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Abstract Hydroxyapatite (HA) was coated onto pure
magnesium (Mg) with an MgF, interlayer in order to reduce
the surface corrosion rate and enhance the biocompatibility.
Both MgF, and HA were successfully coated in sequence
with good adhesion properties using the fluoride conversion
coating and aerosol deposition techniques, respectively. In a
simulated body fluid (SBF), the double layer coating
remarkably enhanced the corrosion resistance of the
coated Mg specimen. The in vitro cellular responses of the
MC3T3-El pre-osteoblasts were examined using a cell
proliferation assay and an alkaline phosphatase (ALP) assay,
and these results demonstrated that the double coating layer
also enhanced cell proliferation and differentiation levels. In
the in vivo study, the HA/MgF, coated Mg corroded less
than the bare Mg and had a higher bone-to-implant contact
(BIC) ratio in the cortical bone area of the rabbit femora
4 weeks after implantation. These in vitro and in vivo results
suggested that the HA coated Mg with the MgF, interlayer
could be used as a potential candidate for biodegradable
implant materials.
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1 Introduction

Degradable biomaterials that can be absorbed in the body are
considered a new paradigm of materials for biomedical
applications [1]. The introduction of biodegradable implants
eliminates the typical problems that are associated with
permanent implants, such as stress shielding, the accumu-
lation of toxic metal ions, and the need for a second surgery
in order to remove the implant. Synthetic biodegradable
polymers, including poly lactic acid (PLA), poly glycolic
acid (PGA) and poly caprolactone (PCL), have widely been
used as substitutes for permanent implants in orthopedic
applications [2]. However, these polymeric materials have
lower mechanical strengths than metallic materials and are
more suitable for low load-bearing applications [3].
Recently, magnesium (Mg) and its alloys have been
considered as promising degradable biomaterials because
of their advantages over synthetic polymers, especially in
terms of their mechanical properties. The elastic modulus
and the compressive strength of Mg are relatively close to
the values for natural bones and are much better than other
implantable metals. Additionally, Mg has a higher fracture
toughness than natural bone [4]. Therefore, Mg and its
alloys could potentially be used for load-bearing applica-
tions. Moreover, previous studies have demonstrated that
Mg has a good biocompatibility, and any released Mg ions
are not detrimental to the human body but rather beneficial
to the bone tissue growth [4, 5]. Nevertheless, the use of
Mg in biomedical applications has been restricted mainly
because of its high and unpredictable corrosion rate in
biological ambiance. The Mg surface rapidly reacts with
aqueous solutions, generating by-products, such as hydrox-
ide ions and hydrogen gas. [6] Additionally, these Mg
corrosion reactions are accelerated in chloride-containing
solutions (e.g. human body fluid, blood plasma) [7]. If the
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Mg corrosion is too rapid, the mechanical integrity of the
implant can be lost before the tissue has sufficiently healed
[4]. Therefore, this corrosion reaction must be suppressed
by enhancing the corrosion resistance of the Mg surface in
order to maintain the mechanical integrity of the Mg
implant.

To date, numerous methods, such as alloying and sur-
face treatments, have been studied in order to improve the
corrosion resistance of Mg. In particular, various Mg alloys
have been investigated as potential degradable biomateri-
als, and some of these alloys have exhibited in vitro and
in vivo biocompatibility [8—19]. Additionally, previous
reports have shown that some of these alloying elements
can strongly influence the corrosion resistance, the
strength, and the biocompatibility of Mg [17, 20]. Although
many studies have investigated the toxicity of these
alloying elements, great care must be taken during the
selection of the alloying element as well as the amount that
is used, and further investigations are required for safe
clinical use.

The implant material could be surface treated to enhance
both the corrosion resistance and the biocompatibility. This
method has practically been used in metal implants, such as
stainless steel, titanium, and titanium alloys. For biomed-
ical applications, various surface treatments have been
adopted for Mg and its alloys in order to control the deg-
radation rate and improve the biocompatibility [3, 21-29].
In the literature, the electrochemical and immersion test
results have confirmed that surface treatments can signifi-
cantly reduce the degradation rate of Mg-based materials in
chloride-containing solutions. Furthermore, the surface
biocompatibility of Mg can also be enhanced using bio-
active coatings, such as calcium phosphate coatings
[26-28, 30]. Among them, hydroxyapatite (HA) coatings
are well recognized because of their excellent bioactivity,
which improves the bonding between the metal implant
and the bone [31, 32].

In this present work, HA was coated onto pure Mg with
an MgF, interlayer in order to control and predict the
degradation rate and at the same time to improve the sur-
face bioactivity of Mg. The MgF, layer was formed on Mg
as a corrosion barrier prior to the HA coating [3]. Then HA
was deposited onto the MgF,-coated Mg using the aerosol
deposition (AD) method. This method created a dense
ceramic layer from the starting ceramic particles at room
temperature without any additional heat treatment [33].
The initial corrosion properties of the bare and coated Mg
were evaluated in a simulated body fluid (SBF). The in
vitro cell tests were performed using pre-osteoblasts in
order to observe the cellular responses on the bare and
coated Mg, and the animal tests were implemented in order
to assess the in vivo interaction between the Mg implant
and the bone tissue.
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2 Materials and methods
2.1 Sample preparation and coating procedure

The Mg samples were prepared with dimensions of 20 mm x
20 mm X 3 mm using a commercial pure magnesium
ingot (purity 99.99%, Yi Riu Magnesium Ind., Co, Beijing,
China). Rod samples, with a diameter of 4 mm and a length
of 10 mm, were used for the in vivo studies. Prior to the
coating process, the Mg samples were polished with up to
2000 grit abrasive paper and ultrasonically cleaned in
acetone and ethanol.

For the MgF, coating process, the Mg samples were
immersed in hydrofluoric acid (48 wt% in H,O, Sigma-
Aldrich, USA) at room temperature for 24 h. The coated
samples were rinsed with both distilled water and ethanol
and then dried in air. Subsequently, hydroxyapatite (HA)
was coated onto the fluoride-coated Mg samples using the
aerosol deposition (AD) method. For the AD process,
commercially available nanocrystalline HA (Alfa Aesar
Co., Ward Hill, MA) was used as the starting powder, and
the HA coating was deposited at a thickness of 5 um. The
coating apparatus and process conditions were described in
detail in the literature [34]. In brief, the HA powder heat-
treated at 1200°C for 1 h was loaded in the powder
chamber and spayed into the deposition chamber using a
oxygen carrier gas at a flow rate of 5 x 10~* m?/s. During
deposition, the HA particles were vertically sprayed onto
the substrate and the pressure in the deposition chamber
was 0.92 x 10> MPa.

2.2 Characterization

The surface morphology and the chemical composition of
the samples were analyzed using scanning electron
microscopy (SEM, JSM-6360, JEOL, Tokyo, Japan) with
an EDS system with resolution of 137 eV (INCA system,
Oxford Instruments, UK). The cross-sectional morphology
of the coated samples was observed using field-emission
scanning electron microscopy (FE-SEM, JSM-6330F,
JEOL, Tokyo, Japan). The surface phase of the coated
samples was characterized using an X-ray diffractometer
(XRD, D8-Advance, Bruker Co., Germany). The XRD data
were obtained from 20° to 60° (260) using CuK, radiation
with a scan rate of 1°/min. The sample measurement area
was 20 mm x 20 mm. The adhesion strength of the coat-
ing layers was measured using an adhesion tester (Sebas-
tian V, Quad Group, Spokane, WA, USA). Prior to the
adhesion test, a pre-epoxy coated stud with a diameter of
3.58 mm was attached to the coating surface and cured at
150°C for 1 h in an oven. After the tester jig was fixed to
the sample, the stud was pulled in the vertical direction
until the coating layer failed. The adhesion strength was
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calculated using the maximum recorded tensile force val-
ues and the failure area. Five coated samples were tested
for each coating condition, and the average value was used.

2.3 Immersion tests

The immersion tests were carried out in the SBF for up to
3 days in order to evaluate the initial surface corrosion
properties of the samples [35]. The samples were immersed
in 100 ml of the SBF with an exposure area of 2 cm?” at
room temperature. pH measurements were done about
2 cm above the sample after stirring sufficiently. After each
immersion period, 5 ml of the solution was extracted and
analyzed using an inductively-coupled plasma atomic-
emission spectrometer (ICP-AES, Optima-4300DV, Perk-
inElmer, Wellesley, MA) in order to determine the mag-
nesium ion concentration. The pH value of the immersion
solution was also monitored at different time intervals
using a pH meter (sp-701, Suntex, Taiwan). Three samples
were tested at each condition for the immersion tests.

2.4 1In vitro cell tests

A pre-osteoblast cell line, MC3T3-E1 (ATCC, CRL-2593),
was used to assess the cellular responses on the specimen
surfaces. Prior to the cell seeding, the samples were steril-
ized with 70% ethanol and dried on a clean bench under UV
irradiation. The pre-incubated cells were seeded on the
specimens with a diameter of 15 mm at densities of 5 x 10*
cells/ml (for the cell attachment), 3 x 10* cells/ml (for the
cell proliferation), and 1.5 x 10* cells/ml (for the cell
differentiation). The cells were cultured in a medium, con-
sisting of an alpha-minimum essential medium (¢«-MEM,
Welgene Co., Ltd., Korea) that was supplemented with 5%
fetal bovine serum (FBS) and 1% penicillin—streptomycin in
a humidified incubator with 5% CO, at 37°C.

The attached cells were observed using scanning elec-
tron microscopy (SEM, JSM-5600, JEOL, Tokyo, Japan)
after culturing for 5 h and 1 day. Prior to these observa-
tions, the samples were fixed with 2.5% glutaraldehyde for
10 min, dehydrated in graded ethanol (70, 90, 95 and 100%
ethanol in sequence), immersed in hexamethyldisilazane
for 10 min, and then air dried. The DNA from the samples
was examined using a Cyquant cell proliferation assay kit
(C7026 Invitrogen) after culturing for 1 day. The cells that
adhered to the samples were detached and suspended in a
fluorescent dye solution. The DNA level was measured
using a multiple plate reader (Victor3, PerkinElmer, USA)
at a wavelength of 480/535 nm. The measured florescence
values were converted into the DNA content using a DNA
standard curve. Additionally, the cell proliferation on the
specimens was assessed for up to 4 day using this cell
proliferation assay Kkit.

To evaluate the cell differentiation, 10 mM f-GP and
50 pg/ml ascorbic acid were added to the culture medium,
and an alkaline phosphatase (ALP) activity test was per-
formed using p-nitrophenyl phosphate (pNPP, Sigma-
Aldrich, UK). After culturing for 10 days, the p-nitrophe-
nol (pNP) production was colorimetrically measured at an
absorbance of 405 nm using a micro reader (Biorad, Model
550, USA). During this reaction, pNPP was converted into
pNP in the presence of ALP, and therefore, the pNP pro-
duction rate was proportional to the ALP activity.

In vitro cell tests were performed at least three times,
and the experimental results were expressed as the
mean =+ standard deviation (SD). The difference between
the two groups was determined using a one-way analysis of
variance (ANOVA), and a P < 0.05 was considered sta-
tistically significant.

2.5 In vivo animal tests

The in vivo animal tests were conducted using nine male
New Zealand white rabbits (12 weeks old, average weight
3 kg). Two types of rod samples (bare Mg and HA/MgF,
coated Mg) with diameters of 4 mm and lengths of 10 mm
were used in this study. The animals were given a general
anesthetic using a combination of 1.5 cc of 2% Xylazine
HCl (Rompun, Bayer Korea, Korea) and 0.5 cc of Tileta-
mine HCl (Zoletil, Virbac lab, France) and Lidocaine
(Yuhan Corporation, Korea). Additionally, 1:100,000 epi-
nephrine was injected as the local anesthesia. The rod
samples were implanted into femoral defects on either the
left or right leg of the rabbits that drilled into the femoral
shaft using a hand piece drill. After the surgery, the wounds
were sutured with Surgisorb (Samyang Ltd, Korea), and
then cephradine (Bayer Korea, Korea), an antibiotic, was
injected into the rabbits for 3 days.

All of the rabbits were sacrificed 4 weeks after surgery.
The harvested bone tissues were scanned using a micro-CT
(Skyscan 1173 X-ray Micro-tomography System, Skyscan,
Kontich, Belgium) with a 1.0 mm aluminum filter at a res-
olution of 35 um, a voltage of 100 kV, and a current of
60 pA in order to 3-dimensionally observe the morphology
of the Mg samples and the bone tissue. Subsequently, the
images were reconstructed using a commercial program, and
the implant morphology and the bone tissue in the cortical
area were 3-dimensionally observed using Data viewer
(Skyscan, Kontich, Belgium) based on these reconstructed
images.

After the micro-CT scan, the extracted bone samples were
fixed in a neutral 10% formaldehyde solution, and the tissue
blocks were formed using a resin. The blocks were cut into
sections around cortical bone region. The microscopic images
of the trichrome and haematoxylin—eosin stained sections
were obtained using Axioskop microscopy (Olympus BX51,
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Olympus Corporation, Tokyo, Japan) at a 100x magnifica-
tion. The bone-to-implant contact (BIC) ratios were calcu-
lated from these images using a digital image analysis
program (SPOT, Diagnostic instrument, Inc., MI, USA).

3 Results
3.1 Microstructures of MgF, and HA coating layers

The surface morphologies of the bare and coated Mg samples
are shown in Fig. la—d. In Fig. la, the bare Mg surface
exhibited grooves that were caused by the mechanical
grinding. The formation of the MgF, layer through fluorida-
tion in an HF solution did not significantly change the mor-
phology because the MgF, layer was very thin (~ 1.3 pm), in
Fig. 1b. On the other hand, the HA coating layer exhibited a
rough surface morphology, in Fig. 1c. At a higher magnifi-
cation, Fig. 1d confirmed that the rough surface resulted from
the presence of micro-scale craters, not pores.

In Fig. 2a, the cross-sectional image revealed that the
HA layer was uniform without any observable defects. The
thickness of the HA layer was about 5 um, and the dense
MgF,; interlayer was about 1 um thick. The HA coating was
deposited through aerosol deposition and was well adhered
to the MgF, barrier coating without any delamination or
cracking. In Fig. 2b, the EDS results indicated that the HA
coating layer was mainly comprised of Ca, P, and O.

The XRD patterns of the bare Mg and the MgF, and HA
coating layers are illustrated in Fig. 3. For both coating
layer, the crystalline MgF, or HA peaks were detected
without the presence of any other phase, indicating that the
crystalline coating layers were formed without the need for
any post treatment that could be detrimental to the highly
reactive Mg.

3.2 Adhesion strength of coating layer

The adhesion strengths of the MgF, coating on Mg and the
HA coating on MgF, were measured using the pull-out
tests, and the results are presented in Fig. 4. The MgF,
interlayer that formed as a chemical conversion coating
exhibited a strong adhesion to the Mg substrate, with a
bonding strength of 34 MPa. The HA coating also exhib-
ited a high bonding strength of 25 MPa, fulfilling the
coating material requirements [36]. Interestingly, the
bonding strength of HA coating on the MgF, (25 MPa) was
slightly higher than the HA coating on the bare Mg
(22 MPa). Figure 5 shows the surface morphology of the
specimen after the HA adhesion test. The adhesion failure
occurred between the HA coating and the MgF, interlayer
as shown in Fig. 5a, even though some of the HA coating
(that was detached from the epoxy) was still present along
the surface grooves. At a higher magnification, Fig. Sb
confirmed that the HA coating was detached from the
MgF, layer near the adhesion failure.

Fig. 1 Scanning electron microscopy (SEM) images of the surfaces of a the bare Mg, b the MgF, coating on Mg, and ¢ and d the HA coating

with the MgF, interlayer on Mg
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Fig. 6 Released Mg ion concentration in the simulated body fluid
(SBF), which was measured using ICP-AES for the bare, MgF,
coated, and HA/MgF, coated Mg samples

and the pH changes in the corrosion media were monitored in
Figs. 6 and 7, respectively, in order to evaluate the extent of
the Mg corrosion. Less Mg ions were released for the sam-
ples with the protective coatings compared to the bare Mg.
Additionally, the coating significantly suppressed the pH
changes in the SBF compared to the bare Mg. The HA/MgF,
double coating exhibited a slightly better corrosion resis-
tance than the single MgF, coating in the immersion tests.
These results indicated that the coating layer protected Mg
against corrosion and reduced the alkalization of the medium
in the vicinity of Mg.

3.4 In vitro cellular responses

Figure 8 shows the morphology of the pre-osteoblast cells
that were cultured for 5 and 24 h on the bare Mg, the Mg
that was coated with MgF,, and the Mg that was coated
with MgF, and HA. After 5 h, a few spherical cells were
attached to the surface of the bare Mg in Fig. 8a. Even after
culturing for 24 h, the cells were still in the adhesion stage,
and no significant morphology changes were observed, in
Fig. 8b. In contrast, clearly, more cells were attached to the
MgF, surface compared to the bare Mg, in Fig. 8c—d.
Furthermore, the cells spread out along the surface, and the
extended filopodia reached the surrounding cells, in
Fig. 8d. For the HA coated specimens with the MgF,
interlayer, most of the cells were well attached to the
coating surface and spread out after 5 h (Fig. 8e). After
culturing for 24 h, the cells were considerably flattened on
the rough coating surface, in Fig. 8f. The DNA measure-
ment results are represented in Fig. 8g. The DNA content
of the coated samples (both the MgF, and HA/MgF,
coatings) was much greater than the bare Mg, indicating
that more cells were attached to the coating surface com-
pared to the bare Mg.
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Fig. 7 pH change in the SBF for the bare, MgF, coated, and
HA/MgF, coated Mg samples

In Fig. 9, the cell proliferation was assessed by quanti-
fying the DNA after culturing for 4 days. The cells that
were cultured on the bare Mg exhibited a poor cell pro-
liferation, whereas the proliferation levels were signifi-
cantly higher on the coated Mg specimens (P < 0.001).
The ALP activities of the cells that were cultured for up to
10 days are also shown in Fig. 9. The cells that were cul-
tured on the HA coating layer exhibited a significantly
higher ALP activity level than the bare (P < 0.001) and
MgF,-coated Mg (P < 0.005). These results clearly indi-
cated that the HA coating improved the in vitro cellular
responses of Mg and the MgF, coating layer.

3.5 In vivo behaviors

The in vivo behavior of the Mg implants was observed
using the rabbit femoral defect model. The bare Mg and
HA/MgF, coated Mg rod samples were implanted into the
femoral shafts of the rabbits, in Fig. 10. After implantation
for 4 weeks, the samples were removed, and the micro-CT
images of the retrieved samples were taken in Fig. 11. The
implant width of the bare Mg partially decreased because
of the Mg corrosion, and a gap was clearly observed
between the bone tissue and the implant in the cortical
bone area. On the other hand, for the Mg specimens that
were coated with HA and MgF,, the implant shape was
well maintained because of the reduced Mg corrosion, and
better bone-to-implant contact was observed compared to
the bare Mg.

Figure 12 illustrates the histological images of the stained
bone tissue that was in contact with the implant materials.
Although newly formed bone tissue was observed around
the implant surface for both the bare Mg and the coated
specimens, the bone contact was more significant for the
coated specimens, without any implant degradation. Based
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Fig. 8 Scanning electron
microscopy (SEM) images of
the MC3T3-El cells that were
cultured on the a and b bare,

¢ and d MgF, coated, and e and
f HA/MgF, coated Mg samples
for 5 and 24 h, respectively.

g DNA levels that were
measured from the cells that
adhered to the samples after
culturing for 24 h
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on the histological images, the bone-to-implant contact
(BIC) ratios were measured in the cortical bone area using an
image analysis program, as depicted in Fig. 13. After
implantation for 4 weeks, the Mg implants that were coated
with HA and MgF, exhibited a significantly higher

(P < 0.005) BIC ratio than the bare Mg.

MgF, HAIMgF,
coating coating

4 Discussion

In recent years, various corrosion mechanisms have been
identified for Mg and its alloys [7], and a great deal of
research has been conducted in an attempt to control the
corrosion rate of Mg so that it can be used as a degradable
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Fig. 9 DNA and ALP activity levels of the MC3T3-E1 cells that
were cultured on the bare, MgF, coated, and HA/MgF, coated Mg for
4 and 10 days (* P < 0.005, ** P < 0.001)

implant material. One of the promising approaches
involves coating the surfaces of Mg and its alloys. When a
bioactive material is used, this surface coating can reduce
the corrosion rate of Mg and improve the surface bioac-
tivity [30]. Therefore, the selection of the proper coating
material and process is crucial to the coating performance.
The coating must exhibit strong adhesion to the Mg
substrate, provide protection from rapid corrosion, be non-
toxic, and improve the biocompatibility/bioactivity. Addi-
tionally, great care must be taken during the coating
process because Mg is highly susceptible to chemical
reactions. Considering these requirements, the HA coating
with the MgF, interlayer was adopted in order to promote
the coating stability on the pure Mg, while also improving
both the corrosion resistance and the biocompatibility.
The HA coating with the MgF, interlayer was success-
fully and strongly adhered to Mg, in Fig. 2. These coating
layers were formed without any problems during the
coating process. The fluoride conversion coating process
was a simple but effective technique for the protecting the
substrate from corrosion, as reported in the literature [3]. A
dense and crack-free ceramic HA layer was formed on the
MgF, layer using the AD method without the need for any
further heat treatment, which could provoke the oxidation
of Mg. Additionally, the thickness of the coating was
controllable during the AD process and influenced the HA
coating degradation [37]. In this coating structure, the outer
HA coating reduced the corrosion attacks, and then the
MgF, layer protected Mg from the corrosive medium as it
passed through the HA layer. Completely preventing the
corrosion attack with only one coating layer is very diffi-
cult [38], and the double layer structure acted as an
effective barrier for protecting Mg from corrosion. Thus,
the HA coating with the MgF, corrosion barrier was more
favorable in terms of stability and functionality on the
substrate in the corrosive environment. Without the MgF,
barrier, the HA coating layer as well as the Mg substrate
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Fig. 10 Optical image of the Mg rod that was implanted into the
rabbit femoral shaft. The inset shows the rod sample before the
implantation

could easily be damaged by even small defects in the HA
coating [39]. The HA surface coating remained stable
without any severe damage during immersion in the SBF
solution because of the corrosion barrier. Without the HA
coating layer, the MgF, layer effectively protected the Mg
from the corrosion attack but only for a relatively short
period of time because its thickness was limited to about
1 um. When the MgF, layer was thicker than 1 pm, the
layer severely cracked presumably because of the large
differences in the physical and mechanical properties
between Mg and MgF,.

The results of the immersion tests demonstrated that the
surface coating significantly reduced the Mg corrosion in
the SBF solution. The coating layers remained intact for up
to 3 days, and no hydrogen bubbles were observed. Addi-
tionally, the changes in the pH and the amount of released
Mg ions were insignificant compared to the bare Mg.
Therefore, the hydrogen gas evolution and the alkalization,
which can be detrimental to living tissue, were effectively
retarded [10].

For biomedical applications, any protective coating on
Mg should be non-toxic and have an improved bioactivity
[4]. The in vitro cell test results revealed poor cellular
responses on the bare Mg. More importantly, a much lower
number of cells were observed on the bare Mg compared to
the coated Mg, and the cells exhibited very slow adhesion
progress. The osteoblast adhesion on material surfaces
involves various biological molecules that interact together
in order to induce the signal transduction and consequently
regulate the subsequent cell response [40]. However, the
cell adhesion processes were hindered on the bare Mg
because of the corrosion reactions, resulting in the hydrogen
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Fig. 11 Reconstructed micro-
CT images of the a and ¢ bare
and b and d HA/MgF, coated
Mg specimens 4 weeks after
implantation. The dashed circle
indicates the bone-implant
contact, and the arrow indicates
the corroded region (M: implant
material, B: Bone tissue)

evolution and an increase in the pH. The cells exhibited
better adhesion on the coated Mg, and the proliferation
(P < 0.001) was significantly enhanced compared to the
bare Mg. Moreover, the HA coating exhibited a higher ALP
activity level than the bare Mg (P < 0.001) and the MgF,
coating (P < 0.005). The cell proliferation was favorable
even on the inert MgF, coating layer because the Mg cor-
rosion reaction was inhibited during the cell culturing. For
the cell differentiation, the bioactivity of the surface
material affected the ALP activity level in addition to the
corrosion protection. A large number of reports have shown
that the HA coating enhances the osteoblastic cell differ-
entiation and expresses a high ALP activity [41-43]. In this
study, the HA coating with the MgF, interlayer significantly
improved the biocompatibility of Mg.

The animal test results clearly demonstrated the positive
effects of the HA coating along with the MgF, interlayer
on the bioactivity of the Mg implant. After implantation for
4 weeks, the dimensions of the bare Mg implants changed
in both the histological images and the micro-CT images.
The implant thickness was partially reduced, and the ori-
ginal circular cross shape became irregular because of the
in vivo Mg corrosion. In contrast, the morphology of the
coated Mg implants was not much changed, indicating that

the coating layers were effective in protecting the implants
from the in vivo corrosion. The enhanced bioactivity that
was observed in the in vitro cell tests was also validated by
the in vivo tests. In the 3-dimensional micro-CT images, a
larger bone-implant contact area was clearly observed for
the coated specimens. Furthermore, a higher BIC ratio was
measured based on the histological images, thus confirm-
ing that the HA coating enhanced the bone tissue responses
to the implant. The bioactive HA coating layer can also
increase the bone-implant interaction and create better
bone contact [43, 44]. The above in vitro and in vivo
results ascertained that the HA coating with the MgF,
interlayer significantly reduced the Mg corrosion and
improved the biocompatibility. Finally, it is of note that the
HA and the MgF, layers are not perfectly inert in the SBF
solution or in animal body. They are just relatively stable
compared to the Mg substrate, so that after some period of
time, they are supposed to be absorbed leading to the
exposure of Mg substrate. Rapid biodegradation of Mg
initiates at the moment of coating layer absorption and the
absorption period is proportional to the thickness of HA
coating layer. Further studies are needed to verify the
influence of the HA coating thickness on the Mg corrosion
initiation time.
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Fig. 12 Histological images of the stained sections of the a bare and
b HA/MgF, coated Mg 4 weeks after implantation. (M: implant
material; N: new bone tissue; D: degraded Mg area)

5 Conclusions

The HA coating with the MgF,; interlayer was formed using
a fluoride conversion coating technique and a subsequent
aerosol deposition method. These coatings significantly
improved the corrosion resistance and the bioactivity of
Mg. The coating layers were uniform, dense and strongly
adhered to the Mg substrate without any post treatment.
The double coating layer effectively reduced the Mg cor-
rosion rate and prevented the formation of any by-products
in the SBF solution. The in vitro cell tests revealed that the
coating significantly enhanced the cellular responses and
the surface bioactivity. The in vivo results also demon-
strated that the coating provided good in vivo corrosion
protection and improved the bone responses. These results
suggested that coating Mg with HA and the MgF, inter-
layer is a promising approach that increases its potential as
a biodegradable implant.
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(* P < 0.005)
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