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1.1. Background of metallic biomaterials  

Orthopedic implant devices, or fracture management and joint replacement devices, include 

wires, screws, pins, plates and other artificial ligaments. Their functions are to support bones to 

bear loads and to promote the bone healing process so that patients can turn back to normal life. 

Over the last decades, the rising of human demand for implants, which is a main result of aging 

population, makes it essential to accelerate the evolution of biomaterials. 

From materials science view, there were four primary classifications of biomaterials: metals, 

ceramics and polymers and composites. Among these groups, metallic biomaterials usually prefer 

to be applicable for load-bearing implantation due to their outstanding mechanical properties and 

machinability through various production methods (casting, machining, extrusion and others) [1].  

Three generation have been developed throughout the evolution of metallic biomaterials [2]. 

The emergence of new generations does not eliminate the previous one. In fact, they are all further 

developed to meet different practical purposes and requirements.  

The first generation (1-gen) contains bioinert materials which basically replace damaged 

tissues [2]. Stainless steel, titanium (Ti)-based alloys, and cobalt-chromium (Co-Cr) alloys are 

three typical alloy systems of the 1-gen biomaterials. Bioactive materials, as the second generation 

(2-gen), are those can interact with host tissue to improve biological responses [2]. However, 

during the time that the 2-gen materials are designed, none of the base metallic materials are 

bioactive. Hence, in this generation, various bioactive coatings (bioactive glasses, polymers, 

calcium phosphate compounds, etc.), accompanies with coating techniques, are mainly studied.  

During the development for the long-term orthopedic implantation, the 1-gen and 2-gen 

biomaterials have shown two serious limitations: the need for removal surgeries and the occurrence 

of the stress shielding effect. Stainless steel, Ti alloys and Co-Cr alloys are bioinert materials 

because those materials have significantly high corrosion resistance. It means that those implant 

materials will stay permanently in human body. After the fractured bone is healed completely, the 

existence of the implant, as a foreign body, cause persistent pain for patients in the implanted region 

[3]. Therefore, secondary surgery for implant removal is needed after bone fixation. This removal 

surgery causes pain, economic-cost and infection for patients [4]. In addition, the long-term 

implantation of those alloy systems also leads to the occurrence of the stress shielding effect due 

to a huge mismatch in elastic modulus between the implant material and human bone, see Table 

1.1 [5]. The stress shielding effect reduces stimulation of new bone growth and remodeling and 

may lead to osteoporosis in a long-term usage [5], [6]. A minor limitation of those current metallic 
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biomaterials is the possibility of releasing toxic metallic ions and/or particles due to corrosion or 

wear processes although they are high wear and corrosion resistance alloys [7]. This may lead to 

inflammatory cascades which reduce biocompatibility and cause tissue loss [5].  

To overcome one of the limitations of the existing metallic biomaterials, the third generation 

(3-gen) shifts to biodegradable metals. The term “biodegradable” and “biodegradability” describes 

the ability to self-dissolve in the biological environment. The 3-gen biomaterials are ideally 

expected to degrade gradually in the physiological environment while still supporting the healing 

tissues for bearing forces; at the same time, the loss of the implant is replaced by the new tissues 

[2]. The characteristic materials of this generation include magnesium (Mg) alloys, iron (Fe) alloys 

and zinc (Zn) alloys because the base metals of those alloys can be degraded in the corrosive 

environment [8], [9].  

Table 1.1: Density and mechanical properties of various implant materials in comparison to 

human bone [5]. 

Properties Human 

bone 

Mg alloys Ti alloys Co-Cr 

alloys 

Stainless 

steels 

Density (g/cm3) 1.8 – 2.1 1.74 – 2.0 4.4 – 4.5 8.3 – 9.2 7.9 – 8.1 

Elastic modulus 

(GPa) 
3 – 20 41 – 45 110 – 117 230 189 – 205 

Compressive yield 

strength (MPa) 
130 – 180  65 – 100  758 – 1117  450 – 1000  170 – 310  

Fracture toughness 

(MPa.m1/2) 
3 – 6  15 – 40  55 – 115  N/A 50 – 200  

 

In the 3-gen biomaterials, Mg-based alloys have been the most attractive biomaterial for 

temporary implant devices owing to their outstanding properties. Mg alloys are dissolved in the 

physiological environment due to the highly negative electrochemical potential (-2.37 V) of Mg 

metal [10]. It means Mg-based implants are biodegradable, leading to the unnecessity of the 

implant-removal surgery. This notably decreases the medical cost and burden to the patients. 

Furthermore, Mg alloys possess a relatively low density ( = 1.74 – 2 g/cm3) and high specific 

strength with a low elastic modulus (E = 41 – 45 GPa), which was close to those values of human 

bone, i.e.,  = 1.8 – 2.1 g/cm3 and E = 3 – 20 GPa; respectively [5]. This similarity prevents the 

occurrence of the stress shielding effect, which cause concerns in the long-term usage of the 1-gen 

metallic biomaterials. The comparison of density and elastic modulus of the 1-gen, Mg-based 
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materials and human bone is shown in Table 1.1. In addition, the Mg element is a well-known 

biocompatible metal, which plays an essential role in human body since Mg2+ ions are involved in 

many metabolic reactions and biological mechanisms [11]. So far there are no reports on toxic 

reactions caused by the excessive amount of Mg [11]. Also, Mg metal itself was shown to simulate 

the new bone formation since its ions enhance the attachment and proliferation of cells, and new 

bone was observed to be formed in direct contact with Mg [12]. Generally, the use of Mg alloys is 

expected to cause non-toxic reactions and might overcome the two major problems (the removal 

surgery and the stress shielding effect) that are caused by the 1-gen biomaterials. Therefore, Mg 

alloys are prospective metallic biomaterials for temporary load-bearing implants.  

1.2. Development of Magnesium alloys for implant materials 

Owning to its hexagonal close packed structure with limited slip systems, their mechanical 

properties of pure Mg is under requirement for load-bearing implant devices, as shown in Table 

1.1. As the result, alloying elements have been introduced into the Mg matrix to improve its 

mechanical properties and; also, its corrosion resistance. The challenge for the element selection 

in developing biological Mg alloys is considerations of both elemental toxicity and strengthening 

ability.  

Based on toxicity level, alloying elements are classified into [13]: 

• Toxic elements: Be, Ba, Pb, Cd, Th 

• Elements that might cause hepatotoxicity or allergic problems: Al, V, Co, Cr, Ni, Cu  

• Nutrient elements in human: Ca, Mn, Zn, Sn, Si 

• Nutrient elements in plants and animals: Al, Bi, Li, Ag, Sr, Zr 

Based on strengthening ability, alloying elements are classified into [13], [14]: 

• Impurities: Fe, Cu, Ni, Co 

• Elements that improve strength: Al, Zn, Ca, Ag, Ce, Ni, Cu, Th, Zr 

• Elements that improve ductility: Th, Zn, Ag, Ce, Ca, Al, Ni, Cu 

From these classifications, several Mg-based alloys developed for biomedical uses are Mg-

Zn-based, Mg-Si-based, Mg-Zr-based and Mg-RE-based and so on [13]. Among those alloy 

systems, Mg-RE-based alloys normally exhibit the highest strength and elongation; also, their 

corrosion is commonly the lowest [13]. Though, rare earth elements are concerned with their effect 

on human health regarding cytotoxicity [15]. On the other hand, Mg-Zn-based alloys are highly 

potential biomaterials thanks to their second highest strength and ductility [13].  
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In Mg-Zn-based alloy system, Mg-Zn-Zr (ZK) series stands out as a potential candidate for 

orthopedic applications due to the two major advantages. Firstly, the alloy elements are 

biocompatible. As mentioned above, Zn is an essential nutrient element found in human muscle 

and bone [16]. Although Zn is a nutrient element in plant, histological and cytological studies 

proved that Zr showed good biocompatibility with an amount less than 0.8 wt% in Mg alloys [17], 

[18]. Therefore, the release of alloying ions, as a result of the corrosion reactions, may cause no 

harm or any of clinical diseases. Additionally, numerous studies showed that ZK series alloys own 

a good biocompatible property [19], [20]. Secondly, this alloy owns desirable 

mechanical properties for load-bearing applications. Both Zn and Zr are indicated to be a 

powerful grain finer to improve both strength and ductility of Mg alloys [13].  

Mg-6 wt%-0.5 wt%Zr (ZK60) alloy is a well-known alloy in Mg-Zn-Zr series due to its high 

strength and ductility and extruded alloy shows even better mechanical properties. Also, this alloy 

has become commercially for the industrial command. Therefore, extruded ZK60 alloy is selected 

to be a substrate for further investigation in this study. 

1.3. Corrosion behavior of Magnesium alloys  

Mg alloys have been extensively considered as biodegradable materials for orthopedic 

implantation because of their similar mechanical properties to natural bone, good biocompatibility 

and lower densities compared to other metallic biomaterials. However, throughout the history of 

Mg and its alloys, although Mg wires were first applied to stop bleeding vessels of human patients 

in 1878 by Edward C. Huse [12], until now Mg-based implant materials have not been clinically 

used worldwide because the problem of controlling the corrosion of this material in vivo has not 

been sufficiently solved. This is the principal drawback of Mg alloys that limits their applications 

in biological use.  

1.3.1. Corrosion mechanism 

 There are two main reasons leading to the poor corrosion resistance of Mg-based materials. 

Firstly, Mg metal is very chemically active owing to its highly electronegative potential allowing 

corrosion to occur even in conditions lack of oxygen. Secondly, the nature quasi-passive 

MgO/Mg(OH)2 film on Mg also has a poor corrosion protectiveness, especially in a dilute chlorine 

solution.  

 In physiological conditions, the degradation of Mg and its alloys occur under the form of the 

electrochemical reactions. Typically, immediately after exposed to the moisture/body fluids, Mg is 
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oxidized randomly over the entire surface to form Mg2+ ions following the anodic reaction (1.1). 

The reduction reaction of water is then proceeded by the generation of electrons as shown in the 

cathodic reaction (1.2). These electrochemical reactions result in the formation of a Mg(OH)2 layer 

on the surface of the Mg implant material, following the overall reaction (1.3). However, this layer 

is only stable in the highly alkaline solutions of pH11 [21]. In the physiological environment, the 

pH value of body fluid is just about 7.4. Furthermore, the body fluid also contains a high amount 

of chlorine (Cl-) ions (~104mmol/L) [21]. Therefore, the Mg(OH)2 layer is very susceptible to 

breakdown by the Cl- ions, as shown in reaction (1.4). Subsequently, the dissolution of this 

hydroxide layer decreases the protected areas, exposes the active Mg surface and then promotes 

further corrosion of Mg. 

  

 Mg → Mg2+ + 2e- (anodic reaction)  (1.1) 

 2H2O + 2e- → 2OH- + H2 (cathodic reaction)   (1.2) 

 Mg + 2H2O → Mg(OH)2 + H2 (overall reaction)  (1.3) 

 Mg(OH)2 + 2Cl- → MgCl2 + 2OH-  (1.4) 

1.3.2. Corrosion types  

Because even in high-purity Mg, impurities (Fe, Cu, Ni, etc.) are always present and in Mg 

alloys, not only impurities but also second phases/intermetallic compounds of Mg with alloying 

elements are present, localized corrosion will take place instead of uniform corrosion. Some typical 

localized corrosion types in biological applications are reviewed as the follows: 

Galvanic corrosion of Mg alloys is the primary issue for orthopedic applications. This 

corrosion occurs when there is a difference in electrochemical potentials of two contacted 

metals/phases. In the galvanic cells, Mg is always an active anode owing to its low negative 

electrochemical potential. Impurities and second phases/intermetallic compounds act as stable 

cathodes. In ZK series alloys, the second phases/intermetallic compounds include mainly MgxZny 

and few ZnnZrm [22]. Hence, Mg is preferential corroded.  

 Pitting is another form of localized corrosion which is associated with the breakdown of 

passivation layer in corrosive environment. When Mg alloys are exposed to a Cl--containing 

solution, after the occurrence of the galvanic corrosion, a corrosion pit grows in a hemi-spherical 

direction [23].    
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Filiform is also a localized corrosion that occurs on the metal surface having an applied 

protective coating. It is caused by active galvanic cells and can propagate the whole surface, leading 

to detachment of the coating [23]. Filiform is accompanied with the occurrence of pitting corrosion.  

Stress corrosion cracking (SCC), a form of localized corrosion, takes place due to the 

combination of susceptible materials under adequate stress, especially under constant stress. This 

type of corrosion damage is extremely dangerous since SCC causes slow, sub-critical crack growth 

under mechanical loads. SCC can be initiated by pitting since the pitting tips can act as stress 

magnifiers. When the crack reaches its critical size, a sudden and fast fracture can take place due 

to crack propagation under the applied stress [24]. This leads to an unexpected failure of the implant 

materials. 

1.3.3. Negative impacts of corrosion in biological use 

 The subsequent impacts resulting from the corrosion of Mg materials cause some serious 

concerns in the biomedical use of Mg-based materials. Those negative impacts are described as 

follows: 

a. Hydrogen gas evolution:  

According to the overall corrosion reaction (1.3) of Mg materials, the dissolution of Mg metal 

is always coupled with the generation of hydrogen (H2) gas. The H2 gas is proved to exchange 

through the skin and/or accumulate in fatty tissue [25]. However, once the hydrogen saturation 

becomes exceeded, the generated gas then locally builds up in the tissue cavities or gas cavities 

[26]. In the subcutaneous implantation of porous pure Mg in rats, the excessive H2 gas caused 

massive emphysema, prolonged discomfort and even decreased the survival rate of the rats [27]. 

The subcutaneous gas cavities can be punctured out, but this method may not be applicable for the 

internal surgeries [27]. Moreover, pressure created by the excessive H2 evolution creates induces 

some mechanical disturbances of the bone generation, resulting in more severe foreign body 

reactions [28]. On the other hand, another implantation study in mice proved that toxicity of the 

gas cavities caused by the degradation of Mg and its alloys may not be an insurmountable problem 

in the clinical use since H2 was exchanged quickly after implantation [25]. These contradictable 

results may not persuade surgeons to use Mg alloys in the practical case.   

b. Rapid alkaline change:  

The second concern of Mg alloys is the strong alkaline shift near the surface of the implant 

because of the OH- generation when Mg degrades, shown in reaction (1.2 or 1.4). Human body 

maintains pH condition at 7.4-7.6; hence the local pH increase may be considered undesirable. 
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Although the physiological pH condition may be automatically adjusted to some extent, the rapid 

pH rise due to the fast corrosion of Mg alloys may lead to an alkaline poisoning effect when pH 

exceeds 7.8 in that region [29]. Also, it is proved that the cell density decreased with an increase 

of pH value of the culturing medium [30].  

c. Loosen of mechanical integrity:  

Another concern relevant to the dissolution of Mg alloys is the deterioration of mechanical 

integrity of the implant under prolonged mechanical loads. The implant material is supposed to 

support the fractured bone to bear loads during the healing process. During human daily activities, 

the produced mechanical loads accelerate the deterioration process because both corrosion and 

stress are present [31]. This leads to the occurrence of stress corrosion cracking (SCC). As 

mentioned above, SCC causes a sudden and fast failure of the implant. This unpredictable 

destruction reduced the feasibility of Mg alloys.  

1.4. Strategies to reduce corrosion of ZK series alloy  

To avoid the occurrence of the mentioned negative consequences following the corrosion of 

the Mg implant, control of the degradation rate is extremely necessary. The applied controlling 

methods include alloying addition, plastic deformations, heat treatment and surface modification. 

In numerous studies, not only the individual method but also the combination of those methods is 

investigated to provide an optimizing routeway to enhance effectively the corrosion resistance of 

ZK series alloys.  

The mechanism of the alloying addition, plastic deformation and heat treatment methods for 

reducing corrosion rate is basically to change grain size and second phases inside the materials. It 

is well-known that a decrease in grain size improves mechanical properties through the Hall-Petch 

equation [32]. Hence, it is desired that decreasing grain size also improves corrosion resistance. 

However, the effects of grain size on controlling corrosion rate is more complicated and 

controversial among reports where some stated decrease in grain size improves corrosion resistance 

and some stated oppositely [33]. In addition, the effect of the second phases regards galvanic 

corrosion formed between the second phases and the corroded Mg matrix. Either an increase in the 

potential difference between the second phases and the matrix or an increase in the second phase 

fraction provide more active galvanic cells, resulting in higher corrosion rate [33]. The size and 

distribution of the second phase also play an important role in controlling corrosion rate but the 

mechanism of those factors has not been understood clearly [34], [35]. Generally, the influence of 

the intrinsic change caused by these three methods is complicated and varies among reports. 
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Surface modification is more simple and effective method to reduce corrosion rate. The 

mechanism of this method is to provide a protective layer on the material surface to prevent 

corrosion, especially at the beginning stages after the implantation. Moreover, applying a 

biocompatible coating might integrate better into local tissues and improve clinical performance. 

Among a majority of biocompatible coatings, calcium phosphate coatings stands out attractively 

because these coating materials also show osseointegration and osteoconduction [36]. Calcium 

phosphate is a family includes a great number of minerals consisting Ca and PO4 in their chemical 

structure. Some of the calcium phosphate phases that applied often as a coating in orthopedic 

devices are given in Table 1.2 [36]. Although in the same family, the calcium phosphate phases 

differ in characteristic, chemical formula, solubility; consequently, biological response of the host 

tissue.  

Due to the effective corrosion protection and excellent biocompatibility, calcium phosphate 

surface treatment is selected to be applied to control the corrosion rate of ZK60 alloy in this study. 

Table 1.2: Common types of calcium phosphate coatings used in orthopedic implantation [36]. 

Name Formula Ca/P ratio 

Hydroxyapatite (HAp) Ca10(PO4)6(OH)2 1.67 

Octcalcium phosphate (OCP) Ca8H2(PO4)6.5H2O 1.33 

Calcium phosphate dihydrate (brushite) CaHPO4.2H2O 1.0 

Anhydrous calcium phosphate (monetite) CaHPO4 1.0 

Tricalcium phosphate (TCP) Ca3(PO4)2 1.5 

Fluorapatite Ca10(PO4)6F2 1.67 
 

1.5. Objectives of this thesis 

To sum up, though ZK60 alloy has good biocompatibility and strength, its corrosion 

resistance is under concerned for load-bearing implantation. Hence, calcium phosphate coating 

layer is selected to improve its poor corrosion resistance.  

The objectives of this doctoral thesis are described as follows: 

(1) Surface modification for ZK60 alloy by several calcium phosphate coatings and 

investigation of their corrosion behavior  

(2) Investigate in vitro and in vivo biocompatibility of coated samples through cell culture 

tests and animal tests (rabbit model) 
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(3) Evaluate mechanical intergrity of coated ZK60 samples after different time periods of 

corrosion  
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2.1. Introduction  

 Biodegradable magnesium (Mg) alloys have been studied widely as prospective implant 

devices in the evolution of biomaterials. Compared to commercial biomaterials, including stainless 

steels, cobalt-chromium(Co-Cr) alloys and titanium (Ti) alloys, the use of Mg alloys can avoid the 

occurrence of the stress shielding effect [1] and eliminate the secondary surgery after recovery 

because of their comparable elastic modules to that of human bone and their biodegradability, 

respectively [2]. Moreover, Mg was proved to stimulate new bone formation since Mg2+ ions 

enhance the attachment and proliferation of cells [3]. However, until present, Mg alloys have been 

mainly applied at unload-bearing positions as clinical screws [4], [5]. 

 To be a load-bearing implant, Mg alloys need to meet the requirements for mechanical 

properties (e.g., ultimate tensile strength (UTS)250MPa, elongation (EL)15%), biocompatibility 

and corrosion resistance to ensure the implant could stay at least 12 weeks [6]. Mg-6mass% Zn-

0.5mass%Zr (ZK60) alloy stands out as a potential candidate for load-bearing applications because 

of its good mechanical properties (UTS=300MPa and EL=19.6% [7]) and its bio-safe alloying 

elements [8], [9]. The extruded ZK60 alloy also exhibited good osteoconductivity and 

osteoinductivity in mice [10]. However, ZK60 alloy still encounters severe corrosion in the 

corrosive body fluid since this alloy possesses a relatively high corrosion rate. This fast 

degradability causes some drawbacks, such as the accumulation of hydrogen gas and/or the 

deterioration of the mechanical integrity between the implant and human bone [11]. Therefore, it 

is crucial to enhance the corrosion resistance of ZK60 alloy for clinical orthopedic applications. 

 An effective approach to reduce the high corrosion rate of ZK60 alloy is the use of calcium 

phosphate coating layers. It is stated that the calcium phosphate layers provided good 

biocompatibility and osteoconduction for bone repair applications [12], [13]. Xia et al. proved that 

the calcium phosphate coating layers with a wide range of Ca/P ratios showed different levels of 

corrosion resistance on ZK60 alloy [14]. Another study stated that the transformation of dicalcium 

phosphate dihydrate (DCPD) by heat treatment produced a coating layer that reduced the 

degradation rate of ZK60 in Hanks’ solution and enhanced its cytocompatibility more notably than 

the primary DCPD layer [15]. Therefore, the composition of the calcium phosphate coating layers 

plays an essential role in improving both corrosion resistance and bioactivity of ZK60 alloy. 

Hiromoto et al. succeeded in producing different calcium phosphate coating layers by utilizing a 

chemical conversion method [16]. The calcium phosphate coating layer deposited in form of 

octacalcium phosphate (OCP) and/or hydroxyapatite (HAp) by controlling coating conditions [16], 
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[17]. In addition, it is stated that the properties of the calcium phosphate coating layers were also 

affected by the initial corrosion resistance of the substrate [18], [19]. However, the formation of 

the calcium phosphate coating layers on ZK60 alloy and their in vitro corrosion response have not 

been studied yet. 

 Therefore, this study aimed to investigate the formation and corrosion protectiveness of 

different types of calcium phosphate layers coated on ZK60 alloy. The calcium phosphate coating 

layers were prepared by adjusting the pH over a wide range in the chemical conversion method. In 

addition, the in vitro corrosion behavior in a culture medium of calcium phosphate coated ZK60 

alloy was investigated by immersion tests with Mg2+ ion quantification. 

2.2. Experiment procedure 

2.2.1. Materials preparation 

 Round disks with 2 mm in thickness were machined from commercially extruded ZK60 rods 

with 20 mm in diameter (Osaka Fuji Industry, Japan) and utilized as substrates for the coating 

process. The chemical composition of the alloy is shown in Table 2.1. The microstructure of the 

as-extruded ZK60 alloy is illustrated in Figure 2.1. The surfaces of each disk were grounded with 

abrasive papers with grit from #500 to #4000, cleaned with ethanol, and then dried completely in 

air.  

Table 2.1: Chemical composition of ZK60 alloy (mass%). 

 Mg  Zn  Zr  Al  Mn  Fe  Si  Cu  Ni 

 Bal.  5.28  0.521  0.0032  0.006  0.0006  0.0025  0.0007  0.0006 

2.2.2. Coating process 

 The coating treatment was followed the chemical conversion method published by Hiromoto 

et al. [16]. The coating solution was prepared by mixing the same volume of 0.5 mol/L 

ethylenediaminetetraacetic acid calcium disodium salt hydrate (C10H12CaN2Na2O8, Ca-EDTA) 

solution and 0.5 mol/L potassium dihydrogen phosphate (KH2PO4) solution. And then, 1 mol/L 

NaOH solution was added into the solution to adjust its pH value to 6.5, 7.0, 7.8 and 10.2. Disk 

specimens were immersed in the treatment solution when the solution reached a temperature of 90 

0C. The temperature was kept stably at 90 0C during a coating period of 2 h. Finally, the specimens 
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were retrieved from the coating solution, rinsed quickly in distilled water and dried completely in 

air at room temperature. The dried specimens were then used for further analysis and investigation. 

2.2.3.  In vitro immersion test 

 Immersion tests were carried out to investigate the in vitro degradation behavior of the 

calcium phosphate-coated specimens. The uncoated specimens were used as a comparison. Three 

specimens for each treatment condition were utilized (n=3) and the average values were reported. 

Initially, the specimens were sterilized in acetone and dried thoroughly. The specimens were then 

immersed in a -minimum essential medium (-MEM; 12571-063, Gibco-Thermo Fisher 

Scientific) supplemented with 10 % fetal bovine serum (FBS; S1820-500, Biowest) and 1 % 

penicillin/streptomycin solution (P/S; 168-23191, Wako). The specimens were kept in an incubator 

humidified with 5 % CO2 environment to maintain physiological pH at approximately 7.4. During 

the immersion tests, the temperature of the incubator was maintained at 370 C. The ratio of the 

volume of the testing solution and the total surface area of the specimen was 30 mL:1 cm2. On the 

scheduled day 1, 3, 5, 7, 10, 14, 21, and 28 of the immersion tests, an insignificant portion, 100 L, 

of the testing solution was sampled to quantify the Mg2+ ions using a test kit (Magnesium B-test 

Wako, FUJIFILM Wako, Tokyo, Japan) which employs a colorimetric method using xylidyl blue-

I [20, 21]. A microplate spectrophotometer (Thermo Scientific, Multiskan Go) was used to measure 

the absorbance at 520 nm, the absorption wavelength of the chelate of xylidyl blue-I and Mg. After 

the immersion interval, the specimens were retrieved from the testing medium for specimen 

characterization.  

2.2.4. Materials characterization 

 X-ray diffractometry (XRD; Rigaku, RINT-Ultima III) using Cu-K radiation was used to 

characterize the crystal phase of the calcium phosphate coatings and corrosion products deposited 

on the immersed specimens. A backscattered electron microscope (SEM; TM-6060, Hitachi) and 

a field-emission scanning electron microscope (FE-SEM; JSM-7200F, JEOL) equipped with an 

energy dispersion X-ray spectrometer (EDS) were utilized to analyze the surface morphology and 

cross-sectional structure of the coated and immersed specimens. For the cross-sectional 

observation, both as-coated specimens and immersed specimens were embedded in epoxy resin, 

grounded with abrasive papers with grits up to #4000 and then cleaned with ethanol. 
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2.3. Results 

2.3.1. Characterization of calcium phosphate coating layers 

Figure 2.2 (a) shows the X-ray diffraction patterns of the specimens coated at pH 6.5, 7.0, 

7.8 and 10.2. The XRD pattern of the uncoated specimen was used as a reference. In the patterns 

of the sample coated at pH 6.5 and 7.0, the presence of the characteristic peak from (010)OCP at 

4.70 indicates the formation of OCP crystals. Because the characteristic peak from (002)HAp and 

the peak from (002)OCP are around 26.00, Fig. 2.2 (b) with the magnified patterns is carried out to 

distinguish the difference between the peak position. According to the powder diffraction file of 

OCP (No. 44-0778) and HAp (No. 00-009-0432), the diffraction angle from the (002)HAp reflection 

is at nearly 26.00, which is slightly lower than that from the (002)OCP reflection at 26.10. Therefore, 

at pH 6.5, only OCP crystals were formed. However, at pH 7.0, not only the characteristic peak 

from (010)OCP but also the characteristic peak from (002)HAp was observed, indicating that both 

OCP and HAp were formed. At pH 7.8 and 10.2, only the characteristic peak from (002)HAp was 

observed, indicating the formation of HAp. Moreover, the formation of Mg(OH)2 together with the 

HAp coating layer at pH 10.2 was confirmed by a relatively high-intensity peak at 18.50, according 

to the powder diffraction file of the hexagonal structure Mg(OH)2 (No. 7-239). The results 

demonstrate that the pH conditions influenced significantly on the crystal phase of the calcium 

phosphate coating layers form on ZK60 alloy.  

Figure 2.3 illustrates the surface and cross-sectional SEM images of the coating layers 

formed at various pH conditions. In Fig. 2.3 (a) to (c), the coating layers were formed 

homogeneously from pH 6.5 to 7.8. Meanwhile, the pH 10.2 coating was observed with cracks of 

the micrometer-size, which were indicated by red arrows in Fig. 2.3 (d). The morphology of the 

different coating layers was shown with high magnification images in Fig. 2.3 from (e) to (h). At 

pH 6.5, plate-shaped crystals specific to OCP were formed. Because the pH 7.0 coating layer 

contained both OCP and HAp crystals, plate-shaped crystals specific to OCP and rod-shaped 

crystals specific to HAp were observed. Rod-shaped HAp crystals were observed in the pH 7.8 

coating layer, while agglomerates of needle-shaped HAp crystals with a sharp tip were formed in 

the pH 10.2 coating layer. The displacement among the agglomerates, as shown in Fig. 2.3 (h), 

may influence the corrosion protectiveness of the pH 10.2 coating layer.  

Figure 2.3 (i) to (l) show the cross-sectional structure and thickness of the coated specimens. 

The calcium phosphate coating layers formed on ZK60 alloy consisted of two sub-layers including 

a dense inner layer and a porous outer layer. In addition, it could be seen that the coating layers 
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formed at pH 6.5 and pH 7.0 exhibited a thin inner layer with a thickness of approximately 1.0 m, 

covered by the outer crystals with a length from 0.8 or 0.9 m to 3.4 m. In comparison, the 

thickness of the inner layers formed at pH 7.8 and pH 10.2 was thicker, approximately 1.8 m and 

1.9 m, respectively. The length of the rod-shaped HAp crystals formed at pH 7.8 was longer than 

that of the needle-shaped HAp crystals formed at pH 10.2, about 3.0 m and 1.4 m, respectively 

2.3.2. In vitro immersion results 

Figure 2.4 shows the accumulated amount of Mg2+ ion release of the specimens in the 

medium solution during the immersion period. Initially, the Mg2+ ion concentration that released 

from the specimens increased at a high rate, suggesting the fast corrosion. Thereafter, the release 

rate reduced substantially. This reduction was attributed to the corrosion products which deposited 

on the surface of the substrates and acted as a barrier to restrict the further corrosion. A portion of 

released Mg2+ ions reacted with anions in the immersion solution to form corrosion products that 

deposited in the bottom of the containers. The specimens coated at pH 6.5, 7.0 and 7.8 showed a 

relatively low corrosion rate in the first 1 or 3 days. This period corresponds to an induction time 

for corrosion initiation. Compared to these three specimens, the specimens that were uncoated and 

coated at pH 10.2 showed a shorter induction time, indicating the faster corrosion initiation. During 

the immersion period, the uncoated specimen showed the highest release rate, whereas the 

specimen coated at pH 7.8 showed the lowest rate. The release rates of the specimens coated at pH 

6.5 and 7.0 show no statistically meaningful difference. Even though the corrosion rate of the 

specimen coated at pH 10.2 was the second highest in the first 7 days, the subsequent rate reduced 

notably. The initial rapid rate of this specimen occurred due to the existence of micrometer-sized 

defects in its coating layer, as shown in Fig. 2.3 (d) and (h). All the pores in the outer layers are 

gaps between plate, rod or needle-like crystals growing from the inner layer, so all these pores 

penetrate from the immersion solution side to the inner layer, allowing easy penetration of the 

solution. It is reported that the non-through pores contributed insignificantly to the corrosion of 

micro-arc oxidation coatings during the initial stage of immersion, whereas the through-pores or 

micro-cracks provided pathways for the solution to reach the interface of the coating and ZK60 

alloy [22]. Therefore, the initial corrosion rate of the specimens is considered to depend on the 

protectiveness of the inner layer.  

Figure 2.5 illustrates the surface appearance of the specimens retrieved after the immersion 

period. In Fig. 2.5 (a), the uncoated specimen was covered with a light grey layer of corrosion 

products, which was peeled off due to the drying and characterizing processes. The round edge of 
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this specimen was collapsed due to corrosion. It suggests an occurrence of the most severe 

corrosion. The coated specimens were less corroded under the protection of the calcium phosphate 

coating layers. On the surface of the specimen coated at pH 6.5, numerous visible pits were 

observed. It implies the occurrence of localized pitting corrosion. In comparison, severe filiform 

corrosion and visible pitting occurred more severely on the specimen coated at pH 7.0, in Fig. 2.5 

(c), indicating the lower corrosion resistance of this specimen. Nevertheless, the coating layers 

formed at pH 7.8 and 10.2 demonstrated much better corrosion protection, evidenced in the 

remaining of the coating after the immersion test, in Fig. 2.5 (d) and (e).  

Figure 2.6 (a) to (e) depict the surface backscattered SEM images of the uncoated and coated 

specimens after the immersion test. The dark gray region of the uncoated specimen in Fig. 2.5 (a) 

was mainly covered by randomly oriented crystals in a columnar shape of the corrosion products. 

The specimens coated at pH 6.5 and 7.0 showed a similarity in the corrosion morphology. Cracks 

and corrosion products were observed around locally corroded positions. Nevertheless, on the 

surface of the specimens coated at pH 7.8 and 10.2, no obvious presence of the corrosion products 

was observed. Compared to the specimen coated at pH 7.8, that coated at pH 10.2 showed 

numerous cracks on its surface. Some of the cracks may form owing to the high vacuum 

environment during SEM observation.  

Figure 2.6 (f) to (i) show the cross-sectional backscattered SEM images of the calcium 

phosphate-coated specimens after 28 days of immersion. It could be seen that dark gray regions of 

Mg(OH)2 were observed beneath the coating layers formed at pH 6.5, 7.0 and 10.2. The Mg(OH)2 

regions were formed during the immersion test when the immersion solution penetrated through 

the coating layer and corroded the substrate. The Mg(OH)2 regions presumably caused the 

detachment of the coating layer from the substrate during the grinding process, in Fig. 2.6 (f) and 

(i). The local presence of Mg(OH)2 indicates the formation of pitting, in Fig. 2.6 (f), (g) and (i). On 

the other hand, the corrosion on the specimen coated at pH 7.8 was negligible as there was no 

noticeable existence of Mg(OH)2 under the coating layer. The results indicate that the specimen 

coated at pH 7.8 exhibited the highest corrosion resistance.  

 Figure 2.7 (a) demonstrates the X-ray diffraction patterns of all the specimens after the 

immersion period. The patterns were compared with those of the as-prepared uncoated and coated 

specimens shown in Fig. 2.1. The diffraction pattern of the uncoated specimen included numerous 

peaks of corrosion products, which contain Mg(OH)2, CaCO3, Mg3(PO4)2 and CaxMgy(PO4)z. The 

presence of the corrosion products showed an agreement with previous studies about the 

degradation behavior of Mg-based materials under physiological conditions [23], [24], [25]. In Fig. 
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2.7 (b), EDS analysis on the surface of the uncoated specimen demonstrates the presence of mostly 

Mg and O elements at position #1, while Ca, P, C and S elements were acquired together with Mg 

and O elements at position #2. The result indicates that the randomly oriented columnar crystals of 

corrosion products observed in Fig. 2.5 (a) and Fig. 2.6 (a) were Mg(OH)2 crystals. Other corrosion 

products observed in the XRD patterns were presumably formed underneath the Mg(OH)2 layer. 

In the pattern of the specimen coated at pH 6.5, only one peak at 43.40 of CaCO3 as a corrosion 

product was detected. In the case of the specimen coated at pH 7.0, high-intensity peaks of 

corrosion products of Mg(OH)2 and CaCO3 were obtained at 39.20 and 43.40, respectively. The 

EDS analysis on the cross section of this specimen in Fig. 2.7 (c) showed that the position #1 

contained mainly Mg, O and C elements, indicating the formation of the corrosion products of 

Mg(OH)2 and carbonate salt. At the position #2, Mg, O, Ca and P elements were mainly presented. 

The Ca/P was approximately 1.0, which is lower than the ratio of OCP (Ca/P=1.33) or HAp 

(Ca/P=1.67). The high percentage of Mg and the decrease in the Ca/P ratio suggest a capability of 

the presence of Mg3(PO4)2, which lead to an increase in the percentage of P element. Interestingly, 

after the immersion period, the specimen coated at pH 7.8 showed a new diffraction peak of HAp 

at approximately 10.80. The extra precipitation of HAp crystals is attributed to the ability of the 

original HAp crystals to directly react with the immersion solution [26]. Nevertheless, there was 

no significant change in the pattern of the specimen coated at pH 10.2. 

2.4. Discussion  

2.4.1. Coating mechanism on Mg materials 

The coating mechanism and the formed morphology of the calcium phosphate coating via 

the chemical conversion method was illustrated in Figures 2.8. Following the exposure of Mg alloy 

into the coating solution, the dissolution of Mg metal occurs immediately, as shown in equations 

(1) and (2). The dissolution of the Mg-based substrate plays an essential role since the dissolved 

areas act as nuclei in the formation of calcium phosphate coatings [18]. Simultaneously, Ca2+ ions 

were generated during the dissolution of Ca(edta)2- chelate in the coating solution under a 

hydrothermal condition, as shown in equation (3) [18]. As the results of the reaction (2), a great 

amount of OH- was generated, leading to a rapid pH increase in local surface area of the substrate. 

This local pH increase promotes a rapid precipitation of calcium phosphate, including OCP and 

HAp int this study, with simultaneous formation of Mg(OH)2 on the substrate surface, according 

to equations (4), (5) and (6), respectively. Due to Mg(OH)2 has a much higher solubility [27], the 
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OCP and/or HAp formation was more preferentially than the Mg(OH)2 formation. The formation 

of calcium phosphate proceeded rapidly thanks to the rapid dissolution of the Mg substrate in the 

initial stage, resulting in the formation of calcium phosphate film consisting of spherical particles. 

As the coating time progressed, this dense inner layer of OCP and/or HAp formed and thickened. 

The inner layer then moderated or prevent the further dissolution of Mg. Subsequently, OCP and 

HAp gradually precipitates to develop into the plate-like and rod-like/needle-like particles, 

respectively. It is noted that the Mg(OH)2 formation is continuous gradually as the coating process 

progresses. Also, according to the equation (2) in the dissolution of Mg, hydrogen gas (H2) is 

evolved. This evolution of H2 gas is believed to cause defects, such as micro pores, in the formed 

calcium phosphate coating layers [28].  

(1) Mg → Mg2+ + 2e- 

(2) 2H2O + 2e- → 2OH- + H2 

(3) Ca(edta)2- → Ca2+ + edta4- 

(4) OCP: 8Ca2+ + 6HPO4
2- + 4OH- + H2O → Ca8(PO4)4(HPO4)2.5H2O 

(5) HAp: 10Ca + 6PO4
3- + 2OH- → Ca10(PO4)6(OH)2 

(6) Mg + 2OH → Mg(OH)2 

2.4.2. Formation of calcium phosphate coatings on ZK60 alloy 

Figures 2.2 and 2.3 illustrate that various calcium phosphate coating layers were formed on 

the surface of as-extruded ZK60 alloy by applying the chemical conversion method. The results 

also pointed out that pH conditions influenced significantly the crystal phase and morphology of 

the calcium phosphate coating layers. The calcium phosphate crystals changed from plate-shaped 

to needle-shaped crystals as the pH value increased from 6.5 to 10.2. The structure of the calcium 

phosphate coating layers on ZK60 alloy was in a similar manner to the structure of the coating 

layers on the other types of Mg-based materials [16], [28], [29], [30], suggesting the same 

formation mechanism, which reported previously on pure Mg and AZ31 alloy [17], [30]. OCP was 

formed in the solution of pH 6.5 and HAp was formed in the solutions of pH 7.0, 7.8 and 10.2 

because OCP and HAp phases are chemically stable in each pH solution [28]. Because the 

corrosion rate of the Mg alloys reduced as the pH value increased [28], ZK60 alloy corroded faster 

at pH 7.0 than at pH 7.8 and 10.2, leading to more abundant Mg ion release. It is reported that at a 

high concentration of Mg ions, the HAp formation was much more strongly inhibited than the OCP 

formation [32]. Therefore, initially, the formation of HAp was inhibited at pH 7.0, so OCP was 
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formed. As the precipitated OCP covered the surface of ZK60 alloy, the corrosion of the alloy was 

delayed, conditioned for the formation of HAp. Additionally, it is reported that during a direct 

hydrolysis of OCP without catalysts at a temperature above 60 0C, the transformation of OCP to 

HAp occurred at a pH of about 6.7 [33]. Hence, both OCP and HAp were present at pH 7.0.  

 The Mg(OH)2 peak in XRD patterns was observed at pH 10.2 in this study, while it only 

appeared at pH above 11 in the case of pure Mg and AZ alloys [16]. The formation of Mg(OH)2 

during the coating process was due to the initial corrosion of the substrate caused by the coating 

solution [27]. This indicates that the corrosion rate of ZK60 alloy is higher than that of pure Mg 

and AZ alloys. The original corrosion rate of the substrate also plays an important role in the 

corrosion resistance performance when the corrosive solution penetrates through the coating layer. 

Therefore, it is also necessary to enhance the original corrosion resistance of ZK60 alloy, in 

addition to the surface coating treatment. Additionally, it should be noted that the second phases 

of the as-extruded ZK60 alloy have a fine particle size, approximately 1.3 m or less, as shown in 

Fig. 2.1. These fine second phase particles can limit the crack formation and delamination of the 

coating layer, which was caused by the coarse particles of more than a few tens of micrometers in 

size as reported in the case of Mg-Zn alloys [30].  

2.4.3. In vitro corrosion behavior of immersed samples 

The results from the Mg2+ ion quantification and the surface and the cross-sectional 

observation of all the specimens after 28 days of immersion prove that the calcium phosphate 

coating layers delayed notably the degradation of ZK60 alloy. However, localized corrosions, such 

as filiform and pitting, still took place because nano-scale defects, such as pores and cracks, always 

exist in the HAp or OCP coating layers [27], [30]. Among various coatings, the HAp coating layer 

formed at pH 7.8 showed the most effective corrosion protection ability because this coating layer 

was highly uniform and its inner layer was relatively thick, about 1.8 m. In comparison, the pH 

10.2 coating layer exhibited lower corrosion protection even though its inner layer was slightly 

thicker, approximately 1.9 m. This is mainly due to the existence of micrometer-sized cracks in 

this coating layer, as depicted in Fig. 2.3 (d) and (h). The cracks also caused the short induction 

time for the corrosion initiation of this specimen as in Fig. 2.4. In addition, the EDS line scan 

profiles of various elements along the cross section of the specimen coated at pH 10.2 in Figure 

2.9 revealed that a thin intermediate layer of Mg(OH)2 was formed during the coating process, 

indicated by the co-existence of Mg and O elements, with no other elements detected. The 
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Mg(OH)2 intermediate layer also caused lower corrosion resistance of the specimen coated at pH 

10.2, compared to that coated at pH 7.8. 

On the other hand, the specimens coated at pH 6.5 and 7.0 showed lower levels of corrosion 

resistance, compared to those coated at pH 7.8 and 10.2. This is due to the thinner inner layer of 

the coating layers shown in Fig. 2.2 and a higher dissolution rate of the OCP crystals than the HAp 

crystals [28]. The higher corrosion protection ability of the HAp coating layer than the OCP and 

OCP+HAp coating layers was also reported previously [28]. Due to the lower corrosion protection 

of the OCP-containing coating layer, localized corrosion, including pitting and filiform, was 

observed obviously on the surface and underneath the coating layers formed at pH 6.5 and 7.0, in 

Fig. 2.5 and 2.6. When the corrosive immersion solution reached the coating/substrate interface 

through the existing defects of the coating layers, localized corrosion occurred, which led to 

filiform and pitting corrosion. The growth of the pits took place due to the changeable positions of 

micro-cathodes and anodes [34]. Pitting corrosion could also be initiated when the secondary phase 

particles were present at the localized-corrosion sites [35].  

 The OCP+HAp coating layer formed at pH 7.0 showed slightly lower corrosion protection 

compared to the OCP coating layer formed at pH 6.5, as depicted in Fig. 2.4 and 2.5. It is reported 

that during the hydrolysis of OCP, before transforming into HA crystals, the first-formed 

crystalline OCP phase became so unstable [36]. Therefore, it is strongly believed that this unstable 

OCP phase exists in the OCP+HAp coating layer and are the main reason for the lower corrosion 

protection of this coating layer, in comparison with the OCP coating layer.  

2.5. Conclusion  

 In this study, the calcium phosphate coating layers were formed on the surface of the 

extruded ZK60 substrate. The morphology and crystal phase of the coating layers were influenced 

by pH conditions. The OCP single phase layer and the OCP+HAp mixture layer were formed at 

pH 6.5 and 7.0, respectively. The HAp single phase layer and the HAp layer with an intermediate 

Mg(OH)2 layer were formed at pH 7.8 and 10.2, respectively. This resulted in the different in vitro 

degradation performance of the calcium phosphate-coated specimens. The induction time for the 

corrosion initiation of the specimens coated at pH 6.5, 7.0 and 7.8 was longer than that of the 

specimens that uncoated and coated at pH 10.2. The corrosion rates of the specimens coated at pH 

6.5 and 7.0 were high due to their thin inner layers and their OCP-containing coating layers. The 

localized corrosion was observed in these two specimens after the immersion test. In comparison, 

the corrosion rate of the specimen coated at pH 10.2 was lower at the end of the immersion interval, 
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but this rate was rapid in the first 7 days mainly because of the pH 10.2 coating layer containing 

micrometer-sized defects. The specimen coated at pH 7.8 exhibited the lowest corrosion rate, 

owing to its uniform-crystallized HAp coating layer. Furthermore, the deposition of biocompatible 

HA crystals was observed only on this specimen after the immersion test. The results indicated that 

ZK60 alloy coated in the solution of pH 7.8 is the most suitable degradable material for 

implantation. However, to be successfully applied as a load-bearing implant in the clinical use, the 

initial corrosion resistance of as-extruded ZK60 alloy should be improved before the coating 

treatment and the electrochemical behavior of each coating layer should be studied in the future.  
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Fig. 2.1: (A) SEM micrograph of as-extruded ZK60 alloy. (B) Optical microscope images of (a) 

cross section and (b) longitudinal section of the as-extruded ZK60 rod. The yellow square in (b) 

shows a region containing refined grains after extrusion of the alloy.   

  

(A) 

(B) 
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Fig. 2.2: (a) XRD patterns of ZK60 specimens coated at various pH conditions. (b) Magnified XRD 

patterns of the specimens coated at pH 6.5 and 7.0 to distinguish the characteristic peak of (002)HAp 

and the peak of (002)OCP at about 26.00.  
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Fig. 2.3: Surface and cross-sectional SEM images of the specimens coated at pH 6.5 (a, e and i), at 

pH 7.0 (b, f and j), at pH 7.8 (c, g and k) and at pH 10.2 (d, h and l). Red arrows point out the 

micrometer-sized defects of the pH 10.2 coating layer.  
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Fig. 2.4: The amount of Mg2+ ion released in -MEM+FBS medium during 28 days of immersion. 

The values represent the mean ± standard deviation (n=3). 
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Fig. 2.5: Surface appearance of uncoated specimen (a) and specimens coated at pH 6.5 (b), at pH 

7.0 (c), at pH 7.8 (d) and at pH 10.2 (e) after 28 days of immersion. 

 

 

 

Fig. 2.6: Surface and cross-sectional SEM images of immersed specimen: uncoated (a), coated at 

pH 6.5 (b and f), at pH 7.0 (c and g), at pH 7.8 (d and h) and at pH 10.2 (e and i). 
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Fig. 2.7: (a) XRD patterns of the specimens after 28 days of immersion. The EDS analysis on (b) 

the surface of the uncoated specimen and (c) the cross section of the specimen coated at pH 7.0. 
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Fig. 2.8: (a) Coating mechanism of calcium phosphate on Mg-based substrates. (b) Coating 

morphology of the formed calcium phosphate coating.  
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Fig. 2.9: EDS line scan along a drawn line in the cross section of the specimen coated at pH 10.2. 
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Chapter 3:  

In vitro biocompatibility and in vivo degradation behavior of 

calcium phosphate coated ZK60 alloy 
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3.1. Introduction  

 Magnesium (Mg) alloys have evolved as potential materials for biodegradable implant 

devices due to their outstanding properties: comparable density and elastic modulus to those of 

human bones, biocompatibility and biodegradability [1], [2]. In biomedical use, the biosafety of 

the alloying elements contained in a Mg alloy system is taken into consideration. In Mg-6mass% 

Zn-0.5mass% Zr (ZK60) alloy, both Zn and Zr alloying elements with the designated amount are 

proved to be biocompatible [3], [4]. The addition of Zn and Zr enhance the mechanical properties 

to meet the requirement of load-bearing applications [3], [5], [6]. However, the low corrosion 

resistance of ZK60 alloy has limited its clinical feasibility [7], [8], [9]. 

 To improve the corrosion resistance and enhance the biocompatibility of Mg/Mg alloys, 

surface treatment with calcium phosphate (Ca-P) coatings is extensively studied because of their 

excellent biocompatibility, low solubilities and good antibacterial performance which avoids 

serious biofilm-associated infections caused by bacteria [10], [11], [12]. The Ca-P coatings also 

showed good bioactivity because their surface contains negatively charged functional groups which 

strongly induce biomineralization of Ca-P crystallites on the implant [13]. Among various coating 

methods, the chemical conversion method introduced by Hiromoto et al. is a simple and cost-

effective single-step process using environmentally friendly reagents and can apply to any shape 

of the device [14]. The Ca-P coating can be in the form of octacalcium phosphate (OCP, 

Ca8(PO4)4(HPO4)2.5H2O) with its specific plate-shaped crystals, or hydroxyapatite (HAp, 

Ca10(PO4)6(OH)2) with rod-/needle-shaped crystals [15]. Numerous studies proved that cell 

behavior on a Ca-P coated material depends strongly on the type, morphology and corrosion 

property of the coating [16], [17], [18], [19]. It is reported that the corrosion property of different 

types of the Mg-based alloy substrate influenced the morphology and corrosion protectiveness of 

the Ca-P coating deposited in the chemical conversion method [20], [21]. In our previous study, 

we investigated the formation and corrosion behavior of different Ca-P coatings formed on ZK60 

alloy [22]. The type, morphology and corrosion protectiveness of the formed coatings varied at 

different pH coating conditions. However, the influence on cellular biocompatibility of the Ca-P 

coatings with different surface properties formed on ZK60 alloy have not been investigated yet. 

 Therefore, in this work, the cell viability of those Ca-P coatings formed at pH 6.5, 7.8 and 

10.2 on ZK60 alloy was investigated. Furthermore, animal tests were carried out in rabbits to 

provide a comprehensive view of the in vivo degradation behavior of ZK60 alloy that uncoated and 

coated with the optimum Ca-P coating to determine the feasibility of use. 
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3.2. In vitro cell behavior  

3.2.1. Cell interaction with biomaterials 

Osteoblasts are critically important for bone formation and remodelling since they synthesize 

and secrete bone matric and promote the mineralization of bone [23], [24]. Osteoblasts at the bone 

surface are classified into three types: preosteoblast, active and inactive osteoblasts. In which, 

preosteoblasts are those cells that differentiate into active bone-secreting osteoblasts. Also, not only 

active osteoblasts, preosteoblasts already produce collagen type I forming 90 % of the organic bone 

mass [25]. Hence, the understanding of conditions of preosteoblasts adhering on a surface is 

crucial. The most popular preosteoblast cell line is MC3T3-E1 derived from mice, but it is often 

used to represent osteoblasts in vitro [26]. Therefore, in this study, MC3T3-E1 pre-osteoblasts were 

selected to investigate the in vitro biocompatibility of the coated ZK60 samples. 

The major of cell types, including osteoblastic cells, are required to adhere to extracellular 

matric to survive. Thus the quality of adhesion is critical for their survival and functional 

performance. The fact is that immediately after explored to the culture medium or body fluids, a 

protein layer is adsorbed on material surfaces; after that, cells respond to that material through the 

adsorbed layer [18]. The initial surface properties of the material define amount, conformation and 

types of the adsorbed proteins [27]. After sensing the protein layer, cells then (1) adhere to it by 

forming focal contacts, (2) when the number and size of the focal contacts increase, cells will 

spread out and orientate themselve according to the surface features, (3) cells will proliferate, which 

means cells divide to increase their number and (4) cells will differentiate, which means cells 

change into their phenotypical type to perform their functions [18]. Generally, the material surface 

properties are the key factors for cell survival since they control the quality of cell adhesion. 

Recently, the growing interest in cell-matrix interfaces has motivated numerous studies of 

surface parameters, such as topography or roughness, wettability, chemical composition and 

charge, elasticity and so on [28], [29], [30]. In various parameters, surface chemistry and 

topography are the most two important parameters. Owing to difference in ion concentration across 

cell membrane, all cells exhibit negative potential varying from -10 to -90 mV [31]. As a result, a 

positive potential surface benefits in the cell attachment. The surface topography showed a 

significant effect on both proliferation and differentiation. It is shown that an increase in surface 

roughness and disorder decreased cell proliferation [32].   

In this study, ZK60 samples were coated at three pH conditions. The surface charge of the 

coated materials is properly different from that of the uncoated materials. Moreover, the formed 
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coating layers varied in type and composition (which resulted differently in corrosion protection) 

and morphology (or surface roughness). The influences of those surface parameters on osteoblasts 

are discussed later.  

3.2.2. Experiment procedure 

a. Sample preparation 

In this chapter, the used ZK60 substrates were as same as the substrates in the previous 

chapter. The uncoated ZK60 samples were prepared by grinding mechanically with SiC abrasive 

papers from 500 grits to 4000 grits, cleaned with ethanol and then dried in air. The coated samples 

were prepared by applying the chemical conversion coating method with the coating solutions of 

pH 6.5, 7.8 and 10.2. The samples were kept in a vacuum environment for further use.  

b. Cell culture tests 

To examine the in vitro biocompatibility of the samples coated at different pH conditions, 

initially, osteoblastic MC3T3-E1 cells (RIKEN Cell Bank) were prepared through thawing and 

passaged 4 to 5 times. A -minimum essential medium (-MEM) supplemented with 10% fetal 

bovine serum and 1% penicillin/streptomycin solution was used as a culture medium. Before cell 

seeding, the uncoated and coated samples were sterilized in acetone, then placed in the 12-well 

plates. The cells were seeded on the samples at a density of 2104 cells/cm2 in 3 ml of the culture 

medium in each well and incubated at 370C with 5% CO2 for 24 h and 72 h. The cells were also 

seeded in 12-well plates which is made by polystyrene, functioning as negative control groups. 

Each type of the samples and the negative control groups were triplicated in the culture test. After 

the incubation, the cells were fixed on the surface of the samples by methanol and stained by 

Giemsa solution for cell counting and observation. After this staining process, the samples were 

cleaned by the purified water, dried completely and kept in a vacuum environment for further 

investigation. To calculate the cell density, five regions with the same area on the surface of the 

cultured samples, as illustrated in figure 1, were captured by optical microscope (OM, VHX-5000, 

Keyence). The number of cells in each region was counted by using ImageJ software. The average 

cell densities were compared using a one-way analysis of variance (ANOVA). A post hoc test with 

Bonferroni correction was employed to analyze significant differences between samples. 

Additionally, the pH value of the culture medium was also measured. Mg ion concentration was 

quantified by a colorimetric method using xylidyl blue-I [33], [34] using a test kit, Magnesium B-

test Wako (FUJIFILM Wako, Japan). The absorption wavelength of the chelate of xylidyl blue-I 

and Mg ions at 520 nm was measured by a microplate spectrophotometer (Thermo Scientific, 
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Multiskan Go). The cell morphology and in vitro corrosion on the cultured samples were observed 

by a FE-SEM equipped with an EDS. The ImageJ software was used to measure the nucleus area 

of the randomly selected cells (n=30) on each type of the samples.  

3.2.3. Results  

a. Coating results 

The XRD and SEM results were taken from the results of the last chapter and shown in figure 

3.2 and 3.3, respectively. The precipitated Ca-P coatings have a dual-layer structure, including a 

dense inner layer and a porous outer layer containing Ca-P crystals. An OCP single phase layer 

was formed at pH 6.5. This OCP coating has a 1.0 m inner layer and a porous outer layer 

containing plate-shaped OCP crystals with a length from 0.9 to 3.6 m, as shown in figure 3.3 (d) 

and (g). A HAp single phase layer was formed at pH 7.8, while a HAp layer with an intermediate 

Mg(OH)2 layer were formed at pH 10.2. In comparison to the OCP coating, the HAp coatings 

formed at pH 7.8 and 10.2 have a thicker inner layer and a more frequent distribution of the 

outermost crystals, in figure 3.3 (h) and (i). Rod-shaped HAp crystals with a length of 3.0 m were 

observed at pH 7.8, whereas agglomerates of needle-shaped HAp crystals with a length of 1.4 m 

were observed at pH 10.2. The needle-shaped crystals of HAp were depicted to have a diameter of 

several tens of nanometers with a very sharp tip [15]. Moreover, on the surface of the pH 10.2 

coating, cracks and displacement among the agglomerates were observed, which were highlighted 

by black arrows. 

b. In vitro cell and corrosion behavior of different coated samples 

Figure 3.4 shows the whole surface OM images of the samples with and without calcium 

phosphate coatings cultured with MC3T3-E1 cells retrieved after 24 h and 72 h. Figure 3.5 

indicates the average cell density that counted on the corresponding samples in figure 4 after the 

cell culture test. After 24 h, the cell density on the uncoated sample showed no statistically 

significant difference with either the seeding density or the density of the negative control group. 

However, no cells were observed after 72 h. The cell densities of the samples coated at pH 6.5 and 

7.8 were comparable to each other, but both were significantly higher than the seeding density 

approximately 50 % and 100 % after 24 h and 72 h, respectively. Compared with the negative 

control group, the cell densities on these two samples showed negligible difference after 24 h but 

were about twice lower after 72 h. Nevertheless, a decreasing trend of the cell density was observed 

in the sample coated at pH 10.2. Only about 26.4 % of the seeded cells remained on this sample 
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after 72 h. The results indicate that the sample coated at pH 6.5 and 7.8 showed a better condition 

for cell adhesion and proliferation. 

Figure 3.6 (a) to (p) reveal the morphology of the cells that adhered to the samples after 24 h 

and 72 h of the cell culture. On the uncoated sample, the cells showed a small nucleus after 24 h 

but no cells were observed after 72 h owning to the covered layer of crystallized corrosion products. 

On the sample coated at pH 10.2, a shrinkage of the cell body was observed since 24 h of the culture 

test, shown in the cell extension and small nucleus. After 72 h, the cells shrunk severely. On the 

other hand, the cells which adhered on the sample coated at pH 6.5 and 7.8 manifested elongated 

morphology and a large nucleus after 24 h and 72 h, suggesting better cell morphology [35]. Figure 

3.6 (q) depicts that the average nucleus area of the cells on the sample coated at pH 7.8 is larger 

than that of the cells on the sample coated at pH 6.5 after either 24h or 72h. It demonstrates that 

the sample coated at pH 7.8 has a more suitable surface for the osteoblastic cells than that coated 

at pH 6.5 [35].  

In vitro corrosion morphology of the cultured samples after 24 h and 72 h is demonstrated in 

figure 3.7. After 24 h, localized corrosion was observed on the uncoated sample with microcracks, 

shown in figure 7 (a). In figure 3.7 (i), dark grey regions of corrosion product of Mg(OH)2 and pits 

with a depth of 1.9-2.7 m were observed underneath the surface. After 72 h, the uncoated sample 

was covered by a layer of corrosion products with a thickness of 3.8-12.1 m, shown in figure 3.7 

(e) and (m). Localized corrosion was observed on the surface of the samples coated at pH 6.5, in 

figure 3.7 (b) and (f), and at pH 7.8, in figure 3.7 (c) and (g), both after 24 h and 72 h. A thin layer 

of Mg(OH)2 corrosion product was more clearly observed in the cross-section of the sample coated 

at pH 6.5, in figure 3.7 (j) and (n), than that of the sample coated at pH 7.8 in figure 3.7 (k) and 

(o). In the case of the sample coated at pH 10.2, filiform corrosion occurred with the formation of 

the corrosion product of Mg(OH)2 underneath the coating after 24 h and 72 h. This localized 

corrosion detached the coating from the substrate, which caused various cracks in a high vacuum 

environment during SEM observation, shown in figure 3.7 (d) and (h). 

Figure 3.8 and 3.9 show the corrosion behavior of the samples under the cell adhesion. Figure 

8 demonstrates the pH change of the culture medium for each type of the sample after two culture 

intervals. After 24 h, the pH value of the medium for the samples coated at pH 6.5 and 7.8 slightly 

increased to 7.7 and 7.6, respectively. Meanwhile, the pH value of the medium for the samples that 

was uncoated and coated at pH 10.2 increased notably to 8.2 and 8.1, respectively. After 72 h, the 

medium for all the samples showed a significant increase in the pH value, compared to the original 
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pH value (pH = 7.4). The highest increase was observed for the sample coated at pH 10.2, to 8.9, 

whereas the lowest increase was observed for the sample coated at pH 7.8, to 8.3. 

Figure 3.9 depicts the Mg2+ ion concentration released into the culture medium owing to the 

corrosion of the samples. After 24 h, the released amount of the Mg2+ ions from the samples coated 

at pH 6.5 and 7.8 was comparable and approximately triple lower than the released amount from 

the two other samples. However, the released amount from the samples coated at pH 6.5 and 7.8 

showed a great increase after 72 h, to 7.910-2 and 6.210-2 mg/cm2, respectively. Nonetheless, the 

released amount from the uncoated sample and the sample coated at pH 10.2 raised slightly, to 

about 10.110-2 mg/cm2. 

3.2.4. Discussion 

It is stated that the cells do not contact directly on the bare surface of a material, but on the 

surface that previously was adsorbed by water or proteins from the cell culture medium [18]. The 

cells adhere to the surface of the biomaterial by forming focal contacts based on the adsorbed layer, 

then spread out, proliferate and eventually differentiate. Therefore, the adsorbed protein layer plays 

an essential role in the cell response to the biomaterials. In the case of the uncoated samples, the 

cell density showed no statistically significant difference with the seeding density and the density 

of the negative control group after 24 h (figure 3.5) even though the sample was corroded to some 

extent, shown in figure 3.7 (a) and (i). This is because (1) the proteins in the culture medium inhibit 

the initial corrosion of ZK60 alloy by the discontinuously adsorbed layer and the formation of an 

insoluble salt layer acts as a local corrosion barrier [36], (2) the abundant amount of Mg ions due 

to Mg corrosion can result in rapid protein adsorption [36] and (3) Mg ions promote the cells to 

synthesize protein and DNA and then proliferate [37]. However, it is noted that the cell nucleus 

was much smaller than the nucleus of the cells adhered to the coated samples, as in figure 3.6 (e). 

After 72 h, no cells survived on the uncoated sample, shown in figure 3.5. This is attributed to the 

fast degradation of ZK60 alloy since the adsorbed protein layer is discontinuous, leading to a drastic 

pH increase in figure 3.8, hydrogen gas evolution and the formation of a thick layer of corrosion 

products, as in figure 3.7 (e) and (m). Those events limited the cell adhesion, consequently caused 

the cell death [38], [39]. 

In contrast, the ZK60 samples covered by the calcium phosphate coatings showed good in 

vitro biocompatibility because organic macromolecules, such as amino acids and proteins, have a 

high affinity for calcium phosphate apatite surface due to the active Ca and P sites [40] [41] [42], 

leading to a notable increase in the adsorbed protein layer. The outer layer of the coatings exhibited 
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high micro-sized porosity, as in figure 3.3, which also benefits for the protein absorption [19]. 

Hence, the coated samples provided a favorable surface for cell adhesion and then proliferation. 

Additionally, the calcium phosphate coatings also delayed the occurrence of corrosion, shown in 

figure 3.8 and 3.9. Therefore, the samples coated at pH 6.5 and 7.8 showed good biocompatibility 

with a remarkable increase in the average cell density and the extension of the cell body on their 

surface. However, the cells manifested more elongated shape, which characterizes for the 

osteoblastic cell line, and a larger nucleus on the sample coated at pH 7.8, as in figure 3.6 (q) 

although the average cell density showed no statistical significance between the two samples. This 

is because the formation of focal contacts of the pre-osteoblasts on the rod-shaped HAp crystals of 

the pH 7.8 coating was better than on the plate-shaped OCP crystals of the pH 6.5 coating [39]. In 

addition, the sample coated at pH 7.8 was less corroded than that coated at pH 6.5, shown in figures 

3.7, 3.8 and 3.9 because of both the lower solubility [43] and a thinner inner layer of the OCP 

coating compared to those of the HAp coating, shown in figure 3.3 (g) and (h). Therefore, the 

sample coated at pH 7.8 provided a preferential surface for cell adhesion and growth. 

However, the sample coated at pH 10.2 showed low biocompatibility for the osteoblastic 

cells, although the sample was coated with a HAp layer. The average cell density showed a 

decreasing trend in figure 3.5 and the cells shrunk severely after 72h in figure 3.6 (p). In our 

previous study, the induction time for corrosion initiation of this sample is much shorter than the 

sample coated at pH 6.5 and 7.8 but longer than the uncoated sample [22]. This fast occurrence of 

filiform corrosion caused the low biocompatibility for the sample coated at pH 10.2. The filiform 

corrosion caused the formation of large regions of the corrosion product of Mg(OH)2 underneath 

the coating, in figure 3.7 (l) and (p), the notable increase in the pH value in figure 3.8 and Mg2+ ion 

concentration in the culture medium in figure 3.9, and the H2 gas evolution. The cell death was 

caused by the H2 gas, Mg2+ and OH- ion release (the pH increase), which permeated through the 

coating layer and cracks [39]. Furthermore, it is noted that in the outermost layer of the pH 10.2 

coating, the needle-shaped HAp crystals possessed a diameter of tens of nanometers with a very 

sharp tip [15]. It is proved that the sharp-tip nanotopography was harmful to the elongation of the 

cells and led to a decreased in the cell density and cell shrinkage [44]. Moreover, the surface 

containing high-density nano-particles caused a drastic decrease in the number of the osteoblasts 

[45]. Hence, the morphology of the pH 10.2 coating also plays an essential role on the low cell 

proliferation on this sample.  
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In addition, compared the cell density and corrosion among the samples, it is believed that 

the coating morphology is more dominant for cell adhesion and proliferation than the corrosion 

protectiveness of the coating.  

3.3. In vivo subcutaneous implantation in rabbits 

3.3.1. Host response to implant biomaterials  

When an implant is introduced, following the tissue injury caused by surgery and blood-

material interaction, an adsorption of plasma proteins on the implant surface occurs. The presence 

of the foreign implant is then recognized by the innate immune system based on the binding and 

interaction of that adsorbed layer with immune cells [46]. The implant recognition then triggers the 

inflammation response, including acute and chronic inflammations. Hence, as discussed in the cell-

material interaction in Section 3.2.1, in vivo environment, the implant surface is also extremely 

essential for the adherence of the immune cells, which determines the outcome of the implantation. 

The acute phase starts the inflammatory response by the presence of neutrophils and 

monocytes/macrophages (pro-inflammatory M1 phenotype) and usually resolves quickly within 

one week [46]. Afterward, the chronic phase, where monocytes, macrophages (anti-inflammatory 

M2 phenotype) and foreign body giant cells (FBGCs) are present, takes place [47]. Monocytes 

differentiate into macrophages. The fusion of multiple macrophages leads to the formation of 

FBGCs. M2 macrophages can recruit fibroblasts to the implant surface. The capsule tissue is 

created by the combination of macrophages/FBGCs, fibroblasts and a build-up extracellular matrix 

[48]. The formation of this capsule isolates the implant to prevent the surrounding tissues.  

The presence of macrophages and FBGCs is said to be the main factor to cause degradation 

of the implant [49]. As their name, macrophages tend to phagocytize (means “eat”) any foreign 

body (<5 m). With larger particles, a group of macrophages fuse into FBGCs with a greater 

phagocytosis capacity. Another degradation mechanism is macrophages and FBGCs produce 

erosive enzymes, reactive oxygen and nitrogen species which degrade the implant. Those cells will 

present at the interface between the local tissues and the implant for the lifetime of the implant, so 

the degradation is a continuous process [47].  

In this study, we simply conducted a subcutaneous implantation in rabbits to estimate the in 

vivo degradation of the alloys to determine their feasibility in clinal use. Based on the results from 

corrosion and cell culture tests, the alloys coated at pH 7.8 were selected to be examined. The 

uncoated alloys were also implanted for comparison.  
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3.3.2. Experiment procedure  

The animal experiments were approved by the Science Council of Vietnam Military Medical 

University, Ministry of National Defense, Hanoi, Vietnam (No. 838/QD-HVQY) and performed at 

the Animal Center of Vietnam Military Medical University, Ministry of National Defense, Hanoi, 

Vietnam. The animal (rabbits) were cared according to “Guidelines on Experimental Food or Water 

Restriction or Manipulation in Laboratory Animals” proposed by University of Michigan, 

Michigan, America.  

The samples uncoated and coated at pH 7.8 were used for the implantation tests. A total of 8 

healthy and domestic white rabbits of about 2-2.5 kg in weight and 6-8 months in age were housed 

in separate cages under controlled living and feeding conditions. The rabbits were randomly 

divided into two groups, each containing 4 individuals who were employed for one type of samples. 

Before the surgery, the rabbits were anesthetized with propofol (15-25 mg/kg/h). One side of the 

hindquarter knees of the rabbits was shaved, then disinfected with betadine 10 % solution. The skin 

and subcutaneous tissue were opened carefully layer after layer. The samples were placed in the 

hindquarter knee muscle. One sample was implanted in one rabbit. The subcutaneous tissue was 

closed by an absorbable bio-suture, while the skin was closed by a nonabsorbable bio-suture. After 

the wound was closed, the surgical sites were disinfected again with the betadine 10% solution. 

The rabbits were then returned to their cages. They were looked after carefully and periodically 

after the surgery. At either the fourth week or twelfth week post-implantation, a secondary surgery 

was performed to retrieve the samples from the rabbits. Before the secondary surgery, the 

implanted position on each rabbit was scanned by X-ray radiography (Siemens 100, Germany). 

The retrieved samples were dried in air, kept under a vacuum condition and characterized by OM, 

FE-SEM and EDS. 

3.3.3. Results  

Figure 3.10 (a) to (d) demonstrates radiographic images of the rabbits implanted with the 

uncoated and coated samples at two different periods post-surgery. At four weeks post-surgery, 

both kinds of the implanted samples showed a large volume of gas around the sample (figure 3.10 

(a) and (b)). The formation of gas cavities around the implanted samples indicates the occurrence 

of encapsulation of the samples during implantation. Figure 3.10 (e) shows the subcutaneous 

appearance of the implantation site of the uncoated sample at four weeks post-surgery as an 

example. The gas cavity formation was observed to cause a local swelling of the host tissue 
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surrounding the implantation site. At twelve weeks post-surgery, a large volume of gas entrapped 

in the capsule was still observed around the uncoated sample (figure 3.10 (c)), whereas the gas 

volume reduced significantly around the coated sample (figure 3.10 (d)). 

Figure 3.11 shows microscopy images of the samples implanted in the rabbits for different 

implantation periods. Since the samples were retrieved without cleaning, the trace of the blood and 

surrounding soft tissue that adhered tightly to the samples was obviously seen, especially after 

twelve weeks of implantation, shown in figure 3.11 (c) and (d). After four weeks, the surface of 

the uncoated sample was observed with some severely corroded regions. On the coated sample, 

large cracks were visibly observed, pointed out by white arrows. The HAp coating was partly 

collapsed, in which the remaining region of the coating is in white color, and the collapsed region 

is in dark color. After twelve weeks, not only the surface but also the edge of the uncoated sample 

was corroded severely, leading to an irregular shape of the sample. Nonetheless, the coated sample 

was covered by an inhomogeneous layer. The shape of this sample was kept as the original. The 

results indicate that the coated sample showed higher corrosion resistance than the uncoated 

sample. 

Figure 3.12 shows the surface and cross-sectional corrosion morphology of the implanted 

samples. Figure 3.12 (a-1) and (a-2) correspond to the areas 1 and 2 on the sample shown in figure 

3.11 (a). Other surface images (b-1) to (d-2) are also in the same manner. The images (e-1) to (h-

2) are the cross-sectional view of the areas 1 and 2 on the samples (a) to (d) also in figure 3.11. 

EDS analyses were carried out on the white frame in the (c-1) to (d-2). For the uncoated sample, 

there was a highly rough layer of corrosion products in the area 1, whereas the area 2 had a flat 

surface with numerous cracks. The observed cracks may be caused by the high vacuum condition 

during SEM observation. For the coated sample, a part of the coating was collapsed at four weeks 

post-surgery, while localized corrosion was observed on the remaining coating layer, in figure 3.12 

(b-1) and (b-2). At twelve weeks post-surgery, this sample was covered by a layer of corrosion 

products with no observation of the coating, in figure 3.12 (d-1) and (d-2).  

In the cross-section observation, for the uncoated sample, pits with a depth of 90–125 m 

were observed during implantation, shown in figure 3.12 (e-1) and (g-1). On the other hand, even 

though pitting corrosion was also observed for the coated sample, the pits were shallower with a 

depth less than 75 m, in figure 3.12 (f-1) and (h-1). It indicates a higher corrosion resistance of 

the coated sample. At twelve weeks post-surgery, a corrosion product layer with a thickness of 

about 11 m was covered the coating layer, in figure 3.12 (h-2).  
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By EDS analysis, the corrosion products containing mainly Mg, Ca, P and O deposited on 

the surface of the samples, indicating the deposition of Ca/Mg inorganic salts. The high 

concentration of C might be from soft tissue, protein, amino acid, etc., in the rabbits. The presence 

of Al element was considered as a contamination because of the use of aluminum tweezer and 

container during the surgeries. Additionally, Mg(OH)2 corrosion product was found mainly in the 

pitting area. The formation of Mg(OH)2 underneath the HAp coating layer indicates the penetration 

of the body fluid through the coating, which led to the corrosion of the ZK60 alloy, in figure 3.12 

(f-2) and (h-2). Regarding to the composition of the corrosion product layer in figure 3.12 (h-2), it 

is reported that in the corrosion product layer formed under the activities of macrophages, which 

is the main cause of in vivo corrosion, the outer part contained mainly Ca/Mg salts while the inner 

part contained mainly Mg(OH)2 [50]. It shows an agreement with the EDS analysis on the surface 

and cross section in this study, in which the surface of the layer contained Mg, Ca, O, P and C 

(figure 3.12 (d-2)) while Mg(OH)2 presented mainly in the inner part of this layer (figure 3.12 (h-

2)).  

Figure 3.13 shows the change of the HAp coating formed at pH 7.8 after implantation. The 

initial distribution of the HAp crystals was frequent, shown in figure 3.13 (a), whereas the latter 

distribution became more sparsely after four weeks of implantation, as in figure 3.13 (b). 

Additionally, the HAp crystals in the outermost layer were thinned and shorten, as in figure 3.13 

(b), (d) and (e), compared with the original crystals in figure 3.13 (a) and (c). It depicts that the 

HAp coating was dissolved by the body fluid of the rabbits during implantation. After twelve weeks 

of implantation, there was no notable change of the coating. It is attributed to the protection of the 

corrosion product layer covered the coating. 

3.3.4. Discussion  

The degradation process of an implanted material depends upon the host response which is 

controlled by the surface properties of the material, resulting in the latter changes in its structure, 

mechanical properties and performance [18], [46]. Based on the outstanding results of the sample 

coated at pH 7.8 shown in the cell culture test with the best cellular biocompatibility and corrosion 

resistance, this sample was selected to be implanted subcutaneously in the rabbit body. The 

uncoated sample was also implanted to compare. This implantation in rabbits aimed to give an 

insight into the feasibility and degradation behavior of the ZK60 alloy coated at the optimum 

condition of pH 7.8. However, the in vivo behavior of this sample in hard tissues should be further 
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examined even though this study pointed out that it showed good in vitro biocompatibility with the 

osteoblastic cells. 

In the host response, the capsule tissue is created by the combination of macrophages, 

fibroblasts and a build-up extracellular matrix [48]. The formation of the capsule around the 

implant, or the fibrous encapsulation shown in Figure 3.10, separates the implant from the 

surrounding tissues and body fluid. The isolation of the fibrous capsule and the gas cavities, 

together with the formation of corrosion products as in figure 3.12, slowed down the corrosion of 

the implant samples [51]. The degradation of the implanted material is believed to be caused mainly 

by macrophages [50], [52]. When macrophages adhere to the surface of the implant, they secrete 

mediators of degradation (reactive oxygen and nitrogen species, degradative enzymes and acid 

hydrolases) into a privileged microenvironment which was induced between the cell membrane 

and the surface of the implant [53]. The local corrosion, typically pitting, occurred under this 

privileged microenvironment. It is stated that the local corrosion occurred in narrow regions with 

fixed positions of micro-Mg anodes and cathodes (such as impurities, second phases or 

intermetallic compounds) due to the limited diffusion of the body fluid, which was caused by the 

adhesion of human immune cells [54]. Therefore, Mg anodes were corroded vertically in vivo and 

caused deep pitting regions shown in figures 3.11 and 3.12. Xia et al. proved that HAp was 

degraded by macrophages [55]. Moreover, the HAp crystals formed by the employed chemical 

conversion method exhibit a nonstoichiometric composition with the incorporation of CO3 in PO4 

sites and Na and/or Mg in Ca sites [56]. Therefore, HAp crystals were degraded in vivo, leading to 

the thinner and shorter crystals after four weeks of implantation, as in figure 3.13. Hiromoto et al. 

also reported that the HAp coating was dissolved locally during the subcutaneous implantation in 

transgenic mice [54].  

Hydrogen gas evolution is an inevitable consequence as the samples were degraded. The 

initial hydrogen evolution led to the formation of gas cavities. It is reported that the gas cavities 

caused a decrease in the survival rate of rats [57]. However, in this study, the cavities showed no 

effects on the survival rate of the rabbits until twelve weeks post-surgery, except for the swelling 

at the implantation site and discomfort to the rabbits in their daily activities. The volume of 

hydrogen gas can be reduced because hydrogen gas saturates the adjacent tissues, exchanges with 

dissolved gasses (nitrogen, oxygen and carbon dioxide) from the adjacent tissues and blood vessels, 

and diffuses through the skin [58]. While hydrogen gas was exchanged from the inside to the 

outside of the gas cavities, the samples were continuing to be corroded and further hydrogen gas 

was evolved. In figure 3.10 (a) and (b), after four weeks of implantation, gas cavities were observed 
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obviously in both types of the implanted samples although the HAp coating is expected to delay 

the initial corrosion of the coated sample. The corrosion of the uncoated sample was occurred 

immediately after implantation, whereas the corrosion of the coated sample was supposed to initiate 

from the defects of the HAp coating which either already exists or caused during the implantation 

process, in addition to the activities of the immune cells. In figure 3.10 (c) and (d), the difference 

in the size of the gas cavities between the uncoated and coated samples was noticeable after twelve 

weeks of implantation. The significant reduction of gas around the coated sample indicates that the 

corrosion rate of this sample was delayed remarkably and lower than the exchange rate of hydrogen 

gas. This decrease in the corrosion rate is attributed to the corrosion protection from the remained 

HAp coating and the corrosion product layer. Mg(OH)2 can be absorbed poorly in the digestive 

system and degraded by the acid in form of H2O2 released by neutrophils and macrophages [57]. It 

means that further corrosion of the coated sample can take place.  

Hence, with the preferred surface conditions, higher corrosion resistance and a notable 

reduction of gas cavities at the implantation site, the sample coated at pH 7.8 was presumed to 

reduce the inflammation level and limit the clinical concerns caused by the high corrosion rate of 

the uncoated ZK60. However, further investigation related to foreign body reaction should be 

studied.  

3.4. Conclusion  

In vitro biocompatibility was studied on several calcium phosphate coatings formed on ZK60 

alloy using MC3T3-E1 pre-osteoblasts. The type, surface morphology and corrosion protectiveness 

of the coatings governed the morphology, adhesion and proliferation of the cells. Among those 

surface factors, the morphology of the coating is more dominant for cell adhesion and proliferation 

than its corrosion protectiveness. Compared with the seeding density, the cell density increased 

about twice on the samples coated at pH 6.5 and 7.8, whereas decreased to about 26.4% on the 

sample coated at pH 10.2 after 72h. The cells were more elongated and had larger nucleus area on 

the pH 7.8 coating than on the pH 6.5 coating but shrunk severely on the pH 10.2 coating. The 

sample coated at pH 7.8 showed the best cellular biocompatibility.  

In vivo degradation behavior of the samples that were uncoated and coated at pH 7.8 was 

studied by the subcutaneous implantation in rabbits. Gas cavities were formed around both types 

of the samples due to their corrosion after four weeks of implantation. Compared with the uncoated 

sample, the volume of gas cavities reduced significantly around the sample coated at pH 7.8 after 

twelve weeks due to its higher corrosion resistance. Pitting was the main corrosion mechanism that 
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occurred in the rabbit body. The HAp coating was also degraded during implantation, shown by 

the sparse distribution of the thinned and shortened HAp crystals. 

In general, the sample coated at pH 7.8 showed the best cellular biocompatibility and 

improved notably the corrosion resistance of ZK60 alloy both in vitro and in vivo. Therefore, ZK60 

alloy coated at 7.8 can be a degradable implant for clinical use.  

  



 

52 

 

Fig. 3.1: Five places to count cells on each sample after the cell culture test. 
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Fig. 3.2: XRD diffraction patterns of the uncoated and coated samples [22]. 
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Fig. 3.3: Surface and cross-section SEM images of the samples coated at pH 6.5 ((a), (d) and (g)), 

at pH 7.8 ((b), (e) and (h)) and at pH 10.2 ((c), (f) and (i)) [22].  
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Fig. 3.4: OM images of the samples after 24h ((a) to (d)) and 72h ((e) to (h)) of the cell culture test. 
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Fig. 3.5: MC3T3-E1 cell density on different types of samples. n.s.: not significant, *: p  0.1, **: 

p  0.05, ***: p  0.001. 
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Fig. 3.6: OM ((a) to (d) and (i) to (l)) and SEM ((e) to (h) and (m) to (p)) images of cell morphology 

on the samples uncoated ((a), (e), (i) and (m)), coated at pH 6.5 ((b), (f), (j) and (n)), coated at pH 

7.8 ((c), (g), (k) and (o)) and coated at pH 10.2 ((d), (h), (l) and (p)) after 24h ((a) to (h)) and after 

72h ((i) to (p)). (q) the nucleus area of the cells adhered on the sample coated at pH 6.5 and 7.8 

after 24h and 72h. 
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Fig. 3.7: Surface ((a) to (h)) and cross-sectional ((i) to (p)) backscattered SEM micrographs of all 

the samples uncoated ((a), (e), (i) and (m)), coated at pH 6.5 ((b), (f), (j) and (n)), coated at pH 7.8 

((c), (g), (k) and (o)) and coated at pH 10.2 (d), (h), (l) and (p)) after 24h ((a) to (d) and (i) to (l)) 

and 72h ((e) to (h), (m) to (p)). 
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Fig. 3.8: pH change of the medium for all the samples after 24 h and 72h culture. 
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Fig. 3.9: Mg2+ ion concentration of the medium for all the samples after 24h and 72h culture. n.s.: 

not significant, *: p  0.05. 
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Fig. 3.10: Radiographs of the samples: uncoated ((a) and (c)) and coated at pH 7.8 ((b) and (d)) at 

four weeks ((a) and (b)) and twelve weeks ((c) and (d)) post-surgery. Subcutaneous appearance of 

gas cavity at the implantation site of the uncoated sample at four weeks post-surgery (e). 
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Fig. 3.11: Microscopy images of the sample: uncoated ((a) and (c)) and coated at pH 7.8 ((b) and 

(d)) at four weeks ((a) and (b)) and twelve weeks ((c) and (d)) post-surgery. White arrows indicate 

the visible corrosion areas. The black circle corresponds to the original shape of the uncoated 

sample before implantation. White squares indicate the areas which are subsequently analyzed by 

SEM. 

  



 

63 

 

Fig. 3.12: Surface and cross-sectional backscattered SEM images of the sample uncoated ((a), (c), 

(e) and (g)) and coated at pH 7.8 ((b), (d), (f) and (h)) at four weeks ((a) to (d)) and twelve weeks 

((e) to (h)) post-surgery. 
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Fig. 3.13: Change of the HAp coating formed at pH 7.8 during implantation: the as-prepared 

coating ((a) and (c)), the coating after four weeks ((b) and (d)) and twelve weeks (e) of implantation. 
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4.1. Introduction  

 To be successfully used as an orthopedic implant, biomaterials are desired to have good 

biocompatibility, suitable mechanical strength, corrosion resistance and maintain mechanical 

integrity during the bone healing process. Biodegradable Magnesium (Mg) alloys have gained 

increasing attention in temporary orthopedic implant applications because of their ability to 

dissolve in physiological environment, light weight and avoid stress shielding effect [1], [2], [3]. 

Especially, Mg-Zn-Zr (ZK) alloy exhibits suitable mechanical properties and contains bio-safe 

alloying elements. It is reported that Mg-Zn-Zr (ZK) alloys exhibited good biocompatibility [4], 

[5]. Thus, ZK alloys are suitable biomaterials for implantation. However, Mg is an active metal 

with a highly electronegative potential so Mg alloys are degraded easily in erosive conditions [6]. 

This poor corrosion resistance leads to harmful reactions, such as hydrogen gas evolution, local pH 

increase, loss of mechanical integrity or fracture of implant devices. Hence, it is important to 

increase the poor corrosion resistance of ZK alloys.    

In addition to the demand of higher corrosion resistance, the implant is also required to 

maintain its mechanical integrity in the initial stage of the healing process. Afterward, the 

mechanical integrity deteriorates with the degradation of the implant, whereas, the healed bone is 

gradually gained its normal strength. This behavior is illustrated in Figure 4.1 [7].  

Hydroxyapatite (HAp) surface coating is an effective method to both improve corrosion 

resistance and maintain the mechanical integrity of ZK alloys. Also, HAp coating can enhance 

biocompatibility of the alloys since HAp is a well-known mineral found in human bone and teeth 

[8]. In our previous studies, HAp was successfully coated on Mg-6 wt% Zn-0.5 wt% Zr (ZK60) 

alloy by applying a chemical conversion method at pH 7.8 [9], [10]. The high corrosion rate and 

biocompatibility of the alloy were improved significantly by the HAp coating. However, the effects 

of this HAp coating on the mechanical integrity of ZK60 alloy during degradation process have 

not been investigated yet.  

Therefore, this study was carried out to examine the influence of the HAp coating on the 

mechanical integrity of ZK60 alloy. The degradation of the samples was performed in Hanks 

solution after several time periods. Compression tests were then conducted to measure mechanical 

strengths of the degraded samples.  
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4.2. Experiment procedure 

4.2.1. Materials preparation 

 Commercially extruded ZK60 rods with 31 mm in diameter (Osaka Fuji Industry, Japan) 

were machined into a rectangular prism with a dimension of 5x5x10 mm3. The chemical 

composition of the alloy is shown in Table 4.1. All the surfaces of the samples were ground using 

abrasive SiC papers up to #4000 grit, cleaned with ethanol, then dried completely for HAp coating 

process. A ground sample was polished carefully with colloidal silica to observe the distribution 

of second phases in the alloy, shown in Fig. 4.2.  

A chemical conversion coating method was applied to introduce a HAp coating layer on the 

surfaces of the ZK60 samples. The treatment solution was prepared as the following: (1) mix a 

same volume of 0.5 mol/L ethylenediaminetetraacetic acid calcium disodium salt hydrate 

(C10H12CaN2Na2O8, Ca-EDTA) solution and 0.5 mol/L potassium dihydrogen phosphate 

(KH2PO4) solution; (2) adjust pH value of the solution to 7.8 by adding 1 mol/L NaOH solution. 

The treatment solution then heated up. When its temperature reached 90 0C, the samples were 

immersed in. The coating treatment was progressed by keeping the temperature stably at 90 0C 

during a 2-hour period. After retrieved from the coating solution, the samples were rinsed quickly 

in distilled water, dried completely at room temperature and stored in a vacuum environment for 

further analysis and investigation. 

Table 4.1: Chemical composition of ZK60 alloy (mass%) 

Mg Zn Zr Al Mn Si Ca 

Bal. 6.19 0.591 <0.001 0.003 <0.001 0.002 

Fe Ni Cu Pb Sn Others  

0.002 <0.001 0.003 <0.001 <0.001 <0.3  
 

4.2.2. Mechanical integrity tests 

Both the uncoated and HAp-coated samples were immersed into Hank’s solution, whose 

chemical composition was shown in Table 4.2. The ratio of the total volume of the Hank’s solution 

and the total surface area of the sample was about 50 ml/1 cm2. The samples were exposed in 

Hank’s solution at a temperature of 37 0C for 0, 3, 7, 14, 21 and 28 days. After those prescribed 

immersion periods, the samples were retrieved from the testing solution, cleaned by distilled water 

and dried in air.  
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Compression tests were conducted to investigate mechanical integrity of the immersed 

samples. A strain rate of 1 mm/min was applied for all the samples. Autograph AG-X plus 

(Shimazdu corporation, Japan) was used. The compression tests were repeated three time for each 

type of the samples.  

Table 4.2: Chemical composition of Hank’s solution used in immersion tests 

Reagent Concentration (g/L) Reagent Concentration (g/L) 

NaCl 8 MgSO4.7H2O 0.2 

KCl 0.4 NaHCO3 0.35 

Na2HPO4.H2O 0.06 CaCl2 0.14 

KH2PO4 0.06   
 

Since the corrosion of the substrate generates Mg ions into Hank’s solution, corrosion level 

of the samples after immersion was carried out by quantifying the released Mg ion concentration. 

It is given that the initial Mg ions in Hank’s solution is about 2 mg/L. Mg ion concentrations 

released from day 0 to 14 of the immersion tests were quantified by a colorimetric method using 

xylidyl blue-I [11]. Xylidyl blue-I reacts with Mg2+ ions and combine into a water soluble chelate 

that can be absorbed by light with a wavelength of 520 nm. A test kid (Magnesium B-test Wako, 

FUJIFILM Wako, Japan) was used to provide xylidyl blue-I. A microplate spectrophotometer 

(Thermo Scientific, Multiskan Go) was used to measure the absorbance at 520 nm of the chelate 

of xylidyl blue-I and Mg.  

Furthermore, the coating layer and corrosion products formed on the samples after the 

immersion tests were also removed to investigate surface roughness of the samples after immersion 

by using a mixture solution of AgNO3 (17 g/L) and CrO3 (200 g/L). One-shot 3D measuring 

macroscope (VR-3000, Keyence) was used in this investigation.  

4.2.3. Materials characterization 

 X-ray diffractometry (XRD; Mini Flex, Rigaku) using Cu-K radiation was used to 

characterize the crystal phase of the calcium phosphate coating. A field-emission scanning electron 

microscope (FE-SEM; JSM-7200F, JEOL) equipped with an energy dispersion X-ray spectrometer 

(EDS) were utilized to analyze the surface morphology and cross-sectional structure of the coated 

and immersed specimens. For the cross-sectional observation, both as-coated specimens and 

immersed specimens were embedded in epoxy resin, grounded with abrasive papers with grits up 

to #4000 and then cleaned with ethanol. 
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 The experimental processes in this chapter were summarized and illustrated in figure 4.3.  

4.3. Results and Discussion  

4.3.1. Formation of hydroxyapatite coating 

Figure 4.4 (a) shows the XRD diffraction patterns of the uncoated and coated ZK60 alloy 

Compare to the uncoated sample, the sample coated at pH 7.8 showed the characteristic peak of 

(002)HAp at about 260 (the powder diffraction file of HAp No. 00-009-0432), indicating the 

formation of HAp layer. Moreover, the diffraction peak from (001)Mg(OH)2 was observed at about 

180 (the powder diffraction file of Mg(OH)2 No. 7-239), suggesting that Mg(OH)2 was formed 

together with the HAp coating.   

Figs. 4.4 (b), (c) and (d) show the surface and cross-sectional SEM images of the HAp 

coating. The formed coating contains a dense inner layer and a porous outer layer. Leaf-shaped 

HAp crystals in the outer layer formed radically from the dome-shaped inner layer. Due to this 

formation, displacement was present among agglomerates of the outermost HAp crystals. In Fig. 

4.4 (b), the displacement was pointed out by yellow arrows. The coating has a thickness of 

approximately 2 m. The existence of the Mg(OH)2 layer, which was also confirmed by EDS, was 

observed between the HAp layer and substrate, as shown in Fig. 4.4 (c). This shows an agreement 

with the previous study [9].  

The XRD and SEM results suggest that the HAp coating formed in a similar manner to the 

calcium phosphate coatings in previous studies [9], [12]. In the initial stage after the exposure of 

the substrate, corrosion of Mg occurs and hydroxyl ions are generated, leading to a rapid increase 

of local pH environment. Such rapid local pH increase initiates the dominated and frequent 

nucleation of HAp, associated with the formation of small amount of Mg(OH)2 as an intermediate 

layer during the coating duration. The initial HAp forms in dome-shaped precipitates and grew to 

be a dense inner layer. Afterward, this dense HAp layer moderates the Mg corrosion, resulting in 

the less frequent formation of HAp. Later, leaf-shaped HAp grows from the dome-shaped 

precipitates. The distance among the dome-shaped precipitates conditions the growth space for the 

outermost HAp in the radial direction. This explains for the displacement, pointed out by the yellow 

arrows in Fig. 4.4 (c).  

Additionally, in the XRD patterns of the uncoated ZK60 alloy, in Fig. 4.6 (a), several peaks 

originated from Mg-Zn second phases were detected in addition to XRD peaks of Mg. The peak 

with the highest intensity was detected at about 230 and other peaks were around 400 and 510. The 
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result suggests for a relatively high-volume fraction of the second phases of Mg and Zn in the alloy. 

Fig. 4.2 shows the size and distribution of the second phase in the ZK60 alloy. The second phase 

is coarse with diameter of up to about 23 m and distributes relatively uniformed inside the Mg 

matrix. Ding et al. proved that the coarse size and high volume fraction of the second phases 

existing in the alloy cause defects of the HAp coating [13]. Typically, the formation of the HAp 

coating on the second phase particles is retarded, suggesting for the non-uniform growth of the 

coating, as shown in Fig. 4.2 (b).  

4.3.2. Degradation in Hank’s solution 

Figure 4.5 depicts the accumulated concentration of Mg ions released in Hanks’ solution in 

14 days. Mg ions are generated when Mg is corroded; therefore, the Mg concentration in the testing 

solution is representative of the corrosion rate of the alloy. After 3 days of immersion, the HAp-

coated sample showed a slightly higher corrosion than the uncoated sample. It means that the 

corrosion initiation of the coated sample was faster than the uncoated sample. After that, the 

corrosion rate of the coated sample reduced while that of the uncoated sample increased notably. 

At day 14 of the immersion test, the coated sample showed a significantly lower corrosion rate than 

the uncoated sample. The result means that the corrosion of the coated sample was suppressed 

remarkably after the initial corrosion.  

Cross-sectional back-scattered SEM images of the HAp coated samples immersed in Hanks 

solution were shown in Figure 4.6. Fig. 4.6 (a-) reveals examples of defects presenting in the HAp 

coating. Fig. 4.6 (a-1) depicts the non-uniformed distribution from the surface image and Fig. 4.6 

(a-2) depicts micro-sized cracks from the cross-sectional image of the coating. The chemical 

composition of point #1 and #2 in Fig. 4.6 (c-1), (d-2), (e-1) and (f-1) was analyzed by EDS and 

presented in Table 4.3.  

The corrosion occurred on the coated sample after 3 days immersion in Hanks solution was 

shown in Figs. 4.6 (b-1) and (b-2). When the coated sample was immersed into the testing solution, 

corrosion initiated at the defect sites of the coating [9], [16]. The very thin Mg(OH)2 intermediate 

layer existing between the HAp coating and the substrate, shown in Fig. 4.4, was then dissolved 

easily when it contacted with the testing solution which contains Cl- ions [17]. Later, the substrate 

was corroded. Localized corrosion was formed and grew vertically, in Fig. 4.6 (b-1). 

Contemporarily, the dissolution of the Mg(OH)2 intermediate layer propagated horizontally, 

suggesting the occurrence of filiform corrosion, in Fig. 4.6 (b-2). The filiform corrosion could lead 

to detachment of the coating from the substrate, leading to further corrosion [9]. Following the 
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occurrence of corrosion was the formation of Mg(OH)2 corrosion product. As the immersion time 

increased, localized corrosion occurred more severely to form pits as shown in Figs. 4.6 (c-1), (d-

1), (d-2), (e-1), (e-2), (f-1) and (f-2).  

The faintly higher Mg ion concentration of the coated sample after 3 days immersed in the 

Hanks solution compared to the uncoated sample in Fig. 4.5 is believed due to the difference in the 

corrosion initiation of the samples, which is illustrated in Fig. 4.7. In the case of the coated sample, 

through cracks existing inside the HAp coating, the testing solution dissolved the Mg(OH)2 

intermediate layer and Mg ions were generated as a result (from day 0 to day 3). After the 

dissolution of this intermediate layer, the substrate was further corroded. Consequently, a new layer 

of Mg(OH)2 was formed as a corrosion product (up to day 14). This layer later acted as a corrosion 

protective layer in a short time. Hence, the generation of Mg ions was prevented at this stage. On 

the other hand, the uncoated sample is naturally covered by a MgO/Mg(OH)2 layer with a thickness 

of a few hundred nanometers, which is significantly thinner than the intermediate layer of the 

coated sample [9], [12], [18]. Therefore, the dissolution of this nature layer generated a small 

amount of Mg ions. After that, the alloy was suffered from initial corrosion leading to the formation 

of Mg(OH)2 corrosion product which could retard further corrosion for a short time. These events 

occurred for the first three days of immersion. In the next stage from day 3 to day 14, the Mg(OH)2 

corrosion product was dissolved, resulting a great amount of Mg ions released in the testing 

solution.   

EDS analysis detected that in addition to Mg(OH)2, other corrosion products were also 

formed. They can be calcium phosphate compounds, salts of Mg/Ca and CO3
2-/PO4

3- [19], [20]. 

Moreover, from 7 days of immersion, the corrosion products were observed to be formed inside 

the pits, as revealed in Fig. 4.6 (c-1), (d-1), (e-1), (e-2) and (f-1). These corrosion products can act 

as corrosion barriers to retard the further corrosion [9]. It explains for the slow-down of corrosion 

Table 4.3: EDS analysis of the coated sample after several immersion periods in Hanks solution 

at % 
(c-1) – day 7 (d-2) – day 14 (e-1) – day 21 (f-1) – day 28 

point #1 point #2 point #1 point #2 point #1 point #2 point #1 point #2 

Mg 13.87 30.29 12.36 37.31 27.22 24.97 26.29 33.62 

Ca 0.13 3.38 0.04 0.01 5.12 0.95 0.43 0.07 

O 35.75 57.86 24.67 48.54 39.73 60.08 58.89 55.57 

P 0.44 4.46 0.23 0.11 0.20 2.46 1.51 0.27 

C 49.69 3.62 62.58 13.73 17.20 11.27 11.78 9.86 
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rate of the coated sample after the initial stage of corrosion; meanwhile, corrosion of the uncoated 

sample progressed severely.  

As the immersion periods prolonged, pitting developed deeper, shown in Figs. 4.6 (c-1), (d-

1), (e-1) and (f-1). The depth of pits was up to several hundred micrometers after 28 days of 

immersion, in Fig. 4.6 (f-1). Additionally, the HAp layer was observed along the curve of the pit, 

shown in Fig. 4.6 (f-3), suggesting the substrate was protected from corrosion to some extent by 

the remaining coating.  

4.3.3. Mechanical integrity investigation  

Figure 4.8 shows the change of mechanical properties of the samples after various immersion 

intervals. Figs. 4.8 (a) and (b) show stress-strain (SS) curves of the uncoated and coated samples, 

respectively. Figs. 4.8 (c), (d) and (e) show the comparison of ultimate compressive strength 

(UCS), yield strength at 0.2% and elongation to fracture; respectively, between the uncoated and 

coated samples. It could be seen that the UCS of both types of the samples decreased as the 

immersion time increased, as shown in Fig. 4.8 (c). From 0 to 14 days of immersion, the UCS 

decreased slightly. The initial decreasing rate of the uncoated sample is faintly higher than the rate 

of the coated sample, in Fig. 4.8 (c-1). In comparison, from day 14 to day 28 of immersion, the 

UCS of both sample types declined with a higher rate, compared to the initial decreasing rate. 

Based on the average values, the later decreasing rate of the coated sample is about double the rate 

of the uncoated sample, in Fig. 4.8 (c-2). However, due to standard deviation, the difference 

between these rates of the uncoated and coated samples is negligible. After 28 days of immersion, 

the UCS of the uncoated sample reduced by 29.024.67 % to 391.5218.3 MPa while the UCS of 

the coated sample reduced by 324.94 % to 368.2818.2 MPa.  

In comparison to the UCS, compressive yield strength (CYS) and elongation to fracture just 

showed a common decreasing trend with an increase in the immersion time. The CYS of the 

uncoated reduced by about 10.86 % to 181.464.06 MPa while the CYS of the coated sample 

reduced by about 20.14 % to 155.959.08 MPa. Elongation to fracture of the uncoated sample 

reduced by about 1.6 % to 10.360.1 %; whereas, that of the coated sample reduced by about 1.39 

% to 10.260.7 %. The differences between the uncoated and coated samples varied between the 

immersion periods. 

Figure 4.9 shows the macro images of fracture occurred on the compressed samples. For the 

samples immersed from day 0 to day 3, the fracture occurred normally at the edge of the sample 
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with a 450 degree according to Schimid’s law: =cos()cos(). However, due to the occurrence 

of corrosion, the fracture occurred in abnormal directions which passed through severe corroded 

areas. This is obviously observed in the images, pointed out by yellow circles, of the samples 

immersed in the corrosion solution from day 14 and 28. This shows an agreement with the sudden 

change of the decreasing rate of the UCS from day 14 to 28.  

Figure 4.10 reveals the SEM fracture morphology of the samples after 14 to 28 days of 

immersion. Figs. 4.10 (a-) to (c-) were captured from the uncoated samples immersed after 14 days 

in Fig. 4.9 (d-1), 21 days in Fig. 4.9 (e-2) and 28 days in Fig. 4.9 (f-1). Similarly, Figs. 4.9 (d-) to 

(f-) were capture from the coated samples immersed after 14, 21 and 28 days in Figs. 4.9 (i-2), (j-

2) and (k-3), respectively. The yellow arrows carried out the crack initiation found on the fracture 

surface on the samples. It could be seen that the cracks were initiated mainly at the localized 

corrosion, especially at pitting. Figs. 4.9 and 4.10 indicate that severe corrosion, typically deep 

pitting, was the main cause of failure for the compressed samples.  

Figure 4.11 shows the trace of pitting and filiform corrosion that occurred on the immersed 

samples after removing the corrosion products and/or the HAp coating. Figure 4.12 demonstrates 

the maximum pit height measured from the images in Fig. 4.11. It could be seen that the coated 

sample has slightly deeper pits than the uncoated sample. The result suggests that the coated sample 

is somewhat more susceptible to crack than the uncoated sample. However, this did not show clear 

effects on the UCS and elongation, with exception of the CYS.  

In general, localized corrosion, shows an important impact on the mechanical integrity of the 

sample because cracks are usually initiated at the deep pits. The HAp coating showed a notable 

improvement in corrosion resistance of ZK60 alloy. However, the coating exhibited insignificant 

effect to the mechanical integrity of the alloy under compression tests; meanwhile, a previous study 

reported that the HAp coating decreased slightly the mechanical integrity under tensile tests [16]. 

This is because tensile samples are more susceptible to cracks than compressed samples. 

Additionally, the occurrence of stress corrosion cracking is difficulty observed in the fracture of 

the samples because ZK60 alloy is a brittle material, shown in the fracture morphology in Fig. 4.10. 

Interestingly, after 28 days of immersion, the remained mechanical strength of the coated sample, 

UCS=368.2818.2 MPa and CYS=155.959.08 MPa, are much higher than those values of human 

cortical bone, UCS=150-205 MPa and CYS=115.0616.36 MPa [21]. It is noted that the corrosion 

of Mg alloys under in vitro environment occurs several times faster than that under in vivo 

environment [22]. Also, the HAp coating improved cellular biocompatibility of the alloy [10]. 
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Thus, the HAp coated ZK60 alloy can be an excellent candidate for biodegradable load-bearing 

implant.  

4.4. Conclusion  

 In this study, the influence of the HAp coating on the mechanical integrity of ZK60 alloy 

after several immersion periods in Hanks solution was investigated. The results were concluded as 

the following: 

 (1) By chemical conversion coating method, a HAp coating was introduced on the substrate 

surface. This coating contained a dense inner layer and a porous outer layer with agglomerates of 

leaf-like HAp particles. Defects, such as cracks, were observed in the coating. A very thin Mg(OH)2 

intermediate layer was also formed between the substrate and HAp coating.  

 (2) The initial stage of corrosion that occurred on the uncoated and coated samples was 

different. As the immersion time increased, the coated sample showed a significant reduction of 

corrosion rate, compared to the uncoated sample. Corrosion products played important role in the 

retardance of corrosion. 

 (3) In general, the mechanical strength of the samples reduced as the immersion time 

increased. When mechanical stress was applied, cracks were initiated mainly at deep pits. Although 

the coated sample had deeper pits than the uncoated did, the difference in mechanical strength 

between the uncoated and coated sample was negligible. It is concluded that the HAp coating 

showed almost no effects on mechanical integrity of the ZK60 alloy.  
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Fig. 4.1: Illustration of mechanical integrity behavior of ideal implant biomaterials during the 

bone healing process [7], [21].   
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Fig. 4.2: Optical microscope images show (a) cross section and (b) longitudinal section of the as-

extruded ZK60 rod. 
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Fig. 4.3: Experimental schematic in this study.   
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Fig. 4.4: (a) XRD diffraction patterns of the uncoated and coated ZK60 alloy. (b) Surface and (c) 

cross-sectional SEM images of the formed coating on the substrate. 
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Fig. 4.5: Accumulated concentration of released Mg ions in Hank’s solution up to day 14th of the 

immersion tests. The presented values equal to the mean ± standard deviation (n=3). 
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Fig. 4.6: (a-1) Examples of defects on the HAp coating. (a-2) to (f-3) Cross-sectional back-scattered 

SEM images of the HAp coated samples after different immersion times.  
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Fig. 4.7: Illustration of the difference in corrosion initiation of the uncoated and coated samples.  
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Fig. 4.8: (a) Stress-strain curve of the uncoated samples, (b) Stress-strain curve of the coated 

samples, (c) Ultimate compressive strength, (c-1) The decreasing rate of UCS from day 0 to 14, (c-

2) The decreasing rate of UCS from day 14 to 28, (d) Compressive yield strength and (e) Elongation 

to fracture  
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Fig. 4.9: Macro images of the occurrence of fracture in the compressed samples after 0 to 28 days 

immersion in Hank’s solution. Yellow circles pointed out abnormal fracture directions passed 

through severe corroded areas. 
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Fig. 4.10: SEM images of fracture morphology of the uncoated and coated samples after 14 to 28 

days of immersion in Hank’s solution. Yellow arrows pointed out crack initiation. 
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Fig. 4.11: (a-1) to (k-1) Macro images after removing corrosion products and/or the HAp coating 

and (a-2) to (k-2) 3D microscope images of the surface roughness with the color scale of the 

uncoated samples (a-1) to (e-2) and the coated sample (g-1) to (k-2). 
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Fig. 4.12: Maximum pit height measured on the uncoated and coated samples shown in Fig. 4.11. 
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This doctoral thesis focuses on investigating the effects of the calcium phosphate coating 

layer on three aspects (corrosion resistance, biocompatibility and mechanical integrity) of ZK60 

alloy for orthopaedic applications.  

The contents of each chapter in this thesis are summarized as the following:   

Chapter 1: A literature review on the evolution of metallic biomaterials, development of Mg 

alloys for biomedical applications and their recent challenges has been discussed. Also, the 

strategies, purposes and research methodology of this thesis were stated.   

Chapter 2: The formation and corrosion protectiveness of calcium phosphate coating layers 

depend on the coating conditions and the type of Mg substrate. Therefore, this study aimed to 

investigate the formation of the calcium phosphate coating layers on Mg-6mass% Zn-0.5mass%Zr 

(ZK60) alloy over a wide pH range of pH 6.5 to 10.2. Immersion tests with Mg2+ ion quantification 

were performed to study the degradation behavior of ZK60 coated with different types of calcium 

phosphate. It was found that the morphology and types of the calcium phosphate coating layers 

were controlled by pH conditions. At pH 6.5, an octacalcium phosphate (OCP) single phase layer 

was formed. At pH 7.0, an OCP+hydroxyapatite (HAp) mixture layer was formed. A HAp single 

layer and a HAp layer with an intermediate Mg(OH)2 layer were formed at pH 7.8 and 10.2, 

respectively. The coating layers provided good corrosion protection but at different levels. The 

specimen coated at pH 7.8 possessed the best corrosion resistance. On this specimen, biocompatible 

hydroxyapatite (HAp) was deposited as a corrosion product after the immersion.  

Chapter 3: To be successfully applied in clinical use, cell compatibility is necessary to be 

investigated because it indicates some extent of the reactions of human cells when they interact 

with the surface of the implant materials. However, the cell compatibility on different Ca-P layers 

coated on ZK60 alloy has seldom been investigated. Therefore, in this chapter, the effects of several 

Ca-P coatings formed at pH 6.5, 7.8 and 10.2 on cell behavior were examined by using an 

osteoblastic cell line MC3T3-E1. Osteoblasts could not survive on the samples that were uncoated 

and coated at pH 10.2; meanwhile, cells proliferated well on the samples coated at pH 6.5 and 7.8. 

Cells exhibited the best morphology on the sample coated at pH 7.8. The results also showed that 

the surface factors, including the coating type, morphology and corrosion protection, controlled 

strongly the cell adhesion, morphology and proliferation. Among those factors, the coating 

morphology is the most dominant factor. Later, a subcutaneous implantation in rabbits proved that 

the HAp coating formed at pH 7.8 reduced notably the degradation rate of ZK60 alloy. Pitting was 

the main cause of the implant degradation. The HAp coating also degraded during implantation. 

The results suggest the feasibility of biomedical use of the ZK60 alloy coated at pH 7.8.  
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Chapter 4: The influence of the HAp coating formed at pH 7.8 on the mechanical integrity 

of ZK60 alloy was studied. Mechanical strengths of the uncoated and coated samples deteriorated 

with an increase in the degradation time. Pitting was the main reason of this deterioration because 

deep pits acted as stress risers for crack initiation. The HAp coating reduced effectively the 

degradation rate of the alloy. Corrosion products were also an important factor to retard the 

degradation. Although the occurrence of pitting was slightly more severe on the coated sample than 

on the uncoated sample, the deterioration of the mechanical integrity of both types of the samples 

showed no differences. Thus, the HAp coating showed no meaningful effects on the mechanical 

integrity of ZK60 alloy. 

Chapter 5: Summarization of the main findings in each chapter.  

In conclusion, the results indicate that the HAp-coated ZK60 alloy, which was treated at pH 

7.8 in the chemical conversion method, is a perspective biomaterial for temporary orthopaedic 

implantation.  
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