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ABSTRACT

SURFACE MORPHOLOGY INVESTIGATION OF A
BIODEGRADABLE MAGNESIUM ALLOY

Tahmasebifar, Aydin
PH.D., Department of Engineering Sciences

Supervisor: Prof. Dr. Zafer Evis
Co-Supervisor: Prof. Dr. Muammer Kog

August 2015; 118 Pages

In this study, the effect of manufacturing conditions (i.e. compaction pressure,
sintering temperature and time) on physical, mechanical and electrochemical
properties of Mg alloy discs as samples of biomedical implants prepared using powder
forming technology were investigated. The main motivation of this study was to
achieve the manufacturing of porous and micro-surface textured Mg-based biomedical
implants with good mechanical and electrochemical properties. A Box-Behnken and
Full Factorial experimental design was used in experimentation. Relative densities of
the plates were obtained experimentally. They varied from 69.7£1% to 81.5+4%.
According to ANOVA (Analysis of variances) test, manufacturing conditions did not
affect the relative density significantly except the compaction pressure level. The
bending strength was in the range of 30.3+2 MPa and 53.7+1 MPa. Compaction
pressure led to an increase in the bending strength while sintering temperature and
time decreased. Electrochemical tests were conducted using Hank’s solution, DMEM
(Dulbecco's Modified Eagle's Medium) and 10% FBS (Fetal Bovine Serum)+DMEM.
The lowest and the highest corrosion potentials were measured in Hank’s and 10%
FBS+DMEM solutions, respectively. Pitting corrosion was detected on the surface of
Mg alloy discs. In Hank’s solution, pitting corrosion was observed more than DMEM
and 10% FBS+DMEM. The discs with smooth surfaces also showed lower corrosion

resistance than the discs with porous and micro-textured surfaces in the presence of
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FBS. It was concluded that the manufacturing of porous and micro-surface textured
Mg based biomedical implant using powder forming process was reasonable due to
the convenience of near net shape production with sufficient material properties. Also,
the cell culture studies showed that micro texture and roughness positively affected
cell adhesion, proliferation and osteogenic activity. AZ91D-Mg alloy plates showed
good cytocompatibility with higher cell proliferation compared to control groups at

each incubation time period.

Keywords: Powder Metallurgy, Micro-texture, Porous Surface, Biomedical Implant.
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BiOBOZUNUR MAGNEZYUM ALASIMININ YUZEY
MORFOLOJISININ ARASTIRILMASI

Tahmasebifar, Aydin
Doktora, Miithendislik Bilimleri Bolimii

Tez Yoneticisi: Prof. Dr. Zafer Evis
Ortak Tez Yoneticisi: Prof. Dr. Muammer Kog

Agustos 2015; 118 Sayfa

Bu ¢alismada, liretim sartlariin (6rnegin: basma basinci, sinterleme sicakligi ve
zamani) biyomedikal implant &rnekleri olarak toz sekillendirme teknolojisi ile
hazirlanmis Mg alasimi disklerinin fiziksel, mekanik ve elektrokimyasal 6zellikleri
tizerindeki etkisi arastirtlmistir. Calismanin  temel amacit iyi mekanik ve
elektrokimyasal 6zelliklere sahip gdzenekli ve yiizey dokulu Mg tabanli biyomedikal
implant {iretiminin basarilmasidir. Deneylerde Box-Behnken ve tam faktoriyel deney
tasarimi kullanilmigtir. Plakalarin bagil yogunluklar1 deneysel olarak elde edilmistir.
Onlar 69.7+1% ile 81.5+4% arasinda degismistir. Varyans analizi testine gore
sikigtirma basinct hari¢ diger liretim sartlar1 bagil yogunlugu etkilememistir. Ayrica,
egme dayanimi 30.3+2 MPa ile 53.7+1 MPa seviyesindedir. Sikistirma basinci egme
dayaniminda artisa neden olurken sinterleme sicakligi ve zamani diiglirmiistiir.
Elektrokimyasal testler Hank soliisyonu, DMEM ve 10% FBS (Fetal Sigir
Serumu)+DMEM karisimi kullanilarak yapilmistir. En yiiksek ve en diisiik korozyon
potansiyelleri sirasiyla Hank soliisyonu ve 10% FBS (Fetal Bovine Serum)+DMEM
karisiminda Ol¢iilmiistiir. Mg alasimi disklerinin yiizeyinde oyuk korozyonu tespit
edilmigstir. Oyuk korozyonu Hank soliisyonunda DMEM ve 10% FBS+DMEM
soliisyonuna gore daha fazla gériilmiistiir. Ayrica, FBS varlifinda diiz yiizeyli diskler
gozenekli ve mikro desenli yilizeyli disklere gore daha diisiik korozyon direnci

gostermistir.
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Toz sekillendirme iglemi ile gdzenekli ve mikro yiizey desenli Mg tabanli biyomedikal
implant tiretimi bu yontemin nete-yakin-bi¢im ile ve yeterli malzeme 6zellikleri ile
iiretime elverisli olmasindan dolay1 uygun oldugu sonucuna varilmstir. Ote yandan,
hiicre kultlirli c¢alismalar1 mikro desenlerin ve piriizliiliiglin hiicre yapismasi,
cogalmasi ve ostejenik aktivite lizerinde pozitif etkisi oldugunu gostermistir. Hiicre
kiltlirii caligmalariyla uyumlu olarak, AZ91D Mg plakalariin hiicre canliginin her
zaman periyodunun sonunda pozitif kontrolden yliksek Olgiilmesi ile iyi bir

biyouyumluluk gostermistir.

Anahtar Kelimeler: Toz Metaliirji, Mikro-desen, Gozenekli Yiizey, Biyomedikal

Implant.
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CHAPTER 1

INTRODUCTION

There has been an increasing need for continuous innovations in health sciences
and biomaterials engineering to discover effective treatment methods and design of
novel implants due to prolonged average life expectancies and a consequent increase
in orthopedic fracture cases. Therefore, innovative solutions in biomedical implants
(BI) such as hip, knee, retina and dental implants, scaffolds, degradable screws and
plates, drug delivery systems etc. have gained importance in recent years (Bartolo et
al., 2012). BIs offer proper and fast medical treatment process for patients who suffer
from bone diseases. However, recent improvements in implant materials, design and
manufacturing technologies are not to the adequate level to entirely cope with
orthopedic fracture fixation and implant issues of durability and biocompatibility as
the average life of an implant is no longer than 10-15 years. Increasing number of cases
is reported with a need to remove an implant when a fracture is healed or when it
completes its service life. Consequently, innovative way of thinking will be needed in
biomedical engineering further in the near future as long as bone injury is a part of

human lives.

Biodegradable and biocompatible implants have emerged as an excellent
alternative implant idea to enable temporary use in a living system without a need for
removal. Biocompatibility and biodegradability are very critical and versatile issues in

evaluating the success of temporary implants.

In the next generation of biomedical fixation plates and screws, it is expected
that biodegradable implants will substitute for non-degradable implants as they exhibit
multiple advantages over non-degradable implants in terms of cost, time and risks.
While conventional non-degradable biomedical implants need two surgical
interventions (the first one is for inserting, the second one is for de-inserting),
biodegradable implants do not require the second surgical intervention as they degrade

1



in the body without any side effect. Thus, biodegradable implants offer a great
opportunity to reduce cost, time, and patient anxiety, probably the most important
benefit, by preventing the second surgical operation. It must be kept in mind that an
increase in the number of surgical operations on a patient, particularly if they are
elderly, also increases the risks for side effects, if not life, on patients. Moreover, it
leads to unnecessary medical complications, unexpected costs and time away from a
productive social life.

In this study, Mg-based biodegradable implant with micro-texture surface was
designed and manufactured by a powder metallurgy (PM) method for the first time.

Moreover, it was aimed to improve corrosion resistance and biological activity.

1.1 Powder Metallurgy

Powder metallurgy (PM) is a manufacturing technique that used metal or
ceramic powders ranging from 0.1 to 200 um as a raw material (Lai et al., 2014;
Swamy et al., 2014). The final product is produced by changing the shape, properties
and structure of powders. The most important advantage of PM to other manufacturing
method is higher control to microstructure of final product (Lai et al., 2014). There is
no need for expensive machining and finishing due to near-net-shape of final product
in PM. Additionally, products with highly porous architecture can produced by this
method. The theoretical porosity achieved in PM is 50%. However, porosity between
5 to 37% can be easily achieved by controlling the compaction pressure and
morphology of powders.

It has been widely used in many sectors such as manufacturing of porous filters,
oxide strengthened turbine alloys, functionally gradient artificial bones and contact
alloys, etc (Exner and Arzt, 1990). PM technique can be divided in three main stages
which are: 1) powder technology, 2) powder processing and 3) characterization

properties and testing (Fig. 1).
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Figure 1: Powder metallurgy stages

1.1.1 Powder Compaction

Powders are compacted to densify by the application of pressure. In the first step,
particles slide over together and then deformed by the application of a high pressure
(Exner and Arzt, 1990; Smith et al., 1998). The rearrangement and small densification
of powders are result of the application of low pressure. The plastic deformation and
change in particle shapes are occurred by increasing the pressure beyond yield strength
of powders and finally particles bond together (Exner and Arzt, 1990; Smith et al.,
1998). Thus, the applied pressure, powder, shape, size and die tool have great effect
on green density and strength.

Density is increased expeditiously at low pressure. However, the densification
rate is decreased by failing of pores and resisting of particles to deformation at higher
compaction pressures (Fig. 2). Thus, density is increased by increasing compaction
pressure due to increasing coordination number and contact area between powder

particles (Capek and Vojtéch, 2014). Die-wall friction is an important limitation in



compaction of powders. Density gradient of green compact is a result of die-wall
friction phenomena that inhibits rejection of sample (Capek and Vojtéch, 2014). Die-
wall friction is decreased with increasing the distance from die-wall so close to die is
denser. As a result, the ejection force is raised by increasing die-wall friction. Also,
die-wall friction is increased by increasing compaction pressure (Capek and Vojtéch,
2014).

Density

Compaction Pressure

Figure 2: Relationship between compaction pressure and density

Another important parameter in compaction stage is mechanical properties of
powders. The compressibility of powders depends on powder hardness (Smith et al.,
1998). Thus, the compaction of extremely hard particles is too difficult while very soft
particles are easily deformed (Andersson et al., 2014). It was proved that soft particles
resist to deformation at high compaction pressure and achieve higher density at
intermediate compaction pressures. Polymer particles are used to improve
compressibility of very hard metal or ceramic particles. Polymer particles as a binder
increase green density of extremely hard particles up to 60%. On the other hand, high



compaction pressure gives more dense samples for powders that are not very hard and
soft (Andersson et al., 2014).

Compressibility of powders also depends on powder size. Powders with small
particles resist to deformation so compaction of powder with small size is more
difficult due to high coordination number and rapid strain hardening (Andersson et al.,
2014; Capek and Vojtéch, 2014). Thus, the particles in nano-scale are used when
higher mechanical strength is desired. On the other hand, mixing of nano and micro
scale powders improves sintering ability and compressibility which show importance
of particle size distribution on PM (Andersson et al., 2014; Capek and Vojtéch, 2014).
Also, the existence of surface contamination such as oxide layer declines the
compressibility of powders. In addition to particle size, particle morphology is an
important factor (Fig. 3). Powders with irregular shapes achieve higher density after
compaction stage due to cold welding and mechanical interlock phenomena. Also,
spongy particle with internal pores cannot be compressed easily because of the small

pores inside the particles (Andersson et al., 2014).

Spherical Rounded Angular Spongy
Flakey Cylindrical Acicular Cubic

Figure 3: Powder morphology used in PM (Smith et al., 1998)



1.1.2 Sintering

Sintering is a heat treatment process for compacting particles at temperatures
below the melting point. The neck growth of contacting particles at microscale should
be investigated to determine sintering process (Fig. 4) (Exner and Arzt, 1990). Surface
energy that is produced during compaction process is eliminated by sintering of green
compact (Exner and Arzt, 1990). Conducted particles are enlarged and overlapped
each other. Thus, density is increased and pore size is declined during sintering
process. Also, the grain growth occurs due to increase in atomic motion.

Pore .
Growed necks

‘. Compaction, Sintering
..

Intial powders Green compact Densed particles

Figure 4: Neck growth during sintering process

Sintering process has two different stages. The first stage is local bonding of
adjacent particles (early stage) and then pore shrinkage and rounding are occurred in
late stage of sintering (Smith et al., 1998). The total volume of green compact
decreases due to shrinking of sintering particles and total pore volume during sintering
process (Exner and Arzt, 1990; Smith et al., 1998). The purpose of sintering process
is minimization of the free surface enthalpy of the compacted particles (Exner and
Arzt, 1990; Smith et al., 1998). Transportation of material is necessary for shrinkage
of pores and neck growth from dense material. Five different mechanisms can control
the material transportation during sintering. These mechanisms are: 1) migration of
vacancies at microstructure, 2) diffusion of grain boundary, 3) surface diffusion, 4)

plastic flow and 5) evaporation of atoms located on surface.
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Previous studies showed that growth of necks should be investigated in order to
find the responsible mechanism during sintering (Exner and Arzt, 1990; Smith et al.,
1998). Volume diffusion is a responsible factor in the first stage of sintering for
spherical metal particles, while predominant mechanism of glassy material is viscous
flow. The pore shrinkage in the late stage of process is controlled by volume diffusion
for both metal and glass particles (Smith et al., 1998).

Parameters which play important role in sintering process are: 1) sintering

temperature, 2) sintering time, 3) heating rate and 4) sintering environment.

1.2 Biomedical Implants

Any material, surface or device that contacts with biological systems is known
as a biomaterial. Biomaterials are classified in four different groups (Metallic,

Polymeric, Composite and Ceramic) from material science point of view (Fig. 5).

Biomaterials|

Figure 5: Classification of biomaterials



Ceramic biomaterials such as calcium phosphates are widely used as implants in
bone regeneration because of their good biocompatibility, non-toxicity and
osteoconductivity (Tahmasebifar et al., 2015). However, their poor mechanical
properties and high corrosion rate in acidic environment restrict their usage as a bone
implant in load bearing areas (Tahmasebifar et al., 2015).

Polymeric biomaterials are widely used because complex shape and structure
can be easily manufactured and also the surface properties of these materials can be
easily changed (Ratner et al., 2004). However, polymers are soft materials and cannot
tolerate mechanical loading. Moreover, some toxic additives such as plasticizer,
antoxidizer or stabilizers are used in synthesis of polymers which can be harmful to
host tissue in terms of leaching in body fluid (Ratner et al., 2004). Additionally,
chemical and mechanical properties of polymeric materials can be changed during
sterilization.

Metal implants are widely used to repair hard tissues due to their outstanding
mechanical properties among commercially available biomaterials (Ceramics,
polymers and metals) (Table 1). Bio-metal implants such as 316L stainless steel, Co-
and Ti-based alloys have established commercial success in medical sector (Wu et al.,
2013).



Table 1: Mechanical properties of metal implants (Wu et al., 2013)

] Young’s Yield Strength | Ultimate Tensile
Materials
Modulus (GPa) (MPa) Strength (MPa)
Compact bone 10-27 - -
Trabecular bone 1-2 10-90 120-200
Ti6Al4V 110 860 930
Ti6AI7Nb 105 795 860
Ti5AI2.5Fe 110 820 900
Ni-Ti 80 70-140 700-1100
Co-Based 220-230 450-1500 655-1900
316L Stainless
193 205-380 515-585
steel
Mg-based 40-45 75-200 135-285

Metal implants are favored as a long term load bearing implants due to their high
strength and outstanding ductility that lead to high resistance to fracture (Wu et al.,
2013). Also, metal implants with complex architecture can be easily produced by
casting, conventional machining and powder metallurgy, etc (Wu et al., 2013). Thus,
good biocompatibility and matching of mechanical properties are two important
factors for bone implants (Wu et al., 2013). Biocompatibility of bio-metal implants is
affected by corrosion and wear products. In metal implants, harmful metal ions arising
from corrosion and wear may lead to inflammation, cell apoptosis and other
destructive tissue reactions (Biesiekierski et al., 2012; Wu et al., 2013). It was reported
that release of Cr (Co-Cr alloys), Nb, V and Ni (Ti-Based) ions may cause detrimental
tissue reaction by exceeding concentration of these elements in tissue or body fluid
(Biesiekierski et al., 2012; Wu et al., 2013). For instance, Ni is a highly cytotoxic,

genotoxic, carciogenic and mutagenic element.
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Most of the commercial metal implants are bio-inert, so their biocompatibility
depends on the positive response of cells and tissue to the implant surface
(Biesiekierski et al., 2012). Thus, the surface characteristics of metal implants are
important factors in bone regeneration and biocompatibility (Biesiekierski et al.,
2012). However, surface modification may decline the corrosion resistance and
mechanical properties.

The most common problem of metal implants is stress shielding. It is a result of
great mismatch between elastic modulus of implant and surrounding bone in which
applied stresses are taken up by the bone fewer than implant (Biesiekierski et al., 2012;
Lietal., 2015). Bone fracture and loosening of implant may occur due to high Young’s
modulus of metal implants. Among metal implants, Mg alloys have Young’s modulus
most similar to cortical bone. While the Young’s modulus of Ti-based and 316L
stainless steel are 110 and 193 GPa, respectively (Biesiekierski et al., 2012; Li et al.,
2015).

According to Gibson and Ashbey model, porosity of materials has significant
effect on Young’s modulus (Biesiekierski et al., 2012). The following formula shows

the relationship between porosity and Young’s modulus:

Ep = Es C (pp ps)? (1)

Where: Ep is modulus of porous material, Es is modulus of bulk material, C is a
constant depending on pore structure, pp is density of porous material and ps is density

of bulk material.

It can be concluded that porous structure can be a solution to decrease probability
of stress shielding. Moreover, porous materials with interconnected pores allow new
bone formation in growth and also transportation of body fluid. Thus, the porous
implant shows better osteoconductivity (Biesiekierski et al., 2012).
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1.3 Biodegradable Metal Implants

The new generation of degradable metallic biomaterials is named as a
biodegradable metal implant (BMI) (Zheng et al., 2014). This generation of
biomaterials exhibits improved corrosion resistance in body fluid during healing
process of host tissue. BMIs main duty is supporting of host tissue with a slow
corrosion in body fluid, then dissolved completely after healing of host tissue with no
implant debris (Cheng et al., 2013; Zheng et al., 2014).

Three factors should be taken into account for selecting composition of BMIs:
1) Metallic elements can be metabolized by the human body, 2) Demonstrate
applicable corrosion rate, 3) Demonstrate no toxicity and allergic effect (Francis et al.,
2015).

BMis are classified in three groups: 1) Pure metals, 2) Biodegradable alloys, 3)
Biodegradable metal composites (Fig. 6) (Francis et al., 2015). Among BMIls, Mg, Fe
and Zn based implants are widely investigated in recent years. These groups of
implants are also known as smart implants. The most important problem of this
generation is controlling the corrosion rate and maintaining of mechanical integrity in
healing period of host tissue (Lévesque et al., 2008). Mg and Fe-based implants show
good mechanical properties as a hard tissue implants. However, Mg-based materials
high corrosion rate and Fe-based very low corrosion rate limited their application as
biodegradable implants. Thus, degradation rate of pure Mg should be improved to use

as biodegradable metal implants (Peuster et al., 2006; Lévesque et al., 2008).
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Figure 6: Classification of biodegradable metal implants

1.3.1 lIron-based Biodegradable Implants

Fe-based biomaterials show mechanical properties similar to stainless steel
which is used as an inert biomaterial (Table 2). Also, its high modulus of elasticity
makes it a good candidate for using as a stent (Moravej et al., 2010; Cheng and Zheng,
2013). Additionally, high ductility can be helpful during implantation of Fe-based
stent. However, high corrosion resistance of Fe-based implants is a limitation. The Fe-
based stents can remain in the blood-vessel for 20 months after surgery so it behaves
like permanent stents (Moravej et al., 2010; Cheng and Zheng, 2013). Another
limitation of this generation is their ferromagnetic properties. Mechanical properties,
corrosion rate and ferromagnetic properties of Fe-based implants can be improved by
alloying, surface modification and heat treatment (Cheng and Zheng, 2013). The
common surface modification methods are: 1) Chemical treatment, 2) Powder

metallurgy, 3) Electroforming and 4) Inject 3D printing.

12



Table 2: Mechanical and corrosion properties of iron based implants (Moravej et al.,

2010; Cheng and Zheng, 2013)

Composition Manufacturing | Ultimate Tensile | Corrosion Rate
Method Strength (MPa) (mm/year)
Pure Fe Cast - 0.008
Pure Fe Annealed 205 0.16
Pure Fe Electroformed 423 0.85
Fe-30Mn Cast 366.7 0.12
Fe-30Mn-6Si Cast 433.3 0.29
Fe-35Mn PM 430 0.44

1.3.2 Magnesium-based Biodegradable Implants

Mg and its alloys differ from other biomaterials by presenting compatible
mechanical and physical properties to human bone. Their densities and elastic modulus
are fairly close to each other which remove elastic mismatches between implants and
the bone (Chen et al., 2014; Dorozhkin, 2014). The large difference between elastic
modulus can cause the failure of implants called as stress shielding, and subsequently
implant loosening (Willbold et al., 2015). Furthermore, Mg is naturally present in bone
composition and it is a necessary metal for the metabolism (Saris et al., 2000).
However, the fundamental problem of Mg-based implants is their low corrosion
resistance showing fast and unexpected degradation behavior within a living system
(Fig. 7). Researchers have been trying to enhance the corrosion resistance and to offer
an industrial projection of biodegradable implants. Furthermore, it can be said that
Mg-based biodegradable implant will shift the direction of medical sector in near

future as their commercial products start to appear in the market.
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Figure 7: Problems faced and solutions for Mg-based biodegradable implants

To reveal the potential impact of Mg-based biodegradable implants, a
comparison between two types of implants will be useful. An elderly person who
suffers from bone fracture or damage will be hospitalized twice for insertion and de-
insertion, if a non-degradable implant is used. Only one surgery will be needed, in case
of biodegradable implants, owing to their absorption after healing process. Each
surgical operation implies risk of infection especially for elderly people and can result
in fatality. Prolonged hospitalization also increases the risk of health problems and
negatively affects the patient’s psychology.

The most important drawback of pure-Mg as a biomaterial is its low resistance
to corrosion. The corrosion resistance of Mg alloys has been tried to improve their
corrosion resistance (Park and Bronzino, 2002; Quach et al., 2008; Willumeit et al.,
2011; Lietal., 2012). For example, the non-soluble toxic oxide of Mg based implants,
which is production of corrosion in vivo condition, can be taken out of body with urine.

There are many investigations on different commercial Mg alloys with
biomedical purposes after casting and extrusion. Also in addition to commercial Mg

alloys, Mg alloys with different elements are produced under laboratory condition and
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effects of participated elements on mechanical properties, corrosion and cell behavior
have been investigated. The studies in the literature on these two different groups are
discussed below. Furthermore, Mg is required to improve and replacement of the bone
itself continuously. Thus, Mg alloys show great potential for application as
biomaterials due to their properties such as light weight, biodegradability, strength
under load and the natural decay in a period of 3-4 months in in-vivo condition which
is a perfect time for the integration of bone tissue (Witte et al., 2005). However, pure
Mg decays very fast, so it is not able to provide necessary mechanical integration
during healing of bone tissue (Witte et al., 2005). Therefore, it has been becoming
increasingly important to examine Mg alloys and protective coating on them.

AZ31 magnesium alloy (3wt% Al, 1wt% Zn) implants were implanted to sheep
hip to investigate different cell behaviors (Willbold et al., 2011). Also, ZK60
magnesium alloy (5.4wt% Zn; 0.5wt% Zr) made by extrusion shows better corrosion
resistance than the same alloy obtained by casting (Gu et al., 2011). In addition, this
alloy showed corrosion behavior similar to AZ91, AM50, AZ31 and WE43 alloys (Gu
et al., 2011). The effect of grain size in in-vitro degradation behavior of AZ91 Mg
alloys has been studied and it was proved that the grain size has no significant effect
on degradation behavior (Kannan, 2010). In a study investigating WES54 alloy, this
alloy showed higher corrosion resistance than pure Mg (Walter and Kannan, 2011).
However, this value is lower than the corrosion resistance of AZ91 alloy (Walter and
Kannan, 2011). The fatigue resistance of WE43 and AZ91D alloys was measured in
synthetic body fluid: AZ91D had a ductile behavior while WE43 was brittle in
synthetic body fluid (Peng et al., 2010; Witte, 2010). The different compositions of
Mg alloys (Mg-Ce, Mg-Ca, Mg-Li, Mg-Ti, Mg-Pb-Bi, Au-Cu-Mg, Mg-Cd, Mg-Y and
Mg-Zn) their production methods, corrosion behaviors and mechanical properties
were investigated previously (Park and Bronzino, 2002; Kannan, 2010; Peng et al.,
2010; Witte, 2010). It was proved that Li increased the ductility and formability of
Mg. Because it transformed the hexagonal close packed structure of Mg to the body
centered cubic structure. Addition of Y improves the corrosion resistance and

mechanical properties of Mg (Peng et al., 2010; Peng et al., 2011). Hydroxide coating
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by anodization on the surface of Mg-3.9Y-2.1Nd-0.51Zr alloy increased its corrosion
resistance (Quach et al., 2008).

Mg-Li alloys are candidates for future cardiovascular stents due to their good
ductility values. However, the presence of Mg-Li binary alloys decrease their
mechanical strengths because of the Li. Zhou et al. improved the mechanical properties
of this alloy by addition of Al and rare earth (RE) elements (Zhou et al., 2013) . They
proved that the microstructure of alloy was changed by increasing the Li content from
3.5 to 8.5 wt. %. The addition of Al improves the tensile strength of this alloy through
solid solution strengthening. However, alloying of Mg with RE elements decreases its
corrosion resistance due to the presence of intermetallic phases (Zhou et al., 2013).

It was proved that RE elements such as La and Gd improve corrosion resistance
of biodegradable Mg alloys. However, good biocompatibility of the elements released
by Mg alloys during degradation is essential for their use in an implant (Grillo et al.,
2014). It was showed that mechanical properties of Mg alloys were improved by the
addition of RE elements due to the formation of metastable RE containing phases
along the grain boundaries (Liu et al., 2009; Grillo et al., 2014). Gd higher than 10%
increases the mechanical strength because of noble behavior of Mg5Gd precipitated in
grain boundaries. Moreover, for Mg alloys containing 15% Gd, an increase in
corrosion rate was observed. Addition of La to Mg alloys improves the corrosion
resistance by forming a passive film (Grillo et al., 2014). However, there is no in-vitro
or in-vivo investigation present on this alloy, which shows the lack of studies in this
subject.

Ca increases the strength and corrosion resistance of Mg alloys and decreases
the grain size of the alloy. Mg-Ca alloys containing different amounts of Ca are made
and it was proved that Mg alloy containing 0.6 wt. % Ca gives better results in terms
of corrosion and mechanical properties than Mg alloys with other Ca compositions
(Zhang et al., 2011). Increasing the amount of Ca causes the formation of Mg2Ca
phase which diminishes the compressive strength, bending strength and lowers the

corrosion resistance (Zhang et al., 2011).
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Addition of Zr reduces the grain size of Mg which results in improved ductility,
smoothened grain boundaries and enhanced corrosion resistance. The ability to absorb
huge loads of 1wt% Zr-Mg alloy is better than that of pure Mg (Ramsden et al., 2007).
Also, Zr shows good biocompatibility in vivo, low ionic cytotoxicity and an
osteocompatibility similar to Ti. Gu et al. proved that Zr higher than 5% led to
unalloyed Zr phase in the alloy (Gu et al., 2011). Unalloyed Zr phase led to a decrease
in corrosion resistance so subsequently result in poor biocompatibility (Li et al., 2012).
As a result, the recommended content of Zr in Mg—xZr-ySr alloys is below 5% (Li et
al., 2012). It was proved that the addition of Ca and Zr to Mg-based implants improves
osseointegration rate and implant stabilization in host tissue (Mushahary et al., 2014).
Mushahary et al. coated the Mg-5Zr-Ca alloy with type-1 collagen (Mushahary et al.,
2014). They demonstrated that coating of the Mg alloy increases the surface energy
and hydrophobicity of this alloy (Mushahary et al., 2014).

It was reported that Sr has a high Mg alloying efficiency and refines grain size
in Mg alloys (Li et al., 2012). Additionally, Sr increases the compressive strength,
improves biocompatibility and bone formation. However, Sr > 5% in Mg-Zr-Sr alloys
leads to Mg17Sr2 phase precipitation in the grain boundary and this intermetallic
phase decreases the corrosion resistance. Thus, the level of Sr should be less than 5%.
Sr enhances the replication of preosteoblastic cells, and stimulates bone formation.

Previous studies showed that Al has a positive effect on degradation and
mechanical properties of Mg alloys. Also, it was proved that Al containing alloys
(AZ31, AZ91, LAE442) have acceptable host responses and Al in limited
concentrations can be used as an alloying element for Mg alloys as a biomaterial.
Willbold et al. proved that Al does not diffuse into surrounding tissue at the
degradation stage (Willbold et al., 2015). Also, Witte et al. showed that low amount
of Al released during the degradation can be tolerable (Witte et al., 2007).
Investigation exhibits that addition of Al up to 3% improves the corrosion resistance
and mechanical properties of Mg alloys but addition of Al more than 3% has negative

effect on their corrosion resistance (Homayun and Afshar, 2014).
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In addition to hard tissue implants, Mg alloys (ZW21) are used as a
biodegradable stent for the purpose of treatment for a certain period of time, so Mg
alloys are an alternative for 316L stainless steel which is used as a permanent implant
(Geis-Gerstorfer et al., 2011; Moravej and Mantovani, 2011). Mg based stents are
coated with biodegradable polymers such as PLGA or PLLA to decrease
biodegradation rate of the stent (Moravej and Mantovani, 2011). Also, two different
Mg alloys (AE21 and WE43) which were implanted to pig’s vessel (in-vivo) with
temporary condition and biodegradability properties were examined over a period
close to 3 months (Hermawan et al., 2010).

The resistance of Mg to biodegradability was increased as a result of the
production of a HA-Mg composite (Witte et al., 2007). In addition, osteoblast cells
proliferated on the composite surface (Witte et al., 2007). For Mg-Zn-Mn-Ca alloy
surface coated with calcium phosphates and calcium silicate composites, the adhesion
and proliferation of osteoblast cells are improved (Du et al., 2011). In another study,
the corrosion rate of pure Mg was decreased by coating the surface with protein in the
growth medium (Willumeit et al., 2011).

1.3.3 Mg-Al Alloys

Al improves mechanical strength of Mg by solid solution strengthening due to
high solubility of Al in Mg. The solubility of Al is in the range of 12.7 wt.% at eutectic
temperature which results in the formation of a-Mg and y-Mgi7Al12 phases in matrix
and the minimum solubility is around 2 wt.% at RT (Li et al., 2012; Chen et al., 2014).
Among the commercial Mg-Al alloys, AZ91 shows good castability, machinability
and acceptable corrosion resistance (Bamberger and Dehm, 2008). For AZ91 alloy,
four phase can be seen which are: divorced eutectic a-Mg, primary a-Mg, divorced
eutectic B-Mgi7Al2 and precipitate B-MgizAl2 (Li et al., 2012). Previous studies
proved that Mgi7Al1 is a brittle phase so the plastic deformation of Mg-Al alloys can
affected by morphology, distribution, size and amount of this phase (Li et al., 2012).
Li et al. showed that formability of AZ91 alloys is improved by fine grain size (around
100pum) and homogeneous distribution of B-Mgi7Al12 in a-Mg (Li et al., 2012). High
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mechanical properties were obtained by homogenization of as cast AZ91 at 380°C for
15h (Li et al., 2012).

It was proved that corrosion behavior and mechanical properties of Mg-Al alloys
were improved by grain refinement (Mostaed et al., 2014). In this mechanism, grain
size of second phases is decreased and distributed homogeneously (Mostaed et al.,
2014). Wen et al. investigated the effect of Al amount on corrosion behavior of Mg-
Al based alloys (Wen et al., 2009). Corrosion resistance of Mg-Al alloys in SBF
solution is increased by increasing the Al amounts up to 9% (Wen et al., 2009).

Previous studies proved that amount of Al in a-Mg(Al) phases and
microstructure have significant effect on corrosion rate of Mg-Al alloys. AZ91D
shows lower corrosion rate than AZ31 and AZ61 due to homogeneous and continuous
precipitation of B-Mgi7Al12 along the grain boundaries (Wen et al., 2009). Also, the
depth of pits in AZ61 is higher than that of AZ31 because of the formation of more
AlgMns and B-Mgi7Al12 (Wen et al., 2009).

1.3.4 Degradation Mechanism of Mg-based Implants

Mg and its alloys degrade through a corrosion process which is an
electrochemical reaction (Zheng et al., 2014). The products of this electrochemical
reaction are oxides, hydroxides, hydrogen gas and etc. Corrosion mechanism of Mg

can be explained as follows:

Mg — Mg?* + 2¢” (Anodic reaction) 2)
2H,0 + 2e"— Hz + 20H"  (Cathodic reaction) 3)
2H,0 + O2 + 4e- — 40H"  (Cathodic reaction) 4)
Mg?* + 20H" — Mg(OH),  (Product formation) (5)

The negative difference effect phenomena is observed in Mg corrosion because
of high amount of hydrogen gas evolution during anodic reaction. The speed of
cathodic reaction declines as a result of this phenomena. Corrosion rate of Mg during

anodic reaction is higher than cathodic reaction because of a moderately protective
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layer formation during cathodic reaction. However, these protective layers are not
strong enough and break down before starting of anodic polarization.

Mg and its alloys show unpredictable behavior in physiological environment due
to presence of proteins, amino acids and numerous ions (Sanchez et al., 2015).
Dissolution rate of Mg and its alloys changes due to adsorption of proteins, amino
acids and lipids over the implant surface (Fig. 8) (Yamamoto and Hiromoto, 2009;
Zheng et al., 2014). Also, formation of Mg(OH). protective layer over the surface of
Mg-based implants has significant effect on corrosion rate. However, the high
concentration of chloride ions in physiological environment break the Mg(OH):
protective layer which leads to pitting corrosion. Mg(OH)2 protective films react with
chloride ions and produce moderately soluble MgCl. (Willumeit et al., 2011; Zheng et
al., 2014). It was reported that MgCl> is biocompatible and doesn’t show any toxic
reaction in body (Zheng et al., 2014). Moreover, alkalization and the high
concentration of calcium and phosphates in biological environment lead to calcium
phosphate precipitation on the surface of Mg(OH)2 (Zheng et al., 2014).

Environmental factors such as buffering system, inorganic ions, organic
molecules, dissolved oxygen and stress have significant effect on biodegradable
behavior of Mg-based implants (Zheng et al., 2014). Presence of organic anions such
as ClI" and SOs* negatively affected the corrosion rate of Mg in physiological
environment. Cl- and SO4% are aggressive for Mg-based implants and break down
protective film on the surface of implant. However, presence of cations and anions
such as Ca?* and PO4%, and COs* decreased the corrosion rate of Mg by formation of
phosphate and carbonate protective layers (Zheng et al., 2014).

The presence of buffering agents such as HCI-Tris and Hepes which are used to
neutralize pH value of simulated body fluid, accelerate corrosion rate of Mg-based
implants by consuming OH™ ions (Zheng et al., 2014). Thus, consumption of OH"ions
leads to a decrease in corrosion product formation and an increase in corrosion rate. In
contrast, protein (Fetal Bovine Serum) adsorption on the surface of Mg implants

improves the corrosion resistance (Zheng et al., 2014).
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Figure 8: Degradation mechanism of Mg in-vivo (Zheng et al., 2014)

Corrosion behavior of Mg and its alloys is significantly affected by the
microstructural defects such as dislocations and deformation twins (Zheng et al.,
2015). An increase in residual stress as a result of microstructural defect, led to an
increase in corrosion rate (Zheng et al., 2015). The corrosion rate of extruded AZ91 is
increased due to an increase in population of dislocations, twins and grain boundaries.
Also, mechanical stress has considerable effect on corrosion resistance. Corrosion
resistance of Mg-2.65Zn was decreased by increasing the tensile and compressive
loading (Zheng et al., 2015). However, intergranular corrosion behavior is different

under tensile and compressive deformation.
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Four different types of corrosion are likely to occur in physiological environment
(Bauer et al., 2013). Galvanic, fretting, pitting and crevice corrosions are most
common types of corrosion. Galvanic corrosion is caused by the presence of two
metals with different corrosion potential at the same electrolyte. One of the metals acts
as anode and the other one acts as a cathode and make a galvanic couple (Bauer et al.,
2013). Thus, anode metal is corroded due to electropotential difference between two
metals. Probability of galvanic corrosion is high for Mg implant in physiological
environment. Micro galvanic corrosion is commonly observed in Mg alloys due to the
presence of different alloying elements and phases (Liu and Schlesinger, 2009). For
example, presence of a-phase (Mg-Al-Zn), B-phase (Mgi7Al12), Al, Zn, Mg and other
trace elements increase probability of galvanic corrosion in body fluid due to
electropotential difference between phases and dissimilar metals (Liu and Schlesinger,
2009). The galvanic corrosion occurred at micro level because of galvanic couple
formation.

Pitting corrosion is commonly observed in environments with aggressive ions
such as chloride ions in body fluid (Zeng et al., 2006). Pitting corrosion is occurred at
regions adjacent to second phases such as Mgi7Al12 in presence of chloride ions (Zeng
et al., 2006). Fretting corrosion occurs on the contact surfaces of metals. This type of
corrosion causing a mechanical wear should be considered for Mg-based metal
implants (Bauer et al., 2013). The mechanism of crevice corrosion is similar to pitting
corrosion and results in localized corrosion on the Mg implant surface. Micro cracks

can trigger crevice corrosion (Bauer et al., 2013).

1.4 Biological Properties of Mg

Mg is one of the most important element constructed within the human body and
takes place in high number of enzymatic reactions in human body. It was reported that
Mg takes place in synthesis process of protein and nucleic acid, stabilization of plasma
membrane and many other cellular activity (Walker et al., 2014). Amount of Mg in an
average adult human body is around 21-28 g and more than 50% of this amount is

presented in bone tissue. Soft tissues contained 35 to 40% of this content and less than
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1% is sequestered in serum (Walker et al., 2014). Mg element which is sequestered in
bone acts as a reservoir for acute change in Mg levels of serum.

Mg?* bivalent ions play an important role in determining bone fragility. Also, it
is known that Mg?* ion takes place in transformation process of immature bone into a
mature bone. Mg ion content in bone mineral is around 6 mol% but this content
decreases during maturation process of bone. Cartilage and immature bone tissues
contain high concentration of Mg?* ion but this concentration changes depending on
the aging (Walker et al., 2014). Moreover, presence of Mg in bone composition
increases the elasticity of bone (Walker et al., 2014).

Effect of Mg on bone formation was investigated in previous studies. Presence
of Mg has significant effect on osteoblastic cell differentiation (Chaya et al., 2015).
Bone formation around and over degraded Mg implants proved its effect on
accelerating of bone healing (Chaya et al., 2015). Mg degradation led to the release of
Mg?* ions to surrounding tissue which resulted in stimulation of local cells to bone
formation (Chaya et al., 2015). Also, it was proved that the hydrogen gas which is
released during degradation process of Mg and its alloys can be tolerated by human
body. However, high amount of hydrogen gas release can result in complication at
healing period (Chaya et al., 2015). Thus, the corrosion rate of Mg should be controlled
to decrease risk of gas accumulation. The amount of gas cleared from the implantation
site also depends on the implanted region and available blood flow (Chaya et al.,
2015).

It was proved that presence of Zn in composition of Mg alloys besides improving
the mechanical properties and corrosion resistance, increases osteoblastic cell
proliferation because Zn takes part in a wide range of physiological functions such as
the regulation of immune system and enzymatic reactions (Hong et al., 2013).
However, high concentration of Zn resulted in cytotoxic effect in vitro (Hong et al.,
2013). Hong et al. proved ZK40-Mg and AZ31-Mg increase cell proliferation in
comparison to pure Mg (Hong et al., 2013). High concentration of corrosion products
leads to cytotoxic effect in human body due to osmotic shock effect on surrounding
cells (Hong et al., 2013). In another study, Mg implant which is alloyed with different

amount of Al did not show any cytotoxic or neurotoxic effect up to 9 wt.% of Al.
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Moreover, osteoblastic activity was increased with increasing amount of Al up to 9
wt.% so the release of Al ions can be tolerated with human body at small levels (Witte
et al., 2005).

1.5 Designing the Surfaces for Bone Implants

Hierarchical structure of bone should be considered in bone implant designs
(Bauer et al., 2013; Shibata and Tanimoto, 2015). For instance, human compact bone
Is a composite material with a hierarchical architecture from macro-scale to nano-
scale. Human compact bone can be explained as follows. Osteons are fibers with 200
um diameter that are composed of parallel lamellae and pores. The lamellae are built
of fibers which are built from fibrils. Mineral hydroxyapatite and collagen type I
formed a composite at nano-scale. Thus, the wide range of scale should be taken into
account to achieve high grade of compatibility with host tissue (Shibata and Tanimoto,
2015).

There are important factors that should be taken into account to improve
biocompatibility of implants such as corrosion rate, strength, wear resistance,
flexibility or solubility in water (Shibata and Tanimoto, 2015). Moreover, porosity,
cavities or channels at micro scale play an important role in cell proliferation and
ingrowth into the implant (Shibata and Tanimoto, 2015). As explained, individual
surface parameters such as roughness, chemical composition, electrical charge,
wettability and crystallinity perform an important role in terms of compatibility
(Shibata and Tanimoto, 2015). The most important factor to attain a high degree of
compatibility of an implant with host tissue is surface property of the implant. Also,
surface properties have a significant effect on stress shielding, wear resistance and
fatigue failure. Moreover, implant surface is a predominant factor on success or
rejection of implanted material because it is in direct contact with the host tissue
surface.

Surface roughness is a key factor for osseointegration rate and mechanical
fixation of implant to bone (Deligianni et al., 2001). It was proved that surface

roughness at micro-scale range improves the new bone formation rate due to an
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increase in protein adsorption and cellular activity (Deligianni et al., 2001). van Tol et
al. showed that shear strength of bone-implant was increased by increasing surface
roughness from 0.058 to 4.25 um (van Tol et al., 2013). In another study, the bonding
strength was increased (0.38-9.70 MPa) by increasing Ra (0.2-4pum) values
(Scheerlinck and Casteleyn, 2006). Ra values of Mg plates were measured between
5.66 and 6.44 um. Previous studies showed that the optimum surface roughness
improves the bone-implant bonding strength. Renold et al. investigated the effect of
surface roughness on bone-implant integrity for Ti based implants (Renold et al.,
2003). They showed that the best bone-implant integrity was achieved at Ra=3.90 pm
and there is a significant decline in bone-implant integrity by increasing Ra value from
5.07 to 11.03 pm (Renold et al., 2003). In another study, there was a significant
increase in bone cell activity by increasing surface roughness from 0.37 to 3.29 um
(Gittens et al., 2011).

Pore size and pore morphology have a significant effect on cell attachment and
proliferation (Lake et al., 2015). It was proved that pores with hexagonal morphology
increase cell attachment more than pores with spherical shape (Lake et al., 2015).
Also, in-vivo studies showed that the risk of infection decreases by increasing pore
size after implantation (0.1 mm) (Lake et al., 2015). On the other hand, increasing pore
size negatively affected the mechanical properties of implants. Implants show brittle
behavior by increasing the pore size from 100-200 to 350-450 um. Thus, increasing
the pore size declines elastic modulus, shear and compaction strength (Lake et al.,
2015).

Combination of random macro, micro and nano-scale roughness on implant
surface improves the integrity between implant and host tissue (Prodanov et al., 2013).
Roughness on surface of an implant increases the protein accumulation and as a result
improves cell attachment (Prodanov et al., 2013). Thus, mimicking the bone surface
with micro and nano texture may promote osteointegration due to increase in mineral
deposition (Sato et al., 2009). Prodanov et al. manufactured three different pattern
surfaces (150, 300 and 1000 nm) (Prodanov et al., 2013). In vitro results proved that
the best mechanical integrity was achieved on the surface with 300 nm roughness
(Prodanov et al., 2013).
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Branemark et al. modified the Ti surface by using laser technology (Branemark
et al., 2011). It was reported that the rate of new bone formation at contact region
increases due to bone bonding at nano level (Branemark et al., 2011). Also, pore size
has a significant effect on in-vivo behavior of Ti implant. Shear stress was increased
by increasing pore size from 100 to 200 um while by increasing pore size from 200 to
300 um, it was declined (Branemark et al., 2011).

The optimum surface roughness should be found to increase cell attachment but
it is not predominant factor in cell integration (Mirhosseini et al., 2007). The optimum
size for roughness may depend on actual size of cell used in in-vitro studies
(Mirhosseini et al., 2007). Mirhosseini et al. investigated the effect of laser patterning
on cell attachment for Ti6Al4V implant (Mirhosseini et al., 2007). The patterned
surfaces improve 2T3 osteoblast cell growth and uniform cell attachment (Mirhosseini
et al., 2007). While, smooth surface cells accumulate on the implants in region which

is near to the center of seeding (Mirhosseini et al., 2007).

1.6 Aim of the Study

In this study, it is aimed to design, develop, manufacture and validate
biodegradable Mg-based porous bone implant with micro-textured surfaces by using
PM manufacturing method. Box-Behnken design (BBD) was used to define the effects
of manufacturing parameters on material characteristics and optimal parameter values
of process conditions. Response Surface Methodology (RSM) was also used to present
the effects of parameters for further understanding. The main objectives of this study

are:

e Control the corrosion rate of Mg plates by surface modification.

¢ Investigate the effect of different media on corrosion behavior.

e Find a robust and repeatable manufacturing procedure and testing methods to
characterize the material behavior at different manufacturing conditions.

e Investigate the effect of surface structure on biological response.
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CHAPTER 2

MATERIALS AND METHODS

2.1 Mold Designing and Fabrication

A new mold was designed, according to production method used in this study.
The new mold system is seen in Figure 9. A 3D solid mold was designed by using

SolidWorks 2013 program. Technical drawing of mold is shown in Figure 9b.
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Figure 9: 3D image of mold system (a), Technical design (b)

In order to fabricate micro-textured porous biodegradable implant samples using
Mg powders via powder compaction method, first, micro-textured die/mold surfaces
on tools steels (H13) was designed and machined (Fig.10). Purpose of micro surface
design is: improving the cell adhesion on the surface of implant so indirectly decline
corrosion rate of implant. The most important factor which should be taken into

account in designing mold surface is aspect ratio. Low aspect ratio can result in
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decreasing cell proliferation due to not reaching of enough oxygen to cells. On the
other hand, cell attachment decreases for high aspect ratio.

Previous studies proved that optimum surface roughness, porosity and surface
texture should be selected to improve cell attachment and proliferation (Fu and
Soboyejo, 2009). Fu and Soboyejo showed that micro-texture between 10-120 um
increased the cell adhesion on the surface of implant (Fu and Soboyejo, 2009). Also,
porosity play an important role in cell attachment, proliferation and bone-implant
integrity (Fu and Soboyejo, 2009).

In mold surface design, aspect ratio was selected as 5/4 due to reasons mentioned
above (Fig. 10b). Opening between micro-textures is 200 um while the maximum

depth is 160 pm.

(a) (b)

Figure 10: Mold used in surface modification; Image of mold (a), Schematic design
of mold

2.2 Design of Experiment

Design of experiment (DOE) is a branch of statistic which is used in
experimental studies to 1) planning, 2) executive, 3) collecting results and 4)
explication. The variables that have an impact on the results or set of variables and
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interactions between them can be determined by DOE (Montgomery, 2008). The most
important feature of DOE is reduced number of experiments which provides more
accurate results. Thus, the impact of variables on results can be determined more
accurately and precisely with fewer number of experiments.

Box-Behken DOE method is used to evaluate effect of variables and test
condition on results more precisely and reduce the number of experiments. This
method has a pattern in which the assay varies according to factor number and level.
The DOE with 3 variables and 3 level used in this study is shown in Figure 11. Level
of variables are shown with ‘-1°, ‘0’, and ‘1’. The smallest value is expressed by ‘-1’
while ‘1’ is responsible to largest value. The main difference of this method with full
factorial method is the combination of selected experiments done instead of entire

probabilities. Thus, this method helps to save time and materials.

Experiments Varisbics
X1[Xo [ X5
1 -1[-1]0
2 -1{1]0
3 11-1]10 % 0
4 1 110
5 -1 0] -1
6 -1 0] 1
7 1]10]-1
8 1101
9 0|-1]-1 O o//.) ‘o)
10 0[-1]1
11 011 % .
12 0|1 1 -
13 0[]0] 0
14 0]0] 0
15 0[0]0

Figure 11: Box-Behken design of experiment

Impact of different variables (Compaction pressure, compaction temp., sintering
temp., sintering time and aging, etc) was investigated during feasibility study.
Compaction pressure, sintering temperature and time were selected among other
parameters due to their significant effect on properties of final product. The variables

and their levels are shown in Table 3.
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Table 3: Variable levels of Box-Behken DOE

Variables . Varlablg Levels .
Compaction
Pressure (MPa) 150 200 250
Sintering Temp. 380 400 0
(W(®)
Sintering Time
(min) 60 180 300

The effect of compaction pressure, sintering temperature and time on corrosion
rate, porosity and bending strength were investigated. The combination of the
variables in each experiment is presented in Table 4.

The effective variables are selected by consideration to results which are
obtained from porosity, corrosion rate and bending strength and new design of
experiment by using full factorial method. Thus, the further and precise statistical
analysis may be done by reducing the number of variables. The full factorial DOE is
shown in Table 5. The compaction pressure was selected as 250 and 300 MPa to
increase corrosion resistance and mechanical strength of manufactured samples. Also,
Mg plates with two different surface morphology (smooth and micro-textured) were
selected to investigate the effect of surface modification on cell attachment and
differentiation. Additionally, effect of sintering time on porosity is investigated.
Compaction and sintering temperatures were constant for all of the samples which
were manufactured by using full factorial method. Table 6 shows the experimental

conditions used in cell culture experiments.
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Table 4: The 3 variable and level Box-Behken experimental design

Variables
No. Compaction Sintering Temp. | Sintering Time
Pressure (MPa) (°C) (min)
1 150 400 60
2 150 400 300
3 250 400 60
4 250 400 300
5 150 380 180
6 150 420 180
7 250 380 180
8 250 420 180
9 200 380 60
10 200 420 60
11 200 380 300
12 200 420 300
13 200 400 180
14 200 400 180
15 200 400 180
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Table 5: Full factorial design of experiment

Variables Variables Level
P1: Compaction
250 (-) 300 (+)
Pressure (MPa)
P2: Surface Smooth (-) Textured (+)
P3: Sintering Time
_ 60 (-) 180 (+)
(min)

* (1) Sintering Temperature: 380°C, (2) Compaction Temperature: 150°C

Table 6: Full factorial design for cell culture tests

# P1 P2 P3
C1l + + +
C2 - + -
Cc3 + - +
C4 + - -
Cc5 - + +
C6 - + -
Cc7 - - +
c8 - -

Variance analysis (ANOVA) statistical method was used to investigate impact
of variable used in full factorial DOE method on biocompatibility and cell behavior.
The significance of variables to consider their impact on the cell behavior can be
understood accurately by variance analysis. Also, the effect of variables on each other

can be determined by using this method (Ahmed and Rashed, 2014). In all statistical

analyzes, o = 0.05 significance level (95% confidence interval) was used.
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2.3 Powder Metallurgy

2.3.1 Powder Compaction and Surface Modification

Mg-AZ91 powders are compacted in order to create the desired surface structure
and obtain adequate mechanical strength. Powders are compacted according to design
of experiment which is explained before. DARTEC universal tension and compression
system with maximum capacity of 600 kN was used in compaction of the samples
(Fig. 12). The machine was controlled by a computer based system during loading.

1.FE |

Figure 12: Dartec universal testing machine and control unite

System which is used in micro-deformation procedure is shown in Fig 13. Also,
compaction mold and temperature control unit are seen in Fig. 13. Compaction mold
is made of three different parts which are: support reservoir, upper and lower molds.
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Figure 13: The die system used in surface modification

The temperature control unit was used to heat and stabilize temperature during
compaction procedure. The mold temperature control with two k-type thermocouples
which are able to measure temperatures in the range of -110 and 1300°C. Moreover,
upper and lower modes were heated by two resident chamber and these chambers are

controlled by a temperature control unit (Fig. 14).

Figure 14: Controlling unit of heating chambers
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The support reservoir was located into lower mold before starting of compaction
stage. Then, by adjusting the height of mold powder is poured into the mold and upper
mold is located over the powder. Finally, the mold was heated by using temperature

control unit and load was applied.

2.3.2 Sintering of Green Compacts

Main purpose of sintering is improving the mechanical properties of green
compacted plates. Powder particles are mechanically bonded during compaction
process but sintering provides activation energy to diffusion of particles, participation
of metallic or intermetallic phases and rearrangement of crystallographic structure
(Fan et al., 2013).

The factors should be taken into account in sintering process are: 1) sintering
temperature (supply enough activation energy), 2) sintering time, and 3) sintering
environment (Jabur, 2013). These factors have momentous effect on mechanical
properties of compacted materials.

Sintering temperature was selected by consideration to Mg-Al binary phase
diagram (Fig. 15). Solid solution sintering method was selected for the sintering of
green compacted plates. Sintering temperature of AZ91D-Mg alloy must be selected
in the range of 330 and 520°C to have successful sintering process. Three different
sintering temperatures (380, 420 and 480°C) were selected to explore effect of
sintering temperature on mechanical, crystallographic properties and corrosion
behavior of AZ91D-Mg alloy.
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Figure 15: Mg-Al binary phase diagram (Liang et al., 1998)

Green compacted plates were sintered in a MTI quartz tube furnace (GLS-
1200X, MTI, USA) with a maximum heating capacity of 1200°C and heating rate of
10°C/min (Fig. 16). Furnace was controlled by a computerized controlling unit. Plates
were sintered at 380, 400 and 420°C for 60, 180 and 300 minutes. Sintering
environment was 95% N2 + 5 H which provides an inert atmosphere and significantly
decreases the oxidation risk. It is known that Mg is a highly active element and
sintering environment must be controlled to prevent alloy from oxidation. Effect of
sintering parameters on physical and mechanical properties of AZ91D-Mg was
investigated in this study.
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Figure 16: Sintering quartz tube furnace

2.4  Structural Analysis

2.4.1 X-Ray Diffraction (XRD)

Phase analysis of as received powder and sintered powders was done by XRD
(Rigaku Ultima-1V). XRD was performed on the samples with Cu-Ka radiation at 40
kV/40 mA. Samples were scanned from 20 to 90 with 26 angles with a scan speed of
2.0°/min. Results obtained from XRD were compared with Joint Committee on

Powder Diffraction Standards (JCPDS) in order to determine the possible phases.

2.4.2 Particle size and Size Distribution

Particle size and size distribution were defined by a particle sizer machine
(Malvern Instruments Ltd., Worcestershire, UK). There are many methods which are
used to determine particle size and distribution. Mie theory is one of the most used
methods. In this method, beams are scattered from solid or some of liquid objects and

the relationship between grain size and scattering angle is defined.
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2.4.3 Scanning Electron Microscopy

SEM analysis (QUANTA 400F, FEI Ltd., Oregon, USA) was done for as
received powders and samples after sintering to investigate powder morphology and
formation of micro-texture on the surface of samples. Also, SEM-EDX was applied
for elemental analysis of implant surfaces after immersion and electrochemical test.

Moreover, cell morphology was investigated by SEM.

2.4.4 Surface Area Analysis

Brunauer-Emmett-Teller (BET) method was used to calculate specific surface
area of as-received powder and compacted plates. Specific surface area of material
was measured by consideration to physical adsorption of gas molecules (such as
nitrogen) on the surface of material. BET analysis was conducted at 150°C for 1 hour
under nitrogen environment by Autosorb-6 surface characterization machine

(Quantachrome Corporation, USA).

2.4.5 Confocal Microscopy

Surface topographies of the insert and Mg alloy discs were displayed by
employing confocal laser scanning microscopy in order to verify the applicability of
intended surfaces to manufacture. Surface roughness parameters were measured and
compared to the surface of the insert. Four different parameters used to display surface
parameters (Fig. 17) and the meaning of parameters are presented in Table 7. Images
and surface roughness parameters were captured by a Zeiss Laser Scanning
Microscope (LSM 510, Zeiss GmbH, Germany).
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Figure 17:Schematic of surface roughness (Kumar et al., 2014)

Table 7: Explanation of parameters used in confocal microscopy (Kumar et al.,
2014)

Symbols Explanations

R The integral of absolute value of surface profile roughness. It is
a . o :
obtained by dividing scanning area to L

Rt Sum of the maximum depth and height in their entire length
measured

Rv Maximum depth in surface profile

Rp Maximum height in surface profile

2.4.6 Relative Density

Density of AZ91D-Mg plates was calculated by dividing the mass by volume (p
= m/v). Relative density of plates was calculated by dividing apparent density to
theoretical density of AZ91D-Mg plates (1.82 g/cm®) (Yamada et al., 1999). The effect

of manufacturing parameters on relative density of plates was investigated.
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2.5 Mechanical Test

2.5.1 3-point Bending Strength

3-point bending test is used for mechanical characterization of sintered plates.
Fig.18 shows a schematic of 3-point bending test. Three-point bending tests were
conducted using a universal testing machine (LS 500, Lloyd Instruments, UK). An
adjustable gauge with a 2.5kN capacity was used as a measurement device. Force was
applied to the middle of the samples and a computer controlled the data acquisition
system during experimentation. The bending strength values in MPa are calculated by

the following equation.

o = (3FI) / (2bh2) (6)

Where F is the fracture force in Newton; | is the test span (the distance between
supporters) in millimeters; b is the width of the specimen in millimeters; h is the

thickness of the specimen in millimeters.

Supporting

bar

Figure 18: Schematic presentation of 3-point bending system
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2.6 Corrosion Analysis

2.6.1 Electrochemical Tests

Electrochemical tests were conducted by using a three electrode cell system.
Saturated calomel was used as a reference electrode while auxiliary electrode was
graphite (Fig.19). Electropotential difference between reference electrode and working
electrode was measured by using Potentiostat and data was analyzed by using a
computer program. Potentiostat must be calibrated before each test. System was
calibrated by using a calibration box which is a smart electronic brain. Crocodile
connected to this box then calibration started to remove noise and standardizing of

system which will able to compare data with previous studies.

e
|

Potentiostat

Computer

N A [

A: Auxiliary electrode
B: Working electrode
C: Reference electrode

Figure 19: Schematic design of electrochemical analysis

Stabilization voltage range was determined by using Potentiodynamic tests in
electrolyte (Table 8). Open circuit test was applied for 1h before starting of

Potentiodynamic test which was used in determination of corrosion potential.
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Electrochemical scan was performed between -800 mV and 1000 mV with a scanning
rate of 0.1667 mV/s. Curves obtained from electrochemical test were compared and
Tafel analyzing was applied to determine of corrosion rate of samples. Corrosion
resistance was calculated by a software supplied by Gamry instruments. A three
electrode cell system (Interface 1000, Gamry Instruments, USA) composing of
working electrode, auxiliary electrode and reference electrode was used for
electrochemical evolution of the samples. The working electrode (Mg plate) was
coated with a dielectric polymer and just 1 cm? of working electrode was exposed to
electrolyte. Samples were gently washed with deionized water and 99.9% alcohol,

dried at 37°C at the end of the electrochemical tests.

Table 8: Chemical composition of solutions used in electrochemical tests (Gu et al.,

2011)
[0)
Composition Hank Solution | DMEM(L) DMEMF(;); (e
NaCl 136.75 109.4 109.4
KCI 5.37 5.37 5.37
CaCl, 1.85 1.8 1.8
NaHCO3 3.15 44.05 44.05
K2HPO4 0.42 - -
NaH2PO4 0.65 1.04 1.04
MgSO4 0.81 0.81 0.81
Glucose 5.55 5.55 5.55
Amino Acid — 11.01 11.01
Fetal bovine B B 10%
serum
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2.6.2 Immersion Tests

Immersion test is used to investigate degradation behavior of materials. There
are two types of immersion test which are static and dynamic. In both of these methods,
the solution concentration and immersion time have significant effect on corrosion rate
(Boland et al., 2013).

The simulated body fluid (SBF) was prepared in order to use in immersion test.

The SBF was prepared according to Table 9.

Table 9: Simulated body fluid (SBF) (Zafari et al., 2014)

Chemical Weight (g I'Y)

1 NaCl 8.035
2 NaHCOs3 0.335
3 KCI 0.225
4 K,HPO4.3H,0 0.231
5 MgCl,.6H.0 0.311
6 CaCl; 0.292
7 N2;SO0z 0.072
8 Tris

(HOCH2)sCNH2 228

SBF preparation procedure was carried out according to the following seven

items.

1. Plastic containers with a smooth surface is preferred in the solution
preparation. The glass containers are not preferred because any scratch on the
surface of glass leads to apatite precipitation.

2. The reagent solution was added simultaneously.

3. The SBF temperature was maintained at 37 + 0.5°C throughout the preparation.

4. Tris was added after solution of other 6 reagents.
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5. The pH of solution was adjusted to 2+0.1 before starting the addition of Tris.
The pH is gradually raised to 7.45 by addition of tris to solution.

6. The addition of Tris was stopped after raising the pH to 7.45 + 0.01 level. The
pH of solution was dropped to 7.42 + 0.01 by addition of 1M HCI.

7. The remaining Tris and HCI were added to solution gradually to keep the pH
level between 7.45 +0.01 and 7.42 + 0.01.

Fabricated samples were immersed in SBF for 8 days. SBF was renewed every
two days and then the samples were washed with distilled water and dried before
weighting. The corrosion rate was calculated according to following formula:

Veorr = (Mo - Ml)/(St) (7)

Where: M, is weight before immersion, My is weight after immersion, S is
surface area and t is immersion time.

Also, the morphology of corroded samples was investigated by using SEM.
EDX was used to determine apatite precipitation on the surface of plates.

2.7 Cell Culture Studies

2.7.1 Cell Proliferation

h-FOB (Human Fetal Osteoblastic) cells were seeded on AZ91D-Mg plates
which were designed according to full factorial DOE method. Plates were sterilized
with 25 kgray gamma irradiation before seeding. The h-FOB cells were grown in
DMEM/HAM’s F12 (Gibco Life Technologies, UK) with 15% fetal bovine serum
(FBS) (Merck Millipore, Germany) and 0.1% penicillin-streptomycin (Merck
Millipore, Germany). The initial cell seeding density was 30000 cells/cm?. Cells were

incubated on AZ91D-Mg plates for three different time periods: 1, 3 and 7 days at
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37°C under 5% CO- humidified environment in a carbon dioxide incubator (5215, Shel
Lab., USA) and the medium was refreshed every 2 days.

Proliferation of the cells on the plates was investigated by Presto Blue (Life
Technologies, UK). The cell seeded plates for each time point are incubated at 37°C
under 5% CO2 humidified environment for 23 h after adding presto blue. The
absorbance of samples were measured by a pOuant™ microplate spectrophotometer
(Biotek Instruments Inc, USA). The excitation and reference wave lengths are 570
and 600 nm for presto blue, respectively.

The absorbance values were normalized with using the values obtained from
excitation with reference wave length. The percent reduction of presto blue was

calculated to determine percent of alive cells according to following formula:

PrestoBlue reagent percent reduction (%) = (((02*Al) — (O1*A2))/ ((R1*N2)-
(R2*N1)))*100 (8)
Where:

O1 is molar extinction coefficient of oxidized presto blue reagent at 570 nm

02 is molar extinction coefficient of oxidized presto blue reagent at 600 nm

R1 is molar extinction coefficient of reduced presto blue reagent at 570 nm

R2 is molar extinction coefficient of reduced presto blue reagent at 600 nm

Al is absorbance of test wells at 570 nm

A2 is absorbance of test wells at 600 nm

N1 is absorbance of media only wells at 570 nm

N2 is absorbance of media only wells at 600 nm

2.7.2 Morphology of Cells

The morphology of h-FOB cells seeded on AZ91D-Mg plates was analyzed by

SEM (QUANTA 400F, FEI Ltd., Oregon, USA) after 1 and 7 days. Cells must be fixed

before SEM analysis. The medium was removed and the plates were soaked in 2.5%

glutaraldehyde for 2 h. following to this step, the plates were rinsed with cacodylite
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buffer (0.1M pH:7.4) and dehydrated with increasing ethanol-deionized water solution
series (30, 50, 60, 70, 80, 90 and 100%). In the final step, the plates were immersed
in hexamethyldisilazane (HMDS) for few seconds and dried to obtain better resolution.

The plates were coated with Au-Pd with a thickness of 10 nm just before SEM.

2.7.3 Confocal Microscope Analysis of Cells

The morphology of h-FOB cells seeded on AZ91D-Mg plates was analyzed by
laser scanning confocal microscope (Zeiss LSM 510, Zeiss Itd., Germany) after 1 and
7 days. The cells were fixed and stained by phalloidin-FITC (Life Technologies,
Thermo Fisher Scientific, USA). The stock solution of phalloidin-FITC was prepared
in methanol or DMSO at 0.1-5 mg/ml. The seeded plates were washed with PBS and
then fixed with 4% formaldehyde for 10 min. Following to this step, plates were
soaked to PBS and dehydrated with 0.1% Triton X-100 in PBS for 10 min and washed
with PBS after dehydration step. The staining of cells should be done in dark room.
The seeded cells were stained with phalloidin-FITC (50 pg/ml) at room temperature

for 40 min. In final step, the stained cells must be washed with PBS for three time.

2.7.4 Alkaline Phosphate Assay (ALP)

h-FOB cells were seeded on AZ91D-Mg plates with a seeding density of 30000
cells/cm?. The seed plates incubated for 3 different (1, 5 and 10 days) time periods.
The cells were grown in differentiation medium which composed of DMEM/HAM’s
F12 with 15% FBS, 0.1 % penicillin-streptomycin, 50ug/ml ascorbic acid, 10 mM -
glycerophophate and 10-8 M dexamethasone. The differentiation medium was
renewed every 2 days. The cells seeded on the plates were lysed with 600 ul of 0.1%
Triton X-100 (composed of 0.1% w/v sodium azide and 1% protease inhibitor) in PBS
on ice. The lysed cells were kept on ice for 60 min and then thawed. The collected
lysates diluted with differentiation medium and then 20 pl of the diluted solution added
into 100 ul p-nitrophenyl phophate (pNPP) substrate solution and incubated at 37°C

for 1 h under 5% CO2 humidified environment. pNPP was converted into p-
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nitrophenol and an inorganic phosphate due to the intracellular ALP enzyme activity

during incubation period. The reaction is represented in Figure 20:

p-nitrophenyl phosphate — . p-nitrophenol + phosphate

Alkaline Phosphatase >

(o]
il i
02N~©~O~?—06®Na +H,O ——M 02N—~Q0H + O:P—OeeNa
|
! / :
D @
Na Na

p-nitrophenocl product with yellow color development
monitored at 405nm

Figure 20: Reduction of p-nirophenyl phosphate to p-nitrophenol (Lozzi et al., 2008)

puOuantTM microplate spectrophotometer was used to read the absorbance of
each lysate at 405 nm. According to calibration curve which is constructed in the range
of 25-250 uM (Appendix). Protein content of each sample was used to normalize its
ALP activity. The specific ALP activity was stated as nmol/pg protein/min. For this
procedure, the substrate solution was prepared by mixing 1ml of copper sulfate
solution (2 g cupric sulfate in 50 ml water) with 50 ml of BCA reagent. 50 ul of each
cell lysate was added into 1 ml of copper sulfate-BCA mixture and the absorbance was
read at 562 nm with a puOuantTM microplate spectrophotometer after 30 minutes of
incubation. The protein content of each cell lysate was determined according to the
calibration curve obtained with bovine serum albumin (BSA) in the range of 0-1.2

mg/ml.
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CHAPTER 3

RESULTS AND DISCUSSION

3.1 Structural Analysis

3.1.1 XRD Analysis

XRD analysis was applied to as-received powder and powders which were
sintered at three different temperatures (380, 400 and 420°C) for 5 hour to investigate
the effect of sintering. Corresponding to Figure 21, XRD patterns of all of samples
were matched with JCPDS files for a-Mg (JCPDS 04-0770), B-Mg17Al12 (JCPDS 1-
1128) and CaO (JCPDS 37-1497) which is similar to XRD pattern of AZ91D-Mg alloy
(Miyazawa et al., 2004).

It is clearly seen that crystallinity increased after sintering of as-received powder
and also intensity of B-Mgi7Ali2 increased during sintering process in which the
highest intensity of f-Mgi7Ali2 was achieved for powder sintered at 380°C. The
presence and distribution of p-Mgi7Al12 play an important role in corrosion behavior
of AZ91D-Mg alloy (Zhang et al., 2013). Intensity of B-Mgi7Al12 peaks was decreased

by increasing sintering time due to solution of intermetallic phase (Smith et al., 1998).
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Figure 21: XRD patterns of (A): As-received powder, (B): Powder sintered at 420°C
for 5h, (C) Powder sintered at 400°C for 5h and (D) Powder sintered at 380°C for 5Sh.

3.1.2 Particle Size Analysis and Powder Morphology

Particle size measurement showed that average particle size was approximately
107 um and powder particle sizes mainly ranged from 50 um to 614 um (Fig. 22). d-
values of the powders were measured as d10=50, d50=177 and d90=614 um. Figure
23 exhibits the metal powders with irregular shapes and it can be understood that they

were manufactured by mechanical grinding.
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Figure 22: Particle size distribution of AZ91D-Mg

Figure 23: SEM images of as received powders

3.1.3 SEM Analysis

SEM images of some samples after compaction and sintering process are given
in Figures 24 and 25. SEM images clearly showed the formation of micro-textures on
the surface of plates. Also, the metal powders are bonded together after compaction

and sintering. Moreover, it was clearly seen that the powders are not formed layer by
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layer structure and particles diffused to each other at the end of manufacturing process.
Thus, the compacted powders are diffused and overlapped in sintering process (Exner
and Arzt, 1990). As it was discussed before, the diffusion and overlapping of particles

have significant effect on density, pore size and mechanical behavior of final products.

Figure 24: SEM images of AZ91D-Mg plates: A) Compacted under 150 MPa at
400 C for 1h; B) Compacted under 150 MPa at 380 C for 3h; C) Compacted under
250 MPa at 380 C for 3h; D) Compacted under 250 MPa at 380 C for 1h with
smooth surface

(a) (b (©)

Figure 25: SEM images of the prepared Mg alloy disc (Compacted under 200 MPa
at 400 C for 3h) with various magnifications: a) 100x; b) 250x; and c) 500x
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In Figure 25, surface microstructures of the green plates are distinctly formed on
the surface of plates. Micro-shaped surface consists of a porous structure. Production
process was completed successfully to manufacture micro-textured porous surfaces.

Pores with a radius of ~60 um and less were observed on the surface (Fig. 26).
Thus, a surface with micro pores was achieved by PM. Pore size and pore morphology
have a significant effect on cell attachment and proliferation (Lake et al., 2015). It was
proved that the pores with hexagonal morphology increase cell attachment more than
pores with spherical shape (Lake et al., 2015). Also, in-vivo studies exhibit that the
risk of infection is decreased by increasing pore size after implantation (0.1 mm) (Lake
et al., 2015). It was proved that cell attachment was improved by increasing the pore
size up to 400 um (Du et al., 2011). On the other hand, increasing pore size negatively
affected the mechanical properties of implants. Implants show brittle behavior by
increasing the pore size from 100-200 to 350-450 um. Thus, increasing pore size
declines elastic modulus, shear and compaction strength (Wang et al., 2013). In
addition to pore size, pore size distribution plays an important role on cell behavior
(Murphy et al., 2010). Wide range of pore size distribution on surface improves cell
attachment and proliferation. Therefore, pore size and shape are important parameters
in manufacturing of implants. The interconnectivity of pores was proved by using a
simple test. A droplet of DMEM was dropped on the surface of green plate and it

diffused after few minutes to the other side of the samples.
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Figure 26: SEM image of Mg alloy plate with porous structure (sample #1)

3.1.4 Surface Area Analysis

As-received powders revealed the highest specific surface area (3.55 m?/g) while
increasing the compaction pressure and sintering time declined the specific surface
area (Fig. 27). Moreover, the results proved that plates with textured surface show
higher surface area than the plates with smooth surface structure. It is known that
porosity and pore size play important role in specific surface area of materials (Diao
et al., 2015). Specific surface area of plates was collapsed by increasing the sintering
time due to decreasing pore size and grain coarsening (Exner and Arzt, 1990; Davim
et al., 2015). Pore size was decreased during sintering process because the neck
between compacted particles was grown by supplying activation energy which is
necessary for diffusion (Exner and Arzt, 1990). Furthermore, grain growth occurred
due to increasing atomic motion (Exner and Arzt, 1990). The results are in good
agreement with previous studies which were demonstrated that specific surface area

of materials decreased by increasing sintering time and temperature.
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Figure 27: Specific surface area of as-received powders and compacted plates

3.1.5 Confocal Microscope Analysis

Confocal microscope was used to investigate the formation of micro-textures
under different compaction pressure and also the surface roughness was measured.
Micro-textures are successfully formed on the surface of implants. According to
Figure 28, the micro-textures were formed at different ratios with respect to

compaction pressure.
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Figure 28: Confocal images of (a) mold, (b) sample compacted at 150 MPa, (c)
sample compacted at 200 MPa, (d) sample compacted at 250 MPa

Surface roughness parameters of the sample and from confocal microscope
results in Figure 28 are represented in Figure 29. Mean roughness (Ra) is widely used
to evaluate surface roughness in surface engineering (Apedo et al., 2015). According
to Figure 28, the mean roughness of the plates was measured between 5.66 and 6.46
um. there was no significant difference between Ra values of the plates. Thus, it can
be concluded that 50 MPa increase in compaction pressure is not a significant
parameter to change Ra values of the surface. The summation of maximum height and
depth (Rt) and also maximum surface roughness (Rp) of plates show increasing
tendency by increasing the compaction pressure. Moreover, the maximum depth (Rv)
was decreased by increasing compaction pressure. Contrary to the expectation, Ra, Rv
and Rt values of the plates are greater than mold values because high porosity of

surfaces results in extensive number of calculation for measuring surface roughness
56



which increases the probability of error. However, the Rp value of mold is bigger than

that of plates as expected.
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Figure 29: Surface roughness of mold and compacted samples

Combination of surface roughness and porosity accelerates the cell attachment
(Happe et al., 2015). Additionally, surface roughness has a positive effect on bone-
implant integrity (Lin et al., 2013). Thus, manufacturing a porous surface is an
important factor. In addition, surface roughness plays an important role to improve
bone-implant bonding under shear stress. van Tol et al. showed that shear strength of
bone-implant was increased by increasing surface roughness from 0.058 to 4.25 um
(van Tol et al., 2013). In another study, bonding strength was increased (0.38-9.70
MPa) by increasing Ra (0.2-4um) values (Scheerlinck and Casteleyn, 2006). The Ra
values of Mg plates were measured between 5.66 and 6.44 pum. Previous studies
proved that the optimum surface roughness improves bone-implant bonding strength.
Renold et al. investigated the effect of surface roughness on bone-implant integrity for
Ti based implants (Renold et al., 2003). They showed that the best bone-implant

integrity was achieved at Ra=3.90 um and an important decline in bone-implant
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integrity was observed when Ra value was increased from 5.07 to 11.03 pm (Renold
et al., 2003). In another study, there is a significant increase in bone cell activity by
increasing surface roughness from 0.37 to 3.29 um (Gittens et al., 2011). As explained
before, rough surface increases the bone-implant integrity in comparison to smooth
surfaces. Thus, an optimum surface roughness should be obtained to achieve
maximum bone-implant integrity. It can be concluded that the surface roughness of
plates were manufactured in this study at acceptable level for the bone-implant

integration.

3.1.6 Density Analysis

Relative densities of Mg alloy discs are presented in Table 10. Standard

deviations are also given at the end of relative density values.

Table 10: Relative density of AZ91D-Mg plates (n=3)

Independent parameters Response
Order | Random | Compaction Sintering Sintering Relative
order pressure time (h) temperature | density (%)
(MPa) ()

1 9 150 1 400 74.49 £5.23
2 3 150 5 400 69.65 +1.48
3 12 250 1 400 75.2 +1.08
4 8 250 5 400 72.84 £1.19
5 1 150 3 380 70.94 £4.22
6 14 150 3 420 74.55 +2.66
7 10 250 3 380 81.52+4.35
8 7 250 3 420 77.17 £2.27
9 6 200 1 380 77.4 £2.89
10 15 200 1 420 75.98 +2.38
11 5 200 5 380 76.58 £1.18
12 2 200 5 420 77.71 £3.56
13 4 200 3 400 79.66 £2.12
14 13 200 3 400 75.74 £1.92
15 11 200 3 400 76.55 £2.01
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Relative densities of Mg alloy discs prepared by PM varied from 71 to 82%
under compaction pressures of 150, 200 and 250 MPa. Results were compatible with
results of similar studies in the literature. Al-2.5Mg alloy powder particle densified
between 70-80% under 200 MPa. Additionally, 50 MPa increase in pressure led to an
increase up to 83% of relative density (Moazami-Goudarzi and Akhlaghi, 2013). In
the compaction range of 100-290 MPa, the same compaction pressure caused more
densification in Fe metal powders with spongy-like morphology due to higher specific
surface area than the particles having spongy morphology. Spherical shaped particles
had relative density of 48.9-65.7% while spongy shaped particles had 55 and 71.4%
(Poquillon et al., 2002). Beyond that, Mg alloy particles with needle-like shape and
wide variety of particle size were compacted. The morphological and dimensional
characteristic of Mg alloy powder induced higher densification rates in this study. It
was proved that Ti alloy powder with irregular shapes (spongy, needle-like and flaky)
had higher densification capability than spherical or cuboidal powders (Chikosha et
al., 2014). It can be concluded that Mg alloy discs densified better than the counterparts
manufactured at the same conditions since they had irregular morphology and wide
range of particle size. Irregular morphology having high specific surface area provides
more contact area to create a bond between particles and could be the reason behind
better densification.

Corresponding to Table 11, compaction pressure had a significant effect on
relative densities of Mg alloy discs. In another aspect, sintering parameters did not
affect significantly the densification behavior. Sintering parameters generally change
the relative density of compacted powders. However, the effect of sintering parameters
was limited on the relative densities. Relative density depends on sintering temperature
and time owing to dimensional changes during heat treatment. Sintering parameters
contribute further densification on spherical powders as just as compaction pressure.
However, the same effect was not seen in this study (Fig. 30). Similarly, the sintering
effect was minor on the relative density of Ti alloy powder with irregular morphology
(Xiao et al., 2011; Bolzoni et al., 2013).
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Table 11: Analysis of variance for relative density

Degree

Variation source of Sum of Mean F P
Squares | Squares

freedom

Compaction Pressure 2 0.006101 | 0.00305 | 5.23 | 0.035
Sintering Time 0.001561 | 0.00078 | 1.34|0.315

2

Sintering 2 0.000636 | 0.000318 | 0.55 | 0.600
Temperature

Error 8 0.004664 | 0.000583
Lack of fit 6 0.003806 | 0.000634 | 1.48 | 0.456
Pure Error 2 0.000858 | 0.000429

Total 14 0.01307
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Figure 30: Interaction effect of manufacturing parameters on relative density

Figure 31 shows effect of sintering temperature and compaction pressure on
relative density at the same time. Results clearly proved that the highest relative

density is achieved for samples compacted at 250 MPa and sintered at 380°C. On the
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other hand, relative density was declined by increasing sintering temperature.
Furthermore, the smallest relative density was obtained for samples compacted at 150
MPa and sintered at 380°C. Thus, compaction pressure is the most effective parameter
on relative density in recent study. Irregular shape of particles may play an important
role in this phenomena because the number of contacted point increases during

compaction pressure due to the irregular shapes of AZ91D-Mg powders used in this

study.
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Figure 31: Effect of sintering temperature and compaction pressure on relative
density

3.2 Mechanical Test

3.2.1 3-point Bending Analysis

In Table 12, 3-point bending test results are presented. Maximum bending
strength values of Mg alloy discs varied from 30 to 60 MPa. It is expected that porous
materials have less mechanical integrity than their bulk counterparts (Fan et al., 2013).

Micro or nano pores in microstructure or on surface, which can be regarded as
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discontinuities or flaws, cause unexpected fractures and also reduce the mechanical
strength acting as stress concentrators. However, the discs prepared by pure Mg alloy
powders had lower bending strength than the bending strength obtained in this study
(Zhuang et al., 2008; Capek and Vojtéch, 2014). In a similar study, compacted Fe
powders under pressures of 100-290 MPa resulted in bending strength between 8.2
and 61.2 MPa (Poquillon et al., 2002). Furthermore, compacted MgO/Fe-Ni-Cr
composite powders having porosity of 50.9-51.6% had bending strength in the range
of 21-65.8 MPa (Chen et al., 2011). Apart from this, higher bending strength can be
interpreted in terms of powder particle morphology. In this study, irregular and needle-
like Mg alloy powder contributed high bending strength due to the fact that powder
morphology has great impact on mechanical properties.

It is important that an implant material should show mechanical resemblance to
bone. Bending strength measurements varied from 25 to 300 MPa in the bone extracted
from various animals (Currey, 1999). It can be concluded that even if the bending
strength values do not span all animal bone bending strength value range (25-300
MPa), the values cover most of the bending strength belonging to numerous animal

bones.
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Table 12: 3-point bending results of AZ91D-Mg plates (n=3)

Independent parameters Response

Order | Random | Compaction | Sintering | Sintering Bending

order pressure time (h) | temperature strength

(MPa) ©) (MPa)

1 9 150 1 400 34.25+2.73
2 3 150 5 400 30.26 £2.30
3 12 250 1 400 53.62 +1.81
4 8 250 5 400 43.69 +3.12
5 1 150 3 380 30.93 £1.72
6 14 150 3 420 35.12+3.02
7 10 250 3 380 59.76 +3.88
8 7 250 3 420 41.99 +1.67
9 6 200 1 380 41.90 +3.41
10 15 200 1 420 36.21 +2.16
11 5 200 5 380 38.43 £2.57
12 2 200 5 420 44.42 +1.53
13 4 200 3 400 41.57 +1.02
14 13 200 3 400 40.99 +1.37
15 11 200 3 400 43.44 +£3.16

According to Table 13, Compaction pressure has significant effect on maximum
bending strength while sintering time and temperature have not significant effect.
Sintering parameters affected precipitation and morphology of second phase in the
structure in which presence of secondary intermetallic phase decrease strength of
AZ91D-Mg alloy (Yan et al., 2014). However, the precipitation of B-MgiAli7

intermetallic phase in nano-scale along grain boundary improve mechanical strength

(Yanetal., 2014).
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Table 13: Analysis of variance for bending strength

Degree

Variation source of Sum of Mean F b
Squares | Squares

freedom

Compaction Pressure 2 0.006101 | 0.00305 | 10.08 | 0.005
Sintering Time 0.001561 | 0.00078 | 0.73 | 0.510

2
Sintering 2 0.000636 | 0.000318 | 0.19 | 0.831
Temperature

Error 8 0.004664 | 0.000583

Lack of fit 6 0.003806 | 0.000634 | 1.62 | 0.456
Pure Error 2 0.000858 | 0.000429

Total 14 0.01307

Effect of manufacturing parameters on the bending strength of each Mg alloy
disc was investigated through main effect diagram (Fig. 32). When a material is
subjected to bending, bending fracture is expected where discontinuity or flaws are
placed. Besides, fracture can be originated from grain boundaries due to poor bonding
between particles or regions where intermetallic phases form (Wang et al., 2008).
Discontinuities such as pores decrease bending strength as well as other mechanical
properties (Capek and Vojtéch, 2014). Moreover, the precipitation and morphology of
B phase in AZ91D-Mg alloy have significant effect on mechanical strength (Yan et al.,
2014). Percentage of second phase was increased by heat treatment of AZ91D-Mg and
the B phase mostly precipitated around Al rich regions (Yan et al., 2014). It was proved
that hot compression improves the mechanical properties of AZ91D-Mg because of
crushing of B phase to smaller blocks which was participated along grain boundaries

before hot compression (Yan et al., 2014).
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Figure 32: Effect of manufacturing parameters on bending strength

The bending strength sharply increased as compaction pressure increased. It was
already known that higher pressures allow further densification in metal powders
(Zhuang et al., 2008). However, it was also concluded that mechanical interlocking
between needle-like Mg alloy particles was increased as compaction pressure
increased. Although the positive effect of compaction pressure on bending strength
was shown by several studies (Jabur, 2013; Luo et al., 2014). It can be said that the
mechanical interlocking contributed further increase in the bending strength.

Bending strength of the sample was decreased as sintering temperature and time
increased. In compaction stage, powder particles are bonded to each other by applying
the compressive stress. In this study, the drop in bending strength with increasing the
sintering time and temperature could be originated from relieving tensile stress in Mg
alloy discs. Sintering effect was compatible with literature studies. Many metal
powders showed the same behavior with increasing temperature and time (Zhou et al.,
2013; Wang et al., 2014). Longer sintering time and higher sintering temperature

induce grain growth in the microstructure that reduces dislocation resistance by
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diminishing interparticle surface area. For this reason, bending strength was reduced
by increasing sintering time and temperature in this study.

Highest and lowest bending strength values are also represented in a response
surface of two parameters (Fig. 33). The highest bending strength was measured for
Mg alloy disc, which was sintered for 1 h after compaction under 250 MPa. The lowest

value was obtained as the sintering time was 5 h and compaction pressure was 150
MPa.
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Figure 33: Response surface plot showing the relationship bending strength sintering
time and compaction pressure

3.3 Corrosion Analysis
3.3.1 Electrochemical Analysis
3.3.1.1 Hank’s Solution

Potentiodynamic polarization curve for Hank’s solution are given in Figure 34.
Corrosion potential of plates was between -1.532 and -1.440 V which shows high
similarity to previous studies. Zhang et al. showed that corrosion potential of Mg-Y
alloys located between -1.605 and -1.580 V (Zhang et al., 2013). Additionally, the
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corrosion potential of AM50-Mg alloys with different Gd amount is increased from -
1.75to -1.51 (Miao et al., 2014). Thus, the corrosion resistance of Mg-Y and AM50-
Mg alloys is lower than plates produced by PM method in this study. In another study,
the corrosion potential of AZ91 was measured as -1.45 V (Rojaee et al., 2014). Also,
Wu et al. showed corrosion potential of AZ92-Mg alloy with different amount of Sm
element is between -1.526 and -1.464 V for which corrosion resistance was improved
by addition of Sm (Daogao et al., 2014).

The corrosion resistance is increased with increasing corrosion potential (Nam
et al., 2012). According to Potentiodynamic curves some abrupt changes and
irregularities can be seen in graphics. This phenomena shows crevice corrosion which
is one of the common corrosion types in Mg and its alloys in aggressive electrolytes
(Garciaetal., 2009). Presence of open pores on the surface of the plates may accelerate
crevice corrosion mechanism in this study which caused abrupt changes in

Potentiodynamic curves.
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Figure 34: Potentiodynamic curves of surface modified AZ91D-Mg plates in Hank’s
solution
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The surface morphology of plates was investigated by SEM after
electrochemical tests. Figure 35 shows surface morphology of sample number 1 after
electrochemical test in Hank’s solution. It is observed that some parts of plate are
more susceptible to corrosion which is an expected phenomena due to porous structure
and textured surface of plates in this study. Bright portions indicate notches on the

surface while the darker parts are showing high architectures.

Figure 35: Surface morphology of sample #1 after electrochemical test in Hank’s
solution

The main effect diagram in Figure 36 shows impact of manufacturing parameters
on corrosion resistance of AZ91D-Mg alloy in Hank’s solution. It can be seen that
corrosion potential was increased by increasing compaction pressure. Thus, an
increase in compaction pressure improves corrosion resistance of all samples. Garcia
et al. proved corrosion resistance of stainless steel samples manufactured by PM route
with compaction pressures from 400 to 800 MPa (Garcia et al., 2007). Also, the
corrosion rate was decreased with increasing sintering time from 60 to 180 min.
However, the corrosion resistance was decreased after increasing the sintering time to
300 min. On the other hand, the highest corrosion resistance was achieved at 380°C
while the corrosion rate is decreased by increasing sintering temperature from 400 to
420°C.
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Figure 36: Effect of manufacturing parameters on corrosion potential in Hank’s
solution

Figure 37 shows effect of sintering temperature and compaction pressure on
corrosion resistance at the same time. In this figure, light colored portion shows high
corrosion voltage values while darker portions show low corrosion voltage values.
According to this figure, the lowest corrosion resistance was seen for the sample
compacted with 150 MPa at 400°C.

It is clearly seen that sintering temperature and time affected the corrosion
resistance of plates. This phenomena can be explained by considering the effect of
sintering temperature and time on precipitation of second phase (B-Mgi7Al:2) and
grain refinement. Presence of second phases in structure of Mg alloys leads to micro
galvanic corrosion (Zhang et al., 2013). The precipitation of intermetallic phase along
grain boundary increased the corrosion rate of Mg alloys (Zhang et al., 2013).
Furthermore, precipitation regions and distribution of second phase are effective
parameters on corrosion behavior of Mg alloys such as AZ91, Mg-Sr and Mg-Zn series
in which discontinuous morphology of second phase accelerate micro-galvanic
corrosion (Zeng et al., 2006; Zhang et al., 2013). Also, amount of second phase

affected the corrosion rate because micro galvanic corrosion rate anticipated with
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Figure 37: Effect of (a) sintering temperature and compaction pressure, (b) sintering
time and compaction pressure, (c) sintering temperature and time on corrosion
potential
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cathode/anode area (Zhang et al., 2013). While, the precipitation of second phase such
as B-Mgi7Al12 acted as a corrosion barrier when continuously formed along grain
boundary edge (Zhang et al., 2013). Thus, the amount and morphology of second phase
affected the corrosion rate of Mg alloys.

On the other hand, the lowest corrosion resistance was seen in samples
compacted with 150 MPa for 60 and 300 min by conjunction effect of compaction
pressure and sintering time. Guo et al. investigated the effect of sintering parameters
on Ti samples produced with PM technique (Guo et al., 2014). Samples were sintered
between 1150 and 1350°C for 1, 2, 3 and 4h. The highest corrosion resistance was
achieved for samples compacted at 1250°C for 2h. In another study, the corrosion rate
of Al,O3 coated AZ91-Mg alloy was decreased by increasing the sintering temperature
from 180 to 380°C which is similar to a recent study (Zhong et al., 2009). Thus, it can
be concluded that an optimum sintering temperature should be selected to improve

corrosion resistance.

3.3.1.2 DMEM (L) and DMEM+10%FBS

The maximum corrosion resistance in DMEM was achieved for plates which
were compacted at 250 MPa while plates that were compacted under 200 MPa showed
the highest corrosion rate at DMEM as an electrolyte (Fig. 38). Plates which are
compacted under higher load show better corrosion resistance which is similar to
results obtained for plates in Hank’s solution. However, samples compacted at 150
MPa show higher corrosion resistance than plates compacted at 200 MPa. It was seen
that protective layer was not formed on the surface of plates compacted under 250

MPa led to show higher corrosion rate.

71



| Compaction pressure (MPa) Sintering time (min) Sintering temperature (Celcius)
-1390

1400 f

S

! oz

i f

g w0 ]

: A

2 7 By \

o / / \

S -1420 7 . \\
N / \
"X, / /

-1430 \ J \
F

150 200 250 60 180 300 380 400 40

Figure 38: Effect of manufacturing parameters on corrosion potential of AZ91D-Mg
in DMEM (L)

A similar trend with Hank’s solution was observed when effect of compaction
load and sintering time on corrosion resistance was investigated at the same time. The
most effective protective layer for Mg plates was achieved for the samples sintered for
3h (Guo et al., 2014). Corrosion resistance of samples sintered for less or more than
3 h can be effected by second phase precipitation and porosity factors which play an
important role corrosion behavior of Mg. Corrosion resistance of AZ91D-Mg samples
was decreased with increasing sintering temperature from 380 to 400°C. On the other
hand, corrosion rate was decreased with increasing sintering temperature up to 420°C.
This phenomena happened due to formation of more stable protective layer on the
surface during electrochemical tests in DMEM solution for samples which are sintered
at 380°C and precipitation of o and 3 phases for plates which are sintered at higher

sintering temperature (420°C) (Wang, 2003; Guo et al., 2014).

Figure 39 shows impact of manufacturing parameters on corrosion potential of
AZ91D-Mg samples in DMEM+10%FBS. Corrosion behavior of plates in
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DMEM+10%FBS is different than degradation in Hank’s and DMEM due to presence
of protein in electrolyte. Thus, absorption of protein on the surface of Mg alloys has
significant effect on its corrosion resistance. The highest corrosion resistance was
achieved for plates which were compacted at 200 MPa. Also, it was proved that
corrosion rate was decreased with increasing the sintering temperature and time.
Protein binding is thought to increase the corrosion resistance so the most suitable
condition for sintering is the highest sintering temperature and time (Hiromoto et al.,
2005). On the other hand, Hiromoto et al. proved corrosion resistance of Mg alloys in
the presence of FBS was increased by decreasing the grain size of Mg alloys
(Hiromoto et al., 2005). It can be concluded that the smallest corrosion rate is achieved
for the samples sintered at 420°C for 5h. Yun measured corrosion potential of pure
Mg in McCoy 5A solution (5% FBS) which was -1.550 V (Yun et al., 2009). The
corrosion rate of samples in this study is lower than previous works which are

explained above.
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Figure 39: Effect of manufacturing parameters on corrosion potential in DMEM (L)
+10% FBS
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Morphology of samples 1, 2 and 3 was investigated with SEM and EDX after
electrochemical test in DMEM and DMEM+10%FBS (Fig. 40 and 41). Presence of
Ca and P ions on the surface of samples after electrochemical tests in DMEM was
proved by EDX analysis. Also, other corrosion products such as C, O, Mg, Al, Na and
Cl were seen on the surface of samples. The Ca/P ratios for the samples 1, 2 and 3
were measured as 3.93, 4.03 and 1.42, respectively. Also, the electrochemical test
results showed that the highest corrosion rate was achieved for the samples with
highest Ca/P ratio while the highest corrosion resistance was measured for the samples
with smallest Ca/P ratio. The smallest amount of Ca ion on the surface of corroded
Mg resulted in formation of (Cao.ss, Mgo.14)10(PO4)s(OH)2 or Caio(PO4)s(OH)2 which
act as a protective layer and decreased corrosion rate of Mg and its alloys (Zander and
Zumdick, 2015). Also, it is known that Ca/P ratio of HA (1.67) is an important
component of bone. Additionally, previous studies proved that presence of HA on the
surface of bone implant improves bone-implant integration. High Ca/P ratio led to an
increase in corrosion rate of Mg implants (Gu et al., 2011). Thus, it can be concluded

Ca/P ratio play an important role in corrosion resistance of Mg and its alloys.
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Figure 40: SEM images and EDX analysis of sample (a) #1, (b) #2 and (3) #3 after
electrochemical test in DMEM

The Ca/P ratio of the samples 1, 2 and 3 on DMEM+10%FBS were measured
1.26, 1.87 and 1.67, respectively which show higher similarity to Ca/P ratio of hard
tissues. Sample #3 shows the highest corrosion resistance among this samples
(Ca/P=1.67). Also, it can be seen that samples compacted at 250 MPa showed the
highest corrosion resistance in DMEM and DMEM+10% FBS.
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Figure 41: SEM images and EDX analysis of sample (a) #1, (b) #2 and (3) #3 after
electrochemical test in DMEM + 10% FBS

Electrochemical test results are tabulated in Table 14. The lowest corrosion
potential and current density were obtained in Hank’s solution. The existence of higher
Cl and lower NaHCO3 content in Hank’s solution led to a decrease in corrosion
potential in Mg alloys (Chun Yan et al., 2010). Furthermore, high corrosion potential
and current density were obtained in DMEM and DMEM + 10%FBS. This refers that
Mg discs had higher corrosion rate in Hank’s solution. Low corrosion potential in
Hank’s solution could be originated from the direct attack of CI ions to intermetallic
phases such as MgiAli7 (Arrabal et al., 2013). Between DMEM and 10%FBS
containing DMEM solutions, Mg alloy discs had lower corrosion potential in DMEM

solution. Depending on FBS existence, protein adsorption and Al>O3 formation act as
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corrosion protective barrier on the surface of Mg discs (Gu et al., 2009). Presence of
amino acids and proteins increases the corrosion resistance of Mg alloys (Sanchez et
al., 2015). They help to form a protective layer on the implant surface against
aggressive corrosive attacks. A highly porous surface also increased the corrosion
resistance by contributing the protein and amino acid adsorption on the surface.
However, this behavior can be changed drastically depending on the composition of
the alloy in the presence of amino acids and proteins (Gu et al., 2009; Liu et al., 2010).
For instance, the corrosion resistance of pure Mg and LAE422 Mg alloy decreases in
solutions containing amino acids and proteins while the corrosion resistance of AZ31,
AZ91 and Mg-Ca alloys increases in the same solution. In this study, the highest
corrosion potential and current density were seen in 10%FBS containing DMEM
solution due to the blocking micro galvanic pile originating from intermetallic phases.
Apart from this, porous surface led to a decrease in corrosion rate because it
accelerated the protein adsorption further. The higher corrosion potential values in
DMEM than Hank’s solution can be interpreted based on higher protein adsorption
due to porous surface of Mg alloy discs. The higher corrosion rate of in vitro than in
vivo studies was also related to the degree of protein adsorption in another study
(Sanchez et al., 2015).

Table 14: Corrosion potential values of Mg alloy discs in three different solutions

Solution Ecorr (V) Jeorr (MA/CM?) | Epitt (V) | |Ecorr - Epit]
Hank -1.47+0.02 1.242+0.08 -1.22+0.08 0.25
DMEM -1.42+0.04 0.382+0.03 -1.14+0.03 0.28
DMEM+10%FBS | -1.40+0.04 0.242+0.07 -1.07+0.05 0.33

Pitting corrosion was observed after forming crevices on the exposed surfaces
by localized corrosion attacks. Pitting corrosion potentials were also defined based on
electrochemical potential curves (Fig. 42). Pitting corrosion potentials were obtained
from where corrosion potential sharply changes in the electrochemical curve. As seen
from SEM image in Figure 42, the crevices originating from pitting corrosion

occurred. It is expected that porous surfaces as in this study are more prone to the
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formation of crevices due to pitting corrosion. The difference between corrosion
potential and pitting potential shows resistance degree of materials to pitting corrosion
(Tao et al., 2010). Mg alloy discs showed the higher difference in DMEM+10%FBS
solution that stands for their higher pitting resistance than other solutions. Lowest
potential difference was obtained in Hank’s solution.

Electrochemical curves of the Mg alloy discs with porous and smooth surfaces
are obtained in three different solutions (Fig. 42). Mg alloy disc with a smooth surface
had lower corrosion potential than the one with porous surface in DMEM+10%FBS.
Although porous surfaces are more inclined to corrode, the absorbed protein and amino
acids restricted intense corrosion of the porous surface. It was also stated that rough
surfaces inhibit pitting corrosion which can cause a reduction in corrosion potential
(Alvarez et al., 2010). However, the presence of organic substances protected the

porous surface more than the smooth one.
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Figure 42: Electrochemical potential curves of Mg alloy discs

3.3.2 Immersion Analysis

Immersion test was conducted in SBF to determine dynamic corrosion rate of

AZ91D-Mg plates. Figure 43 shows relationship between weight loose and immersion
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time in SBF. The corrosion rate of all samples increased at the end of 4" day, in
comparison to their corrosion rate at the end of 2" day. However, the corrosion rate
of all samples declined steadily after 4" day. Previous studies proved weight loose rate
increase with increasing immersion time because of the formation of cracks crevasses
on the surface of plate which accelerate pitting corrosion mechanism (Zhang et al.,
2011; Walton et al., 2012). However, the other factor which has an important role in
corrosion rate is formation of calcium phosphates on the surface of Mg and its alloys
in SBF. Calcium phosphates act as a protective layer and decrease corrosion rate
(Zhang et al., 2011).
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Figure 43: Corrosion weight loss rate in SBF at 37 °C in dynamic condition (n=3)

Figure 44 shows images of samples after 2 days of immersion in SBF. This
figure clearly shows the formation of calcium phosphates on the surface of AZ91D-
Mg plates. Also, formation of calcium phosphates decreases surface area of the
samples so increased the corrosion resistance of plates. The corrosion weight loose
rate was measured between 0.00102 and 0.00904 g.cm.d! in this study. While, Zhang
et al. reported the corrosion rate of Mg equal to 0.5 g.cm™.d™* after 2 days immersion

in NaCl (Zhang et al., 2011). This difference between corrosion rates can be explained
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by considering the high concentration of CI"in NaCl solution. An study confirmed that
presence of Cl ions accelerated the corrosion of Mg and its alloys with increasing
pitting corrosion rate (Zhang et al., 2013).

ot 30 L
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Figure 44: Images of AZ91D-Mg plates at the end of 2" immersion in SBF

Figure 45 shows corrosion rate of AZ91D-Mg plates in SBF solution at the end
of three different times (1, 4 and 8" day). Wang et al. verified that corrosion rate of
Mg and its alloys slightly increased with increasing immersion time due to formation
of cracks on the surface of immersed alloy (Wang et al., 2009). However, some of the
samples (1, 2, 3, 7, 8 and 10) show negative corrosion rate which can be explained by

considering the precipitation of calcium phosphates and other salts on the surface of
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plates (Fig. 45(a)). The precipitation of calcium phosphates and other salts on the
surface may be accelerated by highly porous structure and textured surface of plates.
Corrosion rate of other samples is in correlation with previous studies and corrosion
rate of samples increased at the end of 8™ day (Fig.45 (b)).

EDX analysis indicated the presence of Na, Cl, Ca and P ions on the surface of
plates. Thus, negative corrosion rate of samples can be explained by considering the
formation of a calcium phosphate protective layer and other salts which increase
weight of the samples (Fig.44). Similarly, in another study, Mg showed a negative
corrosion rate (Abidin et al., 2013).

Corrosion rate of Mg alloys was affected by microstructural properties such as
grain size and phase distribution. Also, it was proved that presence of alloying element
in pure or intermetallic form which act as a cathode accelerates the galvanic corrosion
due to lower activity than Mg. In corrosion procedure of Mg alloys, a-Mg acts as an
anode while other phases act as cathode.

High corrosion rate of Mg at first hours of immersion in SBF can be explained
by considering to pH of solution. Previous studies proved that there is a great increase
in pH at first hours of immersion of the samples in SBF. Following reactions are seen

in first 24 hours of immersion:

2Mg + 4H,0 — 2Mg? + 40H" + 2H, (®)
H>CO3 <> CO2 + H20 %)
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Figure 45: Corrosion rate of AZ91D-Mg plates at three time points in SBF

These two factors are reasons of a great increase in pH. Also, Mg(OH): is not
stable at the beginning of immersion process due to near to neutral pH of SBF. It is
known that Mg(OH)2 passive layer is stable at pHs above 10 while it is dissolved at
acidic and neutral environment. However, this passive layer formed at relatively
neutral pH due to localized increase in pH close to surface of Mg. The kinetics of
dissolution of Mg(OH). are lower than its formation Kkinetics so it can coat the Mg
surface. Mg(OH). has a protective layer so it is a weak passive layer. However, the
formation of dehydrated Mg(OH)2 has a considerable effect on corrosion rate of Mg.
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It was reported that formation of MgO inner layer decreases the corrosion rate of Mg
and its alloys in SBF. On the other hand, this passive layer is raptured by aggressive
chloride ions present in SBF. The presence of Cl- ions resulted in dissolution of
protective layer and accelerate pitting corrosion of Mg.

Formation of amorphous calcium phosphate layer on the surface of AZ91, AZ31,
WE43 and LAE442 in vivo was reported (Witte et al., 2005). Also, Bornabpour et al.
performed formation of Mg(OH). and HA protective layer on the surface of pure Mg
and Mg-Sr alloy in SBF (Bornapour et al., 2013).

3.4 Cell Culture Studies

3.4.1 Cell Viability

Cytotoxicity effect an AZ91D-Mg plates was investigated. Also, the effect of
manufacturing parameters and surface texture on cell proliferation was detected.
Figure 46 shows the morphology of h-FOB cells at 6" passage before seeding on

plates.

Figure 46: Phase contrast micrograph of h-Fob cells TCP
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Viability of h-FOB cells seeded on implants was measured at the end of each
time period. Cell viability percentage was calculated by comparing average
absorbance of each sample with positive control group (h-FOB cells seeded on TCP).
The cell viability percentage of each group is presented in Figure 47. According to
Figure 47, there was no cytotoxicity effect in groups. The cell viability percentage of
all plates was higher than 100% (more than control group) at the end of 7" day
incubation. The cell percentage of plates with textured surface is lower than plates with
smooth surface at the end of first day. However, this percentage showed great increase
for textured surface at the end of 4™ and 7" days. This can be explained that the initial
cell attachment on these surface was lower compared to other groups at first day. Also,
the cell viability of plates sintered for 3h was higher than that of plates sintered just
for 1h at the end of 1™, 4™ and 7™ days. In addition, cell viability test proved that the
plates compacted at 250 MPa showed higher cell viability than plates compacted at
300 MPa. This phenomena can be explained by considering the effect of compaction
pressure on porosity of samples. It is known that porosity of plates is decreased by
increasing compaction pressure. Thus, it can be concluded that porosity has a
significant effect on cell proliferation. Samples with code numbers of C5 and C6
showed highest cell viability percentage at the end of 7" day. These samples have
textured surface and they were compacted at 250 MPa so samples with higher porosity

and textured surface had a positive effect on cell proliferation.
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Figure 47: Response of h-FOB cells to smooth and micro-textured surface AZ91D-
Mg implants. Cell viability monitored by Presto-Blue after 1, 3 and 7 days (n=3)

There was no decreasing trend in cell viability tests so it can be concluded that
there is no cytotoxicity effect. Cell percentage on all plates except C7 and C8 was
increased with increasing the incubation time. This can be resulted from achieving the
confluency at the end of first day because these samples have smooth surface so the
surface area of this samples is smaller than that of samples with textured surface. On
the other hand, the cells proliferated to pores during this time period and cell
percentage increased at the end of 7" day. Previous studies proved that cell percentage
decreased as result of achieving to confluency (Zhang et al., 2014). Plates with code
number of C5 and C6 showed biggest cell percentage at the end of 4" and 7" days.
Thus, the textured surface improved the cell attachment and proliferation. It was
proved that Mg implant with smooth surface declines cell attachment and proliferation
while surface roughness improves cell attachment and proliferation (Abdal-hay et al.,
2012). Porous and rough surfaces implants improve surface-cell integration due to
high surface area (Pompa et al., 2015). Thus, this study is in correlation with previous
studies (Abdal-hay et al., 2012; Zheng et al., 2014; Pompa et al., 2015).
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The cell viability of plates at the end of 4™ day did not show a significant
difference in comparison to cell viability at the end of 1% day. This phenomena can be
explained with considering to corrosion rate of plates in early stages of immersion. pH
values of solution were highly increased at early stages of immersion due to the
reaction of CI™ ions with Mg(OH). protective layer and formation of MgCl, and OH"
which are resulted in increasing of pH (Zhang et al., 2013). It is known that the high
pH value (>9.18) has a negative effect on cellular activity (Zhang et al., 2014; Pompa
et al., 2015). On the other hand, HA was precipitated on the surface of Mg implants
due to the high pH value and presence of Ca?* and PO4* in solution which promoted
osteoconductivity and osteoinductivity (Zhang et al., 2013). Furthermore, the
enormous amount of Mg?* ions resulted in formation of complex compounds such as
MgxCay (PO4) on the surface of Mg-based implants (Zhang et al., 2013).

The cell viability test shows significant increase in cell number at the end of 7t
day. This phenomena can be explained by consideration to the fact that releasing of
Mg?* ions increase new bone formation (Witte et al., 2005). Previous studies proved
that Mg?* cations increase osteoblast cell activity and take part in synthesis of nucleic
acids (Witte et al., 2005). Moreover, Mg is one of the most important component of
the ribosomal machinery. The ribosomal machinery translates the genetic information
into polypeptide structures (Witte et al., 2005). Thus, it can be concluded that the high
concentration of Mg resulted in an increase at osteoid deposition around the degraded
Mg implant (Witte et al., 2005). Furthermore, precipitation of apatite like structures
increased the cell proliferation. As a result, presence of Mg ions in environment and

precipitation of calcium phosphates enhance h-FOB cells proliferation.

3.4.2 Cell Morphology

The morphology of h-FOB cells was investigated with SEM after 1 day
incubation in humidified environment at 37°C. Figure 48 shows morphology of cells
at the end of 1st day. Also, precipitation of salts and some corrosion products such as
calcium phosphates and other salts was observed. Additionally, cell grows from

86



surface to pores and cracks were observed in SEM. Thus, cell attachment and

proliferation clearly were observed on the surface of AZ91D-Mg plates.

Figure 48: Morphology of h-FOB cells on the surface of AZ91D-Mg plates at the
end of 1% day (a) sample #C1; (b) sample #C2; (c) sample #C3; (d) sample #C4; (e)
sample #C5; (f) sample #C6; (g) sample #C7; and (h) sample #C8

Figure 49 shows morphology of h-FOB cells on AZ91D-Mg plates at the end of
7th day. The effect of surface texture on cell morphology was observed in SEM
images. EDX analysis proved the presence of C, Ca, P and metal oxides on the surface
of plates. The presence of C elements is proved presence of cells on the surface of
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plates. Also, EDX analysis proved that the spherical particles on the surface of plates
are magnesium and aluminum oxides.

SEM images showed that cells were spread all over the surface of textured plates
while h-FOB cells were accumulated near to seeding region. Previous studies proved
the effect of patterned surface on cell growth and attachment (Mirhosseini et al., 2007).
The 2T3 osteoblast cells accumulated on the surface of Ti implant with smooth surface

but uniformly spread on the surface of patterned Ti implants (Mirhosseini et al., 2007).

Figure 49: Morphology of h-FOB cells on the surface of AZ91D-Mg plates at the
end of 7" day (a) sample #C1; (b) sample #C2; (c) sample #C3; (d) sample #C4; ()
sample #C5; (f) sample #C6; (g) sample #C7; and (h) sample #C8

Figure 50 shows the SEM images of sample with code number of C5 at the end
of 7 day in four different magnifications (100X, 1600X, 3000X and 6000X). The
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surface of C5 was completely covered by h-FOB cells and also there is no cell
accumulation on specific area. Thus, the textured surface and surface roughness
positively affected cell attachment and proliferation. Also, salt particles were observed
on the surface of plate but these particles has no negative effect on cell viability.
Moreover, the cells show needle like protrusion around the salt particles on surface.

Figure 50: SEM images of surface of sample #5 at the end of 7" day (a) 100X, (b)
1600X, (c) 3000X and (d) 6000X

3.4.3 Confocal Microscope Analysis of Cells

The seeded samples which were stained by phalloidin-FITC dye were
investigated to analysis effect of surface texture on cell behavior after incubation for
1%t and 7" days at 37°C. According to Figure 51, there is no difference between cells
alignment at the end of 1 day and cells were attached to surface of plates with smooth
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and textured structured. However, there is a significant difference between cell
morphology and alignment for plates with smooth and textured surface after 7" day

incubation (Figure 52).

Figure 51: Fluorescence microscopy of h-FOB cells were seeded on: a) sample #C5;
b) sample #C6; and c) sample #C7 after incubation for 1 day

Fluorescence microscopy results showed that h-FOB cells were aligned along
the channels for the samples with textured surface while in smooth surface cells are
accumulated in areas near to seeding region. Thus, it can be proved that pseudopodia’s
extended along the channels and surface textured play significant role in pseudopodia
extension. Previous studies proved that pattern structures improve cell spreading in
comparison with smooth surface (Riedel et al., 2011; Dumas et al., 2012; Liang et al.,
2013; Wittenbrink et al., 2015).

Flgure 52: Fluorescence microscopy of h-FOB cells were seeded on: a) sample #C5;
b) sample #C6; and c) sample #C7 after incubation for 7" day
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Riedel et al. showed that repeated pattern on surface of Ti based implant
improves mesenchymal stem cell spreading and also cells aligned along the pattern
(Riedel et al., 2011). Also, it was proved aspect ratio of textures has significant effect
on pseudopodia extension so cell alignment (Riedel et al., 2011). They showed that
increasing aspect ratio from 24 to 175 nm decreased extension of pseudopodia (Riedel
etal., 2011). In other study, it was observed that low aspect ratio have negative effect
on osteoblast like cells alignment and there was no cell alignment on implant with
aspect ratio between 190 to 240 nm (Fassbender et al., 2009). Thus, it can be concluded

that aspect ratio is a significant factor in cell alignment parallel to channels.

3.4.4 ALP Activity Analysis

Figure 53 shows ALP activity of h-FOB cells on AZ91D-Mg plates at the end
of 7th and 14th day. It is known that osteoblast cells secret ALP in the stage of active
bone deposition so ALP used as early marker for bone formation and osteoblastic
activity. ALP assay was applied to investigate effect of AZ91D-Mg on osteogenic
differentiation of h-FOB cells. It was observed that ALP activity of all of the samples
at 14th day were higher than 7th day. Thus, it can be concluded that cell osteogenic
differentiation of h-FOB cells continued in all of groups. Surface microstructure,
roughness and porous structure of plates play important roles in increasing of
osteogenic differentiation of the cells up to 14" day. Results are in agreement with
further studies in which surface roughness and porosity improve ALP activity (Moon
et al., 2014; Park et al., 2015).
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Figure 53: ALP activity of h-FOB cells seeded on AZ91D-Mg plates

ALP activity of plates compacted at 300 MPa is higher than that of samples
compacted at 250 MPa. It is known that the compaction pressure has a significant
effect on hardness of samples in which hardness value is increased with increasing
compaction pressure. Thus, plates compacted at higher pressure show most similarity
to bone tissue. Previous studies proved high hardness value enhances osteogenic cell
differentiation (Coelho and Jimbo, 2014; Chen and Thouas, 2015). The sample #C1
clearly shows the highest ALP activity among the samples. Furthermore, micro
textures on the surface of implants enhance cellular activity due to increasing of
surface area of implants (Jabur, 2013; Moon et al., 2014; Park et al., 2015). Moreover,
sintering time was affected ALP activity in which the increasing of sintering time
results in a decrease in cellular activity. It is known that the increasing of sintering
time gives time to further increase in grain size so the pore size collapse decrease as a

result. Thus, pore size has significant effect on osteogenic cell differentiation.
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CHAPTER 4

CONCLUSION

AZ91D-Mg biomedical implants were manufactured by PM under various
manufacturing conditions and then employed physical, mechanical, corrosion analysis
and cell culture studies. The effect of compaction pressure, sintering temperature and
time on physical, mechanical and corrosion properties of Mg alloy plates was
investigated. It was concluded that compaction pressure had a significant effect on the
relative density. Sintering temperature and time affected negatively the bending
strength. The confocal microscope results proved that surface roughness is decreased
with increasing the compaction pressure so the surface roughness can be controlled
with compaction pressure. Furthermore, it was demonstrated that the desired surface
micro structure was successfully manufactured by PM route. Due to higher Cl ions
content, Hank’s solution not only induced lower corrosion potential than DMEM and
10%FBS+DMEM solutions but also showed lower pitting corrosion potential. Beyond
that, the plates with smooth surface showed lower corrosion potential than the plates
with textured surface in the presence of FBS that was important due to the positive
effect of porous surfaces on cell attachment and proliferation. Moreover, immersion
tests which conducted in SBF proved that corrosion rate of plates was decreased by
formation of protective layers such as calcium phosphates on the surface of immersed
plates. Also, formation of calcium phosphates has positive effect on cell adhesion and
proliferation. Corresponding to cell viability analysis, AZ91D-Mg biomedical
implants exhibit high degree of biocompatibility. Furthermore, the plates with higher
porosity and micro texture surface increased cell adhesion and proliferation. Also,
surface roughness plays an important role in cellular activity of h-FOB cells. The h-
FOB cells spread all over the plates with micro texture surface while the cells
accumulated around seeding area for plates with smooth surface. It can be concluded
that PM can be regarded as a biomedical implant manufacturing technique for its

ability to manufacture products with high mechanical integrity and complex surface
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shapes. Beyond that, it was proved that corrosion rate of AZ91D-Mg alloy can be
controlled by surface modification. Moreover, cell culture studies recommended that

AZ91D-Mg is a good candidate as a biodegradable bone implant.
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APPENDICES

A. CALIBRATON CURVE FOR ALP ACTIVITY ASSAY

y=0,0013x+0,1276
R%=0,0384
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Figure A.1. The calibration curve of p-nitrophenol.
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B. CALIBRATON CURVE FOR BCA ASSAY

v=0.0866x+ 05251
R2=10.9909
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Figure B.1. The calibration curve of bovine serum albumin.
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