammation and migra-
tion regulators all increase with Mg concentration. Profileration results showed that cell
number increased with magnesium until 5mM, but above this value it became detrimental.
This was the same result seen with mineralisation[29].

The modification of hydroxyapatite with magnesium and other divalent ions has also
shown osteoconductive effects. Surface modification of bioceramics with Mg2+ substan-
tially affects the phenotype of osteoblast cells in vivo and in vitro [31][32]. Modifying
biomaterials with divalent cations such as Mg2+ results in an increase in osteoblast adhe-
sion to the altered substrate using integrin mediated mechanisms. Although the specific
role of Mg2+ in this process remains to be determined, a possible consequence of bioce-
ramic modification with Mg2+ was suggested to be the result of alterations in cell-matrix
interaction[31][33]. This was shown when integrin expression was changed as a result
of the magnesium surface modification. The osteoblasts grow on the Mg2+ modified
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bioceramic with higher expression levels of β1, α5, α5α1, and α3β1-integrin receptors,
compared to the Mg2+ free bioceramic. It was suggested that the α5α1-integrin were
found to be regulated by divalent cations and extracellular changes in these ions modify
integrin affinity to their respective ligands[33].

2.2 Magnesium as a biomaterial

2.2.1 A history of work pre 2000

The use of magnesium-based materials as biomaterials has been researched and used
in experimental surgery before, the first recorded case was in the first half of the 20th
century. The pioneer was Lambotte whose unsuccessful experiment in 1907 utilized a
plate of pure magnesium fixed with gold-plated steel nails to try and secure a lower leg
fracture. The result was an implant that corroded completely within 8 days and produced
a large amount of gas beneath the skin [34].

In 1938, McBride reported on the use of a magnesium-aluminium-manganese alloy to
make screws, pegs, plates and bands to secure 20 fractures and bone grafts. The report
showed a typical magnesium aluminium manganese 1g screw would completely dissolve
in 120 days [35]. The patients showed no reactions to the use of magnesium alloys and
no inflammatory responses adjacent to the implant [35]. During repair, McBride reported
that there was no effect on the cancellous bone tissues, but there was a positive effect on
the periosteal tissue and deposits of the osseous callous were reported [35].

The second world war then provided the catalyst for a large amount of work. In 1944,
Troitskii and Tsitrin, used a magnesium-cadmium alloy to make plates and screws for 34
patients with various fractures[36]. The results showed that the implants stimulated hard
callouses at the fracture sites. They would also produce hydrogen gas in the form of large
cysts, these were overcome by drawing off the gas with a subcutaneous needle[36]. The
implant is reported to have maintained mechanical integrity for 6-8 weeks, with complete
resorption occurring in 10-12 months. Some implants only lasted 3-5 weeks, which was
attributed to increased acidity. In all patients (44 total), no distinct inflammatory reactions
to the implant were observed [36].

Znamenski used a magnesium-aluminum alloy (10%Al) to treat gunshot wounds [37].
The two patients treated both had their fractures fused in 6 weeks, with the magnesium
plate no longer detectable after 6 weeks, and the pins no longer detected after 4 weeks[37].
Both patients were considered a success, with no inflammatory reactions or problems.

In 1972 a patent was granted for two biomagnesium alloys for Stroganov, who ob-
served lower corrosion rates by using rare earths (0.4-4wt%) and cadmium (0.05-1.2wt%)
in the first and rare earth (0.4-4wt%) and aluminium (0.05-1.2wt%) in the second. Both
alloys had traces of manganese, silver, zirconium or silicon, [38]. It was reported that pins
of 3mm diameter lasted for 5 months, and pins 8mm in diameter for 11 months In vivo

[38].
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Since the early pioneering surgical investigations, to the author’s knowledge no work
was carried out until the 21st century. Most likely due to the success and advances in mod-
ern surgical techniques with inert metals such as steel 316L and titanium Ti6Al4V in that
time. Meanwhile the use of biodegradable polymers had become widespread in research
and clinically [39], these addressed a number of problems regarding permanent implants
and made biodegradable materials an in-demand asset to surgical operations. Biomedi-
cal polymers also highlighted the short-fall with present metallic implant materials which
were still burdened by their need for repeated procedures and lasting complications.

Concurrently magnesium’s lightweight nature meant that it was becoming more de-
manded by the automotive and aerospace industry and therefore large advances in corro-
sion and mechanical properties were required and ultimately were delivered by the mag-
nesium suppliers. Specifically the WE alloys and high grade AZ alloys which gave great
improvements in strength and corrosion resistance [40].

Both factors have breed a new interest in biomagnesium research, hoping to utilize
the new magnesium alloys available. The first known paper of recent times to ultise the
new technology was by DiMario in 2004, working alongside the Swiss medical devices
company Biotronik[41]. The first study used a total of 20 patients (10 diabetics), who
underwent angioplasty for critical lower limb ischemia using magnesium drug eluting
stents. A total of 23 stents with two lengths, 10 and 15 mm were used. No adverse events
were reported during the procedures and no early recoil was seen. One-month follow-up
with Doppler and MRI showed that normal flow was present in 18 patients, while indices
suggested 30-40% stenosis in two patients[41].

Biotronik subsequently named the absorbable metal stent (AMS), Magic. It is pre-
mounted on a fast-exchange delivery system, compatible with 6 Fr introducer systems.
The stent is tubular, slotted, balloon-expandable and is sculpted by laser from a single
tube of WE43. The stent design was specifically developed with respect to the mechan-
ical characteristics of the magnesium alloy in order to achieve a radial force comparable
to conventional metal stents. The AMS rapidly proved itself to be remarkably success-
ful. 12 absorbable (AMS) and 6 conventional metal stents (control) were implanted in
the main coronary arteries of mini-pigs. Quantitative coronary angiography revealed sig-
nificant higher minimal lumen diameter values for the AMS (1.50 mm) than the control
stents (1.26 mm) at 4 weeks follow-up and values of 1.55 mm versus 1.09 mm at 8 weeks
follow-up, respectively. Histomorphometric analysis at 8 weeks showed significantly re-
duced intimal proliferation for the AMS in comparison with the control stent, indicating
a reduced mechanical irritation of surrounding tissue as well as possible anti-proliferative
effects of the stent material. No stent-related adverse events occurred during the study.
No thrombotic effects and acceptable local inflammation response were observed. In a
short-term trial, endothelialisation of the AMS struts was almost complete after a few
days. Mechanical integrity of the AMS did not change appreciably within this time frame
under in vivo conditions. These inital studies have promted far greater research into the
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cardiovascular area[42].

In 2005 Frank Witte used four magnesium alloys including WE43 to investigate their
effects by placing rods in Guinea pig femurs. The Witte and Biotronik investigations were
classed as successful by the authors as the new magnesium alloys show great potential,
with no adverse affects, and an implant life much greater than previously seen [11].

2.2.2 Recent developments

The Biotronik and Witte work showed modern magnesium alloy’s huge potential anf
further in vivo investigative work was carried out with the aim of confirming whether
bioresorbable magnesium was purely academic or had real-world potential [43–46] Since
these initial trials, research in the area has ballooned exponentially as figure 2.5 shows;
only three publications were made in 2005, compared to over 60 in 2009.

Figure 2.5: Publications and conference proceedings on the subject of biological applications of Magne-
sium or its Alloys against year. 2010 calculated pro-rata

The very first in vivo work had demonstrated that modern magnesium alloys could
work, but also their prominent flaw; they still corroded too rapid for most applications.
This gave rise to the next area of research; biological corrosion of magnesium and its
alloys. This was mainly in vitro work using solutions representative of the body and
looked into how and why magnesium was corroding at the rates seen.

Work looking into potential ways to overcome the corrosion rate issue was then started,
with the surface treatments and coatings the quickest way to give improvements. Most
recently it has been alloy development taking precedent, with a move to stop modifying
existing aerospace and automotive alloys and design a specifically formulated biomagne-
sium alloy. This work has been compiled and split into respective groupings.
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In vivo studies

Being the most complete form of investigation, it was in vivo studies that were first
conducted to give an overall indication whether magnesium would work as a biodegrad-
able metallic implant. In 2005, Witte et al. used WE43 along with three other alloys
to investigate the degradation mechanism at the bone-implant interface, specifically to
determine the alloy’s effect on the surrounding bone [11]. Witte report had five sample
rods 20.0 mm length and 1.5 mm diameter, made of from four magnesium alloys and a
degradable polymer as a control implanted intramedullary into the femora of Guinea pigs.
WE43, AZ31, AZ91 and LAE442 were used, with the control made from poly-96L/4D-
lactide.

Figure 2.6: Subcutaneous gas bubbles observed on postoperative radiographs for 4 weeks during magne-
sium implant degradation [11].

The samples were radiographed regularly to look at the implants integrity. Synchrotron-
radiation-based microtomography was used to analyse the degradation characteristics.
The report made two important observations, the first that there was a significant increase
in bone mass observed with the magnesium-based implants in comparison to the polymer
control. The second that the rare earth elements were shown to gather in the corrosion
layer and were not detected in the surrounding bone. The report also stated that gas build
up seen in faster corroding alloys of past were only observed after 1 week. These were
removed using a syringe, and after a 2-3 week period, gas bubbles were not seen [11]. As
noticed in previous work, gas bubbles had no adverse effects.

The increased bone mass seen in Witte’s study was demonstrated in three in vivo

studies following. Kaya compared autologous bone tissue with autologous bone tissue
with inserted magnesium particles for osterolateral spinal fusions in sheep spines. They
noted far better quality bone fusion when the Mg particles were present[47]. Waselau M
used magnesium phosphate against calcium phosphate cement in bone fractures[48]. The
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Mg based cement secured fragments closer and the remodelling and healing of the bone
was significantly greater. The bone formed adjacent to the cement was observed to be
more woven than the next to the standard cement. In Duygulus’ study, AZ31 rods were
implanted into sheep and after three months, Ca and P were shown to be prevalent on the
surface, Duygulu concluded that this was new bone formation[49].

Promotion of bone formation is a common theme among in vivo studies of Mg im-
plants, with every publication noting an improvement over controls. [43–46, 49, 50] This
is attributed to two factors, the first that magnesium alloy corrosion, even at high rates [51]
does not initiate a immunoresponse [52] and secondly, that the reaction products such as
Mg ions and the reaction layer are osteoconductive [46, 52]

The first point is shown clearly when Witte used a magnesium foam scaffold for car-
tilage and bone repair in rabbits. The large surface area meant that the magnesium alloy
corroded within three months which was at a much greater rate than seen in previous
modern studies. This meant that the primary function of the trial failed as the implant was
not able to provide significant support for long enough, but it did show the effects of mag-
nesium corrosion at the highest rates. Hydrogen gas was visible for the first two weeks,
but none at following time points. The rabbits gave no indication of pain or irritation
during the study. Histological staining post-mortem, showed no enhanced cell inflamma-
tion, instead a fibrous matrix enclosing the scaffold and later the scaffold remnants. There
was no osteoltyic change seen, and only a small phagocytic response was noted removing
the Mg particles[51, 53]. Overall, this concluded that at even ultra high corrosion rates,
magnesium initiates only a small immunoresponse.

When corrosion rates are not excessive however, no response is seen other than as an
effect of the surgery itself [52]. Mg-Zn-Mn rods were implanted perpendicular in femurs
crossecting the marrow and cortical bone and into the surrounding muscle. The implants
corroded at a rate of 55% over 26 weeks, which meant no hydrogen gas was observed.
Unlike Witte’s foam, this implant give rise to no fibrous capsule and on a cellular level; no
macrophage, leukocytic or giant cells were seen at all. External to the implant site serum
levels of magnesium were not increased meaning the kidneys can adequately cope with
the corrosion[52]. He 2009, demonstrated this is greater detail, with no affects seen on the
heart, kidneys, liver, spleen of rabbits implanted with magnesium rods which corroded at
a slighty faster rate (87% in 14 weeks) [54]

Along with presenting the near zero levels of immunoresponse, these studies demon-
strated much higher bone response and activity. Witte’s foam gave rise to greater osteiod
density around the implant, a higher bone to tissue ratio and a much more mature bone
structure. This was suggested to be the result of increased osteoblast and ostoclast density
and a greater mineral apposition rate. The latter due to the regeneration affect of Mg2+

ions on alkaline phosphatase, which in turn is directly related to bone remineralisation
[55]. Zhang concluded that the increased bone activity was due to the reaction layer of the
corroding magnesium in blood/plasma (determined to be Calcium magnesium phosphate
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based) being osteoconductive and that the ions released gave rise to no immunoresponse
meaning no fibrous capsule slowed the rate of bone growth and remodelling [52].

In vitro Cell studies

Using cell cultures to replicate the in vivo conditions gives the advantages of not hav-
ing to use animal or human subjects and that the conditions are set by the user so can
be more specific. The obvious disadvantage is the large discrepancies between in vitro

and in vivo results. Nevertheless, work has been carried out on magnesium alloys with
human cell lines for various investigations. The first being by Pietak in 2007 who con-
cluded thats despite the said disadvantages of in vitro work, it could still be a useful tool
in screening alloy characteristics [56]. Since, bone activity, cell viability, cell toxicology,
inflammatory response, corrosion rate and corrosion morphology have all been character-
istics studied by in vitro means.[56–61]. On top off these, various publications, reviewed
later, looked at alloy compostions and surface treatments using in vitro studies to validate
their findings.

Every study has shown that cells can be supported on the surface or neighboring cell
culture media of magnesium and magnesium alloy samples and that the cells will all have
lower viability than plastic or glass controls in the initial time points (<3 days). The
types of cell used are dominated by the perceived applications of magnesium alloys, i.e.
smooth muscles cells (SMC) replicating conditions for the cardiovascular stents and os-
teoblasts for orthopedics. Using osteoblasts, it was shown that culturing these magnesium
discs gave increased alkaline phosphatase activity and compared to a polymer control, far
greater bone like matrix formation [56].

Work on smooth muscle cells has shown that in high magnesium corrosion environ-
ments, 50% of cells will be lost and the remaining viable cells will produce less vimentin,
caldesomon and alpha actin [57]. It was argued that this could decrease the probability
of SMC proliferating and thrombosis. Looking at the heavy metal additives used in com-
mon magnesium alloys, Drynda used SMC to show that it was only at large concentrations
(70mug/ml), that cell numbers decreased [60]. These concentrations were concluded to
be far too high to represent stent conditions, as stents only weigh roughly 10 mg. Al-
though, whether a concern for orthopedic applications where masses used are three or
four orders of magnitude higher was not mentioned. The rare earth metals were shown to
be responsible for the induced mRNA expression of IL-6, IL-8 and ICAM-1, plus a in-
creased expression of chemo-attractant factors. All of which will lead to an inflammation
response. Out of the elements neodymium, an element commonly used in WE43 was the
most potent[60].

Other work has looked at fibroblast, 3T3 cells and their hemolysis rates on magnesium
alloys. It was found that with a low corrosion rate alloy (using increased zinc content, 5%)
compared to commonly used magnesium zinc manganese alloys, only 3.4% of the cells
died. This was reported to be lower than the 5% hemolysis rate that the ISO 10993-4:2002
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standard for materials toxicology for stent applications had set[61].

2.3 Corrosion

2.3.1 Corrosion of Magnesium in Simple Electrolytes

Magnesium as an engineering alloy is widely and some times unfairly known for its
poor corrosion resistance. It has been this factor the has stopped the wider use of its alloys
in the areas where its high strength to weight ratio would be of great benefit. Conversely,
although it is widely regarded as a very poorly corrosion resistant material, in almost any
atmospheric conditions; from rural through to marine and industrial, magnesium alloys
have better resistance than mild steel and in some cases, better than aluminium. For in-
stance, the die cast alloy AZ91 can give a salt spray corrosion performance that is good to
excellent when compared to steel and aluminium [62]. However, this stigma is sometimes
justified. Magnesium alloys offer very poor corrosion in chloride containing solutions.

There are two problems with magnesium alloys that stop its overall corrosion re-
sistance in these environments, first is it’s oxide layer. With aluminium and titanium
and other engineering alloys, their oxide forms in the environment which is then sta-
ble and acts as a protective barrier between the electrolytes and the metal and also the
metal dissoluting into the solution[63]. Magnesium generally forms magnesium hydrox-
ide, Mg(OH)2. This is easily broken down or reacted away in most corrosive environ-
ments. The second factor is magnesium itself. It has a low standard potential (the lowest
of all common metals) so that it acts and an anode to any internal impurity or second
phase creating micro-galvanic cells within the material[63].

High purity magnesium alloys have been a recent development, alloys made before
impurities were below threshold concentrations suffered rapid attack in nearly all moist
conditions. High purity alloys exhibit resistance to salt water more than ten-fold that
of low purity, which shows the significances of micro-galvanic corrosion in magnesium
alloys. Typically the impurities responsible are metals such as iron, nickel and copper, a
by product from poor production standards [64].

Corrosion mechanism

Magnesium reacts with water in aqueous environments by the following electrochem-
ical reaction. It is therefore not affected by oxygen content like some other metals. The
reaction is the product of micro-galvanic coupling of cathodic and anodic components of
the microstructure [62].

Anodic reaction
Mg = Mg2+ + 2e− (2.3.1)
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Electrode Potential V
Li -3.02
K -2.92
Na -2.71
Mg -2.37
Al -1.71
Zn -0.76
Fe -0.44
Cd -0.40
Ni -0.24
Sn -0.14
Cu 0.34
Ag 0.80

Table 2.3: Standard reduction potentials

Cathodic reaction
2H2O + 2e− = H2 + 2OH− (2.3.2)

Overall reaction

Mg +H+ + 2H2O = Mg2+ + 2OH− +H2 (2.3.3)

Product formation
Mg2+ + 2OH− = Mg(OH)2 (2.3.4)

The result of the redox reaction is a standard potential of pure magnesium in 25 C
water of -2.37 V, which is the lowest of all engineering alloys [62]. But this potential
is only theoretical as the product formation step means the layer of Mg(OH)2 protects
the surface and a true potential of -1.7 V is normally seen. Comparisons to other metals
(Table 2.3) shows why magnesium can corrode at such high rates.

The hydroxide layer formed in aqueous solutions is not thermodynamically stable, and
therefore only offers slight protection to corrosion. The thermodynamics which govern
the stable forms of magnesium are described by Pourbaix diagram (figure 2.7), which
states that at pH below 10, Mg2+ is the stable form and therefore corrosion occurs. But
at higher pH Mg(OH)2 is stable and offers very good protection against electrochemical
breakdown.

Unfortunately, in real terms, chlorides are generally the main threat to magnesium and
at normal pH when magnesium hydroxide is unstable, it reacts to form MgCl2 which is
soluble and therefore offers even less protection than Mg(OH)2 meaning corrosion rates
accelerate. Although if the surface area to solution volume is high enough, or there is little
movement of the surrounding solution, pH can build up as a product of equation 2.3.2 and
this can enhance the protective nature of Mg(OH)2.
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Figure 2.7: Potential-pH (Pourbaix) diagram for the system of magnesium and water at 25C, showing the
theoretical domains of corrosion, immunity, and passivation.[63]

For pure and single phase magnesium, the potential of free corrosion is more positive
than that of the pitting potential. Meaning localised corrosion is the mechanism by which
these materials breakdown. This is because no galvanic coupling can occur as with reac-
tions 2.3.1 and 2.3.2. Generally this is an academic observation as all magnesium is used
in double or multiple phase form whether this is due to alloying components or through
bad manufacturing and the inclusion of impurities.

Impurities as previously stated are bad for magnesium as they act as cathodic sites
to facilitate the reaction 2.3.2. Hanawalt et al. studied 14 different types of common
impurity and found four were particularly bad for corrosion rates; iron, nickel, copper and
cobalt [65]. It was later shown that these four elements had a linear inverse relationship
with there content and corrosion rate, but only to a point. When concentrations lowered to
a critical amount, they had very little affect on corrosion rate. This is called the tolerance
limit, Figure 2.8 shows the limit for iron.

This affect is explained by the contaminants having very poor solid-solubility in mag-
nesium so form particles when concentrations are above the tolerance limit. These in turn
form the cathodic sites that help breakdown the alloy [62].

The addition of large amounts of other elements to form an alloy have a number of
affects dependant on the element. The most widely used elements for alloying are alu-
minium, zirconium, zinc, yttrium and heavy rare earths (HRE), which is a group name for
elements such as gadolinium and various other Lanthanoids. The additions are put in for
three reasons, either to form second phase particulates, dissolve within the magnesium in
solid solution or just to form compounds with potential impurities so they change char-
acteristics in the alloy or are removed before casting. Zirconium is the most widely used
example of the latter, as it founds dense compounds with iron and nickel which fall to the
bottom of the crucible and are therefore not cast. It also has the advantage of being a grain
refiner which adds strength[62].
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Figure 2.8: Effect of iron content on the corrosion rate of commercially pure magnesium subjected to
alternate immersion in 3% NaCl.[63]

Second phase has two affects on corrosion, first they act as cathodic sites for the
reaction 2.2.2, which is detrimental to the overall corrosion rate. This is generally the case
with most second phase that is formed, as it is likely to have a more positive potential than
the magnesium matrix around it. The second affect is that if this phase forms a protective
film over its surface, and therefore creates a barrier to cathode and stops the reduction of
water at these site. This is called an anodic barrier[62].

Aluminium is found partly in solid solution and party in the second phase Mg17Al12
called β-Phase. Additions of aluminium can be good or detrimental to the corrosion
rate, and this has been found to be a product of the concentration of beta phase. Higher
amounts have been shown to decrease corrosion rate . A potential problem with the use
of aluminium is that it lower the tolerance limit of iron, so production standards have to
be far greater[62].

Zinc on the other hand increases tolerance limits and is generally used in conjunction
with aluminium in popular alloys. Common corrosion mechanisms of aluminium and
zinc alloys are pitting at the second phases particles due to the micro-galvanic corrosion
cells created [62].

With additions of yttrium and rare earths, pitting is not seen at the phases present
(found to be Mg41(Y,Nd)5 and Mg24(Y,Nd)5 in neodymium based rare earth alloys[66],
but instead at the grain boundaries. Corrosion rate as a consequence is related to the gain
size and structure [66]. The pits formed are also smaller, Geary reported that WE43 had
the lowest maximum pit depth of all the Mg alloys tested. Yttrium and rare earth alloys
are generally far less corrosive than aluminium and zinc alloys. Nakatsugawa found that
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Mg-RE alloys have a corrosion resistance about four times higher than that of AZ91D[67].
Unsworth showed that WE54 alloy had a corrosion resistance comparable to that of A356
and A347 aluminium alloys [68].

Corrosion films

In many cases, metal corrosion is governed by the characteristics of its surface film[62]
However, the nature of the surface film on magnesium is still not well understood. As dis-
cribed earlier the reaction layer on magnesium in most environments is composed mainly
of Mg(OH)2. The film is generally regarded to be crystalline. Its has been propused that
the oxide layer first forms from magnesium oxide which then slowly hydrate to form the
hydroxide which is harder and has lower solubility[62].

In aluminium and zinc alloys the reaction layer is affected by the extra components,
and it has been found that these enrich the reaction layer. Aluminium increases the re-
sistance to breakdown of the layer. The film formed has three layers, a inner Al2O3 rich
layer, a middle with MgO and the outer which is Mg(OH)2. It is thought the presence of
the aluminium oxide, which is much more stable than its magnesium counterparts, is the
route of its passivity [62].

In rare earth alloys, the formation of a lanthanide-doped layer helps form a more
stable protective film has been shown [69]. In Yttrium contaning alloys, the corrosion of
Y means it can incorporate in the surface film in the form of Y2O3 and partly Y(OH)3.
This can improve the corrosion resistance of the surface film. However, with these films,
the oxide is still largely Mg(OH)2 and therefore protection is very limted [70].

2.3.2 Corrosion of Magnesium in Biological Electrolytes

The early research on magnesium as a biodegradable implant material all came to
the same conclusion; that it would be viable if the corrosion rate could be lowered or
controlled in Vivo. No knowledge of how magnesium reacts in biological solutions had
been sought at the point of these early clinical trials, so it was shortly after that a large
quantity of publications to help answer the questions raised.

Biological corrosion testing on metals is obviously no new feat, as work has been
carried out on titanium alloys, stainless steels and so on for decades. Therefore the ex-
perimental tests were already in place for magnesium to be studied. This is in main the
solutions to replicate the body’s electrolyte content. These were first developed in 1880,
with Ringer’s solution, then followed by Earle’s balanced salt solution in 1943 and Hank’s
balanced salt soltuion in 1949 . The balanced salt solutions were modified and Kakubo de-
veloped SBF in 1990 which is designed to mimic the acellular human blood plasma [71].
EBSS and HBSS have gone on to be widely available commercial products with additions
of amino acids, glucose and vitamins to be used for cell culture and tissue engineering.

The main differences between these biological fluids (composition shown in table 2.4)
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Human plasma Ringer EBSS HBSS Kokubo-SBF
Na+ 142 130 143.6 138 142
K+ 5 4 5.37 6.14 5

Ca2+ 2.5 1.4 1.8 1.26 2.5
Mg2+ 1.5 0.81 0.81 1.5

Cl 103 109 125.3 144.8 147.8
HCO3 27 26.2 4.2 4.2
HPO42 1 1 0.78 1
SO42 0.5 0.81 0.81 0.5
Ca/P 2.5 1.8 1.62 2.5

Buffer Tris
pH 7.4 6.5 7.2-7.6 6.7-6.9 7.4

Table 2.4: Ion concentrations of human plasma and synthetic solutions, mM [71].

and the simple sodium chloride salts used in normal corrosion conditions, is firstly the
additions of various phosphates, carbonates and sulphates, and secondly the addition of
buffers which are used to keep the pH at in vivo ranges. The buffer first used was Tris
(tris-hydroxymethyl-aminomethane), but in recent years, HEPES (2-(4-(2-hydroxyethyl)-
1-piperazinyl)ethane sulphonic acid) has been more widely used [71].

Before 2005, no research had been conducted looking at how magnesium alloys cor-
roded in environments containing these combinations of electrolytes. Witte 2005 was the
first study to try and compare lab based corrosion conditions to in vivo results, but used
marine salt water (ASTM-D1141-98) instead of a true biological solution[44]. This con-
tains sulphates and calcium , but no phosphates, carbonates or buffer. Lopex later in 2005
used SBF to compare heat treatments and surfaces conditions to try and lower corrosion
rates of pure magnesium[72]. It was noted that the corrosion rate is much higher than nor-
mal salt solutions and there was evidence that hydroxyapatite was formed in the reaction
layer[72]. The differences between SBF and NaCl solutions was investigated by Song in
2006[73]. It was found that the polarisation curves of pure magnesium in the two solu-
tions were similar, but the impedance plots showed that there were clearly a large number
of dissolution steps with SBF. Also reported was the massive pH raise seen in SBF, Song
showed a 1cm3 cube of magnesium could raise the pH of 250ml SBF (starting 7.4) to 10
in 15 hours. Only speculations of why SBF was causing such differences compared to
NaCl were made[73].

Detailed mechanisms of the corrosion process have been studied since as the ever
increased popularity of the subject evolved. Certain publications in particular; Rettig
2007[73] and 2008[74], Xin 2008[75] and Song 2009[76] have given great insight into
how these biological fluids effect magnesium alloys. These papers looked primarily at
three things, what new corrosion mechanisms the extra electrolytes were activating at the
magnesium surface, the new reaction layer formed, and the effect of both of these in terms
of the corrosion rate.

The proposed corrosion mechanisms in vitro suggested by the work are discussed be-
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low. As shown earlier, the reaction in water with Mg forms Mg(OH)2 and that in a solution
containing chlorides such as a NaCl, the layer will be reacted to form MgCl2, which is
soluble and results in the breakdown of the layer. All the investigations with biological
solutions have shown this to be the overriding mechanism in this instance too, especially
in the early stages. Liu 2007 used SBF and determined that in the very early stages,
the pH around the surface would drop with the formation of Mg(OH)2, but would then
steadily increase thereafter due to the hydroxide released by its chlorinated breakdown
[77]. Immediately after the mechanism is altered, phosphate reacts with the magnesium
to form Mg3(PO4)2 on the surface. This stops chloride having such an affect as it can only
breakdown the Mg(OH)2 in the reaction layer[77].

The effect of phosphates in the layer is the first change seen in the corrosion mech-
anisms of magnesium in vitro. Its affect has been demonstrated systemically by Xin
2008 who added K2HPO4, K2HPO4 + CaCO3 and K2HPO4 + CaCO3 + MgSO4 to NaCl
and compared the differences. It was shown that by adding phosphate, corrosion rates
were lowered, less pitting was seen on the surface and the reaction layer incorporated
Mg2(PO4)2 as well as hydroxide [75]. Studying reaction rates against time, the phosphate-
containing solution initally corroded the samples in a similar manner to the solution with-
out, the 12 hour time point showed no difference. But at 24 hours, the rate lowered to less
than half when phosphate was added, and this stayed as such for the remainder of the trial
(168hrs)[75].

3Mg2+ + 2OH− +HPO−2
4 + (n− 1)H2O = Mg3(PO4)2nH2O (2.3.5)

The reaction layer formed is amorphous unlike the crystalline Mg(OH)2 surface seen
with NaCL solution [78]. The distribution of phosphates within the layer is homogeneous
[79] which would help to explain why is appears to stabilise the surface; Retting [78]
and Xin [75] both show increases in polarisation resistance with phosphates containing
solutions. The formation of this layer means that the effects of the chloride attack are
weakened and corrosion events like pitting, normally associated with chloride attack at
vulnerable areas of the microstructure are not seen on the surface [75].

The effect of carbonates on corrosion are also beneficial to magnesium alloy’s corro-
sion rate, Quach 2008 [80] and Xin 2008 [75] both compared solutions with and without
carbonate to find carbonate lowered the corrosion rate after an initial spike. Carbonated
solutions form an amorphous reaction layer with no pitting [74][79]. The reaction at the
surface (eqn.2.3.6) causes the corrosion rate to rise massively in the first few hours, Xin
shows a 300% increase after 12 hours. This is due to the consumption of magnesium and
also hydroxide at the surface, meaning the pH increase at the surface which passivates the
hydroxide surface is stopped.

Mg2+ + 2OH− +HCO2−
3 + (n− 1)H2O = Mg(CO3)nH2O (2.3.6)
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After the initial period the corrosion rate lowered to less than that of a non carbonate
solution, this period was shown to be around 72 hours [75]. At this point the carbonate
precipitates in the reaction layer and has a stabilising affect. Xin presents current density
against time (figure 2.9), and after 50 h, the magnesium alloy in the carbonated solutions
have become more passive than in the standard solution. Unfortunately the electrochem-
ical impedance spectroscopy data only go up to 24 hours and not past 50 h, so Xin was
unable to show this with impedance loops. Polarisation curves show that although car-
bonated NaCl solution is less noble than the non carbonated solution, its anodic region
displays a large shoulder, indicating the magnesium is now harder to breakdown[75].

Figure 2.9: Electrochemical protential against time for AZ31 in four salt solutions. It is shown that the
alloy is passivated with time in the carbonate containing solutions [75]

Other than phosphate and carbonate, SBF contains only sulphur and calcium. The
affect of sulphur is only known to the extent that it increases the corrosion rate of mag-
nesium alloys[75]. Xin reports that the addition of 0.5mmol/L SO4− increases the initial
(<36 hours) corrosion rate by 25% over the NaCl + CO3 + PO4 solution. No sulphur has
been reported to be found within the reaction layer [78, 79, 81, 82], and electrochemi-
cal testing has shown no discrepancies with that of the non-sulphur solution in terms of
polarisation resistance and impedance [75].

Calcium on the other hand has an interesting affect, especially when considering the
potential applications of these alloys. Initial publications observed that corrosion in SBF,
formed participates on the reaction layer that were; hydroxyapatite-like [72], calcium or
magnesium phosphate [79, 82, 83], and carbonated calcium/magnesium phosphate apatite
[74, 78], all of which are bone like ceramics, meaning the corrosion products are poten-
tially highly biocompatible. The differences between publications is most likely due the
reaction layer being highly heterogeneous and various forms of precipitates being found
across the surface.

Calcium is mainly found in precipitates at localised areas when in phosphate form, but
have been found homogeneously distributed within the reaction layer as calcium carbon-
ate [79]. Xin also shows that the distribution of calcium deposits is found around passive
areas in the microstructure, for example, the β-Phase (Mg17Al12) in AZ91.

The formation of calcium phosphate is the same as magnesium phosphate, at the sur-
face of the magnesium alloy calcium’s concentration will be much lower than that of free
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magnesium due to fast corrosion, therefore magnesium phosphate is reported in much
higher concentrations [74] [79]. Calcium phosphate only develops when the concentra-
tion of magnesium is low enough to favour calcium, therefore only after corrosion rates
have stabilised and in local regions where corrosion is still not prevalent.

3Ca2+ + 2(OH)2 +HPO2−
4 + (n− 1)H2O = Ca3(PO4)2nH2O (2.3.7)

Ca2+ +OH− +HCO2−
3 + (n− 1)H2O = Ca(CO3)nH2O (2.3.8)

The formation of calcium carbonate is shown in reaction 2.3.9 which is reported by
Xin 2009 as a probable component of the reaction layer. This was suggested due to XPS
results which showed a divalent carbonate compound. Xin suggested a combination of
Calcium and magnesium carbonate for this peak[79]. Although this is contradicted by
Retting [78] who’s study used no phosphate in a solution with carbonates and calcium. It
was found that calcium could only be precipitated with the presence of phosphate to form
(Mg, Ca)x(PO4)y(CO3)z(OH)i and no calcium was detected (using EDX) on the surface
without phosphate, therefore reaction 2.3.9 could not occur and the X-ray Photoelectron
Spectroscopy (XPS) peak seen by Xin for the divalent carbonate peak was all magnesium.

In summary, the reaction layer is created in a number of complex reactions that occur
in various stages of the corrosion of magnesium. This observation was first noted by
Song in 2006, comparing the impedance loops of magnesium in SBF and NaCl to show
the differences in complexity between the two [73]. It was also noted that the dynamics
of the corrosion with SBF and other biological fluids is different from using NaCl, in that
the reaction layer and reaction products are non linear in formation. Magnesium corrodes
as a function only of pH when corroded in NaCl [78], where the corrosion rate stays fairly
constant until the hydroxide concentration at the surface starts to stabilise the Mg(OH)2.
Corrosion dynamics in SBF have been shown to be much more complex.

When corroded in SBF corrosion rates are shown to be ever decreasing [84][85][86]
which can be attributed he reaction layer previously discussed. It has been shown that
the reaction layer (Mg(OH)2) starts to form in patches as early as 15 minutes and after
5 days the layer is 20-40µm thick [74] where it has matured into the complex magne-
sium/calcium phosphate carbonate layer.

The formation of a corrosion resistant layer appears to happen in 3 stages, first is a
quick increase in passivation (upto 24 hours), then a drop (around 36-48 hours), before
a stabilisation [78] [87]. Song uses electrochemical impedance spectroscopy to show this
(using AZ31). After 2 hours a twin high and low frequency loop is seen, with the high
frequency being the electric double layer and the low the surface film. It has been shown
that the size of both loops increases dramatically up to 24 hours. The loops then halve
in size toward 48 hours, before the low frequency loop turns into an induction loop at 72
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Figure 2.10: Impedance spectroscopy of AZ31 in SBF with increasing time. The loops increase with time
(maximum at 24 hours), before decreasing with the low frequency loop turning into a inductive component
[87]

hours. Song concludes that the first part is due to compaction of the reaction layer, the
second due to adoption of chloride so that MgCl2 is formed and dissolved. The inductive
loop is an indicator of the surface either pitting or pealing. Retting sees a similar trend but
due to using a more corrosion resistant alloy (WE43) it is less dramatic, with no inductive
loop seen, and the impedance loops only slightly decease in size after their increase.
The point to note in this study is that this trend is shown to be a product of phosphate
[78]. This coincides with the study by Xin, who showed that NaCl + HPO4 had a very
high corrosion rate which lowers sharply at 24 hours, before the rate fell before that of
magnesium in NaCl [75]. Therefore it can be concluded that it is phosphates that are the
driving force for the dynamic changes in corrosion rate in biological fluids.

Figure 2.11: Left shows Nyquist plots from Impedance spectroscopy of WE43 in SBF with increasing time.
Right shows the corrosponding polarisation resistance against time. The alloy’s polarisation resistance rises
sharply at first before steadying and then rising again.

So far biological fluids have been discussed in regard to their electrolyte composition.
But biological fluids have huge numbers organic molecules such as proteins, sugars, cells,
enzymes and so on comprised within them. From an in vitro aspect it is difficult to repli-
cate this, so in vivo studies have been used to look at degradation on a complete level, but
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biological solutions can lessen the gap by adding various components. Studies such as
Lui [77] and Gu [88] have added protein to analyse it’s affect on magnesium corrosion.

It has been found that by the addition of protein (bovine serum albumin, BSA) to SBF
the corrosion rate is lowered, pitting is retarded and the reaction layer is fortified and is
stopped from peeling as heavily [77, 88, 89]. Yamamto reports a reduction in corrosion
rate of half compared to Eagles minimum essential medium (MEM) without fetal bovine
serum (FBS) on pure magnesium [89]. As with all metals, proteins will adsorb to the
surface on magnesium by a combination of van der Waals, hydrophobic and electrostatic
interactions and hydrogen bonding creating a complete layer. Previously studied metals
such as titanium have shown this layer to have had an affect on corrosion rate when the
titanium has to repassivate in BSA containing solutions. With titanium, as with mag-
nesium the corrosion rate is heavily influenced by the adjacent pH, and the addition of
BSA stopped this influence. It could therefore be expected that the BSA would stop the
localised pH influence on magnesium alloys and cause an increase in rates, but this is
not the case. In fact the protein layer disrupts the charge transfer process in the electric
double layer, decreasing current density, changing the anodic polarisation and making
the magnesium far more passive [77, 88]. It is known as a blocking affect, the adsorbed
proteins influence the electric field on the metal surface because they are polarised at dif-
ferent potentials by the dissociation of their amino acid residue. Lui suggests the divalent
Mg cations interact with proteins in this layer, which depresses the further dissolution of
magnesium[77].

The effect proteins have on the corrosion rate has been shown to be influenced by
alloying chemistry and is a result of oxide Z-potentials. Aluminium oxide for instance has
a greater potential that magnesium hydroxide, therefore proteins adhere more strongly to
the surface[90] This is reported by Gu, where AZ91 had a higher reduction in corrosion
rate with the addition of BSA than pure magnesium or Mg-Ca and even AZ31[88]. This
could explain the retardation of pitting seen, as pits are associated with second phase
regions, but as these will be more highly protected by the protein blocking layer, micro
galvanic corrosion and thus pitting lowered.

2.4 New Alloy Development

2.4.1 Magnesium alloy systems and their uses

The first studies looking at magnesium as a biomaterial all used commercial alloys
available at the time. As previously stated, in the early years pre 21st century the perfor-
mance of these in biomedical application was very poor and excluded magnesium’s use
from the body completely. But with the arrival of better production techniques and al-
loy compositions, corrosion rates meant the initial studies this century showed potential,
albeit, still a long way from perfect. [11, 41]. It was concluded that these magnesium
alloys developed originally for automotive and aerospace applications needed updating
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ASTM Nomenclature
A - Aluminum M - Manganese
B - Bismuth N - Nickel
C - Copper P - Lead

D - Cadmium Q - Silver
E - Rare Earth R - Chromium

F - Iron S - Silicon
G - Magnesium T - Tin
J - Phosphorus K - Zirconium
L - Beryllium W - Yttrium
Y - Antimony Z - Zinc

Table 2.5: The ASTM design magnesium alloys consists of not more than two letters representing the major
alloying elements. These arranged in order of descending wt%, followed by the respective wt% rounded
to the whole number. For example an alloy of 96.2wt%Mg, 3.1wt%Al, 0.7wt%Zn would be abbreviated to
AZ31.

or changing. The two methods for this are surface coatings and modifications which of-
fer instant benefits on already developed and trusted alloying systems, or compositional
changes to the bulk alloy to create alloys specifically for in vivo applications. The latter of
course being the longer term option but also requiring the greater effort in development.

Commercial magnesium alloys today offer the framework by which new biomedical
alloys can be made. They represent years of research creating stronger, more formable and
less corrosive materials. Currently, the alloys can be split into three distinct groups; pure
magnesium, aluminium containing and non aluminium alloys[62]. These are designated
by the abbreviation system listed in table 2.5. By far the most popular are the aluminium
containing varieties, these include common systems like the AZ (zinc), AM (manganese),
AS (silicon) and AJ (strontium), with the AZ alloys being the most common out of these,
including the ASTM (American Society for Testing and Materials) listed AZ31 and AZ91
alloys[91].

The non aluminium containing alloys are more recent developments and included WE
systems (yttrium and heavy rare earths) such as WE43 and WE54, ZM (zinc, manganese)
and EV (heavy rare earths, zirconium)[66] alloys such as the recent Elektron 21[92].
These alloys offer high strength and high temperature resistance as well as increased cor-
rosion resistance in salt spray tests, out performing AZ alloy at most attributes. Because
of this, the first of recent trials [11][41] used WE43 as their starting point for in vivo

analysis of magnesium.

Tuning these alloys or creating new systems offers a new challenge for metallurgists as
the in vivo environment is an entirely new obstacle. Present day alloys have been created
to perform in atmosphere or moist situations, so their compositions and microstructures
are based around countering the affects of these normal conditions. Therefore additions of
certain elements that are used and perform well for say automotive applications may cause
an entirely new corrosion or failure mechanism in vivo. However the basic principles of
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how certain elements affect an alloy’s attributes are still valid. Elements additions will still
be regarded with the same factors in mind; effects on mechanical properties and corrosion
characteristics, as well as now the additional attribute, biocompatibility.

2.4.2 Biocompatibility of Alloying Elements

Biocompatibility of potential elements is summarised in the table 2.6 taken from Witte
2009[93]

The table shows that almost all commonly used elements are either already present in
the body as traces, or have little affect when used at low concentrations. The only major
concerns come about Aluminium, as research as found a link with its presence in the body
and Alzheimer’s. Zinc and manganese are shown to have neurotoxin properties is at high
concentrations[93].

Regarding heavy rare earth additions, Drynda [94] used trivalent chlorides of various
rare earths including every lanthanide as well as scandium and yttrium on smooth muscle
cells in vitro to determine affects of these metals on the blood vessels. It was reported that
only large concentrations (70µL/ml) would cause cell number to decrease. Inflammation
genes were expressed though, indicating that these elements are a problem at high con-
centrations. The element that showed most imflammation was Neodymium [94] which
showed effects at lower concentrations than the others (50µL/ml). The study used quanti-
ties over and above the expected release from magnesium corrosion from an average sized
implant.

Feyerabend also used Metal chlorides to investigate biocompatibility on rat macrophages,
human osteosarcoma (MG63) and human stem cells[59]. A variety of magnesium addi-
tions were looked at, which included zirconium, calcium, lithium and magnesium chlo-
rides as well as the rare earths (yttrium, neodymium, dysprosium, praseodymium, gadolin-
ium, lanthanum, cerium and europium). Splitting these into three categorises, Feyerbend
found that low solubility (Nd, La, Ce, Pr and Eu) RE’s had the greatest affect, with highly
soluble RE’s (Y, Gd and Dy) generally being acceptable[59]. Calcium, lithium and zirco-
nium were concluded to be no risk due to positive results in this trial and their history of
clinical use already. Within the low solubility elements Cerium and lanthanum showed
high influences of cell viability and high toxicology, these were concluded to be the only
rare earths that were a risk at standard alloying concentrations. Many high solubility
elements increased the viability of the cell lines and demonstrated low toxicology[59].

2.4.3 Biomedical Alloys Already Investigated

Witte 2005 was the first publication to compare alloys in vivo with the intention of
understanding metallurgical properties for this application [11]. The study used common
AZ alloys, AZ31 and AZ91 alongside the stronger more corrosion resistant WE43 [66]
and the lithium containing LAE442. It was reported that only the lithium containing alloy
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Element Pathophysiology/toxicology
Calcium Normal serum level 0.919-0.993 mg/L

Most abundant mineral in the human body (1-1.1 kg)
Mainly stored in bone, teeth
Is tightly regulated by homeostasis of skeletal, renal and
intestinal mechanism

Aluminium Normal blood serum level 2.1-4.8 µg/L
Established alloying element in titanium implants
Risk factor in generation of AlzheimerâĂŹs disease
Can cause muscle fiber damage
Decrease osteoclast viability
In magnesium alloys: mild foreign body reactions were ob-
served in vivo

Zinc Normal blood serum level 12.4-17.4 µmol/L
Trace element
Essential for the immune system
Co-factor for specific enzymes in bone and cartilage
Neurotoxic at higher concentrations

Manganese Normal blood serum level <0.8 µg/L
Essential trace element
Important role in metabolic cycle of e.g. lipids, amino acids
and carbohydrates
Influences the function of the immune system, bone growth,
blood clotting, cellular energy regulation and neurotrans-
mitter synthesis
Scavenger of free radicals in the manganese superoxide dis-
mutase
Neurotoxic in higher concentration (manganism)

Lithium Normal blood serum level 2-4 ng/g
Compound of drugs for treatment of psychiatric disorders
Overdosage causes nephrological or lung dysfunctions
Possible teratogenic effects

Rare earth elements Many rare earth elements exhibit anti-cancerogenic proper-
ties

Impurities
Nickel Normal blood serum level 0.05-0.23 µg/L

Strong allergenic agent which can induce metal sensitivity
Carcinogenic and genotoxic

Beryllium Toxic dosage >2 µg/m3
Induces metal sensitivity, highly carcinogenic

Iron Normal blood serum level 5.0-17.6 g/L
Essential for life and metabolically regulated and stored
Generator of age related diseases by reactive oxygen species

Copper Normal blood serum level 74-131 µmol/L

Table 2.6: A brief summary of the toxicology and pathophysiology of some alloying elements and impuri-
ties[93]
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out performed the rest, this contradicted industry standards which suggest that WE43
would have a lower corrosion rate than the AZ alloys [66]. Witte has since gone on to use
LAE442 for the basis of much more in vivo alloy development[95].

Calcium containing alloys seem to be the most popular. This is an obvious addi-
tion when considering orthopaedic applications and osteo-conductivity, but Mg-Ca alloys
have also shown good corrosion properties [27, 50, 96–101]. This is at odds with current
research in general salt spray and atmosphere conditions where calcium is seen as detri-
mental at conditions above its solid solution point, highlighting that in vivo alloys need to
be designed specifically for the purpose.

Additions of calcium in current commercial alloys have shown decreases in strength
but increases in corrosion resistance[96, 97, 100]. AZ91 with 1 wt% Ca gave significant
corrosion rate improvements over AZ91, demonstrating surface film 5 time more resis-
tant to SBF[96]. 1% Ca resulted in AZ91 shown on polarisation curves becoming 140 mv
more noble with a lower iCorr. The breakdown potential was similar to that of the stan-
dard alloy, but the surface film was shown to be more resistive to general corrosion and
pitting. Kannan made the conclusion that calcium additions make the surface film more
uniform[96]. This also resulted in less susceptibility to stress corrosion cracking. Calcium
added to magnesium-silicon alloys has also shown lower corrosion rate [101]. 0.2 wt%
and 0.4 wt%Ca were added to Mg-0.6 wt%Si. The latter increased corrosion resistance
considerably compared to 0.2 wt%, with a decrease in corrosion rate from 0.39 to 0.15
mg−1cm−2day−1. It was also shown again that additions of calcium lower mechanical
properties.

In binary alloy form, calcium lowers corrosion resistance as the formation of Mg2Ca
precipitates cause micro galvanic corrosion. Calcium forms a Mg2Ca phase when above
solid solubility [97]. When added with silicon these form CaMgSi phase which has been
shown to be a dot shaped polygonal precipitate which has lower surface area than the
Mg2Ca phase which in turn lowers the galvanic coupling effect [101].

The addition of zinc is popular in non-biomedical alloys due to its positive effects on
strength, grain size and reduction of cathodic contaminants[62]. For biomedical alloys
additions of zinc have been shown to lower corrosion rates in SBF with low amounts of
yttrium [102], manganese [103] and silicon [101]. Zinc refines second phases particles
that it belongs to and also has the effect of making the matrix more noble, these factors
both act to lower galvanic coupling [102]. Optimum additions of zinc appear to be in the 1-
2 wt% range. Zhang used 2 wt% Zn with various yttrium amounts to lower corrosion and
increase strength [100–102], Yin showed that 1-2% would increase corrosion resistance,
but above this would be detrimental [103]. Yin speculated that keeping to these amounts
helped form a more stable passive surface film which has been previously demonstrated
Zhang by Zn enrichment of the film. Above the 2 wt% point and cathodic second phases
become a problem[102].

Yttrium addition appears to decrease the noblity of the alloys [102, 104], but its affect
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on surface film are more protective. Yttrium has been shown to lower pitting potential and
polarisation curves comparing Mg-Zn-Mn-Y alloys to non Y alloys show shoulder points
on the anodic slope indicating a stable passive film [104]. Zhang demonstrated thats when
added to zinc containing alloys, yttrium affects are best at low Zn/Y ratios to produce the
zinc rich, Y poor ’I’ Phase.

Other than these three elements, only lithium and aluminium have been used as al-
loying additives in great amounts. Aluminium is most likely going to be phased out of
biomedical magnesium development due to its long term risks with Alzehiemer’s [93].
But Lithium in the form on LAE442 has constantly preformed well in in vivo and in vitro

studies [11, 44, 93].

2.5 Surface Treatments

The need for lower corrosion rates to make magnesium a viable option as an implant
material has lead to the development of new alloy designs as discussed previously. But an
immediate alteration to current alloys is to use a surface modification or coating. These
can act as barriers to the body’s electrolytes and slow the corrosion process giving in-
creased corrosion resistance. Surface treatments can also have a dual affect, by not only
lowering corrosion rate, but also changing the bodies response to the implant material by
making it more biocompatible for the tissue the implant is designated for[105].

The use of surface treatments has been around for many years in the magnesium indus-
try as lowering corrosion rate has always been one of the industry’s main tasks to make it
more appealing to the engineering market. There are many patented and industry standard
coatings and surface modifcations on the market. The most widely used are electrochem-
ical plating, conversation coating, hydride coating, anodizing, gas-phase deposition (such
as chemical vapour and physical vapour) and polymer coatings[106].

Electrochemical plating is one of the most cost effective and simple techniques for
introducing a metallic coating. This is where metal salt in solution is reduced to its metal-
lic form, and via an electric current, applied on the surface of the magnesium substrate.
Plating of magnesium has been shown to be useful in a number of applications. Cu-Ni-Cr
plating has been shown to have good corrosion resistance in interior and mild exterior
environments [106]. However, a plating method has not been developed that can produce
coatings to withstand marine or salt splash conditions, thereby limiting the use of mag-
nesium in the automotive, aerospace and marine industries and would be of no use in

vivo[106].

The use of surface cleaning/pickling to change the corrosion dynamics of the bulk
material are the main stay of the magnesium and metal industry[107]. For magnesium it
is common to use acid dips to remove the outer layer of the casting or extrusion, thus
lowering the number of potential cathodic sites (generally iron) picked up from the manu-
facturing process. The use of a hydrofluoric acid dip, not only removes the outer surface,
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but creates a magnesium fluoride surface to the material which is much less reactive than
MgO or Mg(OH)2 [107].

Conversion coatings are a level above the simple acid etches used to pre-treat the
magnesium. These are produced by chemical or electrochemical treatment of the mag-
nesium surface to produce a superficial layer of substrate metal oxides, generally used
are chromates, phosphates. These coatings provide corrosion protection and good paint-
base properties to the metal [106][107]. Conversion coatings protect the magnesium sub-
strate from corrosion by acting as an insulating barrier of low solubility oxides between
the metal surface and the environment [106], thus slowing the rate of magnesium ox-
ide/hydroxide breakdown. There are a number of different types of conversion coatings
including chromate [107], phosphate/permanganate and fluorozirconate treatments [106].
The disadvantages of these conversion coatings in vivo applications is the toxicity, with
only phosphate being applicable,

Hydride modifications, are the process of producing magnesium hydride coating on
the bulk magnesium alloy by an electrochemical reaction. The magnesium substrate acts
as the cathode in an alkaline solution prepared by adding alkali metal hydroxide, am-
monium salts or similar alkaline materials. The hydride coating thus produced has been
found to decrease the corrosion rate of AZ91D alloy by a third which is comparable to the
dichromate conversation treatment, the treatment is has been developed to replace [106].
These are a real possibility for in vivo applications.

Anodizing is an electrolytic process for producing a thick, stable oxide film on met-
als and alloys. These films may be used to improve paint adhesion to the metal, as a
key for dyeing or as a passivation treatment. The films have a thin barrier layer at the
metal-coating interface followed by a layer that has a cellular structure. These treatments
are poor for corrosion purposes alone, but combine well with paints and other coatings,
therefore these are not a viable option for the body.

Microarc oxidation (MAO) is a surface treatment originating from the traditional an-
odizing but uses an electrolytic plasma. MAO allows production of multipurpose ceramic-
like coatings with a wide complex of useful properties, namely, with high wear resistance,
corrosion resistance, heat-resistance, dielectric and decorative characteristics. Its ability
to coat a wide range of ceramics in a dense corrosion resistance has been this a popular
technique for biological applications[108–110].

Cathodic electrocoating is a common industrial process generally used to prime steel
in motor car bodies and other mass products. It is used in Al alloy in few cases but hardly
in magnesium alloy as it easily dissolves in the cathodic electrocoating solution. Further,
the Mg(OH)2 corrosion product accumulated at the interface can hamper the adherence
strength[111]. It works by applying a negative electrical charge to the metal part that
attracts the positively charged ceramic particles. Cathodic coatings have been show to
have excellent corrosion resistance in steel and aluminium, but very little work has been
carried out with magnesium[111].
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Chemical vapour deposition (CVD) is a very promising technique on the condition
that the process can be controlled to below the melting point of the magnesium alloy as
generally the process requires temperatures around >600 ◦C[106]. CVD is the deposition
of refractory materials onto the magnesium substrate, achieving near theoretical density,
controlled grain size, orientation, good adhesion and all from temperatures well below the
melting points of the oxide coatings. CVD is also not restricted to line of sight like most
physical vapour deposition processes and as there is a high deposition, thick coatings can
be produced[106].

Physical vapour deposition (PVD) is used to modify the surface by either changing
the surface microstructure or adding another element to the surface in a new alloyed mi-
crostructure [106]. Success has been found by using depositing elements such as Ce,
Mn, Ti, Zr and various others to create binary Mg-X alloys on the surface which are
highly corrosion resistant[106]. Both CVD and PVD are real possibilities for the protec-
tion of magnesium implants, potential ceramic coatings, such as hydroxyapatite could
be used to lower the corrosion rate of magnesium alloys while stimulating a osteoblast
response[105].

Polymer coatings in the industrial context are primarily paints and powder coating.
Generally using polymers not suitable for in vivo applications. Sol-gel coatings are ap-
plicable though, as are self assembled monolayers and organo-silanes. Sol-gels involves
the hydrolysis and condensation polymerisation of metal alkoxides. The outcome is a
polymeric network of inorganic-organic composite materials which are adherent and uni-
form[106]. The process has been shown to produce corrosion- protective coatings on mag-
nesium alloys in the industrial context. Self assembled monolayers (SAMs) and organo-
silanes form a nano-scale polymer barrier on the surface which can be hydrophobic in
order to discourage the diffusion of electrolytes to the material surface and therefore low-
ing corrosion rate[112].

2.5.1 Biological surface treatments

Surface modifications needed for the biological applications differ from the automo-
tive and aerospace coatings in that they first have to be biocompatible and non toxic to
the body. They also have to be degradable themselves, as a permanent coating will serve
the purpose of a magnesium implant void. Finally surface treatments have to be tailored
to the vastly more complex chemistry of the body and the complex corrosion processes
that occur rather than industrially where protection is sought from marine and salt spray
environments[105].

Various in vitro and in vivo work has been carried out analysing a range of surface
treatments for magnesium alloys. These are based upon the industrial surface treatments
previously mentioned. They can be categorised into three groups of surface modification;
modifications to the bulk material, which use a pre-treatment, or surface state to change
the corrosion properties of the magnesium alloy without adding a layer or coating to the
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implants surface. Coatings that add a new layer of new material to the surface, these can
be split into polymer and ceramic coatings and serve to protect the magnesium simply by
placing a barrier between the body and the alloy.

Surface modifications

Surface modifcations could be classed as the simplest of the surface treatments used,
but they have been used to great affect with a wide range of ideas to boost corrosion
performance. Modifications ranging from manufacturing surface finishes and simple pre-
corrosion steps through to ion implantation. All treatments have had affects both on
corrosion and biocompatibility.

Xu [113], Lorenz [114] and Gu [115] had success lowering corrosion rate using
pre-corrosion steps before corrosion tests. The idea behind the treatments is simple,
magnesium alloys form a phosphates/carbonate corrosion layer as protection in vivo,
therefore create this first before the material is used. Gu used baths of sodium phos-
phate, sodium carbonate and sodium bicarbonate followed by heating to near solidus
temperatures. Gu found thick stable layers were formed with Na2HPO4 and NaHCO3

composed of MgNaPO3(13microns) and MgCO3/CaCO3 (26µm) respectively[115]. With
Na2HPO4 hydrogen evolution dropped from 0.108 mlcm−2h−1 to 0.029 mlcm−2h−1 and
the impedance plots gave corrosion rates dropping from 13.27 to 2.08 mmyr−1. Using
NaHCO3 can achieve similar results with hydrogen evolutions and corrosion rates from
impedance at 0.020 mlcm−2h−1 and 2.79 mmyr−1. Hydrogen evolution trails were con-
ducted for 15 day, therefore demonstrating the treatment has long term benefits[115].
Lorenz used sodium hydroxide and SBF baths with no following treatment to create the
protective layer[114]. It was found that although the SBF treatment gave immediate pro-
tection, its was broken down and remodelled in the new environment. This gave pH spikes
higher than that of the polished control[114]. Xu also used a simple bath, this time made
from various phosphate compounds to give corrosion protection[113]. A surface layer of
CaHPO3 was shown to have formed on the surface which converted to hydroxyapatite in
SBF over time. Corrosion resistance improved by an order of magnitude (469.5 Ωcm−2

to 4976 Ωcm−2)[113].

Denkena used deep rolling manufacturing process to create residual stress in the sur-
face layers of a Mg-Ca alloy. The surfaces were tested in NaCl, even though the publi-
cation was aimed at biomedical applications. But there was great reduction in corrosion
rate (x100) measured by galvanometric and actual mass loss over 20 days[116]. These
impressive results are tampered by the limitation of the forming process, as deep rolling
is slow and difficult to achieve on complex geometries. Van der Hoh looked at sand
blasted, smooth and threaded surfaces and reported lower corrosion with the sand blasted
surfaces[99].

More complex procedures have been reported with use of plasma immersion ion im-
plantation and deposition to modify the surface into new alloy states. This is a conversion
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coating technique proved in the industrial context. Liu used this process to create new
more noble metal oxides on the surface of bulk AZ91[84]. Aluminium, zirconium and ti-
tanium were implanted and when corroded with the exception of titanium, new metal ox-
ides, Al2O3 and ZrO2 were formed on the surface rather then the native Mg(OH)2. These
much more stable oxides increased the polarisation resistance from 92 kΩ to 1210(Al)
and 755(Zr)[84].

Ceramic based coatings

Ceramic-based coatings generally produced with CVD or PVD processes have been
by far the most popular of coating routes. Coating magnesium with a biodegradable ce-
ramic can not only act as a barrier layer, but also if the chemistry is correct promote
biocompatibility and bone response due to bone’s inorganic nature. The use of calcium
phosphate based coatings has been used for many years to promote bone integration and
implant-bone adhesion on permanent metal implants. There have been a wide range of
processes used to fix calcium phosphates to these metal surfaces, including dip coating,
sputter coating, thermal spraying, hot isostatic pressing, ion beam sputtering, magnetron
sputtering, pulse laser deposition and electrophoretic deposition [117]. Considering ther-
mal spraying, in particular, plasma spraying regarded as the industry standard[118]. Of
these coatings, dip coating, hot isostatic pressing and electrophoretic deposition all re-
quire high temperature sintering which would be well above the melting point of any
magnesium alloys. Plasma sprayed coatings are not popular for magnesium alloys due to
the high temperature post processing and poor adhesion. Therefore the majority of publi-
cations reporting ceramic based coatings on magnesium have used chemical and physical
vapour deposition techniques and chemical conversations.

Using the physical vapour deposition technique, cathodic arc, aluminium [119] and
zirconium[120] oxides have been fixed to magnesium surfaces to serve as protection. It
was reported that the metal oxides peeled when directly coated on the magnesium sub-
strate. Due to magnesium high galvanic reactivity, Xin used an intermediate layer of
aluminium or zirconium before coating with their respective oxides, giving far greater
adhesion[119][120]. The layer was shown to be dense and increase the material’s poten-
tial from -1836 mV to -1540 mV (Zr + ZrO3)[120]. The layers gave vastly increasing
polarisation resistance at 30 minutes, 200 times greater than the uncoated sample. But
this decreased to only around double after 18 hours, meaning cathodic arc deposition can
only provide short term corrosion protection when used in this way.

Majamdar used thermal oxidation, a form of chemical conversion, to modify AZ91’s
surface to MgO and MgO2. The best results were obtained from experiments conducted
in air at 200 ◦C for 25 hours[121]. Majamdar reported the new surface to be extremely
adherent, this is expected as by nature, this is a conversation not a coating. Corrosion
work was carried out in SBF and gave large increases in potenial, -1.485 mV increasing
to -0.412 mV. Galvanometric calculated mass out decreased by 3.088 mmyr−1 to 0.0141
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mmyr−1. These improvements however were only reported at one time point, which
was not mentioned, but it will be assumed this was close to t=0 as degradation of the
conversation layer was not discussed. Being a layer derived from MgO and MgO2, of
which are broken down by chlorides, it is probable the long term protection obtained
using this process is limited.

Cathodic electrodeposition has also been reported by authors Wen[122] and Song[123].
Both publications only demonstrate short term corrosion protection as would be expected
from this process as no interface is possible. Wen deposited hydroxyapatite on AZ31
which was treated in alkaline solutions to form a more stable and less porous coating.
Short term corrosion improvements were shown by potential increases from -1.6 mV to
-1.42 mV, but with decreases in current density of 3 orders of magnitude [122]. Song
deposited dicalcium phosphate dihdrate (DCPD) and B-tricalcium phosphate which was
converted to hydroxyapatite after treatment in NaOH. Current density decreased by one
order, whereas corrosion potential actually had a small decrease in nobility[123]. Cathodic
deposition techniques appear to be limited for biomedical use.

Using micro arc oxidation (MAO), which is similar to the anonising processes used
in industry, but with higher potentials creating a plasma which helps form a more stable
oxide layer. Shi used this process to create a MgO and MgF2 surface[108]. This surface
is generally porous, to overcome this Shi used a second coating of TiO2 via a sol-gel pro-
cess that was shown to seal the pores. The resulting corrosion resistance was 30 times
greater. Impressively, the impedance plots show an inductive loop, associated with stable
barrier layers was present over 15 days corrosion[108]. Zhongping used MAO in NaOH
and Na2SiO3 systems, both with sodium hexametaphosphate and calcium hypophosphite
to create oxide layers of 5 µm and 10 µm respectively containing Ca, P, Mg and Al (sub-
strate AZ91)[109]. The best reduction in corrosion rate came with NaOH which decreased
corrosion rate by 100 times. But the main purpose of this piece of work was to create an
reaction layer with a Ca/P ratio which could be modified by manufacturing techniques
close to that of bone, this was successful demonstrated[109]. Wang used a small amount
of TiO2 added to as-deposited coating of MgO and Mg2SiO4 by the addition of titania
sol gel[110]. The coatings ranged from thicknesses of 22 to 18 µm. Electrochemical tests
showed that the electrochemical protential (ECorr) of Mg substrate positively shifted about
300-500 mV and the electrochemical current (ICorr) lowers more than 100 times after mi-
croarc oxidation. However, the TiO2 modified coatings formed in electrolyte containing
5 and 10 vol% titania sol indicate an increasingly worse corrosion resistance compared
with that of the standard MAO coating[110].

Radio frequency (RF) magnetron sputtering is becoming a popular technique for coat-
ing titanium alloys with hydroxyapatite (HA). It is an attractive alternative to the usual
coating methods as Shinn-Jyh Ding reported; it forms a coating with excellent adhesion,
thickness uniformity, and has the ability to coat implants with difficult surface geometries,
a limitation of the various line of sight methods also becoming popular in academia such
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as ion beam assisted deposition (IBAD)[124]

Coating bond strength play a large part in the lifetime and performance of HA coat-
ings on implants [124]. RF Magnetron sputtering has been shown to have far better bond
strength than that of plasma sprays which are industry standard, and is also close in
strength to IBAD [124, 125].

RF magnetron sputtering has been used to coat titanium with HA in various studies
since the mid 90s[124], but it has never been used for this purpose on magnesium alloys.
The process has been used to coat magnesium with titanium nitride [126]. chromium
[127] nickel [128] and aluminium [129]. Using TiN, Zeng reported corrosion protection
in 3.5% NaCl, with the coated samples around +200 mV compared to the blank[126].

Work by Xin, is the only reported use of RF magnetron sputter-coating for biomedical
use. A hydrogenated amorphous silicon layer on AZ91[130]. The coating is showed to be
1 mircon thick with no cracks or pores. There is evidence of a strong bond with an area
of inter-diffusion between the magnesium and the silicon. Xin concludes this would be
in the form of Mg2Si which would strengthen the bond of the silicon coating. Corrosion
is carried out in SBF and shows a potential shift of +329 mV. Impedance data reviews
inductance loops for the coated sample which Rf values 8 times that of the uncoated
sample, and these loops are stable until 6 hours when they become slightly smaller with
Rf values around half their peak. The layer was shown to be stable there after for 24
hours[130].

Polymer based coatings

There are a large range of polymer coatings used on titanium and other permanent
metal implants, but due to the metal’s noble corrosion properties these are generally for
biocompatibility rather than corrosion protection. Processes included plasma spraying
[131], through to attaching polymers via various reactions, such as the use of silanised
titania, cysteine residue[132] photochemistry and self-assembled monolayers.([118]

For use with biomedical magnesium, only two techniques have been looked into.
Plasma spraying of biodegradable polymers and silane attachment. Many more have been
looked into for industry applications for corrosion protection. Wang published a compre-
hensive study about the coating of polycaprolactone and dichoromethane onto AZ91 using
plasma spraying. Corrosion data was reported up to 60 days in regard of electrochemistry,
mass loss and structural integrity[133]. Corrosion potential had a huge improvement with
ECorr increasing +1444 mV at the time of coating. Mg ion concentration was used to
follow the mass loss over time, the uncoated sample gained 1360 ppm Mg in 60 days, the
coated only 238 ppm Mg in comparison. pH gains associated with magnesium corrosion
were low at 0.2 compared to 1 for uncoated. The low long term corrosion had a posi-
tive effect on the structural performance of the samples. The uncoated sample yielded
(compression) at around 50% of it’s t=0 strength, whereas the coated 70%. after the 60
days. In vivo tests also revealed greater bone growth around the polymer coated samples.
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This was attributed to higher magnesium concentrations than without the implant, but less
than the mildly toxic levels seen with uncoated AZ91[133]. Plasma coating of biodegrad-
able polymers looks to be a very attractive method of protecting orthopaedic magnesium
implants.

The use of self-assembled monolayers has also been reported, using stearic acid bonded
to pure magnesium pre-prepared by a stream treatment[134]. By placing the samples in
120 ◦C stream, magnesium hydroxide was created on the surface giving a bonding site
for the stearic acid. This was reacted at 100 ◦C and 150 ◦C for 2 hours. The result was a
corrosion resistance covalently bonded coating. 30 Day corrosion tests showed the coated
sample to be up to 5 orders (Polarisation resistance, Rt = 0.03 kΩcm−2 compared to 700
kΩcm−2) more corrosion resistance at t=0, dropping to 40 times (Rt = 2.5 kΩcm−2 to 107
kΩcm−2) greater than the uncoated after 30 days. Breakdown was attributed to the local
pH rise and corrosion products causing cracks and de-lamination of the coating[134].
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CHAPTER

THREE

IN VITRO TESTING OF MAGNESIUM ALLOYS

3.1 Introduction

The concept of magnesium as a biomaterial has been around for nearly 100 years
[34], but to Magnesium Elektron and to modern medicine it was a very new avenue of
research. When this investigation was conceived, the biomedical manufacturer Biotronik
had requested WE43 material for their initial in vivo test and Di Mario had published in
2004 [41]. Other than this the author of this report had finished a small investigation on
testing of magnesium alloys in vitro. In all this is a very new area of research, with no di-
rection to be drawn from previous work as to how to proceed with developing magnesium
as a resorbable biomaterial.

Magnesium Elektron with its new biomedical commercial partners would investigate
new alloy and stent design by in vivo trials and corrosion testing in simulated biological
salt solutions. However there was an obvious gap between these, which could only be
filled by in vitro testing as in other areas of medical research.

At the start of this investigation no in vitro testing had been carried out on magnesium
to this author’s knowledge, therefore the initial object was to discover if such testing
was feasible. If so, then what could be learned from using human cells on magnesium
alloys? The two outcomes sought were the basic relationship between magnesium alloys
and human bone cells (osteoblasts, as orthopaedics is a primary market for biomedical
magnesium), and if this relationship changed depending on alloy composition so that in

vitro testing could be used to further alloy design?

Mg + 2H+ + 2H2O = 2Mg2+ + 2OH− + 2H2 (3.1.1)

Magnesium alloys were expected to behave differently other to metals used in medical
devices such as titanium and stainless steel due to having a degradation rate many orders
higher and with the element being a fundamental component in biological activity[21].
As described in Section 2.3.1, magnesium corrodes in salt water solutions in the overall
reaction 3.1.1
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This shows that any biological tissue in the vicinity of corroding magnesium will be
exposed to increases in pH and evolving hydrogen gas. These affects could potentially be
exaggerated by the limited relative volumes of fluid tested in vitro compared to the body.
It also shows that the Mg2+ will be in greater concentrations after corrosion. The divalent
cation is a known osteo-conductor and has been shown to promote osteoblast response:
Howlett [31] and Zreiqat [33][32] used magnesium to doped hydroxyapatite and alumina
to demonstrate that the surface modification substantially affected the phenotype of os-
teoblast cells in vivo and in vitro. The work suggested that this was the result of higher
integrin expression increasing cell attachment to the hydroxyapatite surface.

The high concentrations of corrosion products and their bioactivity gives two factors
to consider for which a standard non-degradable metal or material do no exsist: Therefore
the first investigations were to see if these effects could be studied in the lab and if so,
what the effects were.

3.2 Materials and methods

Compositions of the binary alloys used in the chapter are shown in table 3.1. Elek-
tron WE43 and 674 were also supplied by Magnesium Elektron as commerial product
and therefore within company specification, their compositions are also listed below or
infomation. The material was made at Magnesium Elektron by melting pure magnesium
ingot with the appropriate alloying elements. Once molten, the metal is stirred and a small
casting was made for chemical analysis by Optical Emission Spectrometry (OES). If this
falls within specifications the metal was ready to cast. Molten metal was then poured
from the crucible into the mold. Once solidified and air cooled, the casting was machined
into 75 mm diameter billets for extrusion.

The extrusion procedure required, pre heating of the billet, die and billet container to
specified temperatures. The material was then extruded into 9 mm bar. These bars are
then lathed into 9 mm by 3 mm discs for testing.

Table 3.1: Chemical composition of alloys given by wt%. Heavy Rare Earths (HRE) are given individually
where appropriate or as a conbined mix as specified in WE43’s composition. Total impurities equates to the
combined composition of Fe, Ni and Cu.

Alloy Y Nd Zr Gd Dy HRE Total Impurities
WE43 3.7-4.3 2.2-2.5 0.4-1.0 n/a n/a 0.4-1.9 0.004

675 6 - 0.35-0.4 6.5-7.5 - n/a 0.006
Mg-8Y 8.00 0.00 0.01 0.09 0.00 n/a 0.005
Mg-3Y 3.73 0.01 0.01 0.00 0.00 n/a 0.004

Mg-6Dy 0.06 0.07 0.57 0.00 6.00 n/a 0.004

Titanium alloy (Ti-6Al-4V) and Stainless Steel (316L) samples were supplied by
Goodfellows, (Cambridge, UK) in the form of 0.5mm thick rolled sheet. The sheets were
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punched into 9mm diameter discs using a punch press. Glass discs (9mm diameter) were
supplied by Chance Glass Ltd (Malvern Link, UK) All the metal discs were ground to a
4000 grit finish on both sides using a silicon carbide grinding wheel. To obtain a mirror
finish, the discs were polished using a 10% solution of colliodal silica (OPS), rinsed with
in tap water and methanol.

Cell Culture

Primary human osteoblast cells established from a human femur were plated in tissue
culture flasks. They were grown to confluence in minimum essential medium (D-MEM +
GlutaMAX + Pyruvate, GIBCO-21885-025) supplemented with 10% fetal bovine serum
(FBS), 0.85 mM ascorbic acid and 1% penicillin/streptomycin at 37 ◦C in the presence of
5% CO2/air. The medium was changed every second or third day.

At confluence, the medium was removed, cells were washed twice with 10 mL of
phosphate-buffered saline (PBS) and subsequently released from the plastic tissue plate
surface with trypsin-EDTA standard solution (GIBCO- 25200-072). The released os-
teoblasts were pelleted at 1500 rpm for 5 min and subsequently resuspended in D-MEM
to a density of 4x105 cells per cm3. Samples were placed in 12 well plates (growth area of
3.8 cm−2 per well) and discs seeded with 3 mL of suspended cell culture medium. Sample
were incubated at 37 ◦C, 5% CO2/air with the medium changed every day.

Alamar Blue assay

The cell culture media was removed from each sample and the cells rinsed with PBS.
Samples were then removed and placed in a 24 well plate, and 1 ml of fresh cell culture
media was added. 200 µL of alamar blue solution (5 mg in 40 ml PBS) was added to
each well and samples were incubated for 1.5 hours at 37 ◦C. 200 µL of the solution was
transferred to a 96 well plate and fluorescence was determined using a Fluostar OPTIMA
fluorescence plate reader from BMG Latech at a wavelength of 510 nm (excitation) and
590 nm (emission). Cell numbers were calculated by refering to a calibration curve cre-
ated by seeding set numbers of cells in increments from 1x102 to 1x107 cells which were
tested using the same procedure 4 hours after seeding.

DNA Concentration

Proliferation values are obtained using the DNA assay which measures the amount
of DNA present in any sample. Cell medium was removed from the samples and the
cells rinsed in PBS. Five hundred µL of dH2O was added to each sample and then freeze-
thawed three times at -80 ◦C. Fifty µL of the sample was aliquoted into a black flat bottom
96-well plate. One hundred µL Hoechst stain solution and 50 µL TNE buffer were then
added. Fluorescence was measured using Fluostar OPTIMA fluorescence plate reader
from BMG Latech at a wavelength of 355 nm (excitation) and 460 nm (emission).
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Alkaline Phosphatase assay

Cell medium was removed from the samples and the cells rinsed in PBS. Five hun-
dred µL of H2O was added to each sample and then freeze-thawed three times at -80 ◦C.
Naphthol AS-MX and TRIS tablets obtained from sigma (SIGMA FASTTM Fast Red
TR/Naphthol AS-MX Tablets Set, F4523) were added to 5 mL of distilled water and dis-
solved at 37 ◦C. 200 µm of the solution was added to 1 mL of the distilled water from
the samples. This was then read every 30 seconds up to 30 minutes at 405 nm on a As-
cent Plate reader. The gradient observed over time was calcuated to give the alkaline
phosphatase concentration.

Corrosion product measurements

Samples were placed in 1 mL of cell culture medium. A pH probe was placed in
the media and recorded using a data logger. Magnesium ion concentraion was tested by
inductively coupled plasma (ICP). Samples were prepared from 0.1 mL of the medium
added to 9.9 mL of dH2O. Standards for the ICP were from Sigma Aldrich (35635-2)
and made to concentrations of 10, 20 and 30 ppm and used with pure water to create a
standard curve. Magnesium concentration was then measured at 279.553, 280.270 and
285.213 nm absorption. The average of the three readings was taken.

Conditioned medium

Osteoblasts were seeded in 24 well plates and incubated for 1 day at a density of 4x104

cells ml−1. The medium was aspirated and replaced with the ’conditioned’ media. This
was made by submerging a disc of magnesium alloy in 1 mL of cell culture media per
timepoint for 1, 2, 4, 8, 18, 24 and 48 hours at 37 ◦C, 5% CO2/air. DNA, alamar blue and
alkaline phosphatase assays were then used to determine proliferation and activity.

SEM fixation for osteoblast imaging

In order to observe cell attachment behaviours on discs, chemical fixation of cells was
carried out in each sample. After 1, 5 and 8 days of culture, the samples were rinsed
twice with PBS and subsequently fixed in 2% glutaraldehyde for 1.5 hours. After which,
the samples were rinsed with distilled water and then dehydrated with acsending con-
centrations of ethanol (twice with 50%, 70%, 90% and 100% ethanol for 5 min each).
Finally, the samples were treated with hexamethyldisilazane and kept in a fume hood for
air-drying. Dried samples were coated with gold using sputter coating.

Phalloidin and DAPI staining

Cell suspensions were either seeded directly onto magnesium discs or around them on
to the tissue culture plastic. The cells were then incubated for set time points. All samples
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were thoroughly rinsed with PBS then fixed with a 4% formaldehyde solution over 30
minutes at 4 ◦C. The samples were then rinsed three times with PBS and permeabilised
with 0.1% Triton x100 in PBS (10 minutes at 4 ◦C.). The samples were again rinsed
with PBS and immersed in a 1% solution of bovine serum albumin (BSA) in PBS for 30
minutes at 4 ◦C. These were then incubated with FITC-conjugated Phalloidin (10 µg /ml)
for 20 minutes at 4 ◦C. which was followed by thorough rinsing and staining with DAPI
(10 µg/ml for 5 minutes at 4 ◦C.). The samples were then mounted onto glass slides with
Prolong goldr anti-fade reagent and imaged with the fluorescent microscope.

This procedure was later modified to stop the use of Prolong Goldr anti fade reagent,
as explained in section 3.3.1, this damaged the magnesium surface. The new protocol was
the same as previos used until after the Phalloidin step, where the samples were stained
and protected with a DAPI/Glycerol/Dimethyl sulfoxide (DMSO) mix instead of Prolong.
A glass cover slip was then place over the sample surfaces and the images taken within
an hour of glycerol mix being used.

Live-Dead Staining

LIVE-DEAD Viability/Cytotoxicity Kit (L-3224, Molecular Probes, Invitrogen) was
used to quantify the viability of osteoblasts on magnesium samples as compared to a glass
control. The kit consists of two components: Calcein AM is a fluorogenic esterase sub-
strate that is hydrolyzed to a green-fluorescent product (calcein); thus, green fluorescence
is an indicator of cells that have esterase activity as well as an intact membrane to retain
the esterase products. Ethidium homodimer-1 (EthD-1) is a high-affinity, red-fluorescent
nucleic acid stain that is only able to pass through the compromised membranes of dead
cells. Cells were seeded directly into the magnesium surface. An aqueous solution of
2 µM calcein AM and 4 µM EthD-1 in 1.5 mL PBS was used to stain sample surface,
by pipetting the solution dropwise onto the magnesium surface. After 5 minutes, the
magnesium disc was transferred to a microscope slide and imaged using a fluorescence
microscope. Ten to fifteen images were taken of each sample.

Hydrogen Evolution

500 ml of SBF was placed in a beaker with an upturned 100ml measuring cylinder.
Air was pumped out of the cylinder so that no air was left present (figure 3.1). Mg discs
were coated with Lacomit on the bottom surface. This was then placed under the funnel
and the stop watch started. The cylinder was shaken violently to free all small bubbles
from the sides pre-measurement.

3.3 Results and Discussion

Initially cell culture trials were carried out with a cell on surface approach by seeding
directly onto the magnesium discs in a suspension of cell culture medium. This would
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Figure 3.1: Experimental setup for hydrogen evolution tests.

give the greatest magnesium-cell interaction and therefore any effects arising from the
magnesium would be seen. The alloys used for this study were the two best performing
in Magnesium Elektron’s product range with regard to strength and corrosion resistance;
Elektron 675 and Elektron WE43. Along with these are yttrium and dysprosium binary
alloys. These were added to see potential differences in cell behaviour because of alloy-
ing. Yttrium has been shown to promote osteoblast activity on Y-doped hydroxyapatite
[135].

Figure 3.2: Cell numbers against time after seeding at 4x104 cells ml−1 on various biomaterials and 5
magnesium alloys. n = 6, error = SD

Cell numbers were measured using DNA quantification (figure 3.21) over 8 days.
After the first day around 50% of the cells were measured compared to glass. No losses
on the same scale were seen between day 1, 4 and 8 on average across all the magnesium
alloys, although on Mg-8Y, 675 and Mg-Dy alloys a further cell lose was shown between
day 1 and 4. Differences between alloys in terms of cell loss are negligible, but WE43 and
675 demostrated cell proliferation after day 1. The cell losses between t=0 and t=24 hours
were also seen in optical images taken of the surrounding cells (figure 3.3). Alongside
titanium the osteoblasts appear well proliferated, in a confluent cell sheet. Around the
WE43 sample, the cells are in clusters, round and poorly spread.

SEM images (figure 3.5) of the seeded cells on the magnesium showed the surface
the cells were exposed to in the initial day of seeding. The reaction layer formed in the
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WE43 - 2 hours Titanium - 2 hours

WE43 - 4 days Titanium - 4 days

Figure 3.3: Optical images of osteoblast on tissue culture plastic alongside titanium (right) and WE43
(left). Scale bar = 200 µm

Figure 3.4: Alkaline phosphatase production per cell on five magnesium alloys and three controls at day 8.
Both commerical alloys show better performance than the binary alloys and are comparable with glass and
titanium. ∗ (675) and ∗∗ (WE43) indicates a statistical difference by single factor anova between the two
commerial alloys and all three of the binaries (∗ p<0.05, n = 4 and ∗∗ p<0.05, n = 4)

corrosion of the magnesium alloys engulfed some cells so that only the top of these can
be seen. This is prevalent over much of the surface, although there are clusters of cells
that appear to be able to rise above the reaction layer and grow on the surface. Where this
occurs the cells are well spread.

The alkaline phosphatase activity was far lower on the magnesium samples than con-
trols, but using a per cell basis gave comparable results to the glass control (675 and
WE43). Alkaline phosphatase activity from osteoblasts is reported in the literature to
peak at around day 15 [25], but by day 8 should be present in good qualities to test. The
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Figure 3.5: SEM images of osteoblasts cultured on WE43 after 24 hours. Osteoblasts are encased in the
rapidly developed reaction layer, left. Osteoblasts in clusters grow on top of the layer and spread well, right.
Scale bar = 50 µm.

results show that in commerical alloy form, magnesium does not enhance (as predicted by
in vivo work [28][52] [46] nor limit its production, however his does appear the case in the
binary alloys. The difference in alkaline phosphatase production between the commeri-
cal alloys and the binaries is unknown. The corrosion rates listed in table 3.2 show that
675 corrodes similarly to the binaries. In terms of chemistry there is no trend regarding
performance and any particular element concentrations, both commerical alloys include
high zirconium (>0.3 wt%), but Mg-6Dy also has zirconium present (0.57 wt%) meaning
zirconium and rare earth concentrations in these alloys show no relationship with alkaline
phosphatase concentration.

The relationship between magnesium seeding and cell death was then investigated in
greater detail. Using the Live/Dead assay, images of cells seeded on the surface were
taken at various time points over a week. A true zero timepoint was made by seeding
on glass and counting these cells after 2 hours to enable attachment but not proliferation.
Five images were taken across four magnesium discs at each time point. The average live
cells counts across all 20 images is plotted in figure 3.6. Figure 3.7 shows a selection
of Live/Dead images taken on the magnesium samples (2 hours = glass). The orignal
seeding is shown on the glass so that the corrosion effects of magnesium are not a factor,
but there is still high cell death seen on the glass surface. This is the result of genuine
losses from the stress of the cell seeding process. The zero value however is taken from
the number of green cells visible at the point to image capture. The samples were seeded
with a high density of 10x104 cells ml−1 and this resulted in a coverage density of 10560
cells cm−2. The conditions the cells were exposed to on the magnesium discs meant after
4 hours this dropped to 2480 cells cm−2 and this difference in cell density is clearly seen
in the Live/Dead image. This cell lose could be due to cell death or because cells did not
attach. After the inital cell loss, all the following time points showed greater cell densities
than previous. The 8 day DNA assay results shown in figure 3.21 do not agree with this,
as these are stable from day 1 to 8. This could be the result of the lower seeding densities
used for the DNA assay (4x104 cells ml−1 compared to 10x104 cells ml−1) which would
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result in a slower recovery. What is more likely however is the DNA tests’ sensitivity
to the magnesium corrosion discussed later in the chapter. The Live/Dead test shows
with visual certainty, that magnesium causes high death rates to seeded cells on a bare,
uncorroded surface. The surface environment must change in the the first hours of seeding
(and thus corrosion) to accomodate the cells, after which they recover and proliferate well.
The recovery appears to take place from surviving clusters of cells proliferating laterally.
The surface at 24 hours is sparingly dotted with areas of cells but with large areas devoid
of osteoblasts. This is reflected in figure 3.6 with the large spread of data caused due to
high differences, between images. With time these clusters spread out and the surface
becomes evenly populated.

As well as highlighting the toxic nature of new corroding magnesium surfaces, the
inital trials also highlighed that this in vitro technique does not distinguish alloy to alloy
differences with regard to alloying additions or corrosion rates. The corrosion rates of
these alloys are listed in table 3.2. The alloy 675 corrodes at around three quaters the rate
of WE43, and are both alloyed with yttrium and rare earths. Both alloys have insignificant
differences in cell loss, the cell numbers seen in subsequent days (figure 3.21) and also
alkaline phosphatase production. Regarding alloying differences, yttrium, an element
shown to alter osteoblast activity [135] was effectively tested at 0 (Mg-Dy), 3 and 8 wt%.
No trend was seen between the alloys in osteoblast activity. It can be determined that cell
on surface studies in this format are limited in their information regarding alloying.

Table 3.2: Corrosion rate in SBF of five magnesium alloys over 7 days. 675 corrodes at 75% the rate of
WE43

Alloy Corrosion rate /ml H2

Mg-3Y 22.37±2.17
Mg-8Y 26.10±3.50
Mg-6Dy 25.92±3.66

675 29.01±4.16
WE43 39.16±5.21

To determine why over 50% of cells died in the first hours after seeding, the environ-
ment they were exposed to was studied. The expected result of magnesium corrosion in
the cell culture media is a rise in Mg2+ ions and pH. Figure 3.9 shows the change in pH
of WE43 with time in media. Although there are slight discrepancies with corrosion rate
between alloys, they all have similar pH curves. This is most likely due to the buffering
capacity of the medium. The pH of the media is at 7.4, but this rises sharply in the first
hour, reaching 8.3 at after 60 minutes. The pH rises with decreasing rate until it starts to
level at around 9.1.

The amount of magnesium leached into the cell culture medium was measured by
ICP (figure 3.8). This was seen to follow the same trend with pH with a sharp spike in
the first hours, but as this is not rate limited by buffer as with pH, Mg keeps leaching into
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Figure 3.6: Average cell number counted from Live/Dead images over 7 days. Osteoblasts were seeded at
10x104 cells ml−1 on WE43 and glass (t=2). n = 20, error = SD

Figure 3.7: Fluorescence images of osteoblasts seeded on WE43 at various timepoints stained with
Live/Dead reagent. t=2 image is osteoblasts on glass to give true seeding density without material re-
lated loses. There is a large loss in cell number within the first 4 hours, which which is recovery and the
cells repopulate. Scale bar = 200 µm
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the media at a steady rate after the initial spike. As with the pH curves, alloy to alloy
differences could not be distinguished from the ICP measurements. Readings at 0 hours
of 20.1 mg/L are similar to the stated concentration of Mg in the medium (21.2 mg/L).

Figure 3.8: Average magnesium concentration from all alloys in cell culture media with corrosion time
measured by ICP. Concentation rises steeply within the first 4 hours before steadying. n = 16, error = SD

Figure 3.9: pH against time for WE43 in cell culture media.

The cell death seen in figures 3.6 and 3.21 could be the result of extremes at the sur-
face, which are buffered or lower in concentration with distance from the magnesium
discs. It was thought that if the cells were not exposed to the magnesium directly, but
the products of its degradation, the severity of magnesium’s alloys effect on cell numbers
could be more accurately studied. Also, with less extreme conditions for the osteoblasts,
and potentially less cell death, alloy to alloy distinctions might be possible. Thus condi-
tioned medium trials were tested.

The indirect cell culture trial followed the procedure set out in section 3.2. After
the Osteoblasts were cultured for 48 hours in the conditioned medium, DNA, alkaline
phosphatase and alamar blue were measured to determine cell numbers, mineralisation
capacity and comparative metabolism. Cell numbers calculated from DNA are shown
against increasing magnesium corrosion in figure 3.10. Cell number declines faster at
lower corrosion levels and then slower from 8 hours onwards. Cell loss in media with 48
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hours corrosion was 42%. This is close to the 50% seen using the direct surface seeding
from the DNA assay, but lower than 76.7% loss visible on the Live-Dead imaging. It is
however still high, and therefore the cell death must not be result of extremities at the
surface but the corrosion products released. But the 76.7% cell death on the surface only
took a matter of hours due to the extreme conditions there. The indirect tests show that
if corrosion is great enough, the products will result in similar cell death at distance, but
within the body this is likely never to occur due to larger volumes and flow, therefore only
a attribute of in vitro testing.

The fast decline in cell number at lower corrosion times follows the trend set by the
pH and Mg concentrations curves generated. These suggest the largest change in corro-
sion product concentration would be in the 1-4 hour range. Therefore the high changes in
cell loss coincides with the higher increases in pH and corrosion products. It is a fair as-
sumption that magnesium corrosion is having a directly proportional effect on cell death.

The alamar blue assay data (figure 3.12) shows that cell metabolism is only slightly
lowered across the corrosion gradient. Cell metabolism could be affected by both the high
corrosion products and the magnesium ions, therefore it appears the high concentration of
corrosion products is causing cells to lower their activity as magnesium ions should cause
as increase [28][31][33].

Overall, across the alloys tested, the conditioned medium trials have showen that even
away from the surface, corrosion products can build up and harm cells. The negative
influence of corrosion products competes with any potential positive influence on cell
behaviour caused by free Mg2+ ions. The indirect test was also potentially a better test
for alloy to alloy comparisons. Figure 3.11 shows the cell number against corrosion time,
in all four alloys the trend is similar and any differences are overshadowed by the large
spread in the data.

The decline in cell number due to the high initial corrosion is an intrinsic problem with
testing magnesium alloys in vitro due to; small media volume levels, low cell numbers
comparative to the body’s resources and in this study and a lack of movement meaning
large discrepancies between the surface and the surrounding environment. Without com-
plicating testing procedure with the use of bioreactors to move high volumes of cells and
media over the magnesium, two simple solutions were proposed: seeding at very high cell
densities (x10 previous) or pre corroding the samples for 24 hours.

Seeding at cell density of 400,000 ml−1 (shown figure 3.13) will potentially mean even
with the same percentage loss, there will be enough cells to form a successful cell layer
after the initial corrosion has subsided. SEM images of cell sheets formed on magnesium
alloy WE43 show a cell sheet that is still smaller in number than on glass with areas of
low coverage. There are areas with very high density and cells here show a completely
different cell shape to that on glass. Cells appear elongated and differentiated comparative
to the osteoblasts on glass which are spread in what looks like a proliferative state [25].
Cell loss in the first 24 hours on WE43 was calculated by the DNA assay to be 37.1%
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Figure 3.10: Cell number calculated by Hoechst DNA staining against the corrosion time. A sharp decline
is seen at low corrosion times. n = 16, error = SD.

Figure 3.11: Individual alloy plots of Hoechst DNA staining against the corrosion time. Alloy to alloy
differences are not apparent. n = 4, error = SD.
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Figure 3.12: Cell activity was measured using alamar blue assay. This showed a slight decline in cellular
metabolism with magnesium corrosion time.n = 16, error = SD.

(table 3.3). The loss is lower than when seeded with lower densities. This could be due
to a complete coverage of cell slowing corrosion rates, or that they were seeded in such
numbers that gaps left by dead cells could be filled by new cells

Table 3.3: Cell numbers on magnesium alloy WE43 and glass after seeding at 4x105 cells ml−1 and 24
hours culture

WE43 (149±37)x103

Glass (204±2)x103

Figure 3.13: Osteoblasts on magnesium alloy WE43 (left) and glass (right), seeded at 10 time the density
previously. The cells appear unilaterally stretched on WE43. Scale bar = 50 µm

Alternatively, pre-treating the magnesium samples was seen as a logical method to
reduce cell death and improve in vitro testing procedures, a process used for bioactive
glasses to also stop cell loss [136]. As showed in the ICP and pH curves against time,
the highest corrosion rates are in the first 4-8 hours, with the rate settling after 24 hours.
To investigate this, WE43 discs were placed in cell culture media for 24 hours at 37 ◦C.
Osteoblasts were then seeded onto pre-corroded, untreated and glass discs. Figure 3.14
shows cell numbers after 24 hours on both types of surface. Cell death for the untreated
samples is slightly higher than previously recorded at 74%. The pre-corroded samples
however showed only 12.8% cell death. Fluorescent imaging of cells seeded onto both
surfaces shows cells well spread and in greater number on established reaction layer on
the pre-treated sample, but rounded on the untreated.
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Figure 3.14: Osteoblasts seeded on untreated and pre-corroded WE43 after 24 hours quantified by
Live/Dead imaging. Top shows phalliodin/DAPI stained cells at the same time point. Osteoblast appear
rounded on the untreated compared to spread and attacted on the pre-corroded sample. Scale bar = 100 µm

The pre-corroding method shows a simple alteration to the in vitro testing procedure
on magnesium alloys so that cell death and survival is no longer the dominating factor in
the cells tested. Pre-corroding has been be utilised in a publication by Lorenz in 2009,
and it was found that treating in SBF solutions before cell seeding, lowered the cell loss
on pure Mg by around 50% compared to glass [114]. This treatment only protected cells
for around 24 hours however. Thereafter the reaction layer broke down, most likely due
to the discrepancies between cell culture media and SBF meaning a new reaction layer
was favourable. This caused cell rounding and some loss in density. In light of this, the
use of a pre treatment in media is still the technique used. It was hypothesised that the
lower cell death could enhance any positive osteoblast activity and therefore alloy to alloy
differentials regarding chemistry could potentially be seen.

The lower cell death and the well spread nature of the cells seen in figure 3.14 on the
pre corroded sample strengthens the argument suggested earlier that the high initial cor-
rosion is responible for cell death. After this, osteoblasts appear to proliferate freely and,
as shown in figure 3.13, attach with different morphology than on glass. Since this work
many authors have commented on cell death and expression changes due to magnesium
alloys in vitro and in vivo. Pietak [56], Lui [58][57] and Zhang [61] all found cell losses
in their investigations. Lui found 40% loss with AM60 with endothelial cells [57], and
around 50% loss on AM60 and AZ91 with smooth muscle cells [58]. What was differ-
ent however from these studies and the one presented here is that Piekat and Lui showed
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large differences in cell loss from alloy to alloy. Using various concentrations of calcium,
Piekat showed that cell loss was only at 50% when on the highly corrosive Mg-0.8Ca al-
loy, with the others only around 20% loss [56]. Lui used AZ31, AZ91 and AM60. AZ31
give large cell losses of around 90% compared to AZ91 and AM60 which at most were
50% [58]. The reason for this is most likely to be the result of the the alloys used having
much greater differences in corrosion rate than the alloys used in this study. WE43 was
the fastest corroding alloy presented here and this is still only 20% more corrosive than
the best binary alloy.

Aside from cell loss, the change in cell morphology, shown in figure 3.13 and activity
indicated in figures 3.21 and 3.12 have also been reported elsewhere. YeoHeung used
increasing amounts of magnesium and showed that at higher concentrations, apoptosis,
inflammation and migration genes were all expressed [29]. It was also seen that prolif-
eration was enhanced at lower concentrations (<5mM) but reduced above [29]. Smooth
muscle cells grown on AM60 were showed to down-regulate α-actin proteins [58]. Hu-
man aortic endothelial cells (HAEC) grown on AM60 had retarded growth and protein
expression [57]. Pietak showed lower alkaline phosphatase expression on pure Mg than
controls [56]. In all, the majority of in vitro testing showed magnesium was detrimental
in terms of activity and numbers to that of the controls, as did the results in the investi-
gation presented here. However all in vivo work has reported otherwise. Zijan showed
greater numbers of osteoblasts around a Mg-1%Ca pin [27], Witte, increased bone growth
at surface of magnesium implants of various alloys [53] and Janning, increased osteoblast
activity and lower osteoclast numbers[28]. In all the in vivo studies, increased bone growth
is always shown [43][44][45][46][49][50], even when corrosion rates are very high [51]
no immunoresponse is seen. Feyerabend and Zhang reported that the reaction products
are osteo-conductive [52] [46].

There is clearly a large difference between the effects of magnesium in the in vivo

model and the in vitro. The most likely reason for this is the upscaling of the biological
processes involved. The in vitro models use in this investigation along with other reported
all use less than 10 ml of culture media, no movement and only one cell type. The body
utilises litres of continuously flowing fluids through which the magnesium can dissipate.
Magnesium implants are also inserted into tissue, capable of regenerating new cells and
tissue coping with any losses that might be caused. In vitro models in their current format
are therefore shown to be unsuitable for the prediction of bone or artery response to mag-
nesium implants. However, if modified could be used to examine in detail interactions
of single cell lines with multiple alloy types and conditions. A process that could not be
done in vivo.

3.3.1 Problems with in vitro testing techniques

When approaching this in vitro investigation, the experimental methods and proce-
dures followed were based around those used for the majority of other biomaterials, such
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as titanium, polymers and glasses. During this investigation it was determined that a
number of these assays were not applicable for use with magnesium, or resulted in the
protocol being modified.

Alamar blue

Figure 3.15 shows the alamar blue result for 5 magnesium alloys against three con-
trols. The results suggest that the cell activity on the magnesium alloys is far greater than
on glass, titanium or steel. But these results were inconsistent from trial to trial and varied
greatly from pre-corroded to untreated states. Magnesium would give readings lower than
the controls if the samples were pre-corroded.

Figure 3.15: Example of an alamar blue trial with results that defy expection and vary with repeats, prompt-
ing studies to assess the assays suitability. n = 6, error = SD

To determine why, the alamar blue assay was conducted on various amounts of mag-
nesium without cells. Figure 3.16 gives the alamar blue readings against the number of
magnesium discs placed in media for 24 hours. There is a direct correlation with the
number of discs, and by assumption Mg2+ concentration and pH in the media, and the
reading.

Taking the pH reading of the media before alamar blue analysis and plotting this
against the reading, a direct correlation is seen (figure 3.16). But pH can not be the
cause of the increased alamar blue readings. The alamar blue is based on the reduction
by biological activity of resazurin salt (which is weakly fluorescent) to resorufin which
is strongly fluorescent (figure 3.17)[137]. The reduction potential, ERed is given by the
Nernst equation (3.3.1) and determines the tendency of a chemical species to acquire
electrons and thereby be reduced.

ERed = E0 −
RT

nF
ln
aRed

aOx

(3.3.1)

The Nernst equation can be modified to take into account ratio of the number of H+,
h and number of electrons, n for pH and assuming temperature stays contant at 25 ◦C, the
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Figure 3.16: Alamar blue readings against number of magnesium discs in the cell culture media and also
pH. Both show positive trends with increasing magnesium corrosion n = 4, error = SD

Figure 3.17: The reduction of resazurin salt to resorufin.

following equation can be derived.

ERed = E0 −
0.0592

n
log

aRed

aOx

− 0.0562h

n
pH (3.3.2)

Using this equation for the reduction of resazurin, where h = 2, n = 2 and E0 = 380

mV [138] gives the next equation

Eresazurin = 380− 0.0592

2
log

aresorufin
aresazurin

− 0.0562pH (3.3.3)

Equation 3.3.3 shows that increasing pH will result in a decrease in Er and therefore a
decrease in tendency for the resazurin salt to accept electrons and become the fluorescent
resorufin. This shows it cannot be the increase in pH resulting in the false readings.
An alternative reason for the increased alamar readings is due to a change in reducer.
Normally, the reduction process of resazurin salt is carried out by the biological compound
Nicotinamide adenine dinucleotide (NADH) [139]. This molecule is an electron carrier,
which accepts and donates electrons to enable redox reactions throughout cells. Metal
ions are also very strong reducers and accept electrons readily. Magnesium ions formed
in the corrosion of the samples are likely to be reducing the resazurin salt into resorufin
and thus creating a sample which fluoresces at far greater amounts than it should.
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DNA Hoectsh staining

The same experiment was carried out for the DNA assay, where progessions of mag-
nesium discs were tested without cells. Figure 3.18(left) shows the relationship between
the reading and the number of discs and figure 3.18(right) the readings plotted against pH.
The anaylsis of pH was carried out without magnesium, and was simply pH modifed TNE
buffer added to set concentrations of DNA in dH2O. It can be seen that as with alamar
blue, there is a direct correlation between magnesium discs and reading. Using buffers of
difference pH shows the cause of this is in some part the raise in pH that occurs during
the distilled water freeze-thrawing process from magnesium corrosion.

Figure 3.18: Hoectsh DNA assay readings against the number of magnesium discs in the media and their
corrosponding pH. The trend appears to be linked to magnesium concentration and not pH. n = 4, error =
SD.

Figure 3.19: Hoestch DNA assay reading against Magnesium concentration modifed by additions of
MgCl2. Magnesium appears to inhibit Hoestch readings

It has also been shown that magnesium as an ion has an effect on hoectsh results.
Figure 3.19 gives magnesium concentration, increased by MgCl2, against the respective
hoectsh stain fluorescence results. Magnesium ion concentration is shown to have an
affect on the reading. Marie et al also found that additions on cations to TE buffer (tris
and EDTA) raised the intensity of hoectsh readings [140]. Fifty mM MgCl2 added to
TE buffer raised the reading from 0.306 to 0.34 when measuring DNA concentrations
of P. marinus cells (a protozoan parasite) [140]. The reasons for this effect however are
conflicting. Mg cations are a known deleterious to Hoechst 33342 stains, and thus EDTA
is often added to chelate them [141]. Magnesium has been shown to act as a nuclease
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cofactor [142], and has a role in the shaping oligonucleotides and stabising them, whereas
Calcium due to its lower volume to charge ratio has less of an effect [142]. Hoectsh stains
are bisbenzimidazole derivatives and work by binding to the minor grooves in DNA. It
could be that the extra magnesium causes DNA to form a more regular structure and thus
allow the hoectsh to form into the minor groove.

So far magnesium has been shown to affect the data given by these two important in

vitro tests. Alloy to alloy problems have also been noticed. Figure 3.20 gives the data
from an alamar blue trial with the new medical grade alloys used in Chapter 5. The alloy
MI0029 which contains 8wt% added erbium to the ML4 alloying system. The reading
is over 4 times greater than ML4 and glass. This would not be a pH affect as MI0029
corrodes at far lower rates than ML4 and this was measured, so the effect could possibly
be due to erbium or its corrosion products.

Figure 3.20: An example of alloy to alloy differences experienced with alamar blue which appear to be
independant of both magnesium concentration and pH. n = 4, error = SD

Modified protocols

To overcome these problems a new testing procedure was investigated. The practise of
pre-corroding the samples had shown more robust data compared to the assays with cell on
cell contact studies. This would be due to lowering the pH and Mg2+ ions transferred into
the solution to skew the readings. By removing them further, potentially, the test would
become more accurate. For this, no cell on surface studies could be used, as this would
always bring the tested solution into contact with corroding magnesium. Conditioned
medium studies had previously been used, but for longer term assays, this would mean
constantly corroding new magnesium discs in media so supply fresh conditioned media
for the media changes carried out every 2 days, therefore, for studies over 1-2 weeks, this
is unfavourable.

The approach used was to place magnesium discs in large well plates and seed the cells
on the tissue culture plastic around the disc instead of on top. The discs were pre-corroded
to stop the high cell death seen previously. To test at a time point, the disc was taken out
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Figure 3.21: Cell numbers against time after seeding at 2x105 cells ml−1 on ML4 and Glass using the
modified protocol. Cell numbers were measured by both visual counting with Live/Dead and also by ab-
sortion with DNA hoestch staining. Differences are seen between tests within sample types, but sample vs
sample shows test agreement.

and the cells washed twice in PBS. After this step the replicate samples were split in two;
half were re-dosed in media to follow the alamar blue, DNA and alkaline phosphatase
assays, the other half were used for the Live-Dead staining. After staining the samples
were imaged using fluorescence microscopy and 10 images at randomly selected points
were taken. The number of cells counted were divided by the total area of the images
to give cells cm−2. This method gave two readings for cell number which were highly
correlated with regard to difference between samples, but side by side the cells cm−2 value
given by the DNA and alamar blue assays were highly dependant on the standard curve
made.

Fluorescent imaging

A powerful tool for cell culture testing is fluorescent imaging of cellular and extra
cellular material on surfaces. A popular method is to label F-actin and nucleui with Phal-
liodin and DAPI stains. The protocol for this is set out in section 3.2, and shows that
the final step is to stain and mount the cells with Prolong Goldr + DAPI. This step can
be split up into DAPI and then Prolong Goldr, but in both cases the samples have to
be mount with Prolongr to preserve the organic tissue from degrading while taking the
micrographs. Figure 3.22 shows that Prolong Gold reacts with magnesium and forms
hydrogen bubbles, meaning the sample is rendered unusable.

To overcome the mounting step destroying the surface a new anti-fade mount was
sought. This was made to the specification listed in section 3.2, and although still slightly
reacts with magnesium and forms small bubbles, the surface remains photographable for
4-5 hours, whereas using no mounting step leaves the stain to bleach and results in poor
images within minutes.
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Figure 3.22: Fluorescent micrograph showing the effect of Prolong Goldr anti fade regeant on mag-
nesium. The mountant causes corrosion of magnesium and therefore hydrogen bubble formation which
interfere with image processing. The surface is generally unusable after 30 minutes. Scale bar = 100 µm

3.4 Conclusions

The aim of this chapter was to outline an understanding of what occurs when os-
teoblasts are cultured with magnesium and what can be found from the process. Thus far
it has been determined that high corrosion rates initally seen when magnesium alloys are
placed in cell culture medium have a detrimental effect on cell numbers. This was deter-
mined to be the result of local pH rise and hydroscopic pressure. The effect is inherent to
all magnesium alloys irrespect of their overall corrosion rate.

After the inital corrosion spike, the rate lowers and the surviving cells on the sample
surface proliferate and attach well. Also, seeding cells on pre-corroded samples to remove
the inital corrosion spike show that magnesium is a good osteoblast scaffold. This is
in keeping with in vivo results which state osteo-conductivity as a result of magnesium
implantation. Magnesium shows a clear phenotype expression change in the cells seeded
upon its surface compared to glass.

As a testing procedure cell culture based in vitro techniques used as in this study
are limited for alloy to alloy distinctions, but are worth while to determine the effects
of the magnesium-osteoblast interaction. This is due to the high amounts of magnesium
comparitive to even the largest of alloying additions in these alloys.

Cell culture analysis techniques must be rigorously tested for their dependance on
metal cations and pH levels. A new experimental procedure has been set out in this
investigation, but results will still be inaccurate if the assay is effected by magnesium
corrosion products.

3.5 Further work

This chapter has set out the basic mechanisms and ideas for in vitro studies of mag-
nesium alloys. The mechanism in which osteoblasts and bone tissue is affected by mag-
nesium ions and corrosion products needs to be tested in greater detail using cell culture.
This investigation merely determined that it could be done. A study looking at how such
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large magnesium concentrations and high pH spikes affect osteoblast activity, phenotype
and bone formation is required. A study looking at cell metabolism was conducted by the
author and the company Metabolon (Durham, NC, USA) to answer some of the questions
regarding its effect on cellular processes, but this needs to be repeated in greater detail
along with gene expression work to show the underlying mechanisms of magnesium al-
loy corrosion on osteoblasts.

If osteoblast studies are to be continues for alloy to alloy comparisons and develop-
ment, a true robust testing technique needs to be established. A series of experiments
uneffected by pH or cation concentration which lead to highly reproducible data that can
statiscially distiguish between alloys are required. First steps towards this have started
and involve the use of a prefusion bioreactor to cycle large quantities of cell culture me-
dia and cells over the magnesium surface. Ex-vivo models will also be used. Here bone
tissue taken from an animal donor will have magnesium alloy samples placed within and
then cultured in vitro. This will give a much more accurate model of an orthopaedic
implant.
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CHAPTER

FOUR

MICROSTRUCTURE CONSIDERATIONS

4.1 Introduction

During the development process of this project, microstructures have had a substantial
influence. This chapter outlines some of the development issues and investigations that
have taken place centred around the microstructure of alloys, in terms of problems and
directions for potential improvements.

The work proceeding this investigation, such as the collaboration with commercial
partners, external work now frequently published, and also the initial cell culture chapter
(3), had all indicated that bioresorbable magnesium alloys offer huge potential as degrad-
able implant materials if their corrosion rates can be lowered. This was needed to increase
product working lifetime, limit hydrogen evolution at the implant surface and also lower
localised tissue damage. Therefore future work focused on finding methods to lower cor-
rosion rate in vitro and in vivo, initially with the alloys available, such as Elektron 21, 675
and WE43, before developing new alloys for this purpose.

4.2 Worked microstructures

Standard lower scale extrusions processed for the development department at Magne-
sium Elektron have always been produced from a 90 mm diameter billet extruded through
a 9 mm die at a temperature defined for the specific alloy. To meet the requirements of a
biomedical partner, Magnesium Elektron manufactured 6.4 mm extruded rods from Elek-
tron WE43 and Elektron 675 using a six-hole die from 90 mm billets. This was requested
by the partner, as the 9mm is normally preferred by Magnesium Elektron. During the
batch testing of the extruded material by salt fog cabinet (explained in section 4.2.1), the
corrosion rates gave a large spread of data and generally much higher rates than expected
(normally less than 12 milli-inch per year (mpy)). Figure 4.1 shows the microstructures
of WE43 and 675 extruded to 6.4 mm and their respective corrosion rates under salt fog.
WE43 ranged from 9 to 76 mpy and 675; 42 to 192 mpy. The metallography shown in
figure 4.1 shows two forms of microstructure; a recrystallised second phase containing
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structure normally associated with WE43 and 675 and a highly worked structure. The
aim of this investigation was to discover the extent of this worked microstructure across
the extrusions, its affects on corrosion in SBF, and whether the microstructure can be
removed and the material recovered.

WE43 - 9 mpy WE43 - 72 mpy

675 - 42 mpy 675 - 192 mpy

WE43 9mm extrusion - <12 mpy

Figure 4.1: Optical micrographs taken by Magnesium Elektron of the front (right) and rear (left) of extruded
6.4 mm rods. The front of the extrusion gives a worked microstructure and corrosion and apparent higher
corrosion rates. The back of the extrusions appear closer in microstructure to the 9 mm extrusion (bottom
image). In all cases the 6.4 mm rods are high in corrosion and inconsistent comparated to the 9 mm WE43
rod. Scale bars = 50 µm.

4.2.1 Materials and Methods

Elektron WE43 (DF9441) and Elektron 675 (DF9445), compositions listed in table
4.1,
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The material was made at Magnesium Elektron by melting pure magnesium ingot with
the appropriate alloying elements. Once molten, the metal is stirred and a small casting
was made for chemical analysis by Optical Emission Spectrometry (OES). If this falls
within specifications the metal was ready to cast. Molten metal was then poured from the
crucible into the mold. Once solidified and air cooled, the casting was machined into 75
mm diameter billets (A and B) for extrusion.

Table 4.1: Chemical composition of alloys given by wt%. Total impurities equates to the combined com-
position of Fe, Ni and Cu.

Alloy Y Nd Zr Gd HRE Total Impurities
WE43 3.7-4.3 2.2-2.5 0.4-1.0 n/a 0.4-1.9 0.005

675 6 - 0.35-0.4 6.5-7.5 n/a 0.005

The extrusion procedure required, pre heating of the billet, die and billet container to
specified temperatures. The billets were pushed throw a six times 6.4 mm die into rods.
These rods had their front and back ends removed up to the point where surface scouring
stopped.

Nine mm WE43 rod (DF9527) was also supplied as a control and made with the same
procedure. The rods were heat treated for 16 hours at 250 ◦C (T5). The mechanical
properties for the normal and worked structure of DF9445 are listed in table 4.2.

Table 4.2: Mechanical properties from both microstructures of 675 6.4 mm rods.

0.2% Yield /MPa UTS /MPa Elongation /%
Standard 280 354 23
Worked 285 358 20

Corrosion testing

As a standard test to represent a material’s ability to withstand corrosive environments,
a saltwater fog immersion test is used. The chamber used is specified by the American
Society for Testing and Materials, under ASTM B117-94. The rate of corrosion within
the seven day test is roughly equal to the material being left twenty five years in a normal
atmosphere. Samples were machined from the extruded rod into 30 mm by 6 mm cylin-
ders. The surfaces were then smoothed by pumice. These were weighted and placed in
the chamber for seven days. For uniformity of test, samples were spaced to prevent salt
solution condensate contaminating other samples. The temperature during testing was
set to 35 ◦C and the concentration of the fog was 5% NaCl. Post-test, the samples were
removed and cleaned in 15% chromic oxide solution at 70 ◦C to remove the magnesium
oxide from the surface. Cylinders were then rinsed and dyed before being re-weighed to
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determine weight loss. The weight loss is given as a function of corrosion penetration
(milli-inches) against time in years, refered to as mpy.

SBF testing was conducted using the same sample preparation, but with one end
drilled with a thread. These were weighed and attached to a hanging rack via plastic
screws at the top end. Oil was placed on the screw before inserting to stop SBF corroding
the inside thread. The cylinders were then submerged in SBF for 7 days. Fourteen litres
of solution was used per 24 cylinders. SBF solution was made using the protocol below.

Electrochemistry

Electrochemical measurements were conducted in aerated salt solutions at 37 ◦C, us-
ing an ACM-instruments Gill AC computer-controlled potentiostat. A conventional three
electrode cell was employed with a platinum counter electrode and a saturated calomel
reference electrode (SCE). The working electrode was the test material with an exposed
area of 0.64 cm2 . For anodic and cathodic potentiodynamic polarisations at a scan rate of
0.3 mVs−1, commencing from -3 mV to -0.3 mV with respect to the OCP, respectively.

Simulated Body Fuild

Five stock solutions were made to concentrations listed in table 4.3. To make 1 litre of
SBF, stock solutions were added in the amounts listed in table 4.3, and in the order shown.
23.83 g of 4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES) was dissolved
into 500 ml dH2O. The two were mixed together and the total volume increased to 1000
ml with dH2O. The pH was then adjusted to 7.4 with concentrated (32%) NaOH.

Table 4.3: Concentrations of salt solutions used to make 1 litre of SBF.

Salt/Buffer Concentation of Stock volume
Stock Solution /gL−1 used per litre /mL

KCl 59.64 5
NaCl 116.88 50

NaHCO3 45.37 50
MgSO4 •7H2O 49.30 5
CaCl2 •2H2O 14.70 25

KH2PO4 27.22 5
HEPES 23.83 23.83g

Microstrutural analysis

Surfaces and cross sections of the coatings were examined by field emission gun scan-
ning electron microscopy (FEG-SEM), using a Philips XL30 FEG SEM, equipped with
energy-dispersive X-ray (EDX) analysis facilities. Standard secondary electron images
were taken with an acceleration voltage of 10 kV and back scattered images at 20 kV.
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The cross sections were prepared by grinding, using successive grades of SiC paper, and
polishing to 1/4 µm diamond finish followed by colloidal silica (OPS).

4.2.2 Results and discussion

To investigate the extent of the worked microstructure, optical sections were taken
along the extruded rods at regular distances from front to back. Figure 4.2 shows the
cross sections, and reveals that the worked structure is dominant in the first 3 micrographs
taken, a distance from the front of the extrusion of just under a meter. After which the
worked structure fades heterogeneously across the rod, staying prominent in one area until
the whole of the section is the recrystallized structure normally associated with wrought
yttrium-rare earth alloys.

Figure 4.2: Optical micrographs taken of a 6.4 mm extruded rod from front (A) to back (G). The mi-
crostructure progressively turns from a worked unrecrystallised structure to the normal recrystallised struc-
ture expected. Scale bars = 200 µm.

Micrographs were taken across the entire total cross section at the mid point of the
extrusion in all 6 bars (these are combined together in figure 4.3). It can be seen that the
worked microstructure is only dominant in one area (shown in figure 4.3 left). If all 6 of
the microstructures are positions in their true representation of positions from the die, the
areas of worked structure still remaining all face the outer side of the die as demonstrated
in figure 4.3(right).
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Figure 4.3: Right: Eight optical micrographs taken mid way through the extrusion and combined showing
the worked structure distributes to one outer section of the rod. Circle demonstrates outer circumference of
the 6.4 mm extrusion. Left: the worked structure’s relative postion out of the die (Mid way through bar).

The worked microstructure resembles the unrecrystallised, worked structures observed
when extrusions are warm extruded and not allowed to recrystallise due to the lack of
heat. Mehtedi extruded ZM21 magnesium alloy at various temperature and found a simi-
lar structure when billet temperatures were below 300 ◦C, but recrystallised at billet tem-
perature 300 ◦C or above [143]. The extrusion process received heat by three means, the
billet is pre heated as is the die, but final heat transfer occurs from the process of extrusion
[144]. The heat transferred is a function of the ram speed, extrusion ratio and the friction
between die and material. Figure 4.4 shows a typical pressure / ram displacement diagram
for a magnesium alloy [144]. This shows the profile temperature rising rapidly with ram
displacement to above 400 ◦C. The original billet temperature for this diagram is 350 ◦C,
thus demonstrating the transferred heat.

Figure 4.4: Ram displacement against pressure and temperature of a typical extrusion with a billet temper-
ature of 350 ◦C [144]. Extrusion pressure initially increases rapidly, known as the breakthrough pressure
before declining. Temperature increases with ram displacement due to work on the material.

Comparing the 9 mm standard extrusions and the 6.4mm diameter 6 hole extrusions,
the notable change is the overall extrusion ratio. The surface area of the die outlets has
increased from 0.636 cm2 (extrusion ratio of 69.4) to 2.581 cm2 (extrusion ratio of 17.1).
Therefore the extrusion ratio has dropped by over 3 times. This lowers the transferred
heat into the extrusion profile. Chen observed AZ31 extrusions from a range of extrusion
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ratios. It was found that a ratio of above 39x was needed to create the recrystallised
structure desired [145]. The microstructure observed can therefore be explained by a drop
in extrusion temperature due to lower extrusion ratio. The gradient from worked structure
to recrystallised is due to the progressive heating of the die with ram displacement as
shown in figure 4.4. The extrusion process at Magnesium Elektron has been developed
for the 9 mm die, and billet temperature before extrusion is set so that the recrystallised
temperature occurs, but the risk of hot cracking and other defects associated with excess
heating do not. If future six hole 6.4 mm extrusion were to continue, these should be
conducted at higher extrusion ratios and temperatures.

Corrosion charateristics

Samples were taken from the front of extrusions with the worked structure and tested
against the back of the extrusion with the re-crystallised structure. Figure 4.5 gives the
corrosion rates from the SBF bath and shows there is no statistical difference between
two structures (calculated by single factor anova). Also of note, is that the data spread
between samples is low, in contrast to the results from the salt fog cabinet.

Figure 4.5: SBF bath corrosion results from the worked and normal structures of both 675 and WE43
alongside a 9 mm control. SBF corrosion seems unaffected by the microstructure. ∗ and ∗∗ indicates no
statistical difference by single factor anova (∗ p>0.05, n = 6 and ∗∗ p»0.05, n = 6)

Typical potentiodynamic polarisation curves of both microstructures in SBF and 0.1M
NaCl solutions is shown in figure 4.6. As with the SBF bath corrosion, the worked struc-
ture seems to have no affect on the corrosion properties. However, in line with the salt
fog results, corrosion properties in NaCl solutions are altered. Explanations for this dis-
crepancy in corrosion properties are most likely due to the reaction layer. The unre-
crystallised microstructure will cause slightly greater numbers of cathodic particles and
therefore greater micro galvanic coupling. Once the structure recrystallises and the ca-
thodic particles group together in their phases, the couplings are reduced. The corrosion
dynamics in SBF are controlled in greater effect by the reaction layer formed on its sur-
face than the bulk material (for example the alloys discussed in chapter 7). Therefore
slight changes in microstructure should not affect the reaction layer produced in SBF.
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However, with such a poor protective layer when corroded in NaCl solutions (Mg(OH)2),
the material is generally always exposed and thus material properties are more influential.

Figure 4.6: Potentiodynamic polarisation curves of the worked and normal structures in SBF (left) and
0.1M NaCl (right). Corrosion in SBF shows no corrolation with microstructure, whereas in NaCl the
worked struture is shown to increase the alloys corrosion protential. The alloy used in 675 after 30 minutes
corrosion.

Microstructure modification

The worked microstructure was sought to be removed and replaced with a recrys-
talline structure as seen in the back sections of the extrusion. This was for mechanical
properties and product uniformity. Even with satisfactory SBF results, the microstruc-
ture is still not within specifications for Magnesium Elektron. To remove the worked
structure, short term annealing was used in order to give the material the desired energy
to recrystallise. Four temperatures were used (400 ◦C, 450 ◦C, 500 ◦C, 525 ◦C) for four
hours to anneal magnesium alloy corrosion cylinders of both WE43 and 675 with the
worked structure alongside a WE43 9 mm rod standard. The microstructures are shown
in figure 4.8. The worked structure was removed from both alloys at 450 ◦C. Above this
temperature a crystalline structure is seen containing large grains, similar to the control
at the same temperature. This structure will have poor mechanical properties as the small
grains provided ductility and strength. Therefore the annealing process was regarded as a
failure. The corrosion data for the heat treated sample is shown in figure 4.7. There is no
change with temperature in the worked microstructure samples.

4.2.3 Conclusions

The worked microstructure, although not within specifications due to poor salt fog
and mechanical data, was comparable to the standard structure in terms of SBF corrosion
rate. This was due to magnesium alloy corrosion rates being largely influenced by the
reaction layer and not microstructure. The structure was the result of low temperatures
at the point of the extrusion die hole leading to insufficient heat to enable recrystallisa-
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Figure 4.7: SBF bath corrosion data after annealling. The orignal worked strutures appear unaffected by
the heat treatment. The control however shows a ∼45% drop at 400 ◦C. Worked samples n = 3, WE43 n =
1, error = SD.

WE43 675 WE43 9 mm extrusion

Figure 4.8: Micrographs of the annealled samples. Standard microstructure is the as extruded sample with
no further heat treatments. Further structures are post treatment, which was the stated temperature for 4
hours. The worked microstruture is fully recrystallised when heated to 500 ◦C or above. Annealing took
place for 4 hours. Scale bars = 50 µm
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tion post extrusion. Compensating for this with heat treatments did not give the desired
microstructure.

Too much of the material was therefore scrapped due to the undesired microstructure,
and this could not be salvaged by post extrusion processing. Thus all extrusions were
determined to be made from 9 mm dies in future work.

4.2.4 Further work

Production procedures need to be developed so that extrusions of all die ratios can be
produced with the standardised recrystallised structure desired. Recent work has shown
that the Mg-Y-RE-Er alloy investigated in Chapter 7 when extruded at normal 9 mm
extrusion size can form the worked microstructure and unlike the WE43 alloys in this
chapter, the worked structure effects SBF corrosion rates. Billet temperature, extrusion
speeds and extrusion ratios need to be investigated in detail so that this mircostructure is
avoided in all future biomedical alloys.

4.3 Sub solidus heat treatments for improved corrosion
resistance

While investigating the effects of the worked microstructure on the corrosion prop-
erties of WE43 and 675 and whether this structure could be removed by annealing, the
control made from 9 mm bar WE43, which was annealed at 400 ◦C, corroded at a rate
40% lower than the other temperatures including the standard condition (figure 4.7).

WE43 and its various heat treatment processes are well documented. No passivation
effect has been reported when WE43 is subjected to commonly used NaCl solutions and
salt fog cabinets. Therefore this effect in SBF is novel. This investigation sets out to
prove if this effect is repeatable, to optimise the conditions needed, and to analyse why
this effect occurs.

4.3.1 Material and methods

Magnesium alloy ML4 (DF9193) was used for this investigation. This was supplied
in 9 mm extruded rod and created by the procedure outlined previously (section 4.2.1)
and cut into 50 mm long sections. These were heat treated at five temperatures (200 ◦C,
250 ◦C, 300 ◦C, 350 ◦C and 400 ◦C) for four different time periods (2, 4, 8 and 16 hours).
The resulting matrix of heat treated cylinders were machined into 6.4 mm corrosion cylin-
ders and pumiced.
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Table 4.4: Specification of ML4 given by wt%. Total impurities equates to the combined composition of
Fe, Ni and Cu.

Y Nd HRE(misc) Total impurities
ML4 3.7-4.3 2-2.4 1 0.004

4.3.2 Results

First a trial was set up to repeat the result seen previously. A range of temperatures
from 200 ◦C to 400 ◦C was used for 4 hours on ML4 9mm diameter rod. The results
(shown table 4.5) confirmed the effect, but the trial showed a smaller reduction (<20%) in
corrosion rate with the lowest rate achieved at 300-350 ◦C instead of 400 ◦C as previously
observed.

Table 4.5: Prelimary mass loss results for heat treated ML4

Temperature / ◦C Mass loss vs Std / %
300 48.9
350 57.8
400 49.5
450 40.6

Optimisation

The cylinders were corrosion tested by SBF baths. Three baths were run side-by-side
with one triplicate of each condition in each bath along with standard condition controls.
The results of this are shown in figure 4.9. The heat maps show the loss in corrosion
rate against both time and temperature for all three baths. The results have been set
as a percentage of the standard condition corrosion rate in the same bath. The average
of the three is displayed in figure 4.10. Improvements in corrosion rate appear to be
dependant on temperature rather than time, although slight increases with time can be
seen. Corrosion rate is improved by 20% or more (blue regions) in nearly all conditions
at 300 ◦C or above. In bath 1, 8 hours at 350 ◦C gave an improvement of 22.3% (551.1 mg
mass loss) over the standard condition, in bath 2, 16 hours at 300 ◦C gave an improvement
of 28.5% (464.0 mg loss) and bath 3, 8 hours at 350 ◦C reduced the rate 51.9% (511.4
mg loss).Figure 4.10 shows the corrosion rates as a percentage of F condition for all
temperatures and time lengths. Bath 3 gives greater improvements than both 1 and 2. The
large spread of corrosion rates can be seen between baths, but the treatments that appear
optimal (8-16 hours at 300-350 ◦C) are consistent in all three tests.
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Bath 1 Bath 2

Bath 3

Figure 4.9: Corrosion data from three SBF baths showing temperature and time against corrosion rate as a
percentage of the control. All three baths differ with the magititude the heat treatment decreases corrosion
rate as well as the optimal condition.

Corrosion analysis

The optimum heat treatments were studied independently of the other treatments and
alongside the standard condition. Hydrogen evolution in SBF shows the treated sample
produces 40% less H2 than the standard, slightly less than the mass loss result. Elec-
trochemistry of the two conditions (potentiodynamic polarisation curves shown in fig-
ure 4.11) show agreement with the mass loss, with the heat treated sample more noble
than the standard. Tafel extrapolation of the curves, show Icorr is unaffected by the treat-
ment, whereas Ecorr raise from -1.88 mV to -1.77 mV). This means the potential for
corrosion has been reduced while keeping the rate kinetics the same.

Microstructure analysis

Optical analysis showed a change in microstructure, particularly around the grain
boundaries. These appear coarsed and intergranular preciprates appear to have been em-
phasised. Using SEM with secondary electrons highlighted the differences in microstruc-
tures. Both samples are un-etched, but on the heat treated sample the grain boundaries are
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Figure 4.10: The mean from the data shown in figure 4.9. The optimum condition is shown to be 8 hours
at 350 ◦C, which lowers corrosion rate by over 30%

Figure 4.11: Potentiodynamic polarisation curves of the normal against heat treated condition (8 hours at
350 ◦C). The treatments positively shifts the Ecorr value.

visible.

Figure 4.12: Optical micrographs of ML4 showing coarsening of the grain boundaries and twinning plans
after 8 hours at 350 ◦C. Scale bar = 50 µm.

The average grain size remained the same (5-10 µm) during the heat treatment. Fang
found that additions of yttrium to magnesium-zinc alloys stopped grain growth during
annealing as the yttrium forms grain boundary pinning particles that stop the movement
of boundaries [146]. Instead of grain growth the thickening of the current ground bound-
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aries is observed as well as twinning planes becoming emphasised. Lorimer reported in
recrystallisation of WE43 occurred at grain boundaries, particles and deformation heter-
geneities [147]. The change at grain boundaries and intergranular preciprates is possibly
the coarsening of preciprates at the heterogeneities.

Figure 4.13: SEM using secondary electrons. After 8 hours at 350 ◦C ML4 appears to have the second
phase aligned at the grain boundaries. Scale bar = 20 µm.

Using SEM with backscattered electron detectors, which show differences in atomic
number, the coarsed areas seen in the optical and secondary electron images were bright
white, indicating they are dense with heavy elements. These areas were determined to be
sites of new grain nucleation and are areas for the migration of heavy elements. These
elements are much larger than magnesium in radius and therefore cause lattice strain in
solid solution. Moving to areas of deformation such as new grain boundaries and twinning
planes allows the larger elements to reduce the lattice energy.

Figure 4.14: Back scattered electron micrographs show that the heavy elements (white) have migrated from
within grains and the matrix to boundaries and stressed regions. Scale bar = 20 µm.

The change in microstructure has had adverse effects, as these mid grain particles
in solid solution or in the form of intermetallics, act to strengthen the alloy and is the
reason for their inclusion. But by allowing the migration of these particles and their
conglomeration, the strengthening effects are lowered. This is shown in table 4.6, where
the 0.2% yield stress has lowered by 10 MPa from 185 to 175 MPa.

The standard condition (figure 4.14) shows the ’clouds’ of heavy elements scattered
around the structure rather than specific areas. The overall structure appears lighter than
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Table 4.6: Mechanical properties before and after the heat treatment. The alloy strength lowers consider-
ably

0.2% Yield /MPa UTS /MPa Elongation /%
Standard 185 282 26

8 hours at 350C 175 265 23

the dark centres of the post treated grains. EDX of the standard structure showed that that
Nd and Y were present almost uniformly (excluding the second phase crystals) throughout
the structure, and hence the light grey microstructure seen in figure 4.14 (chemistries
given by EDX are shown in table 4.7). The chemistry of the heat treated microstructure
(spot locations shown in figure 4.15) reveals the composition of the light grain boundaries
was rich in Nd and Y. Whereas the centre of the grains had much lower concentrations
of heavy elements compared to the standard condition. This proves that heat treatment
encourages the migration of heavy elements from their original position in solid solution
or mid grain particles to heterogeneous regions. It should be also noted that the spot size
used for the EDX was larger than the thickness of the light boundary, so the result would
include a large quantity of the dark regions, meaning the difference in reality between the
phase chemistries would be greater.

Figure 4.15: Positions from which the EDX values in table 4.7 were taken.

Table 4.7: Compositions found by EDX analysis of the heat treated sample.

Area Mg Y Nd Dy Gd
A 85.1 7.1 2.9 1.2 1.9
B 94.1 3.7 0.7 0.2 0.4

The effects of the heat treated microstructure on corrosion rate in SBF are likely to be
due to the movement of the cathodic regions and redistribution into less electrochemically
active configurations. Magnesium corrosion in alloy form is well documented and occurs
through the galvanic coupling of the anodic matrix, where magnesium is at its highest
concentration and the cathodic regions made of elements much higher in the galvanic se-
ries. Corrosion occurs at the regions where the cathodic particles and phases meet with
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anodic matrix. The anodic matrix loses cations while the cathode gains electrons, mean-
ing magnesium is lost in the matrix while the second phases and particles are protected.
An overview of this process in the WExx alloys is presented by Coy [148]. This new mi-
crostructure has moved the heavy elements from within the grain to grain boundaries and
particles across the microstructure. This migration has effectively removed much of the
surface area for cathode to anode contact, and therefore lowered the amount of the mi-
crostructure under corrosive attack. This is proved by the lowering in corrosion potential
(figure 4.11). The microstructural effect has been shown previously, for instance, Anug
used a heat treatment on AZ91D (420 ◦C for 24 hours) which was found to be effective
in dissolving the β-precipitates. This improved corrosion resistance and the author con-
cluded that this lowered the microgalvanic coupling between cathodic β-phase and anodic
α-matrix. This has since been studied by Zhou, by using T4 (445 ◦C for 24 hours) and
T6 (200 ◦C for either 8, 16 or 24 hours) heat treatments on AZ91 and came to the same
conclusion, albeit without such reductions in corrosion rates [149]. Using heat treatments
specifically to improve corrosion resistance however are rare, most trials of heat treatment
against corrosion are designed to show effects of the artificial aging processes, which for
most alloys is carried out at 250 ◦C or below and as shown in figure 4.10 are uneffective
in reducing corrosion rate. Authors investigating this have found as much [68][150].

In SBF solutions the corrosion reducing effect of this struture is made greater by the
resistance offered by the phosphate and carbonate reactive film produced on magnesium
alloys in SBF ([78][75] and chapters 7and 5). This film protects the anodic regions from
chloride attack which Mg(OH)2 cannot do. The film is however is still undermined at the
interfaces of anode and cathode so that it is peeled away and new matrix is revealed for
corrosion. With the grains much lower in cathodic sites, this semi-passive film can offer
far greater corrosion protection as the sites of undermining and peeling are lowered.

Post drawing heat treatments for stent tubing

The magnesium alloy, ML4 has shown to give corrosion improvements of up to 30%
when given a short (∼4hr) annealing after extrusion at around 300-400 ◦C. For production
into cardiovascular stents, the extruded 9mm rod as previously used in this section are
drawn into thin walled tubes for laser machining into cardiovascular stents. After drawing
a post treatment of 15 minutes at 450 ◦C (referred to as R91) was applied to the material
to aid mechanical properties. As an alternative following from the improvements seen
in this chapter, another heat treatment was applied; 350 ◦C for 45mins (referred to as
V09). A much shorter time was used instead of the 8 hours previously, to take into
account the samples relative thickness and size. These two treatments were tested using
SBF by hydrogen evolution. Slightly lower corrosion rates were seen in the original R91
treatment (table 4.8). The respective microstructures are shown in figure 4.16 and show
the coarse grain boundary structure associated with the corrosion resistance had not been
accomplished with the V09 treatment. Therefore further treatments were conducted to try
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and create this microstructure.

Table 4.8: Corrosion rates of stent tubing in R91 and V09 condition found by hydrogen evolution in SBF
after 18 hours.

Condition H2 /mL
R91 0.0445
V09 0.0501

Figure 4.16: Original and post heat treatment microstructures, Scale bar = 10 µm. The post treatment
samples shown represent the best replication of the strutucre seen in figure 4.12 from a range of conditions
trialled.

Stent tubing in both R91 and V09 condition was annealed for 2, 3 and 4 hours at
either 300 ◦C or 400 ◦C. The coarsened deformation microstructures are most clearly seen
in both respective starting conditions when R91 is treated at 400 ◦C for 2 hours and V09 at
300 ◦C for 3 hours (figure 4.16). When these stent tubes are corrosion tested by hydrogen
evolution, improvements over their starting conditions was not achieved.

Explanations for this are most likely due to the microstructure, which although showed
more coarsened grain boundaries than the original structures, were still different from the
optimum structures achieved when the extruded cylinders were treated. The original mi-
crostructures were also different from that of the extruded rod used previously. Far greater
work appears in the microstructure of the stent tubing, and this has been shown to stop
the effects of the annealing process on corrosion; figure 4.7 in the previous section shows
the improvement in corrosion rate for the standard microstructure, but not the worked mi-
crostructures. The annealing process enables the cathodic particles and elements to move
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Figure 4.17: Hydrogen evolution in SBF for the stents in their post drawn state and after optimal heat
treatments. No improvement is seen.

to sites of strain, which in a highly worked structure is throughout the majority of the
grain, rather than just the grain boundaries.

4.3.3 Conclusions

The annealing effect seen in the previous section for the worked structure was shown
to be real and this was optimised to achieve the best reductions in corrosion rate at 350 ◦C
for 8 hours. The amount the annealing affects corrosion rate and microstructural changes
is highly dependent on the original microstructure. Highly worked structures from poor
extrusions or the drawing process do not achieve gains in corrosion resistance from an-
nealing. The heat treatment gives recrystallisation by nucleation of new grains and pre-
cipration of heavy elements to the hetergeneous sites (most commonly grain boundaries).
This lowers the amount of galvanically coupled regions in the microstructure and there-
fore lowers the electrochemical potential for corrosion of the material. The heat treatment
also increases the stability of the semi passive reaction film by lowering the amount of
undermining and peeling that occurs.

4.3.4 Further Work

Detailed analysis of the mechanism of corrosion resistance offered by these heat treat-
ment needs to be investigated. conducting studies in higher resolution so that the precip-
itation at the grain boundaries, both in terms of crystal structure and chemistry as been
seen in detail. Techniques such as electron backscattered diffraction (EBSD) can be used
to show grains and their orientation. Kelvin probe force microscopy (KPFM) can be used
to show the corrosion potentials of the particles and microstructure features formed by the
treatment, and thus prove if the theory of cathodic element conglomeration is accurate.
Regarding future alloy development. The effects of these short, sub solidus treatments are
investigated in the new biomedical alloys reported in chapter 5.
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4.4 Stress corrosion cracking

Material used for biomedical testing by commerical partners was in some cases failing
before the expected lifetime of the implant. It was put forward that this could be the result
of stress corrosion cracking (SCC), and thus an investigation was set out to study if SCC
was occurring in the alloys currently being trialled under biological conditions.

4.4.1 Materials and methods

The three magnesium alloys primarily under investigation were ML4 (DF9319), 675
(DF9400) and Elektron 21 with added gadolinium (DF9402). The material was made at
Magnesium Elektron by the procedure outlined previously (section 4.2.1). The 9mm rod
was machined into either single or double SCC testing samples (figure 4.18).

Table 4.9: Alloy compositions given by wt%. Total impurities (Fe, Ni, Cu) are less than 0.006 wt% for all
three alloys.

Y Nd Gd HRE(misc) Zr Zn
Elektron 675 6 - 6.5-7.5 - 0.35-0.4 -

ML4 3.7-4.3 2-2.4 n/a 1 - -
Elektron 21 - 2.7-3.1 7 - 0.3-0.9 0.2-0.43

Table 4.10: Ultimate tensile strength when tested in ambient air by static loading.

Average UTS
WE43 409.5

675 467
Elektron 21 +7 wt% Gd 372

Constant load statc fatigue test

These tests were designed based upon ASTM F519-97. Constant load tests consisted
of a single notched sample (schematic shown in figure 4.18) suspended in a frame. A
lever arm connected the sample and the load (figure 3). Each sample was loaded to a pre-
calculated stress. This stress was a known percentage of the notched ultimate tensile stress
(UTS) of the material, previously tested. Loading consisted of weights suspended from
the lever arm, which were all loaded within 5 minutes and without excessive movement to
stop extra stress on the sample. The test was first conducted for each alloy at ambient air
(roughly 20 ◦C with a relative humidity between 60 and 65%). The results of the ambient
air test were used as the control for each material.

To analyse biological SCC, the same test was set up, but with the addition of a fluid
reservoir around the notched tensile sample. The samples were loaded as previously,

113



CHAPTER 4. MICROSTRUCTURE CONSIDERATIONS

Figure 4.18: Top shows the design of both the single and double notched samples. Bottom; a schematic of
the static load rig used to test both single and double notched samples.

Figure 4.19: Time to failure against stress as a percentage of UTS while submerged in SBF. 675 fails at
far lower % stress than WE43 and Elektron 21 + Gd. Samples marked as 1000 hours, were taken off test
without failure.

then 150 ml of SBF solution was added to the reservoir. This covered the notch and
approximately up to the bottom of the upper screw thread. Samples were loaded to a pre-
calculated stress, which was a percentage of the UTS of the material previously tested
(table 4.10).
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Double notched samples

For qualitative data, double notched samples (schematic shown in figure 4.18) were
used in place of single notched, as this leaves an unfractured notch which replicates the
fractured notch at the moments before failure. These were set up with the same method
as above and loaded to stresses which would approximately last 200 hours before failure.
Therefore ensuring SCC occurred where possible instead of cross sectional loss through
corrosion (on test too long), or through standard failure from simply data spread of the
ambient air fracture loads (tested too heavy).

4.4.2 Results and Discussion

Static loading

Work done by Magnesium Elektron had used static load testing with single notched
tensile test samples in SBF to determine quantitatively the extent of failure in the alloys
currently being trialed. Samples were loaded first in ambient air to as a control with 90%
of their UTS. For all three alloys this resulted in the sample lasting beyond 4 weeks. For
SBF testing, samples were loaded in decreasing stresses starting at 90% UTS, then down
in 5% amounts until the samples lasted over 500 hours. This was deemed a crude ap-
proximation that SCC was not occurring if the samples were still maintaining stress after
such a time period. The results of this investigation are shown in figure 4.19. The figure
shows that all three alloys demonstrate some susceptibly to the combination of stress and
corrosion. The alloys with 80-90% yield all break within 100 hours apart from one WE43
sample (85% UTS, 186 hours). To lose 80% of the UTS after less than 100 hours corro-
sion could mean the cross sectional area has been corroded by 80-90% by either pitting
or general corrosion. Micrographs of the notched samples show extensive pitting, which
support this explanation. True stress at failure however can only be calculated with three
dimensional scanning so that all pits can be accounted for. WE43 and Elektron 21 + Gd,
both appear resistant to failure at loads under 80% UTS. No failure is seen when loads
drop below 65%. Alloy 675 however appears less resilient and still fails early un until
loads are dropped to well below 60%. Alloy 675 only survives the tests when the load is
45% UTS, and this is only in one out of the three samples.

It can be concluded from the initial study that 675 is highly susceptible to some form
of SCC cracking as this is the highest strength alloy on test, but fails under the lowest
loads. WE43 and Elektron 21 + Gd, however are inconclusive without further analysis.

Optical analysis

Initially, analysis of the alloy performance under stress corrosion conditions used the
single notched samples. These proved limited in the information they could give, as the
fracture surface was immediately exposed to the SBF, meaning if failure occurred at night,
the surfaces were corroded so that the surface was now usable. Some information however
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was obtained. Figure 4.20 shows a selection of images taken at the edge of the fracture
surface. Pitting is seen prevalent across the surface, with small cracks a rare occurrence
in WE43 but pictured here.

WE43 675 Elektron 21 + Gd

Figure 4.20: Optical micrographs taken at the edge of the fracture from three magnesium alloys. Scale bar
= 200 µm.

Double notched samples were used to show a replica of the notch moments before
failure as the conditions of stress and corrosion are near identical to the failed notch.
Figure 4.21 shows examples of the un-failed notches from the WE43 and 675. WE43
suffers from large pits throughout the notch. The pits look greater in severity within the
notch compared to the surrounding material, indicating a correlation between stress and
corrosion rate.

Figure 4.21: Pitting at the surviving notch from a double notched WE43 sample after corrosion in SBF.
Scale bar = 100 µm.

The failure mechanism in 675 is clear; figure 4.23 shows a crack nearly propagating
across the entire width of the surviving notch. The notch also has less pitting corrosion
than WE43, reflecting the alloy’s lower time to failure and the inherent corrosion resis-
tance in SBF comparative to WE43. Higher magnification images of the cracks reveal
transgranular cracking, highlighted by the arrows in figure 4.22.

675 alloy’s susceptibility to cracking under stress corrosion conditions explains why it
yields at most stresses above 40% UTS in SBF whereas the other alloys seem to withstand
stresses 60-65% UTS (which in fact is a poor estimate due to the large losses in cross
sectional area due to pitting). It can be concluded that the mechanism of failure for WE43
and Elektron 21+Gd is the result of corrosion pits. The pits are seen to reduce the cross
sectional area of the notch and therefore increase the overall stress within the remaining
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Figure 4.22: Transgranular cracking at the surviving notch from a double notched 675 sample after corro-
sion in SBF. Scale bar = 50 µm.

Figure 4.23: Four combined optical micrographs highlighting the extent of cracking in 675 alloy. Scale bar
= 500 µm.

material. Pits also act as local stress raisers, meaning fracture is initiated quicker and
propagates faster, leading to catastrophic failure with less overall stress than a comparative
smooth walled cylinder under similar loads.

Pitting corrosion alone however does not fully explain the failures seen in figures 4.20
and 4.21. WE43 is seen to crack in figure 4.20 not simply pit. Locations of pits are also
seen in areas of higher stress rather than the thick stems of the tensile samples. Figure 4.21
reveals a deep subsurface pit at the thinnest point of the surviving notch. Analysis of the
thicker sections of the sample show no deep pits, only shallow wide and elliptical pits.
Pits are known to initiate at sites of physical damage which open the surface film or
protective layer [151]. The large pits seen at the notch could therefore be the result of
pitting corrosion stimulated by cracks. These cracks are most likely formed in a similar
mechanism to the large cracks seen in 675, but with lower driving force for propagation.
The cracks reveal unprotected magnesium alloy and pitting occur fast and engulfs the
crack that started it. Therefore it is hypothesised that WE43 is also susceptible to SCC
cracking, but with rates of crack growth lower than the rate of pitting corrosion stimulated
by them. 675 under general corrosion is more resistive than WE43 in SBF, thus WE43
pits would be likely grow faster.
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Susceptibility to SCC

Alloy 675 demonstrated high susceptibility to SCC by transgranular cracking, causing
the strongest, less corrosive alloy on test to fail at the lowest yields. WE43 was concluded
to also crack by the SCC process, but for propagation to be slower than pitting corrosion
growth. Elektron 21 + Gd however showed no signs of SCC only very high levels of
generalised pitting, with no difference between high and low stress regions of the sample.

The cause of transgranular cracking (TC) in SCC circumstances is the cause of some
debate, but where transgranular cracks are observed all the suggested mechanisms involve
either cleavage fracture or hydrogen embrittlement (HE) [151][152][153]. Cleavage frac-
ture, in all the proposed mechanisms involves a strain induced surface film crack, localised
pit or dissociation to initiate a crack throughout the grain until the grain boundary halts the
propagation. The fundamentals of hydrogen embrittlement are that it causes the material’s
resistance to crack propagation to lower at the site of the crack tip. The most prominent
mechanism of HE suggested by researchers with magnesium alloys are the stress-induced
hydride formation [152], but there are other mechanism commonly used to describe fail-
ure such as the hydrogen enhanced local plasticity process (HELP), absorption-induced
dislocation emission (AIDE), and hydrogen enhanced decohesion (HEDE). These mecha-
nisms and the disagreement between researchers and investigations is detailed by Winzer
[151].

To determine why 675 fails with TG-SCC, the models above have to be placed in con-
text with the results of this investigation. 675 showed high susceptibility, WE43 medium
and Elektron 21 + Gd none. The chemistries of the alloys suggest a correlation with SCC
and Y content. Gd (6wt% in 675) appears to have no effect as its high concentrations in
the Elektron 21 alloy. Zirconium is also in all three alloys and has been shown to have
little effect on SCC by Busk [151]. Therefore the high concentrations of Y (7wt%) in 675
and medium concentrations (4wt%) in WE43 could be the cause. Y is found within the
grain in the form of the α-matrix, but primarily forms precipitates. Particle and phase
analysis for 675 has not been completed in the investigation, and therefore can only be
assumed, unlike ML4. Thus a detailed explanation cannot be drawn, especially with the
lack of published material on SCC mechanisms regarding Y or Gd based alloys. A likely
cause would be the greater lattice stain caused by the larger Y atoms within the matrix and
as small particles. The HELP model suggests that these become sites for the accumulation
of hydrogen. The hydrogen as these regions eases the movement of dislocations when the
external stress causes a drives force for lattice movement. Hydrogen does this by shield-
ing the fields of stress of the dislocations against each other, meaning two dislocations
which would normally repeal and cause local embrittlement, do not and therefore local-
ized ductility and drop in yield stress occurs. This leads to a sliding localization which
then forms a micro pore. Under shearing, the pore becomes a micro crack. Much greater
work has to be completed to give a thorough hypothesis, not just for 675, but so that fu-
ture alloy development is not hindered by SCC problems. However, this investigation has
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shown that for future alloy development, high amounts of yttrium are to be avoided.

4.4.3 Conclusions

The alloy 675 is highly susceptible to SCC. The mechanism of failure is mainly TG-
SCC. Elektron 21 + Gd shows no SCC effects and WE43 is unclear, however the heter-
geneous nature of the pitting suggests pitting flows inital cracks at high stress points, and
there after these pits result in failure.

The cause of TC-SCC seen in 675 can only be hypothesised with such limited data,
although hydrogen embrittlement seems a logical explaination, with the high yttrium con-
tent of the alloy fitting into the HELP model.

675 and development based on this alloying system have been stopped for use biomed-
ically.

4.4.4 Further Work

SCC and susceptibility will be continually be measured for all future alloys as SCC is
fundamental to the working life time of any implant. Work on SCC will continue to be
based on the static load method used in this chapter. This method is adequate for initial
susceptibility trials, and the opticals can show important information, but static testing
is limited for analysis into the true mechanisms and models of failure. Ideally, these
need to be investigated, specifically for in vitro corrosion. However, detailed mechanisms
and models of SCC failure in magnesium are widely disputed amongst its researchers
[152] and thus for development purposes, investigating in detail the fracture mechanics
seen under SBF conditions could be fruitless even with a large outlay in time. There is
instead a need to link alloy susceptibility to chemistry and microstructure. Future alloy
development would benefit from knowledge of what elements, microstructure features
and conditions to avoid in order to stop SCC.
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CHAPTER

FIVE

NEW ALLOY COMPOSTIONS FOR BIOMEDICAL
APPLICATIONS

5.1 Introduction

Previous work reported in chapter 4, in vivo studies by commercial partners, and exter-
nal publications concluded that current magnesium alloys were too corrosive for implant
applications. Witte reported hydrogen bubbles when magnesium pins were implanted
into guinea pig femur [11]. Chapter 3 reported that high corrosion rates would lead to
localised cell death by rise in pH. The commercial partners using the material required a
longer working lifetime. Chapter 4 reported that using sub solidus heat treatments could
lower the corrosion rate of the engineering alloy WE43 by 20-30%, but this came at a
slight cost to the mechanical properties. Ideally an entirely new alloy would be created
which performs specifically for in vivo applications.

This chapter outlines the use of the alloying additions to existing engineering alloy
systems. Pre-existing systems were used to help to predict credible mechanical and cor-
rosion properties beforehand. The systems used were Elektron 21 and Elektron WE43.
The high strength and low corrosion 675 alloy was ruled out due to the problems with
SCC, discussed in chapter 4.

The elements added to these systems were gadolinium, calcium and erbium. Gadolin-
ium has been known to Magnesium Elektron as a means of increasing mechanical strength
since the advent of WE43 and has recently been employed in the new Elektron 675 ultra
high strength alloy and Elektron 21 casting alloy. Gadolinium’s maximum solid solu-
bility in magnesium is 23.49 % but falls to 4% at 200 ◦C, the typical aging temperature.
Equilibrium precipitation when solid solublity is exceeded forms the beta phase Mg5Gd.
Keibus reported this β phase to be beneficial on corrosion rates [154]. The β phase pre-
cipitates take many forms according to the post casting aging mentioned but also due to
the co-alloying amounts of Nd [155]. Addition of Nd to Gd containing alloys reduces the
solid solubility of Gd meaning precipitates are formed with lower amounts of Gd. The
precipration sequence of these rare earths in magnesium, discussed by Apps occurs in
four stages, Mgssss → β”→ β’→ β1 → β with the initial β” and β’ phases being DO19
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in structure and responsible for peak hardeness. With further aging, the phase turns to β
in its FCC form [156]. Elektron 21 uses this to its advantage alloying with low amounts
of Nd and Gd so that precipitation concentrations are just met. Alloy 675 uses higher
amounts of Gd (7wt%) but no Nd and therefore uses high amounts of Gd in solution.

Figure 5.1: Phase diagram for magnesium and Gadolinium.

Table 5.1: Mass loss of various alloys based on Elekton 21 with added abouts of Gd. 1.3wt% is standard.
Corrosion took place in cell culture media.

wt% Gd Mass loss /mpy
1.3 43.0±8.1
6 28.7±5.6
8 27.2±4.7

12 23.9±6.7

Recently Magnesium Elektron had found that 675 was nearly 25% less corrosive than
WE43 in SBF tests. Gadolinium was thought to be a potential cause of this and increasing
the amount of Gd in Elektron 21 was confirmed by mass loss data (table 5.1). Gd was
seen to have a direct effect on SBF corrosion rate. Although in Elektron 21 this was only
seen in high amounts (>6 wt%). In this study, Gd has been added at 8 wt% and 12-15
wt% (exact amount unknown due to calibration on the spectrometric analysis apparatus)
to Elektron 21 and at 4 wt% to ML4. A low amount was used in ML4 as this already
contains Gd and has 2-2.4% Nd which as stated lowers the solubility.

Calcium has been the source of a large amount of alloy development work in the
biomedical context of magnesium alloys. When this investigation was conceived, alloy
development was in its infancy with the majority of publications still using current en-
gineering alloys. Calcium containing alloys along with additions of zinc had been the
only purpose made investigations for the in vivo application. Calcium seemed to be an
obvious addition when considering the orthopaedic applications of the alloys and also the
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Figure 5.2: Phase diagram for magnesium and Calcium.

element’s osteo-conductivity. This is cited as the reason for its introduction to alloys.
However research with these alloys showed that Ca addition lowered corrosion rates in

vitro and in vivo [27, 50, 96–101]. Albeit this came at the expense of mechanical proper-
ties [96, 97, 100]. Calcium’s maximum solid solubility in magnesium is 1.34 wt% which
lowers with temperature meaning only low about have to be added in order to preciprate
out its equilibrium phase Mg2Ca.

At the point of this investigation, conclusions as to how additions of calcium lowered
corrosion rate had not been fully discussed, however Kannan, 2008 [96] reported that the
polarization resistance of the surface film developed on the Ca alloys was 5 times greater
than the non Ca alloy. A fair assumption at this point would be the formation of a calcium
phosphate/carbonate layer aided the protection of the substrate material. Due to these
results, Ca was added to both Elektron 21 and WE43 in 3 wt% quantities. Three wt%
was used so that any potential osteoconductive effects could be seen, whereas a lower
concentration might not be effective. Too much calcium however, is known to lower
corrosion resistance by the formation of large quantities of Mg2Ca which cause micro-
galvanic couplings within the matrix [97].

Erbium was an unknown element in terms of addition to magnesium. It had been used
within other specifications of other heavy rare earths, but rarely discussed independently
for its effects either mechanically or on corrosion. Rosalbino in 2005 [157] was the sole
publication to this author’s knowledge regarding erbium additions to magnesium alloys
(in this case AM60). Erbium is highly soluble in magnesium with a maxiumum soluibily
of 33.8 wt% and stays in solid solubility up to >15wt% when temperatures are lowered
[158] . In binary form this leads to high strength and ductility [158]. For this investiga-
tion 8wt% was added to ML4. If solubility is exceeded however, the phase Mg24Er5 is
preciprated.

The aim of this investigation was therefore to evaluate the corrosion properties of
these new alloys under in vitro conditions, determine the cause of any improvement in
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Figure 5.3: Phase diagram for magnesium and Erbium.

corrosion rate and thus an understanding for future alloy development.

5.2 Materials and methods

The six new alloys made for this investigation are listed in table 5.2. The material
was made at Magnesium Elektron by melting pure magnesium ingot with the appropriate
alloying elements. Once molten, the metal is stirred and a small casting was made for
chemical analysis by Optical Emission Spectrometry (OES). If this falls within specifica-
tions the metal was ready to cast. Molten metal was then poured from the crucible into
the mold. Once solidified and air cooled, the casting was machined into 75 mm diameter
billets for extrusion.

The extrusion procedure required, pre heating of the billet, die and billet container to
specified temperatures. The material was then extruded into 9 mm bar. For SBF corrosion
baths, the rods were machined into 30 mm by 6 mm cylinders. For all other tests, the rods
were machined into 9 mm diameter by 3 mm thick discs. The methods used in this chapter
are all outlined in chapter 4 apart from the GDOS surface analysis technique.

Glow emission discharge optical spectroscopy

Reaction layer cross sections were examined by glow emission discharge optical spec-
troscopy (GDOS) using a GD-Profiler 2 (Horiba Jobin Yvon). This operated in the rf-
mode at 13.56 MHz. A 4 mm diameter copper anode and high purity argon gas was
used. The emission responses from the excited sputtered elements were detected with
a polychromator of focal length of 500 mm with 30 optical windows. The emission
lines used were 130.21 nm for oxygen and 383.82 nm for magnesium. The yttrium or
calcium response was recorded using a monochromator adjusted to the corresponding
lines at 393.366 nm, 417.732 nm and 371.029 nm for Ca, Nd and Y respectively. The
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Table 5.2: Alloy composition used in the chapter. Additions on Gd, Ca and Er were added to ML4 and
Elektron 21. Heavy Rare Earths (HRE) are added conbined in ML4. Total impurities (TI) equates to the
sum of Fe, Ni and Cu.

Melt No. Y Nd Gd HRE Zr Zn Er Ca TI
MI0009 3.7-4.3 2-2.4 n/a 1 - - - - 0.003
MI0010 - 2.7-3.1 8 - 0.3-0.9 0.2-0.43 - - 0.004
MI0011 - 2.7-3.1 12-15 - 0.3-0.9 0.2-0.43 - - 0.000
MI0012 3.7-4.3 2-2.4 4 1 - - - - 0.004
MI0013 3.7-4.3 2-2.4 n/a 1 - - - 3 0.004
MI0014 - 2.7-3.1 1.1-1.7 - 0.3-0.9 0.2-0.43 - 3 0.004
MI0029 3.7-4.3 2-2.4 n/a 1 - - 8 - 0.011

monochromator allows monitoring of one element during measurements. The elemental
depth profiling was carried out at argon pressure of 650 Pa and a power of 35 W, with a
data acquisition time of 0.01 s. Prior depth profiling, pre-sputtering of a monocrystalline
silicon wafer was undertaken to clean GD source. Data fitting analysis of the different el-
emental depth profiles was performed using a standard user-defined curve fitting function
of IGOR Pro software (WaveMetrics).

5.3 Results and discussion

5.3.1 Characterisation

The new alloys were first examined by SEM (figure 5.4) to analyse the phases present
within the microstructures. The ML4 (MI0009) reference material shows a clean sparsely
populated structure, with phases that appear evenly dispersed and random in shape. Using
EDX (figure 5.5) the large particles are shown to be a Nd-Mg particle rich in Nd. The
smaller particles are either Y-Mg-Nd particles with high Y/Nd ratio or low Y/Nd ratio.
The matrix material contains amounts of REs similar to the overall composition of the
material.

MI0010 (figure 5.6) has far more particles than MI0009, and these look to be of two
types, large angular phases, and randomly shaped smaller particles. Chemical analysis
shows that the large crystal like phase is composed of Nd-Gd-Mg, although the most of
the Mg consistent is likely to be from the surrounding matrix. Smaller phases look to
have higher Gd/Nd ratios closer to 1:1. The majority of the Gd in the alloy, which is
added at 8 wt%, appears in the matrix at 6.4 wt%, nearly as high as the particles analysed.
The solubility of Gd in Mg is far below this, and therefore it is probably present in smaller
particles not seen as the post-casting treatments for extrusion, such at the billet pre-heating
and recrystallisation process during the extrusion would have allowed Gd to precipitate
out of the matrix. Adding even greater quantities of Gd, as in MI0011 gives rise to a
microstructure that looks densely packed with small second phase particles. The same

125



CHAPTER 5. NEW ALLOY COMPOSTIONS FOR BIOMEDICAL APPLICATIONS

MI0009 MI0010

MI0011 MI0012

MI0013 MI0014

Figure 5.4: Scanning electron micrographys of the new alloys microstructure. Scale bar = 50µm

general appearance of the particles (some angular others rounded and random) is seen
in MI0010 but in greater density. The particles measured with EDX reveal much greater
concentrations of Gd than in MI0010, with Gd/Nd ratios around 3:1 for the angular second
phase, but almost totally Gd in the large rounded second phase. The matrix has also
increased from 6.4 to 10.6 wt% Gd.

The effects of Gd in ML4, which is similar to Elektron 21 with added Yttrium, is a
microstructure not dissimilar to MI0010 even though only 4 wt% Gd had been added.
Under BSE the microstructure becomes dense with small micron sized particles which
was not seen using secondary electron. These are too small to target with EDX. The
larger second phase appear similar in shape and contrast under BSE. EDX on different
particles reveals no distinction between spots, with all phases comprising of Nd, Y and
Gd in a ratio of 4:3:2. Yttrium is more prevalent in the matrix than the other rare earths
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Element
Arrow Mg Y Nd Dy Gd

A 86.1 4.0 0.9 0.2 0.8
B 50.3 34.3 5.6 2.0 1.4
C 61.6 3.5 30.5 - -
D 67.1 13.9 7.2 1.1 1.0

Figure 5.5: Microstructure of ML4(MI0009) taken by SEM with BSE, scale bar = 50µm. The table shows
the chemistry in wt% of the spot points indicated by arrows A-D.

as seen in the ML4 control.

The two calcium alloys appear darker in contrast with dark and light areas of second
phase. Under BSE it can be seen that these are not just optical effects and are differences
in atomic weight. MI0014 had more lighter areas of second phase than MI0013. EDX
analysis shows that the dark areas of second phase are rich in calcium. Arrow D on the
large dark particle in MI0013 appears to be a Mg-Ca particle with a ratio of 3 or 4:1,
taking into account the spot size of the electron beam and the unavoidable measurement
of the matrix as well, this ratio could be nearer to the 2:1 of Mg2Ca. In MI0014, arrow
C analyses the dark region and gives a ratio of 2:1 suggesting Mg2Ca. The light particles
in MI0013 have high Y, Nd and Ca with a ratio of 2:4:3 and in MI0014 the light particles
are higher in Nd with low amounts of Gd or Ca, indicating a particle mainly of Mg-Nd as
seen in MI0009 but with the incorporation of Gd and Ca. The addition of Er is discussed
in greater detail in chapter 7.

To summarise the new alloy’s microstructures; the addition of Gd in Elektron 21 has
formed large Mg-Gd-Nd particles and smaller dispersed Gd-Nd particles. These smaller
particles have a ratio of 1:1 in the 8 wt% alloy and 3:1 when at 12-15 wt%. It is proposed
that smaller Gd-Mg particles, unseen in these images, are also distributed throughout the
matrix. Gd in ML4 combines in the Y-Nd particles observed in MI0009 to form Nd-Y-Gd
phase with a ratio of 4:3:2.

Calcium additions create large Mg2Ca particles in both ML4 and Elektron21. In ML4
Ca also makes incorporates into the Y-Nd particle seen in MI0009 to make Y-Nd-Ca
particles.

5.3.2 Mechanical properties

Initial analysis of the alloys was carried out by tensile fracture measurements, salt fog
cabinet and SBF corrosion. Figure 5.7 shows the 0.2% yield stress, ultimate tensile stress
(UTS) and elongation of the six new alloys alongside standard ML4. All the alloys have
higher strengths, but appear less ductile. This is expected when adding elements forming
the additional particles and second phase shown above as these particles cause precipita-
tion hardening. This effect is shown neatly with 0.2% yield and UTS increasing with 8
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MI0010
Arrow Mg Nd Gd

A 87.6 1.8 6.42
B 77.1 11.8 7.5
C 70.4 19.95 7.91
D 83.2 6.1 6.6

MI0011
Arrow Mg Nd Gd

A 85.1 1.4 10.6
B 2.5 4.21 85.51
C 47.5 14.06 34.5
D 57.9 11.1 30.1

MI0012
Arrow Mg Nd Y Gd

A 86.2 6.8 4.2 1.7
B 58.1 20.4 10.8 7.7
C 61.2 16.3 11.5 7.1
D 57.2 17.3 13.9 8.0

MI0013
Arrow Mg Nd Y Gd Ca

A 86.1 4.1 0.78 - 0.5
B 68.9 5.2 9.9 - 8.4
C 74.5 4.9 12.6 1.2 6.8
D 72.5 5.6 4.9 - 19.9

MI0014
Arrow Mg Nd Gd Ca

A 97.28 0.97 1.37 0.38
B 62.9 24.8 5.6 5.47
C 59.1 7.8 2.2 26.1
D 70.8 21.1 2,5 4.5

Figure 5.6: Microstructures of alloys MI0010-MI0014 taken by SEM with BSE, scale bar = 50µm. The
table shows the corresponding chemistry in wt% at the spot points indicated by arrows A-D.
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wt% Gd and further increasing with 12-15 wt%Gd, this goes hand-in-hand with the low-
ering of elongation with 8wt% and again further with 12-15wt%. The Gd in Elektron 21
has created large Mg-Gd-Nd particles and high quantities of smaller, well dispersed Gd-
Nd particles. These smaller intermetallics are the likely cause of the increase in strength
from standard Elektron 21. The precipitation of these particles is the desired outcome
from the age hardening process normally given to Elektron 21 to increase strength.

Figure 5.7: Tensile properties of MI0010-MI0029 against the ML4 standard.

Gd has had a similar effect on ML4, with increases in strength and brittleness. This
is the result of the large numbers of small particles observed using BSE in figure 5.6, a
example of precipitation hardening, along with the higher concentrations in matrix yttrium
causing solution hardening.

Calcium alloys are low in UTS and ductility. This is attributed to Mg2Ca particles
throughout the microstructure which would create a strong but brittle alloy. Hence the
high 0.2% yield but low UTS and elongation. Wu found that addition of Ca over the
solubility limit (0.82wt%) caused the precipitation of calcium (Al2Ca in this report), and
lowered the UTS and elongation linearly with increasing Ca content [159].

Erbium has the effect of increasing both 0.2% yield and UTS with a drop in elongation.
Microstructural analysis is reported in greater detail later (chapter 7). Erbium is highly
soluble in magnesium and therefore mainly occupies the matrix. Strength is increased by
solid solution strengthening whereby dislocation propagation is impeded, this increases
strength, but lowers elongation as seen in figure 5.7.

5.3.3 Corrosion rates

Corrosion in salt fog is reported for completion of this report and Magnesium Elektron
records. The data highlight the differences that can be seen when alloys are tested in SBF
and NaCl solutions. In general, all the new alloys corrode at the same rate under salt fog
conditions apart from MI0029 which is over 6 times more corrosive than MI0009. The
true test for the biomedical alloys however is corrosion in a SBF bath. The outstanding
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alloy is MI0029 which corrodes at over 8 times less than MI0009, in stark contrast to the
salt fog results. This performance in SBF conditions, along with the more than adequate
mechanical properties, has lead this alloying system being the focus of future development
and is reported in greater detail in chapter 7. The remaining portion of this chapter will
detail the other alloys as the information is useful for future alloying progress.

NaCl Salt fog SBF bath

Figure 5.8: Mass loss after 7 days in either NaCl salt fog or SBF bath. MI0029 shows corrosion rates over
10 times less than ML4 in SBF.

Gd additions to Elektron 21 show a large increase in corrosion resistance as shown
in table 5.1. In SBF the rate drops from 735mpy with 8wt% Gd to 421mpy with 12-
15wt%Gd. Additions to ML4 of Gd give the lowest corrosion rate of the alloys except
MI0029, with only 4 wt% compared to 12-15 wt% as in MI0011. Phases present when
yttrium is combined with Gd must have a considerable effect on corrosion. EDX re-
vealed MI0012 to be composed of the same second phase throughout the microstructure,
although smaller intermetallics were also seen but not measured. MI0009 showed Nd rich
Nd-Y particles and Y rich Nd-Y particles, the addition of Gd appears to have stabilised
the precipitation so that a similar Nd-Y-Gd is produced throughout. The higher Nd/Y
ratio along with Gd in these second phases, seems to provide the alloy with its corrosion
resistance.

The addition of Ca also lowers corrosion rate in both Elektron 21 and ML4. Mg2Ca
particles are normally associated with galvanic coupling and therefore higher corrosion
rates. To analyse why the corrosion rates changed with the alloying, electrochemical test-
ing was used. GDOS was also employed to give cross sections of the respective reaction
layers as the passivation layer appears to be of great importance when testing in SBF.

5.3.4 Corrosion analysis

Figure 5.10 shows the curves obtained via potentiodynamic polarization and table 5.3
lists the Ecorr and Icorr values given by Tafel extrapolation. The first observation is that
all the Ecorr values at t=0 hours are between -1.992 mV and -2.077 mV and therefore it
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can be concluded that alloying has made little difference to the initial corrosion properties
of the alloys. However with time, the Ecorr values spread and correlate with the general
corrosion data from the SBF bath. The corrosion rate appears to be highly dependent on
the transformation of the alloy over time, most likely due to the formation of a reaction
layer. Anodic shoulders are seen to develop on all potentiodynamic polarisation plots, but
with different characteristics per alloy. Impedance data shown in figure 5.11 and listed in
table 5.3 give more accurate values to represent any surface reaction layer formed on these
alloys. There is a loose correlation between the overall corrosion rates seen in figure 5.11
and the polarisation resistance listed in table 5.3. In figure 5.9 it can be seen that the rise in
surface film strength leads to a lowering of corrosion rate. Looking at the potentiodynamic
polarisation plots, the rate at which corrosion protection is formed also seems relevant.
Alloys such as MI0011 and MI0012 show plots at 2 hours more similar to the 24 hour than
0 hour plots, whereas the poor performing MI0009 is less similar. Overall, it seems that
the prevailing factor affecting corrosion rate is the formation of a semi-stable reaction
layer. The effects chemical composition has on corrosion and reaction layers are now
discussed by alloying element and starting system.

Figure 5.9: Polarisation resistance from the surface film off MI0010-MI0014 alloys after 24 hours in SBF
(table 5.3) against mass loss from the SBF baths in figure 5.9. Note, a inverse relationship indicating strong
surface films are an important aspect for lower corrosion rates.

Gadolinium increases to Elektron 21 and ML4

The microstructures obtained by added high amounts of gadolinium in MI0010-12 ap-
pear to be structures associated with higher corrosion. Large quantities of Gd-Nd particles
throughout the matrix lead to high galvanic coupling. Keibus has shown that by solution
treating Elektron 21 to remove these, corrosion rates are lowered, whereas precipitation
hardening increases corrosion [154]. This data however is in NaCl, in SBF Hort reported
increases in corrosion resistance up to 10% wt (he speculates that this would have been
up to 15% if not for poor sample preparation) [160]. The report focuses mainly on the
mechanical properties and offers little explanation as to why Gd is having a corrosion in-
hibiting effect. Hort did however state that the higher the Gd fraction the lower the grain
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Table 5.3: Tafel extrapolation values from the potentiodynamic polarisation curves shown in figure 5.10
and polarisation resistances from medium and low frequency loops obtained from figure 5.11. All corrosion
in SBF

Rp(Ωcm−2)
Alloy Time (h) Ecorr (mV) Icorr (mAcm−2) RCorr RCoat

MI0009 1 -2.053 2.12x10−4 110.9 64.4
2 -1.896 5.07x10−5 167.0 100.7

24 -1.711 2.98x10−5 422.7 262.1
MI0010 1 -1.992 2.08x10−4 102.0 21.9

2 -1.732 1.44x10−4 183.9 51.2
24 -1.569 8.48x10−5 418.9 187.7

MI0011 1 -2.023 1.52x10−4 156.5 54.3
2 -1.671 4.27x10−5 573.8 267.1

24 -1.506 1.13x10−5 780.6 342.5
MI0012 1 -2.0457 6.45x10−5 196.8 59.4

2 -1.768 2.85x10−5 464.2 160.2
24 -1.692 1.38x10−5 770.9 338.8

MI0013 1 -2.072 2.62x10−4 202.9 52.8
2 -1.883 1.88x10−4 335.9 48.1

24 -1.776 1.62x10−5 666.3 211.4
MI0014 1 -2.077 8.29x10−5 145.1 40.4

2 -1.693 8.37x10−5 205.7 46.9
24 -1.613 3.97x10−5 472.2 138.6

size and thus higher the grain boundary volume fraction. The cathodic Gd phase occupies
these boundaries [160]. Possibly Hort is suggesting the large amount of cathode phase at
the bounderies forms a wall to further corrosion of the anodic matrix. However the SBF
corrosion in this investigation has shown that the reaction layer formed is of great impor-
tance (figure 5.9). MI0011 neatly demonstrates this with larger Rcoat values than MI0010
that Gd increases with reaction layers protection. Large anodic shifts after 2 hours in all
three Gd alloys indicate that a reaction film is formed quickly. For the Elektron 21 alloys
these break down at 0.7 mV above the rest potential, but for the ML4 alloy at 24 hours, the
film is very stable and breaks down at over 1.2 mV above the rest potential. Impedance
data for MI0012 shows a Rcoat value 80.4 Ωcm−2 higher than MI0009 and also higher
than the MI0013 Ca alloy.

Corrosion layers were anaylsed for chemical composition in cross section by GDOS.
Figure 5.12 shows the cross sections of the reaction layers produced on MI0009 and
MI0012 after 15 minutes corrosion in SBF. The added Gd might be expected to change
reaction layer composition and thus explain the stable reaction layer seen by electrochem-
istry. However the GDOS results show Ca, O and P in the same distribution through the
layer. What is shown is the difference between Mg concentration within the layer between
alloys. MI0012 has far lower Mg counts throughout than MI0009, indicating that the P,
Ca and O are chemically bound with an element other than Mg in MI0012. The Gd line
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MI0009 MI0010

MI0011 MI0012

MI0013 MI0014

Figure 5.10: Potentiodynamic polarisation curves obtained in SBF from MI0009 to MI0014 alloys. Black
= 0 hrs, red = 2 hrs and blue = 24 hrs.

was not obtained, as the Gd wavelength leaked giving false readings. The Nd line was
obtained, and gave a reading in the subtrate but not reaction layer for both alloys.
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MI0009 MI0010

MI0011 MI0012

MI0013 MI0014

Figure 5.11: Nyquist plots obtained in SBF from MI0009 to MI0014 alloys. Black = 0 hrs, red = 2 hrs and
blue = 24 hrs.

Calcium additions

EDX of the calcium contacting alloys showed the presence of Mg2Ca phase. Reports
of far greater corrosion resistance seen by Kannen did not occur [96]. Kannen reported
5 times greater surface film polarization resistance than the non Ca alloy. Here table 5.3
shows that Ca actually lowers this. MI0009 give aRcoat value of 262.1 Ωcm−2 at 24 hours,
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Figure 5.12: Chemical compostion through the corrosion reaction layer investiged by GDOS. Corrosion
occured in SBF for 15 minutes. 0 sputtering time represents the expected surface.

whereas MI0013 is lower at 211.4 Ωcm−2. This is probably due to the amounts of Ca used
by Kannen (1wt%) and also the alloy difference (AZ91). Kirkland investigated Mg-Ca
binary alloys with a range of Ca concentrations [161]. It was reported that increases of
Ca content above a critical concentration of around 1.5wt% for corrosion rates. Detailed
work was carried out on the role of Ca in Mg and specifically the precipitate Mg2Ca which
forms above 0.86 wt%. Kirkland showed by micro-polarisation tests that although the
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phase has slightly less corrosive potential than pure Mg, it has a far greater rate of reaction
(normally in Mg alloys the second phase is assume the cathodic role, but here this is not
the case) [161]. This effect on the binary alloys was to change the shape of the polarisation
curves. With increasing Ca concentration the anodic regions were shifted dramatically,
whereas the cathodic reaction appeared unaffected. Figure 5.10 shows similar results,
with the plots for MI0013 and MI0014 demonstrating cathodic region not dissimilar to
MI0009, but the anodic reaction shifts to higher currents at the same potential. Kirland
concluded that this suggests that Mg2Ca is a more efficient anode than α-Mg [161]. It
was also reported that the rate of oxygen produced at the surface was lower than the rate
of metal consumed, meaning a magnesium oxide layer could not effectively be produced.
If this was occurring in MI0013 and MI0014, it may explain the low Rcoat values. The
composition of reaction layers however has never been reported, only suggested in Mg-Ca
investigations.

GDOS analysis of MI0013 (figure 5.12) shows that calcium is high in concentration
throughout the reaction layer, at a ratio with Mg of nearly 1:1. MI0009 by comparison
has a ratio more like 2:1 Mg to Ca. Calcium therefore is reacting with the CO3 and PO4 in
SBF to form its Ca compounds alongside the Mg2(PO4)2 and MgCO3 forming in MI0009.
This has been reported in publications when modifing the corrosion solution with amounts
of calcium [74, 79] but not by the use of Mg-Ca alloys, although the principle of free Ca2+

ions at the corrosion surface to react is the same. Calcium intergration into the reaction
layer resulting in lowering the layer stability however goes against previous work [96].

5.3.5 Heat treatment

Following on from work in chapter 4 where standard ML4 extrusions were heat treated
for improved corrosion resistance, the new alloys were investigated similarly. The extru-
sions were cut into sections and heat treated at 300 ◦C, 350 ◦C, 400 ◦C and 450 ◦C for 4
and 8 hours. The sections were then machined into corrosion cylinders and tested by SBF
bath. The results are shown in respect to the standard condition in figure 5.13.

Comparated to ML4, none of the new alloys had the same dramatic effect when
treated. Corrosion rates in ML4 lowered by an average of around 200 mpy at peak tem-
perature and time. Here, the only corrosion improvements were observed in Elektron 21
with Gd, but these are minor. Peak conditions were 350 ◦C for 8 hrs which gave an -57.6
mpy improvement in MI0010 and -36.5 mpy for MI0011. All the other alloys showed
increases or negligible changes.

MI0010 and MI0011 response to heat treatments is similar to that in the literature, but
less pronounced [154]. Keibus concluded that corrosion rates lowered with short period
aging due to the precipretion of the metastable β phase. As this study was conducted with
low amounts of Gd (1.2 wt%), precipitation is needed as this is close to the solid solution
limit at slightly higher temperatures. In MI0010 and MI0011, the Gd is most likely al-
ready in these phase as they are alloyed to well above the solution limit. This results in
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only a small effect on the amount of the β phase and thus corrosion rate. Interestingly, the
corrosion rate rises sharply when temperatures of 450 ◦C are used. At this temperature
the concentrations of Gd used would place in the microstructure into a solution treatment
range, whereby the metastable phase may dissolve into solution.

In ML4, the affects of heat treatment are negligible for all temperatures and times.
Therefore the 4wt% Gd added to ML4 which previously showed great benefits from the
treatments, must be pinning the movement of the Y and Nd and thus stopping their mi-
gration to grain boundaries and twinning plans, as with ML4.

MI0013’s corrosion rate increases at the lower temperatures. A fair assumption would
be the precipitation of further Mg2Ca into the matrix causes to the higher corrosion rates,
as seen when increasing Ca concentration. In Elektron 21 however, corrosion only in-
creases when 450 ◦C is used as with the Elektron 21 + Gd alloys.

A more reliable hypothesis to explain the slight changes in corrosion rate has not
been drawn. This would require EDX and analysis of the new microstructures and the
allocation of resources to this were agreed wasteful as no real gain in corrosion resistance
was obtained through these heat treatments. The corrosion rates obtained with the five
new alloys here would have to improve by around 50% in order to be a greater prospect
than MI0029 and this was not the case.

5.3.6 Cell culture

As shown in chapter 3, the effect alloys have on cells culture either upon or in the
vicinity of the magnesium sample are hard to distinguish. Although Y was cited as be-
ing osteo conductive, this is a mild affect compared to other bioactive elements, such as
calcium. Chapter 3 also showed that corrosion rates had only small affects on cell cul-
tures after the initial corrosion spike. This could potentially mean that magnesium alloyed
with bioactive elements even with corrosion differences could show improved biological
properties.

To test osteoblast responses to the alloys, the DNA and alamar blue assays along
with fluorescence imaging were carried out. The cells were seeded at 40,000 cells ml−1

and incubated for 2 weeks. The assays and imaging were carried out throughout the time
period. The experimental procedures for this study are as detailed in chapter 3, using 1 day
pre-corrosion and seeding the cells directly on to the material. As previously described the
DNA and alamar blue are heavily influenced by the magnesium or pH from magnesium
corrosion. The alamar blue results were therefore discarded. However, using cells from
around the magnesium in the well plate and not on the surface (protocol explained in
section 3.3.1) meant that the cells could be washed and tested without magnesium present
for the DNA assay. The results at 14 days for this trial are shown in figure 5.14. Although
this is a profileration assay and not cell function, calcium would still be predicted to
enable good cell growth, instead it seems to be the worst performer of all the samples.
The FTIR phalloidin and DAPI stained images from the sample surface show a much
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Figure 5.13: MI0010 to MI0014 heat treated for 4 and 8 hours 300-450 ◦C in an attempt to further the
corrosion rate loss as achieved by ML4 in Chapter 4
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Figure 5.14: Cell density MI0009 to MI0029 compared to titanium and glass control. Calculated by DNA
hoectsh staining after 14 days culture. n = 4, error = SD.

lower density than the MI0009 and glass control. The cells also appear less stretched
than on the other magnesium alloys. The cause of this is unknown and not supported by
cellular studies with Mg-Ca alloys in the literature [56] although Pietak used binary alloys
and not RE and Y alloying systems. The DNA assay appears to show a positive effect of
Gd on osteoblast growth. MI0011 shows greater density than MI0010 which in turn out
performs MI0009. Images show highest cell density on the MI0011 and MI0012 alloys,
notably the alloys with lowest corrosion rates. Cells on MI0009 to MI0012 in general look
highly spread and well attached. Slight differences can be seen between osteoblasts on
these alloys and glass, where the cells are a more equiaxed in shape. On the non Mg-Ca
alloys, cells appear stretched in a linear fashion.

5.4 Conclusions

Additions of Gd, Ca and Er all have positive effects on the corrosion resistance of
the magnesium alloys Elektron 21 and ML4. Additions of around 8 wt% Er appear the
direction to take alloy development in the future. Gd additions appear to have a linear
correlation with concentration and corrosion resistance. Calcium additions have less of
an effect comparative to Gd and Er. Gd in ML4 is thought to owe its corrosion protection
to the formation of a Nd-Y-Gd second phases, as well as a stable reaction film on its
surface. This is speculated to be due to incorpation of Gd within the layer. Ca does not
seem to produce a stable reaction layer to protect against corrosion. Corrosion of these
alloys also has an adverse affect on cells grown on and around the alloys.
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5.5 Further work

The majority of work should now focus on the development and understanding of
the Er containing alloying systems. Although, the understanding of Gd and Ca alloying
systems could be of importance in the future and therefore work on these alloy should not
be overlooked. MI0012 appears to have good corrosion resistance, although not as high
as MI0029, still a great improvement. Taking into account the superior strength and also
gadonlium’s apparent ability to reduce SCC cracking, could mean further work on this
system regarding composition tuning would turn out to be promising. SCC testing should
be carried out on all the alloys used in this investigation. Ca and Er’s affect on SCC need
to be studied.

Gadonlium’s affects on cell culture need to be studied in depth. Results showing
increases cell number on these alloys seems promising. The effect is not understood in
current literature.
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MI0009 MI0010

MI0011 MI0012

MI0013 MI0014

Glass

Figure 5.15: Fluorescence micrography of osteoblasts seeded on magnesium discs for 14 days, stained
with phalloidin for F-actin and DAPI for the nuclei. Scale bar = 200µm
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CHAPTER

SIX

STRATEGIES TO REDUCE INITAL CORROSION RATE
AND ALTER BIOCOMPATIBILTY USING SURFACE

MODIFICATIONS

6.1 Introduction

The corrosion rates seen with standard commercial and even ML4 alloys have proved
to be the limiting factor that Magnesium Elektron and their partners face with bringing
this product to market due to low implant life and protential hydrogen build up problems.
Progression from the WE43 alloy to ML4 has lowered corrosion rate slightly along with
more stringent casting specifications. With further alloying and production protocol im-
provements, corrosion rates will most likely be lowered to a stage that the biomedical
industry desires. Therefore other means of long term corrosion protection will be unnec-
essary in the future.

Figure 6.1: hydrogen evolution of ML4 discs in SBF at 37 ◦C

There is however a potential need for short term (<2 days) corrosion reduction. The
dynamics of magnesium alloy corrosion rate is non linear regardless of alloy type. This
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is due to the formation of a semi passive reaction layer, offering limited but important
protection once formed. Hydrogen evolution studies of every alloy used in this and other
investigations [75][83] show similar trends. Figure 6.1 shows a typical hydrogen evolu-
tion plot. The long term corrosion rate of the alloy is simply the gradient of the second
stage of the alloy corrosion, normally after approximately 48 hours. The author believes
this gradient will be lowered further and further by alloying changes, but the corrosion up
until this point will always be present. This high inital corrosion is an important factor, as
the rate of hydrogen evolution at this point could be above the threshold for the body to
remove, meaning gas bubbles could be evolved. Figure 6.1 shows the initial (<6 hrs) cor-
rosion rate to be 65 times greater than post 2 days. Controlling this initial corrosion spike
is therefore necessary, and potentially could always be necessary due to the corrosion
dynamics of magnesium in vivo and in vitro.

Corrosion protection via surface modifications is a feasible option. Potentially, sur-
face coatings or modifications could offer short term protection while the magnesium
alloy forms its semi-passive reaction layer. As discussed in section 2.5.1, the two most
promising forms of surface protection are polymer or ceramic based. These coatings fit
neatly into the two target markets for biodegradable magnesium alloys; cardiovascular
stents and orthopaedic trauma fixation. Ceramic coatings appear to be a logical route for
hydroxapatite based bone, and polymers potentially able to withstand the high elastic and
elongation needs of balloon implanted stents. Polymer coatings could also be of use for
orthopaedic applications.

For cardiovascular stents, a short term corrosion inhibitor would need to be easily at-
tached to complex geometries, biocompatible with the chemical and biological processes
within the blood, (i.e. not to increase the risk of thrombosis), and also to provide signif-
icant corrosion protection for the initial days of fixation. Another consideration, is that
stents that are generally coated in biodegradable drug rich polymers. These are known as
drug eluting stents, the metal stents are dip or spray coated with the polymer and release
their payload drug which has been shown to lower neointimal growth [162]. Any surface
treatment would have to be comparable with such coatings if the biomedical partners were
to use the drug eluting stent method.

Orthopaedic implants are far less geometrically complex, but considerations still have
to be made for 3D coatings. The implants are also generally forced into position, so
adhesion of any coating is a concern. The type of coating however could be varied as
long as it meets those critera. A hydroxapaptite-like coating would potentially be both
corrosion resistant and biocompatible with the surrounding bone, but a polymer coating
could potentially also demonstrate such attributes [118][131].

As previously discussed in the literature review, a number of solutions for the pro-
tection of magnesium have been put forward. With regard to ceramic coatings the most
promising looks to be Cathodic arc deposition which showed corrosion rates lowered by
200 times [119] and also Micro arc oxidation which was shown to decrease corrosion
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rates by 100 times [110]. Cathodic arc deposition gives good surface adhesion, but can
only deposit simple oxides[106]. Micro Arc Oxidation can deposit tailored hydroyapatite
compounds, but has limited adhesion. Techniques able to combine both a strong adher-
ent layer and one of hydroxpaptite are ion beam assisted deposition [163] and magnetron
sputtering [124][164].

Polymer coatings have been less widely studied in biomedical magnesium corrosion
protection. Although one of the best solutions came from Wong [133] who used plasma
sprayed biodegradable polymers to coat magnesium which provided long term protection
(>60 days). Aside from the biomedical research, self assembled monolayers (SAMs)
were reported to be successful against NaCl solutions by Liu [165] and silane protection
reported by Zurrchi [112][166]. Both solutions appear to be applicable to biomedical
magnesium research.

6.2 Carboxyl Ended Self Assembled Monolayers

Lui reported in 2005 that the use of alkylcarboxylate based SAMs gave high corrosion
resistance when measured with impedance spectroscopy in 0.2M NaCl solution [165].
The purpose of the following investigation is to review if this could be replicated and
modified for in vitro conditions, as well as testing the corrosion results with more robust
industrial corrosion techniques.

6.2.1 Materials and Methods

WE43 (DF9301) was supplied in 9 mm diameter rod. The material was made at
Magnesium Elektron by melting pure magnesium ingot with the appropriate alloying el-
ements. Once molten, the metal is stirred and a small casting was made for chemical
analysis by Optical Emission Spectrometry (OES). If this falls within specifications the
metal was ready to cast. Molten metal was then poured from the crucible into the mold.
Once solidified and air cooled, the casting was machined into 75 mm diameter billets for
extrusion.

The extrusion procedure required, pre heating of the billet, die and billet container to
specified temperatures. The material was then extruded into 9 mm bar. These bars are
then lathed into 9 mm by 3 mm discs for testing.The rod was machined into 3 mm thick
discs.

Sodium Stearate (>99%), 10-Hydroxydecanoic acid (>99%) and 12-Aminododecanoic
acid (>95%) were purchased from Sigma Aldrich (Gillingham, UK).

Preparation of carboxylate ion SAMs on Mg substrate

The WE43 discs were ground from grades 600 to 4000 then polished using colloidal
silica (OPS) to a mirror finish. Cleaning was via a brief 5-10 second clean in 2% hy-
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Table 6.1: Chemical composition of WE43 given by wt%. Total impurities equates to the combined com-
position of Fe, Ni and Cu.

Y Nd Zr HRE Total impurities
3.7-4.3 2.2-2.5 0.4-1.0 0.4-1.9 0.004

drofluoric acid, 15% hydrogen peroxide and 73% nitric acid, before being washed with
deionised water and pure anhydrous ethanol. These were then immediately placed in the
0.01M of alkylcarboxylate solution for 48 hours. Followed by a wash with anhydrous
ethanol and dried in the nitrogen-filled incubation cabinet. Solvents were pure anhy-
drous ethanol for sodium stearate and 10-hydroxydecanoic acid, and dimethylformamide
(DMF) for 12-aminododecanoic acid.

Water contact angle

Static water droplet contact angle measurements were performed using a type 2158
goniometer (The Precision Tool and Instrument Company Ltd.), and the sessile drop
method was used throughout. A droplet of deionized water was formed on the end of
the pipette tip and lowered onto the surface, and the pipette withdrawn until the drop de-
tached. The contact angle was measured using a graduated eye piece where a tangent
to the intersection was estimated after the drop had come to rest (approximately 2 sec).
Both sides of three drops on different areas of each sample were measured (n=6), and the
average was taken.

SAM stability

Samples were coated with the alkylcarboxylate to form their monolayers. The water
contact angles before and after SBF treatment were then compared to determine the extent
of the coating removal over time. After submersion in SBF, the layers were washed in
ethanol dried in nitrogen and had their water contact angles re-measured.

Mass loss

One magnesium disc was submerged per 50ml of the various solutions for 1, 3 and 7
days at 37 ◦C. A polymer coating (Lacomit) was used to coat the bottom face of the discs.
Post test, samples were washed in acetone and ethanol before a 10% chromium (VI) oxide
bath (at 70 ◦C). The submersion time for the bath was determined to be sufficient when
the oxide (stained yellow) had been visibly removed.

6.2.2 Results and Discussion

Initially the SAM layer was tested with water contact angle to determine coating qual-
ity. Sodium stearate gave a very hydrophobic surface (shown figure 6.2), which in some
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cases meant the water droplet rolled off the sample and could not be recorded. Aver-
age values (table 6.2) of 147.5 ◦ were recorded for sodium stearate which is statistically
greater than Xin reported (131 ◦), which could probably due to different alloy used. 10-
hydroxydecanoic acid recorded a lower contact angle, 78 ◦, due to its shorter carbon chain
and hydroxyl end. 12-aminododecanoic acid which has a Shorter NH2 end gave a contact
angle of 120.7 ◦.

Figure 6.2: Water droplets on the surface of WE43 coated with sodium stearate (left and uncoated (right).

Table 6.2: Mean water contact angles for silane modified magnesium surfaces.

Sodium Stearate 147.5 ◦ ±2.12
10-hydroxydecanoic Acid 78 ◦ ±4.24

012-Aminododecanoic Acid 120.7 ◦ ±7.28
Uncoated 7.5 ◦ ±0.71

Degrading the monolayers in deionised water over a period of 7 days showed that
either the coatings were attached poorly or offered little protection to the magnesium
substrate, meaning it could corrode beneath. After the first day, all but the sodium stearate
had reverted back to their pre-coated hydrophobicities, and sodium stearate had lost nearly
half its contact angle (figure 6.3. The poor coating adhesion in water meant that corrosion
protection in SBF was very limited (figure 6.4.

Figure 6.3: Water contact angle measurements after degradation in water. SAM coatings show poor adhe-
sion
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Mass loss showed no difference between any of the coatings and blank magnesium.
These results are in great contrast to the work published by Liu [165]. Although, this
is most likely due to the different time points and corrosion testing techniques used in
this investigation compared to Liu’s. Water contact angle measurements have shown that
the monolayer was substantially effective at repelling water at shorter times points (<1
day). If impedance spectroscopy was performed at this early stage, the layer would be
stable enough to inhibit the movement of ions through the double layer and therefore give
greater polarisation resistance values. Liu did not report any values at longer time points.
Mass loss is a more robust and realistic test of corrosion resistance and over 7 days it was
shown that the use of carboxyl ended alkylcarboxylate chains is of no use biomedically
for corrosion resistance.

Figure 6.4: Mass loss of magnesium discs coated with SAMs in SBF over 7 days. n = 6, error = SD

6.3 Silanes

The use of SAMs as corrosion protection was limited due to its poor adhesion to the
magnesium substrate. Silanes have been shown to bond covalently to metal hydroxides,
potentially giving a surface with very high adhesion. Zurrchi used a long aliphatic chain
silanes to chemical bond to WE43[166] and AZ31[112] surfaces giving protection against
0.1 M Na2SO4 solution. This investigation examined whether this would be applicable to
biomedical applications by testing in vitro.

6.3.1 Materials and Methods

ML4 (MI0009) was supplied in 9 mm diameter rod was made at Magnesium Elek-
tron by the procedure outlined previously (section 6.2.1). The rod was machined into 3
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mm thick discs. Octadecyl-trimethoxy-silane, 3-glycidoxypropyl tri-methoxysilane and
3-aminopropyltriethoxysilane were purchased from Sigma Aldich. PEG-diamine powder
with monomer repeats (n=18) was purchased from Polypure (Oslo, Norway).

Table 6.3: Specification of ML4 and AZ31 given by wt%. Total impurities equates to the combined com-
position of Fe, Ni and Cu.

Y Nd HRE(misc) Al Zn Total impurities
ML4 3.7-4.3 2-2.4 1 - - 0.003
AZ31 - - - 2.5-3.5 0.7-1.3 -

Preparation of silane surfaces

Silane solutions were made to the following concentration 90/6/4 (v/v/v) absolute
methanol, de ionised water and silane. The solution was then pH adjusted to pH 5 by
H2SO4. 10 ml of silane solution was used per three magnesium discs. The solution and
discs were placed in glass vials and stirred at room temperature for 1 hour. The discs were
then cleaned in absolute methanol and dried at 70 ◦C for 30 mins.

Poly (ethene glycol) attachment

Magnesium discs already treated with 3-glycidoxypropyl tri-methoxysilane (GOPTS)
were placed on a glass slide with the upper surface coated with a fine layer of PEG-
diamine powder. This was then left at 75 ◦C for 48 hours. The coverage of PEG was
checked once melted and more powder is added if needed to ensure complete coverage.
After 48 hours the surfaces were washed vigorously with water, then rinsed with methanol
and dried at 70 ◦C.

Attachment of carboxyl groups

Magnesium discs previously modified with 3-aminopropyltriethoxysilane (APS) were
placed in the following solution for 24 hours at room temperature under stirring. The
samples were then washed with pure DMF, methanol, then ethanol before being dried at
70 ◦C. The attached compounds were sodium stearate, Fmoc-arginine (Fmoc-Arg) and
α-lipoic acid, all purchased from Sigma Aldrich (Gillingham, UK).

0.2 mmoles Attachment compound
0.4 mmoles 1-hydroxybenzotriazole (HOBt)
0.4 mmoles N,N-diisopropylcarbodiimide (DIC)
10 ml N,N-dimethylformamide (DMF)
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Pierce protein adsorption assay

For the evalution of protein density on surface, the Pierce BCA protin assay fit was
used (Thermo scientific, IL, USA). Surfaces were submerged in cell culture media for a
set time period to allow adsorption. Protein was then removed by placing surfaces in 1
mL 6M urea in dH2O for 30 minutes. This was sometimes diluted further to stop satuation
of the test. The Pierce working regent was made by mixing 50 parts regent A to 1 part
regent B. 0.01 mL of the sample is then mixed with 0.2 mL working regent. This was
then read at 562 nm by spectrophotometer.

6.3.2 Results and discussion

The surfaces were characterised with FTIR to determine if silanes had successfully
bonded to the magnesium. Figure 6.5 shows the peak data from uncoated ML4 and
Octadecyl-trimethoxy-silane coated ML4. Labelled on the uncoated sample are 1522
cm−1, 1436 cm−1 and 870 cm−1 which are peaks for magnesium carbonate, the product
of magnesium reacting with carbon dioxide in the atmosphere [112]. These peaks lower
when the sample is coated and new peaks at 1462 cm−1 (CH2 stretching), 1196cm−1 (CH3

Rock) and 1090cm−1 (Si-O-CH3 stretching) appear [112].

Figure 6.5: FTIR spectra for Octadecyl-trimethoxy-silane coated (red) and uncoated ML4 (black).

Attaching APS to magnesium gives Amine I peaks for C-N stretching (1550 cm−1)
on all the surfaces. The peak is seen as much larger and broader on the Fmoc-Asp due
to the extra amine groups on the amino acid. Fmoc-Asp also shows a peaks from the
660-900 cm−1 and 1395-1440 cm−1 range, the result of NH2 wagging and carboxyl acid
C-O-H bending respectively. The addition of Stearate acid is charaterised by the strong
CH2 peaks due to the molecules large carbon chain length. α-lipoic Acid is seen by it’s
disulphide bond, giving a broad peak around 500-540 cm−1. GOPTS (figure 6.7) gave
only small peaks corresponding to CH2 at 2960 cm−1 and 2869 cm−1 to differentiate
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Figure 6.6: FTIR spectra for ML4 coated with APS, APS + stearate acid, APS + Fmoc-Asp and APS +
α-lipoic acid.

from the uncoated surface. This could be due to the silane having far less carbon than
than the longer chain ODTMS in figure 6.5 or the result of poor coverage.

Figure 6.7: FTIR spectra for ML4 coated in GOPTS, GOPTS and PEG and uncoated

When PEG diamine is bonded to the surface, the peak data changes with lowering of
the magnesium peaks and the addition of 4 more new peaks. Peaks at 1655 cm−1 and
1540 cm−1 correspond to amine I and amine II respectively [167]. 1300 cm−1 and 1100
cm−1 are from stretching vibration the C-O-C bonds in the PEG monomers [168].
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Stability

To determine the stability of the silane layers, a range of silanes were coupled to
magnesium ML4 discs and placed in GPS ethanol under stirred conditions for up to 9
days. These were periodically taken out, dried at 70 ◦C, tested using water contact angle
and then replaced in ethanol. The silanes used were APS, GOPTS and ODTMS. APS
and GOPTS were used due to their functional groups and ODTMS was used for its long
alkane chains, which Zucchi had shown to be corrosion resistant [112].

Figure 6.8: Degradation of octadecyltrimethoxysilane in ethanol over 9 days. Measured by contact angle n
= 4, error = SD.

All three silanes showed stability after 9 days with their respective contact angles
staying above the control. The drop in contact angle seen after the first day of submersion
in ethanol indicates a proportion of the silane at the surface was not covalently attached.
Zurrchi found that by altering the pH of the silane/methanol/water solution far greater
surface strength was achieved [112].

Stability in a simultation body fluid was also tested. Magnesium discs were prepared
and placed in SBF at 37 ◦C for 5 days. ODTMS gave a water contact angle of 43 ◦, a drop
of around 60 ◦, but still demonstrating a presence on the surface comparitive to the control
(11 ◦).

Corrosion

As the hydrophobic silane coating appeared to be stable in both ethanol and SBF, its
corrosion protection was investigated with hydrogen evolution and 7 day mass loss.

Mass loss shows that with the silane coating a 50% reduction in corrosion could be
achieved. The hydrogen evolution plot shows greater losses, but interestingly also demon-
strates the protection of the layer over time. The plot (figure 6.10) can effectively be di-
vided into the inital corrosion and steady state corrosion phases. The silane lowers the
corrosion rate in the initial period (<24hours) by over 6 times. Given the aim of this chap-
ter was set out to lower the amount of hydrogen production in this stage, it appears to
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Figure 6.9: Mass loss of magnesium discs coated with octadecyltrimethoxysilane and uncoated after 7 days
in SBF. n = 12, error = SD

be successful. After a 24 hours period, the both coated and uncoated samples steady, the
coating still offers protection as the rates never become the same in this study.

Figure 6.10: Hydrogen evolved from coated and uncoated magnesium dics in SBF at 37 ◦C. n = 12, error
= SD

Electrochemistry

The changing corrosion rate demonstrated by hydrogen evolution would suggest the
coating is slowing corroding before 24 hours. Potentiodynamic polarization in SBF shows
that the this effect is due to the inhibion of the anodic reaction. The two cathodic regions
of the plots trace each other, but the anodic reaction is dominated by a shoulder, which
moves the anodic reaction to over 10 times less current. The shoulder breaks down at
around 0.5 mV above the rest potential which is around the same as expected for a stable
magnesium film [75], which would suggest the coating breaks down at the point where
the surface is stripped through such high anodic potential.
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Figure 6.11: Potentiodynamic polarization in SBF after 5 minutes submersion. ODTMS shifts the rest
potential less negitive and to a lower current density.

The anodic shoulder is the result of the coating slowing the movement of electrolyte
to the metal surface to cause the dissociation of magnesium metal into its 2+ ion. The
change in anodic behaviour is the same as seen by Zurrchi with the same coating on
AZ31 in simple electrolytes [112] but also magnesium alloys with a passivating film [75].
Tafel extrapolation give current densities of 0.99x10−4 mAcm−2 and 3.46x10−4 mAcm−2

for the coated and un coated respectively, with the Ecorr moving up from -2.041 mV to
-1.723 mV with ODTMS coating.

Electrochemical impedance spectroscopy of the coating reveals an extra time constant
at low frequency. Although in all the repeats this was not a well defined capitance or
inductive loop. A large capitance loop at low frequency would suggest the coating was
strong with only few pores to allow SBF through to the metal surface, resulting in two
defined charge transfer regions. Here however, the method of corrosion inhibition seems
to be at the medium frequency region. The silane is increasing polarisation resistance at
the metal electrolyte interface by diffusion kinetics. The hydrophobic brushes could be
creating a rate-limiting effect on the double layer.

6.3.3 Silane Modification

The use of long chain hydrophobic silanes to lower corrosion rate is one potential
use of the coating. Silanes however can be readily purchased in many forms, for exam-
ple with functional chemistry on their terminating group. Aminopropyltrimethoxy silane
(APS) and 3-glycidoxypropyl tri-methoxy silane (GOPTS) can be attached with the same
methology as with octadecyl-trimethoxy-silane shown before. These present an amine
group (APS) and a epoxy (GOPTS) at the end of their respective terminating group.

An amine functional group can be attached via a peptide bond to carboxyl acid groups,
potentially meaning any molecule with this group can be attached covalently to the surface
of a magnesium alloy via APS [169][170]. GOPTS offers a similar property as its epoxy
can be chemically bonded to an amine.
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Figure 6.12: Nyquist Plot in SBF after 5minutes of both samples. The uncoated shows only a single time
phase, whereas the ODTMS coated shows a low frequency effect.

Figure 6.13: Chemical structures of APS (left) GOPTS (right). Note, the oxygen groups can react sideways
with other silane molecules forming a 2D network in a monolayer.

Aminopropyltrimethoxy silane

Using the previous method (Section 6.3.1), APS was attached to magnesium discs
and tested with water contact angle. The mean contact angle achieved was 54 ◦ with the
uncoated giving 23 ◦. Various carboxyl ended molecules were then coupled to the APS via
a peptide bond. These included long chain aliphatic molecules; sodium stearate and lauric
acid, amino acids; arginine, glycine and aspartate in the sequence arg-gly-asp (RGD) and
also α-lipoic acid a potential anti restenosis drug.

Surfaces were charaterised with FTIR (figure 6.6) after attachment. The long chain
carboxyl acids were further tested for corrosion properties (table 6.4). The achievement
of sodium stearate proved to be beneficial in the reduction of hydrogen evolution rates
at the early stage in a similar fashion to that of the ODTMS coated samples previously.
Although the sodium stearate and APS coated magnesium only demonstrated a 20% re-
duction over the blank.

The attachment of the tripeptide RGD was proposed to increase osteoblast response to
the magnesium surfaces. RGD has long been recognised as the primary peptide sequence
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Table 6.4: Hydrogen evolution after 7 days corrosion in SBF mlcm−1.

Blank 12.67 ±0.81
APS + Stearate Acid 9.81 ±1.23

for cell attachment [171]. The attachment was in three stages, each amino acid being
attached with blocking molecules on the amino end group and side chains to prevent
unwanted side reactions. After attachment, these were removed, the sample washed and
the next amino acid coupled. The process could not be completed however due to the
final stage, which was the amine group blocking molecule (Fmoc) removal. Fmoc requires
acidic conditions for removal, which destroys the magnesium surface and thus any coating
attached.

α-lipoic acid coupling was attempted and again, measured by contact angle. Mean
contact angles of 53.4 ◦ meant it was indistinguishable to the APS-magnesium surface it
was coupled to (55.8 ◦). FTIR proved its presence however, but it would need in vivo
studies to prove its efficacy.

Further work regarding the attachment of these carboxyl ended molecules would be
beneficial to determine if attachment was genuinely occuring. Surface investigation tech-
niquess such as XPS or ToF-Sims would determine the attachment and relative coverage.
Meetings with Magnesium Elektron however, determined that this was not an avenue of
research to follow.

3-glycidoxypropyl tri-methoxy silane

GOPTS surfaces were prepared and batch tested with water contact angle. Polyethy-
lene glycol diamine powder was used to form a magnesium-GOPTS-PEG surface. Sur-
face anaylsis was carried out by FTIR.

Polyethylene Glycol is a known protein repellent [172], and therefore stops the attach-
ment of cells to an adsorbed protein layer and is effectively invisible to the body’s immune
system. To test this effect, osteoblasts were seeded onto surfaces prepared with no coat-
ing, GOPTS and GOPTS-PEG. Using DAPI and phalloidin fluorescent staining outlined
in section 3.2, cells seeded at 40,000 cells/ml onto magnesium discs were cultured for 24
hours. Figure 6.14 shows the images of the three surfaces alongside a glass control. It can
be seen that the uncoated magnesium supports adhersion. The slight alignment is due to
the grinding process the discs underwent before seeding. Cells on the GOPTS surface ap-
pear to be less dense than the blank magnesium, but well attached, and highly spread. The
reason for loss in cell number is unknown but consistent across samples. GOPTS shows
good cell spreading, indicating osteoblasts are not under stress which might be assumed
because of a loss of cell density. After PEG attachment to the surface, cells appear absent.
Cell can be found in clusters by the surface edge where PEG attachment has been limited
or damaged by handling. The centre of the sample (shown in figures 6.14) was consistent
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across all the replicates as having low cell numbers or no cells present.

Figure 6.14: Osteoblasts seeded for 24 hours on four surfaces stained with Phalliodin for F-actin green and
DAPI for nuclei (blue). The PEG coating demonstrates the non-fouling properties of this surface Scale bar
= 200 µm.

The mechanism for the cell repellent PEG has been attributed to its conformation. This
is a spiral structure leading to very high dipole moment of the ethylene oxide repeats. The
dipoles cause extensive hydration along the chains leading to osmotic repulsion of pro-
teins. These chains are also conformed in such a way they cause elastic repulsion of
proteins [173]. Protein adsorption was therefore also tested on the surfaces. The PEG
modified surface has lower albumin adsorption than the uncoated or the GOPTS surface.
Compared to studies using PEG modified titanium surfaces, 0.155 µcm−2 is high. Pro-
tein concentrations of less than 10 ncm−2 have been shown on previous studies [173].
Considerations to the surface topography must be made, as the magnesium surfaces were
ground to a 4000 grit finish, meaning the surface area is actually higher than recorded.
The difference between the PEG coated and uncoated surfaces are also lower than other
studies. This is most likely due to the processing and Pierce assay testing route. The PEG
surface seemed to be inconsistent at the edges of the sample, this was visible by patches
of cell growth. The Pierce assay tests indiscriminately over the total surface and protein
is most likely in abundance at the poor coated edges.

The potential importance of this PEG grafted surface has been demonstrated in coated
stents previously. Shin [174] used a diamond like coating to modify Nitinol (TiNi) alloy
discs meaning PEG could then be grafted to the surface. The TiNi-DLC-PEG and un-
coated TiNi-DLC stents were implanted in rat muscle and skin. After 6 weeks, the PEG
coated samples showed far less platelet adhesion, and substantially delayed fibrous tissue
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Figure 6.15: PEG repels proteins by steric hindrance. Protein adsorption using the Pierce protein assay
shows lower adsorpted albumin than the uncoated samples. n = 4, error = SD

growth than uncoated samples. Billinger dip coated Poly(L-lysine)-graft-poly(ethylene
glycol) to steel stents[175]. This gave a PEG polymer brush on the outer surface of the
stent surface. After 6 weeks implantation in pig coronary arteries, neointimal were mea-
sured to be significantly smaller using PLL-g-PEG-coated stents: A neointimal area of
1.15 mm vs. 2.33 mm (decrease of 51%) and thickness; 0.16 mm vs. 0.31 mm (decrease
of 48%) was recorded. Because of this luminal area was larger in PLL-g-PEG-coated
stents; 2.91 mm vs. 2.04 mm. Histological restenosis was also significantly smaller in the
coated (27%) than uncoated stents (52%)[175].

This work has demonstrated a successful method for the grafting of PEG onto the sur-
face of magnesium alloys by the use of a GOPTS anchor. Its use on cardiovascular stents
could potentially have the same impact as seen in the in vivo studies by Billinger[175].
Although considerations must be made to the longevity of the coating on a degradable
stent compared to steel stents. Billinger’s permanent stents were tested after 6 weeks
implantation. No degradation studies of the PEG-GOPTS-Mg surface were conducted
to determine the lifetime of the protein repellent nature of the surface. If a comparison
is made with the water contact angle measurements of ODTMS degradation in SBF, the
silane surface is present in this highly corrosive environment (more extreme than in vivo)
for 5 days, showing a steady state at this point. The PEG coating would not have to
give long term stabilily as with permanent titanium and steel stents due to magnesium be-
ing biodegradable. Therefore short term neointimal and histological restenosis reduction
would be of great benefit.

At present, the coatings impact on neoinitimal and histological restenosis reduction
can only be speculated. In vivo stent trials would have to be evaluated to determine the
coatings real impact.
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6.4 Magnetron Sputtered Hydroxyapatite

Thus far polymer based coatings have been used to lower corrosion and alter magne-
sium biocompatibility. In the use of silanes this has worked well, but these coatings are in
the order of picometers thick and offer very limited adhesion or physical strength. Look-
ing at the orthopaedic market which is being targeted as a potential end use for biodegrad-
able magnesium alloys, the end products (for instance screws) have to take much greater
physical demands as these are being inserted into mineralised bone rather than the soft
tissue of the arteries. Therefore any surface coating has to be able to cope with the sheer
loads and scratching likely to occur when forcing a screw into a bone.

Biocompatibility properties for orthopaedic coatings are different to those for blood-
contacting devices. Where cardiovascular stents warranted low protein adhesion and tis-
sue growth, the opposite is true for the orthopaedic applications. A coating for this ap-
plication would be most successful if it enhanced the surrounding bone’s ability to attach
and grow into the corroding magnesium implant. Therefore osteoblast and osteoclast
promotion is highly desirable to increase bone tissue dynamics.

Many solutions to the corrosion and biocompatibility demands have been proposed for
orthopaedic implant applications. Various calcium phosphate coatings have been used on
magnesium implants and have shown good corrosion resistance and biocompatibility. But
these coatings, using cathodic electro-deposition, micro arc oxidation, thermal oxidation
and cathodic arc only have limited adhesion to the bulk material. This potentially means
during surgery, the coating could be peeled off or easily damaged.

Magnetron sputtering is a technique that has been used with great success on titanium
surfaces to form extremely adherent hydroxyapatite coatings[118]. Magnetron sputtering
forms an interface zone in which the coating is physically fused with the bulk material,
meaning the coating is not simply on top of the metal. The technique can also be used to
coat complex shapes, so is not limited if scaled up for its industrial purpose.

Magnetron sputtering of hydroxyapatite onto magnesium surfaces was considered the
most promising coating technique for the corrosion protection and increased biocom-
patibility of orthopaedic implants. Previously, hydroxyapatite had only been sputtered
onto titanium and other permanent metal surfaces [164]. Using magnesium as the sub-
strate, only titanium nitride [126], chromium [127], nickel [128] have been used. So the
combination of Hydroxyapatite onto magnesium is novel idea that could be benefical in
orthpaedics.

6.4.1 Materials and Methods

AZ31 was supplied in 25 mm rod and ML4 (DF9551) in 9mm diameter rod was
machined into 9 mm diameter by 3 mm thick discs. AZ31 was supplied as Magnesium
Elektron’s commerical product. ML4 was made at Magnesium Elektron by the procedure
outlined previously (section 6.2.1).
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Table 6.5: Specification of ML4 and AZ31 given by wt%. Total impurities equates to the combined com-
position of Fe, Ni and Cu.

Y Nd HRE(misc) Al Zn Total impurities
ML4 3.7-4.3 2-2.4 1 - - 0.004
AZ31 - - - 2.5-3.5 0.7-1.3 -

Magnetron sputtering

Sputtering was carried out by Eminate, Nottingham UK. A HA target and ML4 disc
were used, these were supplied polished by OPS and washed with acetone. The coating
was created by a commercial physical vapour deposition (PVD) system (Teer Coatings
UDP650) was used to generate Hydroxyapatite (HA) coatings for this work, comprising
a vacuum chamber equipped with a serial pumping system (rotary and diffusion pumps).
Gas pressure within the system was controlled using a feedback system comprising a
capacitive manometer pressure transducer and piezo controlled mass flow control valve.
Samples were held on a stainless steel jig, coupled to a pulsed direct current (DC) bias
power supply. A 76.2 mm diameter thermally sprayed HA target was mounted on a mag-
netron on the sidewall of the vacuum chamber (such that it was immediately adjacent to
the sample holder) and connected to a radio frequency (RF) power supply (13.56 MHz)
with an automatic capacitive/inductive tuned matching network.

Before coating, the magnesium discs were rinsed in Acetone and dried in a Nitrogen
gas stream prior to introduction into the vacuum chamber. Samples were placed in the
chamber, on the stainless steel jig adjacent to the HA target, with a separation of circa
110 mm. The chamber was subsequently evacuated to a base pressure of circa 5 x 10−5

Torr.

Once base vacuum was achieved, a controlled flow of 41 sccm of Argon gas was
introduced into the chamber via the aforementioned feedback system in order to raise the
chamber partial pressure to circa 1 x 10−3 Torr. RF power at a density of 3.8 Wcm−2

was then applied to the HA target, whilst simultaneously a pulsed DC bias voltage of -25
V (frequency 250 kHz, pulse width 500 ns) was applied to the sample holder, thereby
striking a plasma within the process chamber. Such conditions were maintained for a
period of 14,400 s before DC and RF power were switched off and samples allowed to
cool for a period of 900 s before the chamber was vented to atmosphere to facilitate
sample removal.

Glow emission discharge optical spectroscopy (GDOS)

Reaction layer cross sections were examined by (GDOS) using the same protocol as
stated in the previou chapters (section 5.2). The monochromator was set up to detect Ca
at 393.366 nm.
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Table 6.6: Rp values in SBF for coated and uncoated AZ31 after a 430 ◦C sinter

Uncoated Ωcm−2 HA coated Ωcm−2

1 hour 2649 1936
1 day 24110 13546
3 day 25860 22086

Grazing incidence X-ray diffraction (XRD)

Surface crystal struture was investigated using a Philips X’Pert-MPD (PW 3040) in-
strument with a step size 0.005 ◦ and a scan range from 5 ◦ to 85 ◦ (in 2θ)

6.4.2 Results and Discussion

Initial trials for the coating were conducted with AZ31 alloy. This was due to confi-
dentially concerns about sending out the new ML4 alloy to third parties. AZ31 is a world
recognised alloy and available freely, but has a low solidus temperature comparative to
the rare earth based alloys.

After coating the AZ31 discs were sintered at 430 ◦C for 2 hours. This was the highest
temperature the alloy could safely go to without risk of phases melting. Hydroxyapatite
however is usually sintered for this purpose at the 600-700 ◦C region.

Figure 6.16: SEM images of both coated (right) and uncoated AZ31 (left). The surface shows no difference
after the coating, with Magnesium oxide appearing over the surface of both samples Scale bar = 500 nm

SEM images (figure 6.16) of the surface revealed no visible difference between the
coated and uncoated samples. Electrochemical impedance spectroscopy showed similar
plots with Rp values (table 6.6) closely matched. The coating also gave a low frequency
loop no bigger than the uncoated. XRD determined the surface to be magnesium ox-
ide with no hydroxyapatite peaks. The conclusion from this initial study was that lower
melting point alloys could not be used as a substrate.

ML4 was then coated and sintered at 530 ◦C. WE43 based alloys are commonly solu-
tion treated at 525 ◦C for improved mechanical properties. With ML4 being a high purity
WE43, this temperature was deemed appropriate.
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Surface characterisation

After sintering the coating was characterised for composition and morphology. The
magnetron sputter is meant to form an interface zone in which the coating slowly turns
into the substrate. This was tested by GDOS which takes an average across the surface
every few nanometres in depth giving an average cross section through the first micron of
the surface.

Figure 6.17: Cross Section through HA layer (left) to substrate (right) using GDOS.

Figure 6.17 shows the three distinct zones of the coating; The coating, the interface
zone and the substrate. The specification to Eminate for the coating was a thickness of
300 nm, therefore the coating plus interface can be assumed to be just over this in thick-
ness. No coating thickness calculation were carried out. The y-axis shown in figure 6.17
is intensity in arbitrary units. Therefore the results are qualitative and show no relation be-
tween intensities and atomic or weight percentage between the elements. What is shown
however is that calcium and oxygen are fairly uniform through the coating and decrease
steadily further into the interface zone. Phosphate however appears uniform throughout
the coating but increases within the interface zone before a drop to the substrate.

XRD gives peaks for hydroxyapatite (figure 6.18), which shows the new sinter temper-
ature has worked to a degree. The SEM image (figure 6.19) shows a compact non-porous
coating. The crystal structures identified with XRD from the substrate were magnesium
and yttrium neodymium second phase. Hydroxyapatite and Mg2Ca intermetallics gave
peaks which have come from the sputtering process. These intermetallics are most likely
the result of the sputtered calcium penetrating into the magnesium, the 530 ◦C sinter is
high enough for the liquid phase of Mg2Ca at high magnesium concentrations. The
magnesium-calcium phase diagram shows a liquid + HCP Mg phase at temperatures
above 800K (526.85 ◦C) for concentrations 0.8 mole Mg or above. Therefore the for-
mation of Mg2Ca phase is thermodynamically favourable.

The hydroxyapatite peaks are faint but consistent in the XRD graph which is attributed
to the crystallographic peak pattern of hydroxyapatite being a multitude of small peaks at
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Figure 6.18: X ray diffraction of the coated sample after sintering at 530 ◦C for 3 hours. Unlabelled are the
three large charateristic magnesium peaks. Labelled with N are hydroxapaptite peaks, • represent Mg2Ca,
and � second phase yttrium and neodymium peaks.

Figure 6.19: SEM of Magnetron Sputtered HA on ML4 after 530 ◦C sinter. Scale bar = 50µm.

most angles. Although the low X-ray count at the hydroxyapatite peaks could also be a
low crystallinity as the sinter temperature is very low compared to the temperature which
forms the highest density, 1300-1350 ◦C [176].

Corrosion Properties

The coated samples when corroded in SBF showed large improvements in overall
corrosion and also short term corrosion rate. Hydrogen evolution was negligible in the
first 2 hours of submersion in SBF with the coating, whereas the uncoated alloy had
produced 2.2 mlcm−2 (figure 6.20). The corrosion rate stays far lower than the uncoated
for the first 24 hours. After which, the uncoated samples passivate and corrosion slows,
and interestingly the coated samples increase in rate for the next 24 hours. After 24
hours the rate slows, but is still at a higher rate than the uncoated sample. Overall, the
corrosion rate in the first 24 hours is lowered by 6 times. The reason for the changes in
corrosion rate seen are indicated by the electrochemical data. Corrosion potential against
time (figure 6.21) shows three phases on the coated layers protection. The layer starts
with a potential of -1485 mV which drops to -1628 mV in the first 5 hours. From here
is stays constant whereas the uncoated passivates, and at just after 33 hours the uncoated
becomes more positive than the coated alloy.
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Figure 6.20: H2 evolution against time with HA Coating and uncoated alloy when submerged in SBF. n =
6, error = SD

Figure 6.21: Potential against time for HA coated and uncoated alloy. The Uncoated shows the charartistic
passivation with time. Whereas the HA coated sample shows a large increase in corrosion potential before
staying constant.

Potentiodynamic polarisation of the coated sample shows a shift in potential from -
2.041 mV to -1.387 mV and a slight reduction in current density from 3.46x10−4 mAcm−2

to 2.698x10−5 mAcm−2 (figure 6.22). With the current density only lowering by less than
one order, the coating must be porous. The shift in potential will be the result of the pores
leading to the interface zone and not naked magnesium alloy. The interface zone, mainly
calcium and oxygen at the surface is far less corrosive than magnesium. The anodic
region is flat, meaning the material is not passivating at this stage, another indication that
magnesium is not heavily exposed by the pores.

Electrochemical impedance spectroscopy was used at various time periods in SBF
(figure 6.23). The first plot at 1 hour shows two well defined time constants, the high
frequency being the charge transfer at the metals surface and the low frequency the ef-
fect of the coating barrier which is in the form of an inductive loop rather than standard
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Figure 6.22: Electrochemical potentials for HA coating and uncoated sample in SBF. The coating shifts
the rest potential over 0.6 mV less negitive.

capacitance. Inductive loops are a trait of a stable coating layer. As time progresses the
low frequency inductive loop disappears. After 20 hours, this becomes a low frequency
capacitance loop, which is the trait of a failed coating, meaning the hydroxyapatite layer
is now fully porous.

Figure 6.23: Nyquist Plot of the HA layer in SBF over time in SBF. The low frequency inductive loop
becomes a capacitance loop as the surface coating breaks down.

The high frequency loop also shows two interesting points, firstly it is far larger than
that of the uncoated sample and secondly it is ever increasing with time. The former
point would mean that the charge transfer between the metal and electrolyte under the
coating (HA or oxide film) is more resistive after the magnetron process. This is due to
the fact that the process is not simply a coating, but modifies the magnesium beneath into
an interface zone, which would have far less magnesium concentration compared to the
uncoated sample. The magnesium exposed will slowly passivate as with the uncoated
sample and therefore this high frequency loop increases with time.
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before corrosion (scale bar 50µm) 24hours corrosion (scale bar 50µm)

24hours corrosion (scale bar 200µm)

Figure 6.24: Degradation of the hydroxyapatite surface after 24 hours in cell culture media. The surface
shows pealing of the coating, which appears to flake

From the electrochemical data it would appear the coating is broken down in three
stages. Firstly the amorphous regions of the coating become detached and removed from
the surfaces within the first 5-6 hours. This is shown by the sudden drop in potential in
figure 6.21 and also the shrinking of the inductive loop from 1 hour and 20 hour in the
Nyquist plots. This period would also explain the low production of hydrogen seen in the
early period, as it is the coating breaking down rather than magnesium.

The coating is mainly the crystalline remains which would have small pores into the
interface zone. These pores would have to be present for the production of hydrogen
gas seen after 10 hours. SBF can attack these pores, but only slowly as magnesium at
the outer region of the interface zone is visible in small concentrations as shown by the
GDOS plots, hence corrosion rate begins low. These sites of corrosion become deeper
and undermine the surrounding coating, meaning the coating starts to peal as seen in
the SEM images. The corrosion pits grow at a speed determined by two rate limiting
factors. Firstly, as they become deeper into the interface they are exposed to ever in-
creasing amounts of magnesium (from both surface area and concentration of magnesium
with depth) therefore speeding up corrosion, visible in the hydrogen evolution plots be-
tween 10 and 40 hours. The exposed magnesium then becomes rate limited, as with any
uncoated magnesium in SBF, by the production of semi stable phosphate and carbonate
based reaction layers (seen after 40 hours). This leaves the interface zone in state of attack
from the SBF through large porous zones now only coated by a pealing top layer but in
equilibrium with the the two rate limiting factors. The corrosion rate stays at a higher rate
then that of blank magnesium after the equilibrium between corrosion pits and reaction
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layer formation. This is due to the presence of Mg2Ca and various other particles within
the interface zone. These are slightly less galvanic than the magnesium alloy around them
and thus promote coupling. Once the entire interface zone has been corroded, it is pre-
dicted that the corrosion rate would reach the same as for the uncoated samples at the
same time point.

Figure 6.25: Schemetic of the proposed breakdown of the HA coating, concluded from the various electro-
chemical and visual investigations above. Left hand side represents the point of exposure to SBF, with the
stages of breakdown progessing further right with time.

Biocompatibility

SEM was used to determine biocompatibility. Both samples were washed with PBS
and cell culture media twice. The discs were then left in cell culture media for 3 hours.
This was done to prevent the blank magnesium sample being too harsh for the cells, but
representitive of the conditions faced.

As seen in chapter 3, the cells seeded at early times points on bare magnesium alloys
survive in good numbers, but far less than a pre corroded sample or a passive material like
glass, titanium or steel, generally a survival rate of 40% was seen. The cells on magne-
sium generally appear well attached and this study was no different. SEM images of the
hydroxyapatite coating shows the different environment the cells were introduced to. The
uncoated sample is highly cracked, a product of the dehydration processing samples for
SEM. This is the magnesium alloy’s reaction layer, the surface on which the cells have to
adhere, meaning the cells are at the point of hydrogen production, hydroxide formation
and various other chemical reactions taking place. The hydroxyapatite coating looks to
be more stable, with cells well spread, higher in density and showing no signs of stress.
The reaction processes of the magnesium have been lowered in rate and also moved in
relative position to the cells, which are now raised above the magnesium.

6.5 Conclusions

The aim of this chapter was to lower the initial corrosion rate of magnesium alloys
in in vitro conditions with solutions that are applicable to the production of implants of
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Figure 6.26: SEM images of osteoblasts on uncoated and magnetron sputtered hydroxyapatite coated mag-
nesium after 24 hours culture, scale bar = 20µm

which bioresorbable magnesium is targeted. Therefore both successful techniques used
here; organo-silanes and magnetron sputtering are credible options for the production of
cardiovascular stents or orthopaedic trauma implants.

The use of organo-silanes protects magnesium well and for over 4 days (figure 6.10,
giving reductions in corrosion rate of 6 times in the first hours.

Silanes successfully used as anchors for the grafting of polythene gycol, amino acids,
alkylcarboxyl chains and α-lipoic acid. The covalent attachment of PEG to the surface of
magnesium is the first recorded and visibly lowers the adhesion of cells onto the surface.
The practical benefits of this coating have been demonstrated my Billinger[175] and Shin
[174].

Magnetron sputtered hydroxyapatite lowered corrosion rates by 6 times in the first 24
hours with no visble hydrogen gas being evolved in the first hours of submersion in SBF.
The coating only proved protection for the first 2 days, but with increased deposition
thickness, this is believed to improve. Biocompatibility of the surface with osteoblasts
also improved.

6.6 Further Work

6.6.1 Silanes

From a development perspective the combination of the low corrosion properties of
silanes and the non fouling property would be of great potential to the cardiovascular
stent market. For this, long chain hydrophobic molecules would have to be attached with
functional groups at the end, available for the attachment of PEG. Several molecules have
been trialed for this purpose by the author, including Suberic acid, which is a 10 carbon
chain with a carboxyl acid at either end.

The attachment of the peptide sequence RGD could also have significant benefits,
especially if attached on top of a corrosion inhibiting silane layer. The attachment of this
sequence is made impossible using peptide building methods as the side group blocking
molecule, Fmoc cannot be removed without an acid treatment. One method to attach
RGD to a silane layer would be the use of a pre made RGD sequence, but these still have

168



6.6. FURTHER WORK

Fmoc blockers on the chain ends. Therefore a solution which has been considered is the
attachment of RGDC. The cystine amino acid contains a thiol in its R-group. This can be
bonded via maleamide to carboxyl groups. This method of production does not involve
removal of Fmoc groups, meaning acid treatment is not needed. This is a feasible route
to the functionalisation of a corrosion inhibiting silane layer with RGD for promoted cell
attachment. Its use would be for orthopedic implants where fast and strong bone adhesion
is needed for prevention implant failure.

In vivo testing of the PEG non fouling surface on stents would be a large step forward.
The stent manufacturing partners were made aware of the PEG coating route but chose
not to follow up with in vivo tests as they are persisting with the drug eluting method.
Therefore in vivo trials will be carried out by future university funded projects. In vitro

work on the surface such as platelet binding and blood studies would be a useful bridging
step before this.

6.6.2 Magnetron Sputtered Hydroxyapatite

The coating used in this study was 300nm thick, which proved to be adequate in
lowering corrosion rates for the first 2 days, but a thicker coating should be investigated.
As the greater amount of hydroxyapatite on the surface would mean greater amounts of
crystalline hydroxyapatite on the surface after sintering. This would leader to even lower
corrosion rates.

Magnetron sputtering was used because previous authors had reported high adhesion
strength onto the substrate [118]. This has not been tested, therefore thicker coatings
produced should be investigated with scratch tests for example.

Mechanical properties of the sputtered magnesium needs to be investigated. It can be
assumed the surface coating has modified the materials stress corrosion cracking proper-
ties as well as small changes in tensile strength.

Further in vitro studies on the new coating should be compeleted, fully investigating
the long term affects of cell density comparitive to uncoated magnesium and also regard-
ing cell activity and function. Hydroxyapatite is known to stimulate bone intergration in

vivo and affect osteoblast activity in vitro and could therefore change the charateristics of
cells culture on its surface [177].

The final investigation would be the coating of a screw or plate and testing it in vivo.
Coating strength could be analysed to see if surgical procedures are too robust for the
coating and corrosion monitored to determine if is having a desired effect on implant
longevity and hydrogen evolution.
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CHAPTER

SEVEN

ERBIUM ADDITIONS TO YTTRIUM RARE EARTH
ALLOYS FOR REDUCED CORROSION RATE

7.1 Introduction

The previous chapter demonstrated a promising alloy addition in the form of Erbium.
The 8wt% addition of Er increased corrosion resistance by over seven times compared
to the standard medical grade neodymium-yttrium alloy. This level of improvement in
corrosion rate is encouraging. This chapter outlines the promising characteristics of the
alloy and attempts to address why the alloy has such a low corrosion rate in biological
solutions.

As an element Er is hexagonal close packed in crystal structure and soluble in Mg,
with its maximum solid solubility being 3.5at%. The atomic radius of Er is 175.7 pm
which is 29.2% more than that of Mg. Therefore Er addition should lead to solution
strengthening in Mg.

7.2 Material and methods

The two alloys used in this chapter were ML4 as the control (MI0009) and ML4 + 8
wt% Er (MI0029) supplied in 9mm diameter rod. The material was made at Magnesium
Elektron by melting pure magnesium ingot with the appropriate alloying elements. Once
molten, the metal is stirred and a small casting was made for chemical analysis by Optical
Emission Spectrometry (OES). If this falls within specifications the metal was ready to
cast. Molten metal was then poured from the crucible into the mold. Once solidified and
air cooled, the casting was machined into 75 mm diameter billets for extrusion

The extrusion procedure required, pre heating of the billet, die and billet container to
specified temperatures. The material was then extruded into 9 mm bar. These bars are
then lathed into 9 mm by 3 mm discs for testing.
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Table 7.1: Alloy composition used of ML4 and ML4 + Er given my wt%. Total impurities equates to the
combined composition of Fe, Ni and Cu.

Melt Number Y Nd HRE(misc) Er Total impurities
MI0009 3.7-4.3 2-2.4 1 - 0.004
MI0029 3.7-4.3 2-2.4 1 8 0.011

Surface Examination

The surfaces and cross sections of the coatings were examined by field emission gun
scanning electron microscopy (FEG-SEM), using a Philips XL30 FEG SEM, equipped
with energy-dispersive X-ray (EDX) analysis facilities. The cross sections were prepared
by grinding, using successive grades of SiC paper, and polishing to 1/4 µm diamond finish
followed by colloidal silica (OPS). Crystal struture was investigated by X-ray diffraction
(XRD), using a Philips X’Pert-MPD (PW 3040) instrument with a step size 0.005 ◦ and a
scan range from 5 ◦ to 85 ◦ (in 2θ). Reaction layer cross sections were examined by glow
emission discharge optical spectroscopy (GDOS) using a GD-Profiler 2 (Horiba Jobin
Yvon). This operated in the rf-mode at 13.56 MHz. A 4 mm diameter copper anode
and high purity argon gas was used. The emission responses from the excited sputtered
elements were detected with a polychromator of focal length of 500 mm with 30 optical
windows. The emission lines used were 130.21 nm for oxygen and 383.82 nm for magne-
sium. The erbium or calcium response was recorded using a monochromator adjusted to
the corresponding lines at 422.67 or 369.26 nm for Er or Ca respectively. Monochromator
allows monitoring of one element during measurements. The elemental depth profiling
was carried out at argon pressure of 650 Pa and a power of 35 W, with a data acquisition
time of 0.01 s. Prior depth profiling, pre-sputtering of a monocrystalline silicon wafer
was undertaken to clean GD source. Data fitting analysis of the different elemental depth
profiles was performed using a standard user-defined curve fitting function of IGOR Pro
software (WaveMetrics).

Eletrochemistry

Electrochemical measurements were conducted in aerated salt solutions at 37 ◦C, us-
ing an ACM-instruments Gill AC computer-controlled potentiostat. A conventional three-
electrode cell was employed with a platinum counter electrode and a saturated calomel
reference electrode (SCE). The working electrode was the test material with an exposed
area of 0.64 cm2.

Initially the open circuit potential (OCP) time behaviour was examined. This was fol-
lowed by anodic and cathodic potentiodynamic polarisations at a scan rate of 0.3 mVs−1,
commencing from -3 mV or -0.3 mV with respect to the OCP, respectively.

Electrochemical impedance spectroscopy (EIS) was performed with a three electrode
cell incorporating a cylindrical platinum counter electrode and a saturated calomel elec-
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trode. Data acquisition employed a combined frequency response analyser and poten-
tiostat (Solartron 1280), with ’Z plot’ software. The amplitude of the sinusoidal signal
was 20 mV, with a frequency range of 20 kHz to 5 Hz. Data were analysed by ’Z view’
software.

7.3 Results and Discussion

Characterisation

Optical mircoscopy reveals a similar grain structure between the two alloys. The
noticable difference is more second phase which appears darker. Using SEM imaging,
the two microstructures are set apart by the large increase in second phase and also with
the addition of cube like particles. Using backscattered electrons at high energy, elemental
differences across the microstructures can be seen. The second phase particles seen with
the secondary electrons across both alloys all appear the same intensity of white idicating
their chemistrys are similar and made of heavy elements. The only distiction between the
all the second phases present is the shape. Therefore the microstructures are split into
three constituents; matrix, second phase and cuboid particles.

Figure 7.1: ML4 (left) and ML4+Er (right) mircostructures shown with optical, etched in 5% Nitol, scale
bar = 40 µm.

Figure 7.2: ML4 (left) and ML4+Er (right) using SEM Secondary Electrons, scale bar = 50 µm.

Using EDX to analysis chemistries of the microstructure is can be seen that the Er
affects most the features throughout the material; forming in the Mg matrix, RE second
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Figure 7.3: ML4 (left) and ML4+Er (right) mircostructures shown with Back Scattered Electrons, scale
bar = 10 µm.

phases and a high Er cuboid particle. Er concentration within the matrix varies between 8
and 9wt% ( 1.4 at% and 1.7 at%), which is lower than the solid solution limit of Er within
the Mg crystal structure. The second phase particles show higher amounts of Er (14.37
wt%) than the matrix so must therefore be present in an intermetallic with the neodymium
and yttrium. The new particle not seen in MI0009 is an Yttium-Er intermetallic cuboid
particle (67.70wt%Er etc etc).

Table 7.2: Particle chemistry of MI0029 established by EDX in wt%. The area analysed by EDX is shown
in figure 7.4.

Area Mg Y Nd Er
Matrix 85.48 4.07 2.17 8.29

Second Phase 57.06 11.40 18.19 13.35
Cube 2.63 28.10 1.57 67.70

Figure 7.4: Back scattered electron image of MI0029 with EDX compostion points. Arrow A; erbium
cuboid particle. Arrow B; second phase. Arrow C; matrix.

X-ray diffraction confirmed a stretching of the matrix lattice most lieky due to the
inclusion of Er. This is determined by the shift in the triple peaks between 32 ◦ and 37 ◦
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(Insert figure 7.5). Mg2Er was also observed which also has a hexagonal structure and
most is likely dispersed in the matrix. Both alloys were found to have the Mg-Nd crystal
Mg3Nd, a plate like face centred cubic particle commonly seen in WE43 alloys [178].

Figure 7.5: Grazing X-Ray Diffraction plots of MI0009 and MI0029. Insert highlights the triple Mg HCP
lattice peaks and shows the shift in diffraction angle caused by lattace stretching due to Er. Labelled with
� representing magnesium, N for MgxNdy peaks and • for MgxEry peaks.

Further work has to be completed to fully characterise the particles found in the Er
containing alloys, but the important note is the confirmation of the distribution of Er
within the Mg crystal lattice. A full particle analysis should be completed when the final
alloy chemistry is finalised.

Corrosion testing

Using SBF baths for mass loss and the gas displacement method for hydrogen evo-
lution (figure 7.6), the corrosion rates of the two alloys were determined. Figure 5.8 in
chapter 5 shows the mass loss of MI0029 to be less than a quarter of MI0009 (67 mpy
compared to 837 mpy). The Er containing alloy evolved 2.14 mlcm−2 of hydrogen in the
7days on test. The standard ML4 alloy evolved over 7 times as much with 16.78 ml cm−2.

Electrochemistry

The two alloys were tested over 7 days in SBF using potentiodynamic polarization
(figure 7.3) and electrochemical impedance spectroscopy (figure 7.8). The Tafel explo-
ration values reveal MI0029 to be more noble than ML4 (Ecorr; -2.043 mV against -1.961
mV) and Icorr also lowered (3.46x10−4 mAcm−2 against 0.768x10−4 mAcm−2), as ex-
pected for a less corrosive material. Two other observations can be made however; firstly
MI0029 increases in nobility and shifts to lower current densities over time faster than
MI0009. Secondly a large anodic shoulder is seen on the Er containing alloy in the first
hours of submersion, whereas it takes 16 hours for the same to be seen on ML4. This
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Figure 7.6: Hydrogen evolved from both alloys in SBF at 37 ◦C. MI0029 corrodes at 7 times less than ML4
over the 7 day period. n = 8, error = SD

means that the erbrium is having not only an effect on corrosion potentials at the bare
metal stage, indicated by the lower Ecorr and Icorr values, but also by quickly providing
protection with a semi-stable film, a process that the non-Er containing alloy takes far
more time to replicate.

Table 7.3: Tafel exploration values from the potentiodynamic polarisation curves obtained in SBF from
MI0009 and MI0029 alloys.

MI0009 MI0029
Time (h) Ecorr (mV) Icorr (mAcm−2) Ecorr (mV) Icorr (mAcm−2)

1 -1.975 7.27x10−4 -1.903 2.19x10−4

2 -1.858 2.14x10−4 -1.776 6.98x10−5

8 -1.784 8.67x10−5 -1.696 5.01x10−5

16 -1.718 7.06x10−5 -1.656 1.11x10−5

24 -1.658 1.25x10−5 -1.650 1.09x10−5

The impedance data reveals that protective film is far stronger on MI0029 than MI0009
as well as being made at earlier time points. The polarisation of the low frequency loop,
assumed to be the semi passive reaction layer was 17.43 Ωcm−2 for MI0009 compared to
56.28 Ωcm−2 on MI0029 at 1 hour and 95.9 Ωcm−2 and 400.50 Ωcm−2 at 24 hours. Rp
values for the medium frequency material interface loop (table 7.4), show resistances that
start much higher and grow quicker for MI0029, starting at around 3 times greater that
MI0009 with 1hour submersion and rising to around 5 times greater after 7 days.

Both the polarisation and impedance plots reveal that the use of Er not only makes
the alloy slightly more noble, but also helps to create a more stable semi passive reaction
layer than formed without Er that is also produced with less time.

The Effect of phosphates and carbonates

An interesting observation with MI0029 is its performance in salt solutions of NaCl.
Considering its overwhelming performance in SBF against ML4 alloy MI0009, the same

176



7.3. RESULTS AND DISCUSSION

Figure 7.7: Potentiodynamic polarisation curves obtained in SBF over time with both alloys; MI0009
(black) and MI0029 (red). MI0029 grows an anodic shoulder within the first hours, ML4 takes 16 hours to
replicate.

Figure 7.8: Nyquist plots of ML4 (left) and MI0029 (right) in SBF with increasing time.

might be expected in all solutions, but this is not the case. When tested in 0.1M NaCl
solution (equal to the NaCl concentration of SBF) MI0029 performed similar or worse.
Hydrogen evolution in the NaCl and SBF solutions (figure 7.9) shows the low corrosion
as previously shown of MI0029 in SBF, but there is no difference in NaCl. MI0009 is
showed to be nobler in NaCl than MI0029, but this nobility is switched in SBF. The same
affect is seen in the polarisation resistance from the impedance plots (figure 7.10).

This effect seen with phosphates and carbonates is significant to the development of
a Mg-Y-RE-Er alloy as it shows the Er is only having a positive influences in biological
salt solutions. Rosalbino published work in 2004 [157], using small amounts (0.3 and 0.9
at%) of Er in an Mg-Al alloy and showed improved corrosion resistance in 0.05M H3BO3

177



CHAPTER 7. ERBIUM ADDITIONS TO YTTRIUM RARE EARTH ALLOYS FOR
REDUCED CORROSION RATE

Table 7.4: Polarisation Resistance values optained from figure 7.8.

Rp(Ωcm−2)
Time (h) MI0009 MI0029

1 60 177.7
24 300.4 986.9
72 1470 2643

168 1990 9830

Figure 7.9: Hydrogen evolution for ML4 and MI0029 in both 0.1M NaCl and SBF. The curves show that
MI0029 only offers greater corrosion resistance in SBF and not NaCl. n = 4, error = SD.

+ 0.075M Na2B4O7 solution, concluding that the incorporation of Er in the Mg(OH)2
lattice was responsible for the improved corrosion behaviour of the Mg-Al-Er alloys.

This present work would indicate that Rosalbino’s conclusion is not the same effect
seen in SBF. Mg(OH)2 is the predominate oxide state when corroded in NaCl solutions,
thus if Rosalbino’s statement was true, MI0029 would be nobler and have greater corro-
sion resistance in the NaCl solution.

A fair assumption would be that the Er is having an affect on reaction layer formed in
the SBF solution. The two main components of this are phosphate and carbonate which
have previously been show to incorporate into the reaction layer of Mg alloys in SBF
type solutions [74]. A systematic approach of adding both the phosphate and carbonate
consistent with the SBF compostion to 0.1M NaCl was used to determine this. This gave
the following solutions. 1mM KH2PO3 + 0.1M NaCl and 28mM NaHCO3 + 0.1M NaCl.

The addition of phosphate and carbonate to the NaCl solution showed the same effect
when comparing NaCl solution to SBF; MI0029 and MI0009 switch in their order of
corrosion resistance. This is shown in both the impedance plots and polarisation curves
(figure 7.12). If the 1mM KH2PO3 + 0.1M NaCl plots to the curves gained in NaCl
only (figure 7.10), Ecorr values for MI0029 have become more noble than MI0009, with
MI0029 moving -0.04 mV from -1.602 mV to -1.6429 mV, whereas MI0009 shifted 5
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Figure 7.10: Polarisation and impedance plots for both alloys (ML4 black and MI0029 red) in NaCl (left)
and SBF (right). MI0009 appears more corrosion resistant in NaCl, but less in SBF).

Figure 7.11: Rest potential against time of ML4 and MI0029 in NaCL and SBF.
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times as much; -0.222 mV from -1.414 mV to - 1.693 mV. Icorr values were similar in
shift, both moving to higher current densities by around 2.5 times. Both alloys show a
large shoulder on the anodic curve, but ML4 breaks down at higher potential comparative
to rest than MI0029. This would indicate that the ML4 is forming a more stable layer
at higher potentials with the added HPO2+

3 than MI0029. The Nyquist plots however
show no definate low freqency activity, meaning a lack of a surface layer formed at rest
potential, although MI0029 does show a small lip which could be a capacitance loop.

Both alloys showed an increase in Rp values, an effect which contradics Xin’s work
[75]. This is most likely due to Xin using AZ31 as both concentrations of NaCl and
KH2PO3 are the same along with time point used. AZ alloys are known to produce Al2O3

and Mg(OH)2 at the surface, meaning the HPO2+
3 could be poorly incorportated into the

reaction layer as potential explanation for Xin’s negative phosphate data.

The effect of carbonate on both alloys shows the opposite trend to phosphate by low-
ering polarisation resistance comparitive to NaCl solution. However, as with phosphate
MI0029 demostrates greater values than MI0009 which before the added HPO2+

3 was the
reverse. Carbonate lowers the rest potential of MI0009 by -0.356 mV from -1.471 mV
to -1.827 mV and lowers it by -0.069 mV from -1.601 mv to -1.670 mV in MI0029,
meaning ML4 decreased potential 5 times more than the Er containing alloy. Both alloys
show prominent anodic shoulders, but MI0029 appears to be far more stable then ML4
breaking down at over 1 mV greater than the rest potential ML4 appears to be around
0.75 mV. Carbonate in the solution has had a greater affect on the curves than phosphate.
This could be due to the greater affect in stablising the reaction layer with the formation
of magnesium-carbonates, or the result of a greater concentration of HCO+

3 than HPO2+
3

used in the investigation. Nevertheless, carbonate appears to be the prominent ion in stab-
lising the RE based Mg alloys used here, and also the major reason MI0029 out performs
MI0009 in SBF. This is shown in the impedance data, where the Er alloy is recorded
with Rp values of 250.7Ωcm−2 and ML4, 114.3Ωcm−2, 2.19 times the value. Whereas
in the Phosphate, MI0029 has a polarisation resistance of 2957 Ωcm−2 and MI0009 2042
Ωcm−2, only 1.44 times greater.

The results in figure 7.12 has effectivety proved than Er’s influence in the alloy is in its
stabilitaion of the reaction layer, in part agreeing with Rosalbino’s conclusion. However
as Er’s influence was actually detrimental in NaCl solutions, where Mg(OH)2 along with
MgCl2 are products found within the reaction layer, Rosalbino’s comments that Er is
intergrating into the Mg(OH)2 lattice and enhancing its stabilty are not true in this case.
Er is having a stabilising affect on this layer, but as seen with Figure 7.12, its a product of
carbonate and phosphate rather than hydroxide.

Using GDOS, cross sections of the reaction layer compostions can be accuracy ac-
cessed. The first point to note, which is seen in both Figure 7.13 and 7.14 is that Er is
in greater concentrations within the reaction layer than the substrate. At the right of all
the images is the intensity given by Er in the bulk, but this sharply rises in the reaction
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Figure 7.12: Polarisation and impedance plots in 1mM KH2PO3 + 0.1M NaCl (left) 28mM NaHCO3

+ 0.1M NaCl (right) for both alloys. MI0029 gives higher potentials and polarisation resistance in both
solutions than ML4. The oppersite seen in NaCl.

layer. This means Er is not leaching into the solution as with Mg, but staying within the
oxides. Er will react with ions in NaCl and SBF solutions to form Er(III)X compounds,
such as ErCl3, Er2(CO3)3 and ErP5O14. Erbium choride is soluble in water as it easily
forms its hexhydrate form, ErCl3•6H2O. Erbium carbonate however is insoluble in water
[179], as is Erbium phosphate[180]. This helps to explain Erbium’s detrimental affect in
NaCl, where it will be forming ErCl3, which is of no use to passivity. Whereas in SBF
the formation of Er2(CO3)3 and ErP5O14 throughout the reaction layer is stable.

Why Er has such a stabilising affect on the reaction products is unknown. The sol-
ubilites of Er2(CO3)3 and ErP5O14 are less than the corrosponding Mg products. But
this can be said for Nd, Gd and other heavy RE phosphates and carbonates[179][180].
The difference between other RE’s used in alloying and Er is the crystal structure. Being
hexagonal close packed, the same as Mg allows the RE to saturate the Mg matrix instead
of just forming second phase. The reaction layer shown by XRD is amorphous, therefore
a Er-Mg lattice is not an explaination for the stable reaction layer. It could be however that
the distrubution of Er being throughout the anodic Mg lattace rather than cathodic second
phase as with other Heavy RE’s, means Er is always at the corrosion front to form the
phosphates and carbonates needed to protect the surface. Elements in the second phase
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Figure 7.13: GDOS cross sections through MI0009 (left) and MI0029 (right) in NaCl (top) and SBF
(bottom). The reaction layers in NaCl appear to consistant of Mg, O and C from the atmosphere. In SBF
phosphate is in the layer. Both MI0029 samples show the presence of Er within the layer as well.

Figure 7.14: Cross section of Er through the reaction layer and substrate after corrosion in SBF (red) and
NaCl (Black) . Er is more intense when incorporated in with the carbonate and phosphate of the SBF
reaction layer.
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are normally not reacted, but lost into solution by undermining of the anode around it.

7.4 Conclusions

Additions of around 8 wt% Er to the Mg-RE-Y system of ML4 results in a microstruc-
ture containing a Mg0.965Er0.035 matrix, with Er incorporated into the second phase parti-
cles. Er-Y based cuboid crystals are also found.

The new alloy lowers corrosion rate in SBF by up to 7 times comparative to ML4,
this has been shown to be the result of a stabilisation effect of Er with the carbonates and
phosphates in the SBF. By proving this, Rosalbino’s conclusions have be shown to be
inapplicable to biomedical applications.

The stabilisation for carbonates and phosphates could be due to their reaction with Er
to form insoluble compounds which are incorporated into the reaction layer.

This Mg-RE-Y-Er alloy has answered the original aim of this Doctorate and produced
an Mg alloy specially designed for in vivo applications which satisfies the corrosion be-
haviour needs.

7.5 Further Work

The focus of future work will be the optimisation of this alloying system to further
improve corrosion and mechanical properties. Process control and development for this
alloy will be needed, so that it can be produced consistently to industry specifications.

In order to aid approval from governing bodies, the use of Er in vivo has to be studied
in greater depth regarding its long term affects. The use of Mg for biomedical use is likely
to be readily approved as it’s already used or present within the body, but the alloying
additions are the hurdle. In vitro testing of these with cell lines and tissue should be
the first step, followed by long term in vivo studies especially regarding the heavy RE
elements.
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CHAPTER

EIGHT

FINAL CONCLUSION

At the advent of this doctorate, there was little knowledge about magnesium as a
biomaterial, however at its conclusion, due to work by Magnesium Elektron and its part-
ners, publications from external research groups and by this investigation, the extent of
research in this area is expanding rapidly. This investigation reports through the rise in
knowledge and product capability gained by the author and Magnesium Elektron in the 4
years undertaken.

The first stages of research were to form a general understanding of what occurs when
magnesium is implanted into the body. This took the form of osteoblast trials which
used cells cultured with magnesium to determine in vitro responses and effects on the
magnesium alloys. These cell studies showed that high corrosion rates initially seen when
magnesium alloys are placed in cell culture medium have a detrimental effect on cell
numbers. Magnesium corrosion causes local pH rise and hydroscopic pressure. The effect
is inherent to all magnesium alloys irrespective of their overall corrosion rate. However
what was also noted is that after the initial corrosion spike, when the rate had lowered,
surviving cells on the surface would proliferate and attach well. The attached cells on
magnesium also showed a clear phenotype expression change compared to those on glass.

The outcome of this period of work was that in vitro testing was not useful for alloy
development as this stage as no robust and reliable technique had been found which could
distinguish between alloy to alloy effects. What had been noted was that a number of
commonly used cell culture techniques were highly skewed by the effects of magnesium
corrosion.

At the end of these cell culture investigations, work from commercial partners had
highlighted the new direction progress needed to be made, and that was lowering the
corrosion rate of the current magnesium alloys. From the commercial perspective this was
to increase time until failure of the implant, but this also would resolve potential cell and
tissue losses seen with the cell culture work. At this stage alloys used had been unaltered
commercial engineering systems. Lowering corrosion rate was now the precedent for
future work.

Initial steps towards lowering corrosion rate were modifications to current alloys. An-
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nealing ML4 at 350 ◦C for 8 hours was found optimal and lowered corrosion rates by
20-30%. It was determined this was due to the migration of heavy elements to the defor-
mation regions (most commonly grain boundaries and twinning planes), which lowered
the amount of galvanically coupled regions in the microstructure which in turned lowered
the corrosion rate.

Further work looked to modify alloys by changes to chemical composition. This of-
fered greater potential for improving corrosion resistance. It was found that additions of
8wt% Er answered the problems given by corrosion in vitro. The alloy corroded at rates
in SBF of around 6-8 times lower than ML4, it was concluded Er stabilised carbonate and
phosphate integration into the reaction layer which served to protect the bulk. Additions
of Ca and Gd were investigated. Gd in ML4 also gave low corrosion, around half the
corrosion rate of ML4. Calcium additions only lowered corrosion rates slightly.

As well as bulk material changes, modifications to the surface were looked into, in or-
der to lower the initial corrosion rate of magnesium alloys were in vitro and perhaps alter
the biocompatibility of the alloys. Two successful techniques were found; organo-silanes
and magnetron sputtering of hydroxyapatite. The use of organo-silanes protected magne-
sium well and for over 4 days, giving reductions in corrosion rate of 6 times in the first
hours. Silanes were also successfully used as anchors to graft polythene gycol to create
a non fouling surface. The covalent attachment of PEG to the surface of magnesium is
the first recorded and visibly lowered the adhesion of cells onto the surface. The practical
benefits of this coating were put forward for stent design in order to lower restenosis.

Magnetron sputtered hydroxyapatite lowered corrosion rates of ML4 by 6 times in the
first 24 hours with no visible hydrogen gas being evolved in the first hours of submersion
in SBF. The coating only proved protection for the first 2 days due to low deposition
thickness. Biocompatibility of the surface with osteoblasts also improved. Therefore
thicker layers will be investigated in future studies.

Manufacturing and alloy design issues were also investigated. The alloy 675 was
found to be highly susceptible to SCC. The mechanism of failure was shown to be TG-
SCC and it was hypothesised that the high yttrium content enabled hydrogen embrittle-
ment. Due to this Magnesium Elektron altered its alloy development from this system.

In summary, this doctorate was designed to pave a route forward for further research,
by gathering a basic understanding on all aspects of magnesium as a biomaterial. This was
the first project on the subject by Magnesium Elektron and the University of Manchester.
Overall. an understanding of magnesium alloy corrosion and cell interaction in vitro is
now known along with a strong knowledge on methods to alter this and with regard to
corrosion rate, lower this for commercial use. Reliable methods for testing this in future
have been detailed so that future more detailed work can follow.
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2464âĂŞ2467. (1938).

[36] Tsitrin DN Troitskii VV, “The resorbing metallic alloy âĂŸOsteosinthezitâĂŹ
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loy for Sand Cast and Investment Cast Applications”, Advanced Engineering

Materials. 9, 793–798. (2007).

[156] King JF Lorimer G Apps PJ Karimzadeh H, “Precipitation reactions in
Magnesium-rare earth alloys containing Yttrium, Gadolinium or Dyspro-
sium”, Scripta Materialia. 48, 1023 –1028. (2003).

[157] Negri SD Saccone A Delfino S Rosalbino F Angelini E, “Effect of erbium ad-
dition on the corrosion behaviour of Mg-Al alloys”, Intermetallics. 13, 55 –60.
(2005).

[158] Zolina ZK Rokhlin LL Nikitina NI, “Magnesium alloys with erbium”, Metal

Science and Heat Treatment. 20, 529–531. (1978).

[159] Gao H Zhai C Zhu YP Wu G Fan Y, “The effect of Ca and rare earth ele-
ments on the microstructure, mechanical properties and corrosion behavior
of AZ91D”, Materials Science and Engineering: A. 408, 255 –263. (2005).

199



BIBLIOGRAPHY

[160] Stormer M Blawert C Witte F Vogt C Dracker C Willumeit R Kainer KW Feyer-
abend F Hort N Huang Y Fechner D, “Magnesium alloys as implant materials
- Principles of property design for Mg-RE alloys”, Acta Biomaterialia. 6, 1714
–1725. (2010).

[161] Walker J Woodfield T Dias GT Staiger MP Kirkland NT Birbilis N, “In-vitro dis-
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