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Abstract The degradation of magnesium alloys, AZ31B

and AZ91E, are under review due to a their ability to

degrade under physiological conditions and successively

yield an oxidized biocompatible by-product which can

safely be absorbed by the body. By exploiting the

biodegradability of magnesium alloys, the prospects of

developing an unprecedented class of implant are at hand.

To do so however, the rate of corrosion of the alloys must

be modified in order to better suit physiological conditions.

Therefore, anodization was carried out on AZ31B and

AZ91E specimens to alter the surface chemistry to reduce

the corrosion rates and improve biocompatibility. Scanning

electron microscopy, energy dispersive spectroscopy,

atomic force microscopy and contact angle meter, were

used to characterize and compare the surfaces of untreated

and anodized magnesium alloys. Corrosion behavior was

evaluated by electrochemical tests using potentiodynamic

polarization and electrochemical impedance spectroscopy,

to verify changes in corrosion rates as a result of

anodization. Finally, a bio-assessment using MTS assays

and fluorescent microscopy were carried out to ensure that

the anodization process had no compromise on the bio-

compatibility of the magnesium alloys. The study indicated

that the anodization process did alter the surface chemistry

of the alloys, yielding slower corrosion rates, while causing

no adverse effects in regards to biocompatibility.

1 Introduction

A new trend in biomaterials encompasses a variety of metal

alloys that are found to be bio-absorbable. Bio-absorba-

bility or bioresorbablility, is the ability of a material to

degrade when subjected to a physiological environment

and subsequently absorb into the body [1]. Significance in

utilizing a bio-absorbable material in an in vivo medical

procedure has advantages as temporary implantable devi-

ces. Foremost, it can create a new class of binding tools

well capable for fastening tissue while offering the benefit

of degrading and absorbing into the physiological body.

Another potential advantage in incorporating such an

implant is the facilitation of a novel bone reconstruction

procedure, which would not require a secondary surgical

protocol to remove the implanted device(s) [2]. Which is

the present case for procedures involving titanium, cobalt,

and stainless steel implants [2]. However, for this endeavor

to become reality a metallic alloy which yields an inert and

non-toxic corrosion by-product in a physiological envi-

ronment of body and which exhibits a degradation rate that

counters the healing rate of the adjacent tissue (i.e. bone) is

sought in order to successfully be considered as a viable

bio-absorbable metal alloy implant [3].

Bio-absorbable magnesium alloys are currently exhibit-

ing promise as candidates for implant applications. In fact, a

variety of magnesium alloys have already been imple-

mented as alternative materials for the fabrication of car-

diovascular, orthopedic and stomach trauma devices [3, 4].

Merit is due to advancements in metallurgy procedures that

facilitate the fabrication of magnesium alloys with densities

and Young’s modulus similar to that of natural bone [5].

Magnesium is found to have a high negative standard

hydrogen electrode potential of -2.37 V, resulting in faster

corrosion rates than other metallic materials [6].
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In the biological environment, magnesium is shown to

readily corrode due to the presence of chloride ions [6].

This corrosion leads to the production of hydrogen and

alkalization of the solution [7, 8]. The hydrogen bubbles

accumulate in the vicinity of implant and reduces the

healing rate of the surgery and sometimes leads to the

necrosis [7]. These gas pockets encroaches into tissues and

causes their separation. In the worse case, the bubbles can

sometimes cause the blockage in the blood circulation

system and can lead to severe circumstances [7].

The strategy to solve this problem is to slow down the

biodegradation of the alloy so that the Mg? ions and H2

bubbles will generate more slowly and the human biological

and biophysical environment will allow adjusting this bio

product. The idea is that by modifying the surface of an

implant, its chemical reactivity may also alter giving rise to

more favorable and advantageous surface conditions such

as increasing or decreasing corrosion resistance, varying the

degree of biocompatibility, or decreasing the leaching of

adverse ions [9, 10]. As an example, one may alter a surface

by simply applying a coating to an implant. Surface modi-

fications through the use of coatings have been used to

increase degrees of biocompatibility of implant materials in

addition to promoting bone growth on implants. Moreover,

by incorporating a coating over a magnesium alloy implant,

with prospects of biodegradation in vivo, a more compliant

degradation rate may be achieved by limiting the corrosion

rate of the alloy. Hence, the possibilities of a more viable

implant specifically, its the internal galvanic corrosion

through the second phases (beta-phase or intermetallic

compounds in the microstructure of AZ series Mg alloys)

and the instability of the oxide/hydroxide film which lead to

magnesium’s poor corrosion resistance [11].

While there is variance in surface modifying techniques,

in regards to magnesium as a biomedical implant material,

these techniques can be limited. This can be credited to the

nature of biodegradable alloys and their prospective

biomedical applications. Nonetheless, surface treatments

do exist, in which selection is typically based in accordance

to the environment in which the implant will interact with

[12]. Some of the following approaches have been

employed and include electrochemical deposition [13],

chemical conversion [14], ion implantation [13] micro-arc

oxidation [15], and anodization [16, 17].

Anodization is an electrochemical process that changes

the surface chemistry of a metal via oxidation. This is done

by immersing the sample in a liquid treatment, yielding

materialization of an anodic film (through oxidation) on the

surface of the material [18]. Moreover, this porous anodic

film is found to be dependent on the alloy composition,

substrate microstructure, and other processing parameters

such as temperature, concentration of electrolyte, current

density, and applied anodization voltage [19]. Figure 1 [20]

depicts an anodization set up, where the magnesiummetal is

the anode, and the cathode can be a variety of materials such

as platinum or graphite. Further, studies implicate that the

anodization of magnesium can yield more favorable surface

modifications when utilized accordingly. Such is the case in

an orthopedic application study where surface porosity,

attributed to an anodized surface, mimicked the cancellous

microstructure of natural bone [20]. This study will focus on

surface and electrochemical characterizations of anodized

bio-absorbable alloys AZ31B and AZ91E. In vitro bio-

assessment using MC3T3 cell lines will further reveal what

effects the surface modification will have on bio-compati-

bility and viability on the alloys.

2 Materials and methods

2.1 Material characterization

Magnesium alloys, AZ31B (3.0 wt% Al, 1.0 wt% Zn, Mg

balance) and AZ91E (9.0 wt% Al, 1.0 wt% Zn, Mg bal-

ance) are used in this study. The alloys were received in the

form of circular rods and were cut into small disks. The

disks were machined to have dimensions of 19 mm

diameter by 4 mm thickness. Samples surfaces were

ground up to 1200 grit SiC paper to ensure all samples had

the smooth surface. The samples were then ultrasonically

cleaned for 15 min using ethanol as the degreasing solvent.

The clean samples were then sent out to Electrobright�

(Macungie, PA, USA) for anodization treatment. The

anodization was carried out at 10 V in an electrolyte

solution composed of 50 ml CH3OH, 50 ml H3PO4 (85 %)

and 50 ml ethylene glycol at 20 �C, for 30 min.

After the anodization treatment, surface morphologies

were observed with scanning electron microscope (Sigma

VP Carl Zeiss, Germany). Surface chemistry of the samples

was characterized using energy dispersive spectroscopy

Fig. 1 Anodization treatment set up schematic [24]
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(Carl Zeiss, Germany) and surface roughness was analyzed

by atomic force microscope (Nanoscope IV MultiMode,

Digital Instruments, Santa Barbara, CA, USA). The aver-

age roughness was calculated by measuring roughness at

three different locations using the roughness analysis fea-

ture on the AFM. The contact angle, interfacial free energy,

work of adhesion and surface free energy were measured

by applying the sessile drop method using the Kyowa angle

meter (DM-CE1, Japan).

2.2 Electrochemical characterization

Electrochemical tests were carried out using a classical

three electrode cell with a graphite bar as the counter

electrode, saturated calomel electrode (SCE) as the refer-

ence electrode and magnesium alloy as the working elec-

trodes using a GAMRY potentiostat-reference 600.

Electrochemical tests were performed in phosphate buffer

saline (PBS) (Sigma Aldrich) following ASTM standards:

ASTM G102-89 [21] and ASTM G3-89 [22]. Composition

of PBS is shown in Table 1. Potentiodynamic polarization

curves were acquired at a constant voltage scan rate of

1.0 mV/s. For the electrochemical impedance spectroscopy

measurements, the scan frequency ranged from 100 kHz to

10 mHz, and a perturbation amplitude of 10 mV. All the

electrochemical tests were carried out at 37 �C in a

humidified atmosphere of 5 % CO2 for simulating a

physiological environment.

The Tafel fit is used to analyze the polarization curves. The

corrosion potential (Ecorr,) current density (Icorr,) and corro-

sion rate (C.R.) results can all be extracted from the poten-

tiodynamic polarization curves via Tafel fit extrapolation.

2.3 Cell viability evaluation

2.3.1 Indirect cell viability

The effect of metal ions released from magnesium alloys

were assessed by using MTS assay (G3580, Celltiter 96�

AQueous One Solution Reagent, Promega Corporation) to

determine the percentage of viable MC3T3-E1 (ATCC�

CRL-2A593TM) cells in extract solutions exposed to 50 and

100 % concentrations. The cells were first cultured in MEM

alpha modification media (Thermo ScientificTM HyClo-

neTM SH3026501) having 10 % fetal bovine serum,

(Thermo ScientificTM HyCloneTM SH3008803HI), and 1 %

Penicillin–Streptomycin (Sigma-Aldrich P4333) at 37 �C in

a humidified atmosphere having 5 % CO2. Both treated and

untreated AZ31B and AZ91E alloys were immersed in

MEM alpha modification media for nine days. Cells were

counted (2 9 104 cells) using a hemocytometer and plated

in 96-well plates with 200 ll of culture media per well. The

cells were incubated for 24 h to allow cell attachment. After

the 24-h incubation, the culture media was replaced with

culture media that was exposed to the magnesium alloys

(50, 100 % concentrations). Pure culture media with cells

were used as a control for the MTS assay. The cells were

then incubated for 24 h. After the 24 h, 100 ll of media

were removed from the 96-well plates and the remaining

100 ll media was treated with 20 ll/well with Celltiter 96�

AQueous One Solution Reagent. The 96-well plates were

placed in the incubator for 4 h. Immediately after the

incubation period, the optical density measurements were

recorded using the ELx800TM BioTek absorbance micro-

plate reader with a 490 nm absorbance excitation filter.

Statistical analysis was conducted to evaluate the difference

in cell viability by the analysis of variance. One-way

ANOVA was used to determine the significance of pairwise

comparisons. Differences were considered statistically

significant (P\ 0.05) and not significant (P[ 0.05).

2.3.2 Direct cell viability

The MC3T3 cell line was cultured in MEM alpha modifi-

cation media having 10 % fetal bovine serum, 1 % peni-

cillin–streptomycin at a temperature of 37 �C in a

humidified atmosphere of 5 % CO2. Cells were seeded

onto specimen surfaces at a cell density of 7 9 104 and

each well containing 250 ll of culture media to completely

cover the specimen surfaces. After 24 h incubation, cell

staining was carried out using commercially available

NucBlue� Live Cell Stain Ready ProbesTM (R37605,

Invitrogen Inc.) to stain the cell nuclei. Fluorescent images

of cells were captured using the EVOS� FL Cell Imaging

System (AMF4300, Invitrogen Inc.).

3 Results and discussion

3.1 Surface morphology and chemistry

Scanning electron microscopy of all untreated and ano-

dized alloys were carried out and clear images depicting

the surface texture of the specimens in Fig. 2. Similarities

existed between the untreated AZ31B and AZ91E samples,

as can be seen through Fig. 2a, c. The untreated AZ31B

and AZ91E alloy surfaces exhibit patterned markings as a

result from the grinding procedure, aforementioned.

Figures 2b, d show the texture of anodized alloys.

Clearly visible in both SEM images is the appearance of a

Table 1 Phosphate buffer saline composition (g/l)

NaCl Na2HPO4 NaHCO3 KCl KH2PO4 MgSiO4 CaCl2

8.0 0.06 0.35 0.4 0.06 0.2 0.14
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crystals pattern on the surface. It may be worth pointing

that the sharpness and abundance of the flower shape

crystals is more apparent specifically on the AZ31B spec-

imen, Fig. 2b. Furthermore, the EDS results in Table 2,

portrays the surface composition for each of the alloys. The

increased oxygen content was observed for anodized

samples when compared to untreated samples. High oxy-

gen concentration indicates that the anodic film is made up

of magnesium oxides and hydroxides [23, 24].

3.2 Surface roughness

Figure 3 depicts the AFM images of the surface topogra-

phy for all the magnesium alloys. The results for the

untreated AZ31B and AZ91E alloys did not have any

significant change in the surface roughness, since the

materials where ground down with same grit size (1200)

using SiC abrasive paper. However, Ra values increased for

the anodized alloys. The highest roughness was measured

for anodized AZ91 alloys (Ra = 168 ± 7). By nature

aluminum is more active to surface anodization and that’s

why increasing the aluminum percentage increases the

anodization rate, which results in more thickness of the

anodized film on the surface of alloys. The anodized layers

are mostly micro-porous which leads to high surface

roughness. Defects such as pores, and the non-homogeneity

of the anodic film can influence the surface roughness after

the anodic film formation, which is evident in the AFM

images [25].

It is generally observed that micro-roughness increases

the cell differentiation and provide the ledges for the cell

fixation on the implant [26]. As bones are porous thus the

surface of an implant or scaffold for bone tissue engi-

neering programs should replicate, as close as possible, the

natural bone architecture. This includes possessing an

ordered and adequate network of an interconnected pore

distribution in order to allow neobone tissue ingrowth,

blood vessel invasion and nutrient delivery, while allowing

outward flow of biological waste [27]. On the other side the

micro-roughness increases exposed surface area to bio-

logical fluids which leads to the high corrosion rate and

make the implant more susceptible to corrosion [26].

Fig. 2 SEM images of AZ31B magnesium: a untreated b anodized, AZ91E: c untreated, d anodized

Table 2 Average results for

EDS analysis of Mg based

alloys

Specimen Mg (mass %) Zn (mass %) Al (mass %) O (mass %)

AZ31 untreated 91.76 2.12 2.68 2.14

AZ31 anodized 80.69 2.14 2.53 10.5

AZ91 untreated 82.57 1.74 13.16 2.33

AZ91 anodized 79.82 1.6 7.46 8.23
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Therefore, the surface topography of the magnesium alloys

must be designed with osseointegration in mind. Its been

noted that at the microscopic level, a degree of roughness

mimics the porous surface of natural bone tissue, thus,

allowing important proteins to adhere and commence the

process of osseointegration. Ungersbock et al. also con-

cluded that the roughness of the surface of implants is one

of the key factors that plays a dominant role in the soft

tissue reaction at the interface between natural tissue and

biomaterials [29].

3.3 Surface wettability

To further evaluate variance between untreated and ano-

dized magnesium alloys, wettability and contact angle

measurements were taken. Using the sessile drop tech-

nique, three different solvent probes were utilized to

determine the results: neutral (ethylene glycol), polar

(deionized water), and highly polar (diiodomethane).

Contact angle measurements, first stated in qualitative form

by Thomas Young in 1805 [30], were followed accord-

ingly. This method remains the most accurate technique for

determining the interaction between liquid (L) and solid (S)

interfaces. The angle between the solid surface and the

liquid droplet is denoted as equilibrium contact angle.

According to the Young–Dupre equation the contact angle

(h) can be represented as [31]:

clvcosh ¼ csv � csl ð1Þ

where, csv is solid–vapor, csl is the solid–liquid, clv is liq-
uid–vapor interfacial tensions, and h is the cotact angle.

FAMAS analysis software was utilized to calculate the

surface free energy, interfacial free energy, and work of

adhesion of samples employing the Kitazaki–Hata theory.

The results are shown in Table 3. As could be expected Mg

anodized surfaces showed higher water contact angle

compared to their untreated counterparts. Figure 4, depicts

optical images of deionized water resting on Mg surfaces.

The surface free energy (SFE) can be calculated using:

ctotal ¼ cd þ cp þ ch ð2Þ

where, ctotal is the total surface free energy; cd is the surface
free energy dispersion component; cp is the surface free

energy polar component; and ch is the surface free energy

hydrogen bond component. Figure 4, shows the polar (p),

dispersion (d), and hydrogen bonding (h) components of

the surface free energy of mechanically polished and

anodized samples.

The Table 3 shows the Ketazaki–Hata values for each

alloy. The data shows the significant reduction in the SFE

(work of adhesion) of the anodized samples, which counter

affect, the contact angle. In general, solid surfaces with high

values of SFE due to the constituted covalent, ionic or

metallic bonds and are completely wet by most of the liquids

with low SFE, while solids with low SFE (bond by Van der

Waals forces or in special cases, by hydrogen bonds) behave

hydrophobic, allowing only a partial wetting condition [32].

Mechanically polished sample (nm) Anodized Sample (nm)

A
Z3

1
A

Z9
1

RMS = 48± 25 Ra = 38±21

Rmax = 384±226   Rsk = 0.50±0.30

RMS = 225±9     Ra = 168±7

Rmax = 1713±108   Rsk = 0.57±0.07

RMS = 68±13     Ra = 50±10

Rmax = 769±64   Rsk = 0.65±0.39

RMS = 41±11     Ra = 31±10

Rmax = 504±225   Rsk = 0.83±0.63

a b

c d

Fig. 3 AFM images of AZ31B:

a untreated b anodized, AZ91E:

c untreated and d anodized.

(Scan size area = 400 lm2)
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Mostly the metal surfaces are electropositive due to the

presence of oxides and sulfides molecules, which attracts

(–OH) group of water molecules, due to polar molecular

behavior but the magnitude is depend on the surface treat-

ments and the surface composition. That’s why the surface

modification take advantage of the surface free energy and

helps in altering the surface easily [33]. However, the

application of the wettability in implantable materials is still

under research. This is complicated to explain how much

SFE and contact angle is suitable for specific implant

material. Previous studies have demonstrated that material

with low SFE, positively affect the cellular adhesion and

activity [34, 35]. Ponsonet et al. [35] concluded a lower

surface free energy inflection point in the range of 30–50 mJ/

m2. Still, the importance of the wettability of implant surface

wouldn’t be ignored. The importance of contact angle

measurements lies in the information gained through the

wettability studies on a biomaterial. Wettability can

suggest the effectiveness of protein absorption at the

biomaterial interface, a major precursor successful cel-

lular activity. Its found that biological responses are

drastically dependent on surface properties such as, sur-

face charge, surface chemistry, roughness, and of coarse

wettability and surface energy. In addition, it has been

reported that wettability has a significant influence on

cellular interactions with biomaterials [36]. Cell adhesion

and cell spreading are important parameters for implant

devices. For example, for biological active materials,

tissue generation is conditioned by the cell adhesion and

proliferation on the implant surface [35], whereas inert

materials are independent of cell activity at the surface.

The surface layer of the anodized alloys is formed of

oxides that are conducive in providing strong polar bonds

with water and amino acids [37] (Fig. 5).

Table 3 Wettability components (Kitazaki–Hata method)

Sample Contact angle (�) Interfacial free energy (mJ/m2) Work of adhesion (mJ/m2)

Water Ethylene

glycol

Diiodo-methane Water Ethylene

glycol

Diiodo-methane Water Ethylene

glycol

Diiodo-methane

AZ31 untreated 57.9 50.3 36.6 54.1 62.4 52.1 111.5 78.2 91.6

AZ31 anodized 97.6 73.0 66.4 36.9 13.4 7.0 63.2 61.6 71.2

AZ91 untreated 62.0 53.8 37.9 51.9 57.9 46.0 107.0 75.9 90.9

AZ91 anodized 92.4 73.7 46.9 42.5 26.1 4.7 69.7 61.1 85.5

AZ31 Untreated AZ31 Anodized

AZ91 Untreated AZ91 Anodized

Fig. 4 Contact angle optical

images
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3.4 Electrochemical analysis

3.4.1 Potentiodynamic polarization

The electrochemical polarization curves from the each

magnesium alloys are shown in Fig. 6. Three samples of

each type of magnesium alloy (n = 3) were used in the

analysis. Theoretically, the cathodic curve represents the

hydrogen evolution through the reduction process, while the

anode curve characterizes the oxidation of Mg [38, 39]. The

significant differencewas observed in potential (Ecorr) values

during experiment. As the metals are electropositive by

nature, the electronegative ions in the electrolyte accumulate

on the surface of the alloy at the time of emersion. The

corrosion potential Ecorr, the current density Icorr, and cor-

rosion rate C.R. results are extracted from the potentiody-

namic polarization curves via Tafel fit extrapolation are

summarized in Table 4. The current densities are decreased

for all alloys as the graphs are shifted to left. Longest pas-

sivation stages were observed for AZ31B anodized com-

pared to AZ91E anodized. The anodization treatment has

enhanced the corrosion resistance in each case. The current

density for AZ31B shifted from 4.24E-05 to 4.36E-06

A/cm2, improving the corrosion rate. The same behavior was

observed for the othermagnesiumalloys. The current density

of AZ91E shifted from 2.49E-05 to 2.50E-06 A/cm2

Moreover, compared to untreatedmagnesium alloys the Ecorr

potentials for the anodized alloys became more positive

experiencing a more noble behavior. The comparison of

corrosion resistance of different magnesium alloys showed a

lower current density for AZ91E indicating a high corrosion

resistance. Corrosion protection of anodized AZ91E thin

layer after polarization test seems more protective that other

anodized layer because of the presence of oxides.

3.4.2 Electrochemical impedance spectroscopy

Electrochemical impedance spectroscopy (EIS) is a

prominent technique utilized to analyze the electrochemi-

cal corrosion process on metals [40]. EIS technique in

addition, can offer insight into the mechanism of corrosion

attack and can characterize corrosion due to pits, pores, or

due to diffusion through an oxide film. This electrochem-

ical practice also provides information about the dielectric

constant and capacitance of a passive film [41–43]. EIS has

also been used as an effective tool for characterizing

coating systems. The EIS spectra (nyquist plots) of mag-

nesium alloys are presented in Fig. 7. The presence of the

inductance loops for the untreated sample spectra indicate

two surface states [40]; the low frequency loop is related to

the adsorption of the corrosion products [44]. Subse-

quently, according to the EIS data, obvious change can be

found on the anodized specimens. The plot for the ano-

dized alloys contained only one capacitance loop, implying

that the passive layer was undamaged [45]. Additionally,

the capacitance loop diameter was bigger than that of the

magnesium substrates. It can be concluded that the ano-

dized layer can reduce the biodegradation rate of magne-

sium alloy.

Taking the physical structure of the electrode system

and impedance into account, the equivalent circuit of the

tested sample is proposed in Fig. 8 [16]. Rs, Cc, Rpo, Cdl

Fig. 5 Kitazaki–Hata surface free energy components of untreated

and anodized samples

1E-021E-31E-41E-51E-61E-71E-8

-1.0

-1.2

-1.4

-1.6

-1.8

-2.0

-2.2

-2.4

AZ31 Untreated
AZ31 Anodized
AZ91 Untreated
AZ91 Anodized

Fig. 6 Potentiodynamic curves of Mg samples in PBS at 37 �C in a

humidified atmosphere with 5 % CO2

Table 4 Potentiodynamic test results

Alloy Icorr (A/cm
2) Ecorr (V) C.R. (mpy)

AZ31 untreated 4.24E-05 -1.57 36.83

AZ31 anodized 4.36E-06 -1.33 3.792

AZ91 untreated 2.49E-05 -1.55 20.98

AZ91 anodized 2.50E-06 -1.4 2.11
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and Rct circuit components are explained as follow: Rs is

the solution resistance between the reference and working

electrodes. Its value is determined by the conductivity of

the test medium and cell geometry [46]. Since the systems

are similar, the value of solution resistance is close for all

systems. Cc is the capacitance of constant phase element of

the CPE component and represents the capacitance of the

intact film on the surface. A larger value indicates that the

dielectric constant of the surface film increases due to

electrolyte penetration and film thickness reduction due to

chemical dissolution. Rpo is the relevant resistance named

after pore or ionic conducting defect resistance. Larger Rpo

implies good corrosion resistance of the surface film. Cdl is

another CPE component, describing the capacitance of the

interface electric double layer in the vulnerable regions

exposed to electrolyte penetration. The Faraday charge

transfer resistance, Rct, is related to the electrochemical

reaction in the same region. The higher the Rct, the lower

the corrosion resistance will be. Table 5 presents a sum-

mary of the EIS spectra results. Furthermore, the EIS fitted

results of the experimental samples are presented in

Table 4.

3.5 Cell viability evaluation

3.5.1 Indirect cell viability

Cell viability can be measured by using different classes of

colorimetric tetrazolium reagents. In this investigation, the

effect of metal ions released from magnesium alloys were

assessed using MTS assay. The cell viability was studied

with 50 and 100 % concentrated extracted culture media.

Figure 9 depicts the MC3T3 cell viability cultured for 24 h

with individual extraction concentrations of AZ31B,

AZ91E treated and untreated alloys. The present results

showed that the cytotoxic effect was different for the tested

materials. The lowest cell viability of about 73 % was

observed for the AZ31B anodized alloy. AZ31B and

AZ91E untreated alloys showed a similar trend in cell

viability behavior. Overall, untreated AZ31B and anodized

AZ91E were less cytotoxic to the MC3T3 cells. It was also

that the cell viability for most of the alloys was greater than

800070006000500040003000200010000

3000

2000

1000

0

-1000

Zre/ohm.cm^2

Z
im

/
o
h
m

.c
m

^
2

AZ31 Untreated

AZ31 Anodized
AZ91 Untreated

AZ91 Anodized

Fig. 7 EIS curves of Mg samples in PBS at 37 �C in a humidified

atmosphere with 5 % CO2

Fig. 8 Electrical circuit model for the EIS spectra

Table 5 Fitted results of EIS

spectra
Sample Rs (X cm2) Cc (10

-6 F cm-2) Rpo(X cm2) Cdl (10
-6F cm-2) Rct (X cm2)

AZ31 untreated 83.37 5.49E-06 8.00E?02 4.43E-06 2.10E?03

AZ31 anodized 100.6 1.35E-06 1.80E?03 4.39E-06 2.95E?03

AZ91 untreated 85.92 4.54E-06 1.34E?03 3.96E-06 3.09E?03

AZ91 anodized 227.2 1.33E-06 2.48E?03 3.22E-06 4.99E?03

Fig. 9 Effect of Mg Alloys on MC3T3 cells after 1-day incubation
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75 % suggesting the cytocompatibility of all Magnesium

alloys [46].

3.5.2 Direct cell viability

The ability to posses an interconnected pore distribution,

specifically allows and promotes the infiltration, migration,

and the proliferation of osteoblasts cells. This phenomenon

allows the cells to stabilize the implant and permanently fix it

in bone tissue. This process is known as osseointegration. In

short, the event of osseointegration can be summarized as

protein adsorption, cellular adherence, proliferation, differ-

entiation, matrix production, and calcification [28]. Thus the

initial absorption of proteins is key for the onset of osseoin-

tegration to take place. In order to facilitate favorable condi-

tions for protein and subsequently tissue adhesion, certain

surface attributes must exist. The determination of endoge-

nous intercellular signaling is related to the cell population and

the surrounding environments. To mimic the natural tissue

(bone) healing environment, and to optimize constituents for

an engineered material as bone substitute, it is important to

take in consideration endogenous signaling profiles between

cell populations [47]. Cell density can influence cell–cell

distance. As a result, the cell density can be a critical param-

eter in controlling subsequent cell proliferation due to in

paracrine signaling distance among cells [47].

In direct viability experiments, cells are grown on the

surface of the alloys. In order to evaluate the osteoblast cell

proliferation, magnesium specimens were disinfected with

pure ethanol, and exposed to UV light for 15 min. The initial

cell attachment, and cell viability of the MC3T3 osteoblast

cells on magnesium specimens was assessed by imple-

menting standardization experiment trials more than three

times. A different number of cell densities were seeded on

samples in order to evaluate the cell proliferation.

Throughout the standardization procedure it was observed

that the cell density would influence the cell viability on

MC3T3. After the cell seeding density was successfully

studied, the cell proliferation on samples was recorded. Cells

were seeded (70 9 104 cells) to an exposed area of 1 cm2.

The samples were incubated for 24 h. Soon after the incu-

bation procedure, live cell staining was assessed by adding

NucBlue� (Hoechst dye) substance. Hoechst die was used to

highlight the nuclei of the cells. After 25 min of incubation,

the media was removed from the samples for the live fluo-

rescent imaging procedure. Figure 10 shows the fluorescent

optical images of the magnesium specimens with adherent

cells at 910 magnification. As it can be perceived, the cells

were able to proliferate on the surfaces. This suggests that

the Mg samples were stable in the physiological environ-

ment and became conducive for cell growth. However, the

anodized materials showed a more uniform cell proliferation

than the mechanically polished samples. This can be due to

the oxide film formation that was likely formed (Mg2?,

Zn2?, Al2?) which retarded the high release of ionic con-

centrations from the bulk magnesium alloy.

a b

c d

400 µm 400 µm

400 µm400 µm

Fig. 10 Fluorescence micrographs of MC3T3 cells on magnesium substrates: a AZ31 untreated, b AZ31 anodized, c AZ91 untreated, d AZ91

anodized
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4 Conclusions

In this study, AZ31B and AZ91E alloys were investigated

as potential biodegradable orthopedic implant materials.

The alloys have demonstrated to be a viable candidate for a

new trend of medical implants known as bioabsorbable

implant alloys. It was also demonstrated that the surface of

each alloys was successfully modified and morphology

was depicting micro-textured features was formed after

the anodization chemical treatment. The modification

increased the surface wettability, which results in the better

cell proliferation. The anodization also had a great influ-

ence on the oxide film of the alloys and enhanced the

corrosion resistance and reduced the hydrogen evolution

instantaneously. Furthermore, the in vitro cell viability test

MTS, showed the significant increase in percent cell via-

bility on anodized alloys of magnesium while reduced cell

viability was observed for the extracted media of AZ31 and

AZ91 alloys. The cell viability was greater than 25 %

implying the cytocompatibility of the magnesium alloys.

However, further studies are needed in regards to long-term

biomedical evaluations in order to show what the long-term

biocompatibility of magnesium-based alloys and their

corrosion products within the body.
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