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Abstract

In vivo degradation predication faces a huge challenge via in vitro corrosion test due to the diffi-

culty for mimicking the complicated microenvironment with various influencing factors. A thin

electrolyte layer (TEL) cell for in vitro corrosion of pure magnesium and AZ91 alloy was presented

to stimulate the in vivo corrosion in the micro-environment built by the interface of the implant and

its neighboring tissue. The results demonstrated that the in vivo corrosion of pure Mg and the

AZ91 alloy was suppressed under TEL condition. The AZ91 alloy was more sensitive than pure Mg

to the inhibition of corrosion under a TEL thickness of less than 200 mm. The TEL thickness limited

the distribution of current, and thus localized corrosion was more preferred to occur under TEL

condition than in bulk solution. The TEL cell might be an appropriate approach to simulating the

in vivo degradation of magnesium and its alloys.
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Introduction

Pure magnesium [1, 2] and its alloys such as Mg-Al [3], Mg-Zn [4],

Mg-Mn [5], Mg-RE [6], Mg-Ca [7] and Mg-Li [8] are promising bio-

degradable biomaterials for cardiovascular stents [9] and orthopedic

implants [10, 11] due to their outstanding biocompatibility, biome-

chanical compatibility and osteoinduction [12, 13]. The screening and

in-service life span predication of newly developed magnesium im-

plants require cost-effective in vitro and in vivo tests, especially for

degradation tests at an early stage in their development [14].

Biodegradation refers to corrosion occurring on the magnesium re-

placements as exposed to body fluid [15]. Usually, the corrosion per-

formance of magnesium and its alloys can be assessed using a variety

of in vitro corrosion methods such as immersion mass loss, hydrogen

evolution and electrochemical polarization tests together with electro-

chemical impedance spectroscopy in bulk simulated body solutions

[16]. However, the above measures cannot well-evaluate the in vivo

degradation rate of magnesium due to the complicated factors includ-

ing material, chemical, mechanical and biological aspects.

To date, a considerable number of in vitro degradation investiga-

tions have been made, involving the influencing factors, such as in-

organic ions [3, 17], proteins [18], amino acids [19], glucose [20],

corrosion medium volume [21], extraction condition [22], blood

flow [23], cells [24, 25], tissues [26], pH [27] and pH buffers[28].

The degradation rate is much bigger in saline solution than in E

(Earle’s solution containing calcium and magnesium salts)-MEM

(Eagle’s minimum essential medium)-FBS (fetal bovine serum),

which is the closest solution to human blood plasma. Protein

adsorption and insoluble salt (i.e., carbonate, phosphate, Ca-P) for-

mation retarded magnesium degradation, whereas organic com-

pounds such as vitamins, amino acids, glucose and albumin as well

as cell [29] promote the dissolution of magnesium [18–20]. Also, the

degradation rate is influenced by buffering solutions, which buffered

with N-2-hydroxyethylpiperazine-N’-2-ethane sulfonic acid

(HEPES) and NaHCO3 leads to an increase and decrease in the deg-

radation rate, respectively [30]. The Earle’s balanced salt solution

buffered with sodium bicarbonate provides a degradation rate com-

parable to those observed in vivo [31].

VC The Author(s) 2016. Published by Oxford University Press. 49

This is an Open Access article distributed under the terms of the Creative Commons Attribution License (http://creativecommons.org/licenses/by/4.0/), which permits

unrestricted reuse, distribution, and reproduction in any medium, provided the original work is properly cited.

Regenerative Biomaterials, 2016, 49–56

doi: 10.1093/rb/rbv028

Research Article

Deleted Text: 1. 
Deleted Text: alloys 
Deleted Text: (EIS) 
Deleted Text: be 
Deleted Text: d
Deleted Text: (EBSS) 
http://www.oxfordjournals.org/


While the in vivo degradation of magnesium implants is charac-

terized by mass loss based on the volume loss derived from the

three-dimensional (3D) reconstruction using synchrotron radiation

based micro-computed tomography (l-CT) [12]. Nevertheless, this

methodology has several limitations: (i) it cannot tell the corrosion

product from the new bone, thus the volume of the corrosion prod-

ucts cannot be removed; (ii) the average mass loss rate cannot reflect

the actual degradation rate due to pitting corrosion usually occurs

on magnesium alloys and (iii) the degradation of the implanted mag-

nesium alloys was suppressed by protein and cellular/tissue encapsu-

lation [32] due to more difficult diffusion of the species in the

microenvironment. Therefore, the degradation rate of magnesium

obtained from l-CT may be different, to some extent, from the in vi-

tro corrosion tests [12].

Moreover, the in vivo degradation rate of Mg alloys varies with

different implantation positions or anatomical locations in the body

[26, 33]. For instance, it is higher in the femur than in the muscle

(subcutaneous tissue). The deposition layer resulted from the degra-

dation of the alloy bar, positioned in the bone marrow cavity, suffers

from the removal from body fluid [26] due to the faster corrosion

rate and higher pH increase under the flow condition than the static

condition [23]. This finding implies that the geometrical dimensions

of the electrochemical cell have a significant impact on degradation

behavior of the Mg implants. However, few in vitro studies refer to

the influence of the implanted positions or the geometric dimensions

of the electrochemical cell on degradation rates of the Mg replace-

ments [1, 2].

Usually, the conventional in vitro corrosion tests are performed

in bulk solutions, while the in vivo degradation occurs in the micro-

environment on one hundred micrometer scale [34], constructed by

the implant and its surrounding tissue during the bone-healing pro-

cess. Namely, the microenvironment can be regarded as a thin elec-

trolyte layer (TEL), the thickness of which is lower than a few

hundreds of micrometers, achieved by mechanically confining the

desired distance or thickness between the surface of working elec-

trode (WE) and a parallel waterproof wall [35].

Since the conventional or traditional in vitro corrosion in bulk

cell cannot be used to well-predict in vivo corrosion rates of magne-

sium alloys due to the ignorance of geometric factor of electrochemi-

cal cell [12], it is thus of importance to establish a novel in vitro

methodology for evaluating the corrosion resistance of magnesium

and its alloys [15, 36]. The new methodologies should genuinely re-

flect the influence of the tissue in the microenvironment on corro-

sion behavior of the orthopedic magnesium implants.

Fortunately, the TEL technique has been successfully applied to

investigate the atmospheric corrosion of the alloys such as Fe-Ni

[37], aluminum [38], magnesium [39, 40] and copper alloys [41,

42]. It is well known for atmospheric corrosion electrochemical re-

action generally occurs between micro-anodes and micro-cathodes

under TEL [39]. A great change in the TEL thickness markedly af-

fects a considerable processing such as the potential distribution,

mass transport and release of metallic ions and accumulation of cor-

rosion products [37]. Also, it is observed that the hydration of dis-

solved metal ions, especially the accumulation of the secondary

corrosion products [41]. This particular geometry results in specific

galvanic coupling and local pH variation [37]. Chen et al. [43]

claimed that the anodic and cathodic processes of the corrosion of

Mg-10Gd-2Y-0.4Zr alloy were both retained under TELs. The cor-

rosion was more localized under TEL than in bulk solution, despite

the cathodic process still dominated by hydrogen evolution reaction.

The decrease in corrosion rate of Mg-10Gd-2Y-0.4Zr alloy with the

decrease in layer thickness, which is ascribed to the inhibition of the

rate of pit initiation and the decrease in probability of pit growth.

In view of the specific corrosion behavior under TEL, we design

an electrochemical cell to simulate thein vivo corrosion for magne-

sium and its alloys based on the fact that the orthopedic implants are

covered with fibrous capsule, interstitial region and muscles [32, 44].

And the interstitial region is filled with body fluids between the im-

plant and the muscle, the thickness of the interstitial region maintains

at dozens to hundreds of micrometers [32]. The body fluid layer is

closely related to the surface of the degradable implants [12].

Therefore, the interstitial region can be simplified as a TEL model to

mimic the in vitro microenvironment. The TEL tests may be an appro-

priate approach to mimic the in vivo degradation of magnesium and

its alloys, on the basis of the results from TEL [35, 38, 45] and no

match for corrosion rates of in vivo and in vitro tests [39, 42]

The purpose of this study is to apply the TEL cell for characteriz-

ing the in vitro corrosion rate of magnesium and its alloys and to

open a new window for mimicking the in vivo corrosion test of mag-

nesium and its alloys, concerning with the influence of geometric di-

mensions of electrochemical cell on degradation behavior.

Experimental

Figure 1a schematically illustrates the microstructure of an orthope-

dic implant and its neighboring bone. The implant was firstly

threaded into the compact bone (white part), then embedded into

the bone matrix (brown part) during the in vivo tests. And the top

was covered by the fibrous capsule (not given in figure), the intersti-

tial region (blue part) and the muscle (pink part). The interstitial re-

gion with a thickness of 50�200 lm was filled with body fluids and

had a physical contact with the implant surface. The muscle would

further hinder the mass transfer in the body fluids. Therefore, the in

vivo microenvironment of the orthopedic implant can be idealized

to a TEL model (Fig. 1b). The magnesium implant was the WE. The

interstitial region and the muscle were simulated by the TEL and

polytetrafluoroethylene (PTFE) hydrophobic film, respectively. The

specifically designed structure could diminish the influence of the

surface tension of the electrolyte to maintain a thinner electrolyte

thickness than the open cell [39, 41], and the PTFE hydrophobic

film maintained a stable TEL on the surface of WE (Fig. 1b).

Prior to testing, commercial as-cast pure Mg (with a purity of

99.92 wt. %) and AZ91 alloy (compositions: 8.5–9.5wt. % Al, wt.

0.45–0.9% Zn and balanced Mg) were embedded in epoxy resin as

the WE and ground to 2000 grit, then inserted into a special sample

stage in the electrolytic cell setup, as shown in Fig. 1. A three-

electrode system was applied. The WE, saturated calomel electrode as

the reference electrode and a platinum wire as the counter electrode

were connected with an electrochemical workstation (PARSTAT

2273, Princeton Applied Research). All the polarization measure-

ments were performed in Hank’s solution at a scan rate of 1 mV/s at

room temperature. The area of the WE exposed to the solution was

1 cm2. Triple measurements were conducted for each group.

The PTFE-made tube was fixed on the frame to restrain the in-

sulating plastic tube moving up and down along the Z axis. Three

horizontal adjusting screws were placed on the bottom of the elec-

trolytic cell to ensure planar parallelism between the top surface of

the sample and the bottom of the insulating plastic tube. The plas-

tic tube and the sample stage constituted the core of the TEL cell,

as shown in Fig. 2. A pair of levers was used to control the TEL

thickness by regulating the height of the plastic tube on Z axis.
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When the bottom of the plastic tube was dropped down on the top

surface of the sample, the dial indicator reading was set as zero

and then the plastic tube was lifted, the dial indicator directly des-

ignated the TEL thickness

The open circuit potential (OCP) measurement firstly lasted

3 min in the bulk Hank’s solution and then the TEL thickness

was adjusted to a specific value, and consequently, the electro-

chemical experiments were conducted in triplicates for each TEL

thickness.

The samples were polished and etched by natal to disclose their

microstructures prior to the electrochemical tests such that to under-

stand the influence of microstructure, particularly the secondary

phase on corrosion. And then a 3D contour profiler (Zeta-200, Zeta

Instruments Inc.) was employed to discern the change in surface

morphology of the pure Mg sample and the AZ91 alloy before and

after the electrochemical experiments.

Results and Discussion

Figure 3a and b presents the cathodic polarization curves of the pure

Mg sample at various TEL thicknesses. The curves of corrosion cur-

rent density, Icorr as a function of the TEL thickness experienced

two different stages. The cathodic current density under TEL is

smaller than that of the bulk solution. Namely, the Icorr of pure Mg

decreased with a decrease in TEL thickness (Fig. 3b), regardless of

the reversed tendency for the 150-lm and 200-lm TELs. The result

indicates that the TEL leads to the inhibition of cathodic process by

the hydrogen reduction, which relates to the uneven distribution of

current due to the reduced effective electrode area in the TEL in

comparison with the bulk solution [38].

Interestingly, the cathodic polarization curves of pure Mg almost

had close Tafel slopes (Fig. 3b) under various thicknesses of TEL to

the bulk solution. The OCPs of the TEL, except for the 50-lm TEL,

Figure 1. (a) schematic illustration of the microstructure of implant and bone and (b) the TEL model to mimic in vivo microenvironment

Figure 2. schematic illustration of the TEL device
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were higher than that of the bulk solution. This scenario means the

inhibition of anodic process probably results in the rise in OCPs.

Generally, the TEL prohibited the cathodic and anodic processes of

pure Mg in Hank’s solution.

Generally, the Icorr of pure Mg increased with an increase in TEL

thickness (Fig. 3a and b) except for the exchange of the thickness of

150 lm and 200 lm. Similarly, with decreasing TEL thickness, the Icorr

of the AZ91 alloy reduced; and the OCPs was shifted toward more no-

ble direction (Fig. 3c and d). The OCPs for the AZ91 alloy may be re-

lated to the formation of a corrosion product layer on the surface of the

AZ91 alloy and the inhibition of anodic process (Fig. 3d) [39].

Furthermore, electrochemical impedance spectroscopy measure-

ments were conducted with TEL thicknesses of 50 lm and 500 lm.

Figure 4a and b provided Nyquist and Bode phase plots of pure Mg

and the AZ91 alloy at thicknesses of 50 lm and 500 lm, respec-

tively. The Nyquist plot (Fig. 4a) designates that the TEL gave rise

to a higher solution resistance, the scattered data at low frequency

region also means the instability of the TEL and the extremely diffi-

cult diffusion process of the Hþ ions under such a TEL due to the in-

fluence of the uneven distribution of current [45]. It is suggested that

the current distribution would be uneven if the phase angle was less

than 45� [46], whereas the phase angle greater than 45� designates

the electrolyte film is continuous on the surface of the samples and

uniform distribution of current.

It is clear that the current distribution was uneven under 50-lm

TEL (Fig. 4b) for both pure Mg and the AZ91 alloy due to the fact

that the micro-galvanic corrosion between the impurity/Mg17Al12

phase and the a-Mg phase was susceptible to the uneven distribution

of current. On the contrary, the current distribution was more uni-

form under the 500-lm TEL condition.

Generally, the TEL inhibited, to some extent, the corrosion of

both pure Mg and the AZ91 alloy, as shown in Fig. 5. When the

thickness was not greater than 100 lm, the Icorr of the pure Mg sam-

ple was higher than that of the AZ91 alloy. This scenario is due to

the fact that more severe pitting corrosion occurred on the surface of

the pure Mg samples rather than the AZ91 alloy (Fig. 6), on which

no remarked change happened.

Moreover, the hydrogen reduction current density of pure Mg

had not marked change when the TEL thickness is within 200 lm.

But for the AZ91 alloy, there was a rapid increase in Icorr at the

electrolyte layer thickness of 150 lm. When the TEL thickness was

greater than 200 lm, the Icorr of the AZ91 alloy increased slowly

with the increasing TEL thickness. That is, there is a linear rela-

tionship between the corrosion current density and the TEL thick-

ness for the AZ91 alloy as the TEL thickness is not less than 200

lm. The scenario is attributed to the larger volume fraction and

higher potential of the second phases (b phases). The big potential

discrepancy between the b phase and the a-Mg matrix led to

Figure 3. cathodic polarization curves of (a, b) pure Mg and (c, d) AZ91 alloy under TEL condition with various thicknesses of electrolyte layer. The TEL with a

thickness of 1000 lm is regarded as the bulk solution [37]
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micro-galvanic corrosion between a and b phases in the AZ91 al-

loy. And the TEL caused the rapid formation of Mg(OH)2 corro-

sion product due to the fact that cathodic process was

predominately controlled by diffusion of Hþ ions, which was re-

stricted by TEL. Thus, the corrosion of the AZ91 alloy was in-

hibited in comparison to the pure Mg sample.

Anodic reaction:

Mg!Mg2þþ2e� (1)

Cathodic reaction:

2H2O þ 2e� ! 2OH�þH2 " (2)

Total reaction:

Mg þ 2H2O!MgðOHÞ2þH2 " (3)

In this study, the corrosion current density measurement was

only conducted from the cathodic branch of polarization curves

to avoid the experimental errors caused by anodic polarization.

Taking into consideration of the diffusion process, the ca-

thodic current density Ic can be expressed by following equation

[38, 47]:

jICj ¼
Icorrexp � DE

bC

� �

1� Icorr

IL
1� exp � DE

bC

� �h i (4)

where Icorr is the corrosion current density, IL is the diffusion limit-

ing current density, DE is the overpotential and bc is the cathodic

Tafel slope. According to Eq. (4), the cathodic current density Ic was

determined by the diffusion limiting current density.

For a one-dimensional diffusion system, the theoretical diffusion

limiting current density can be calculated according to the Nernst–

Fick equation [39]:

IL ¼
nFDHþ ½Hþ�

d
(5)

where n is the number of the electrons involved in the hydrogen re-

duction reaction, F is the Faraday constant, DH
þ is the diffusion co-

efficient, [Hþ] is the concentration of Hþ in the TEL and the d is the

thickness of the diffusion layer. It can be seen from Eq. (5) that IL is

dependent on the value of both [Hþ] and d, since the other factors

are constants in same system. Generally, d is in the range of 10�100

lm [47]. Therefore, the influential factor to IL should be discussed

in two situations of TEL model:

(1) When the TEL thickness d>200 lm (d>2d), the diffusion

layer of both corroded metal electrode and PTFE film are intact, the

TEL model can be regarded as a one-dimensional diffusion system

and the Nernst–Fick equation is suitable for this situation.

Therefore, IL is mainly dominated by [Hþ]. Considering surface

alkalization resulted from dissolution of magnesium, the cathodic

reaction produces hydroxyl and thus the local pH increases at ca-

thodic sites [39]. So an increase in [Hþ] results in a lower IL. That is,

a higher Ic for the same material according to Eq. (4), which fit for

cathodic polarization curves in Region II.

(2) When the thickness of TEL d<200 lm (d<2d), the oppo-

site effects of [Hþ] and d will result in a swing in the cathodic po-

larization for pure Mg. However, the micro-galvanic corrosion

between the a-matrix and the b phase should be taken into consid-

eration for the AZ91 alloy and it could not be regarded as a simple

one-dimensional diffusion system. The Icorr is mainly dominated

by the uneven distribution of current, which explains the reason

that the AZ91 alloy is more sensitive to the TEL thickness in

Region I.

Figure 4. (a) nyquist plots and (b) bode phase plots of pure Mg and AZ91 alloy in region I (50 lm) and region II (500 lm).

Figure 5. plots of corrosion current density of pure magnesium and AZ91 al-

loy as a function of TEL thickness

In vitro corrosion of pure magnesium and AZ91 alloy 53
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Figure 6a and b shows the three-dimension (3D) images of the

microstructures of pure Mg and the AZ91 alloy, respectively. The

microstructure for pure Mg was characterized by a-Mg phase, while

for the AZ91 alloy both Mg17Al12 (b) phase and the a-Mg phase.

The Mg17Al12 distributed at grain boundaries (GBs) were evidently

distinguished by the height difference between thea-Mg matrix and

the b phase (Fig. 6b). When exposed to the electrolyte, the Mg17Al12

phase with a relatively high potential thus acted as the cathode with

respect to the adjacent a-Mg phase as the anode. It is clear from Fig.

6b that a relatively rougher surface was formed on the AZ91 alloy

due to the potential difference between the a-Mg and the b phases

after etching. Figure 6c and d discloses the corrosion morphology of

the pure Mg sample and the AZ91 alloy after TEL tests (with a

thickness of 50 lm), respectively. Corrosion pits were randomly dis-

tributed on the surface of the pure Mg samples due to the presence

of impurities enriched in GBs, the potential of which is higher than

that of the a-Mg phase. Interestingly, it is found that the height be-

tween the a–Mg and b phases increased from 3.54 lm to 5.20 lm

for the AZ91 alloy before and after the TEL tests due to the dissolu-

tion of the a–Mg matrix. The Mg(OH)2 corrosion products of the

AZ91 alloy precipitated on the boundary of Mg17Al12 phase due to

the dissolution of the a-Mg matrix surrounding the b phases.

Furthermore, Fig. 6e and f illustrates the corrosion morphology of

the pure Mg sample and the AZ91 alloy after TEL tests with a

thickness of 500 lm. The corrosion product was uniformly covered

on the pure Mg sample and the number of the corrosion pits was

much less in Fig. 6e than that in Fig. 6c, implying for the pure Mg

sample uniform corrosion occurred more preferentially under

thicker TEL (500 lm) than thinner TEL (50 lm). The stacking of

the corrosion product reduces the height between the a-Mg and b
phases of AZ91 alloy in Fig. 6f from 5.2 lm at a thickness of 500

lm to 3.04 lm at a thickness of 50 lm. These phenomena describe

that the corrosion behavior of both pure Mg and AZ91 alloy tends

to be localization under TEL condition especially when the thickness

of TEL is lower than a certain value. Namely, localized corrosion is

easier to occur under TEL condition than in the bulk solution.

Conclusions

A TEL cell has been built to mimic the in vivo microenvironment

and utilized to evaluate the in vitro corrosion rate of biomedical

magnesium alloys. It is concluded as following:

1. The TEL can inhibit the in vivo corrosion of pure Mg and the

AZ91 alloy. When the thickness of TEL less than 200 lm, the

AZ91 alloy is more sensitive than pure Mg to the inhibition of

corrosion; however, there is no significant change in corrosion

current density for pure Mg.

Figure 6. three-dimensional images of (a) pure Mg and (b) AZ91 alloy before the corrosion and (c) pure Mg and (d) AZ91 alloy under TEL with a thickness of 50

lm and (e) pure Mg and (f) AZ91 alloy under TEL with a thickness of 500 lm
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2. The TEL thickness affects the distribution of current. Under the

TEL condition (i.e. 50 lm thick), corrosion resistance for

the pure Mg and the AZ91 alloy is predominately controlled by

the uneven distribution of current. On the contrary, in the bulk

solution (i.e. 500 lm thick), corrosion resistance for the pure

Mg and the AZ91 alloy is predominately controlled by the uni-

form distribution of current.

3. The 3D images demonstrate that localized corrosion is more

preferential to occur under the TEL condition than in the bulk

solution.

4. The in vivo corrosion performed on the TEL cell may reflect the

slight influence of tissue microenvironment. The TEL device

might be a universal in vitro method for biodegradable Mg im-

plants. However, it should be noted that the in vivo circum-

stance was a complex system including inorganic ions, corrosion

medium volume, pH, blood flow, proteins and tissues. The TEL

was a still a micro-scale model, which needs to consider with

other factors on comprehensive degradation.
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