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Abstract

Magnesium alloys have shown high potential as biodegradable implants for bone repair
applications. However, their fast degradation in physiological media demands tuning their
corrosion rate to accompany the natural tissue healing processes. Here, a new bi-layered silane-
TiO2/collagen coating efficient in stabilizing and biofunctionalizing the surface of AZ31 and ZE41
Mg alloys is presented. Corrosion tests performed in cell culture medium over 7 weeks showed
that the bi-layered coating promotes the formation of a stable layer of Mg(OH)2/MgCO3/CaCQO3
that provides effective protection to the alloys at advanced immersion stages. The intrinsic
reactivity of each alloy plus formation of transitory calcium phosphate phases, resulted in distinct
corrosion behavior in the short term. Cell experiments showed that the bi-layered coating improved
osteoblasts and fibroblasts proliferation compared to bare and silane-TiO»-coated alloys. Different
responses in terms of cell adhesion could be related to the intrinsic corrosion rate of each alloy and
some toxicity from the alloying elements. The results evidenced the complex interplay between
alloy nature, coating-alloy combination and cell type. The silane-TiO2/collagen coating showed to
be a promising strategy to improve cell response and viability and to control degradation rate of
Mg alloys in the long term.

Keywords: Magnesium alloys; Coatings; Collagen; Biodegradation; Cell-material interactions.



1. Introduction

The use of Mg and its alloys as temporary metallic implants has been widely discussed in
the literature [1-4]. The most remarkable features of Mg-based biomaterials are their mechanical
properties, which reduce the shield stress effect commonly caused by traditional orthopaedic
implants, and their ability to support new bone formation during the healing process [2]. When
used as cardiovascular stents, Mg-based biomaterials reduced the risk of inflammation and
restenosis [5]. In its elemental form, the presence of Mg in vivo is critical for metabolic activities,
since it is the fourth most abundant cation in the body [6]. Therefore, Mg ions dissolved from
materials can have a positive effect on cell survival and proliferation [7].

It has been shown that Mg alloys degradation process is mainly dependent on their
elemental composition and on the corrosive environment [8, 9]. Their corrosion in agueous
solution is accelerated at pH below 11 while, at higher pH, the formation of a protective hydroxide
surface layer is promoted [8]. Since the in vivo pH is about 7, different strategies have been used
to control the degradation rate of Mg alloys, such as impurity control, alloying selection, and
surface coatings. Among these, the most popular consist of polymer layers incorporating
hydroxyapatite particles [10-12] or in various calcium phosphate (CaP) coatings [13-15].
Electrodeposition, hydrothermal treatment, and spray coating are some commonly used techniques
to deposit CaP coatings, but they often experience poor adhesion because of the high chemical
reactivity and low melting point of metallic Mg [14]. Thick oxide coatings are also used, but they
are susceptible to cracks and debris release, increasing the risk of thrombosis and local injuries of
the tissues.

Nowadays, there is a growing interest in using biodegradable natural polymers for
chemical-surface treatments on metallic biomaterials [15—17]. These biopolymers can be used to
improve surface functionalities, such as controlled release of growth factors, cell adhesion, and
enhanced tissue integration. Due to its high biocompatibility, cytocompatibility, and positive
effects on cell activity, type I collagen has been widely used for the design of coatings on metallic
biomaterials [18-24].

Synergistic approaches aiming at combining corrosion control with improved cell response
of Mg alloys are still needed. Elaborating on the previously demonstrated ability of a barrier-type
silane-TiO- coating to slow down the corrosion of AZ31 and ZE41 Mg alloys in Simulated Body
Fluid (SBF) [25], we developed here bi-layered coatings adding a collagen top-layer. They were



characterized in terms of morphology, corrosion behavior, and influence on fibroblasts and
osteoblasts in cell culture medium. On this basis, the role of each component on the corrosion
evolution of the bi-layered alloys and their interplay was discussed on the short (1 week) and long
term (up to 7 weeks). The here adopted strategy was to select Mg alloys of well-known properties
(AZ31 and ZEA41) in order to focus on the surface functionalization features, such as surface
chemistry, topography and cell/biomaterial interactions, among others. In practical terms, that is
to say the phenomena that occur at the implant/tissue interface. Thus, the final strategy
implemented could then be extrapolated to other type of Mg alloys and, potentially, to other type

of biomaterials that require improved surface properties.

2. Materials and methods
2.1. Materials and substrates preparation

AZ31 (3 wt.% Al, 1 wt.% Zn, 0.3 wt.% Mn)and ZE41 (4 wt.% Zn, 1 wt.% RE, 0.7 wt.%
Zr) magnesium alloys were obtained as extruded rods (Magnesium Elektron Company, UK). (3-
glycidoxypropyl)trimethoxysilane (>98% GPTMS, Aldrich), titanium IV iso-propoxide (>97%
TIP, Aldrich), acetylacetone, and 2-propanol (>99.5% ACS reagent, Sigma-Aldrich) were
analytical grade. The metallic coupons were cut into discs (& 25 mm x 3 mm thick) and
sequentially polished from 180 up to 1000 SiC grit papers. A surface pre-treatment by immersion
in 12% HF (puriss p.a., Sigma-Aldrich) was performed to promote the formation of a layer of
MgF2 [25]. The 12% HF pre-treated alloys were denoted as AZ31 and ZE41. All pre-treated
samples were thoroughly washed with ethanol (> 96%, Sigma-Aldrich) and dried with air stream.

2.2. Preparation of bi-layered coatings

The hybrid sol was obtained by mixing pre-hydrolyzed GPTMS and TIP solutions in a
volume ratio of 1.5:1, respectively [25]. The silane-based alkolsol was prepared by acidic
hydrolysis (pH 0.5) of GPTMS in 2-propanol (volume ratio 1:1) at room temperature. The second
alkolsol was prepared by the hydrolysis of 70% TIP solution in 2-propanol in the presence of
acetylacetone (Acac) and adding aqueous solution of HNO3z (pH 0.5) with a final volume ratio
TIP:Acac:H.0 of 5:3:1. After 1 hour aging, the hybrid sol was deposited onto the pre-treated alloys
by dip-coating at a speed of 17 cm-min‘t after 30 seconds of total immersion. The sol-gel coated



coupons, denoted as AZ31 S and ZE41 S, were then cured at 120°C for 90 minutes in air
atmosphere. They were sterilized by soaking in ethanol for 30 minutes.

A solution of type I collagen (extracted and purified from rat tail tendon) was prepared in
0.005 M acetic acid at a 3 mg-mL™ concentration [26]. Top layers were deposited by manually
dipping twice the sterilized sol-gel coated coupons into this solution, with a 15 min intermediate
drying step at room temperature. The bi-layered samples with collagen were denoted as AZ31_SC
and ZE41_SC.

2.3 Surface characterization

After gold sputtering, the samples were examined by Hitachi S-3400N scanning electron
microscopy (SEM). Plane and cross-sections images were recorded to characterize the as-
deposited coatings morphologies and thickness. For chemical characterization of corroded surfaces
after the corrosion experiments, energy dispersive spectroscopy (EDS) microanalysis was used.

Bruker® Atomic force microscope (AFM) was used to determine the surface roughness
and to obtain additional morphological information. Silicon probes (NanoAndMore, USA) in
tapping mode at room temperature were used to obtain topographical and phase contrast unfiltered

images.

2.4. Electrochemical measurements

Electrochemical impedance spectroscopy (EIS) was used to characterize the corrosion
behavior of all surface conditions on both AZ31 and ZE41 alloys. EIS experiments were performed
in the culture medium described in section 2.5 at 37£1°C for 7 weeks. A conventional three
electrode electrochemical cell with the sample as working electrode (3.1 cm? exposed area), a
saturated calomel as reference, and a platinum coil as counter electrode were used. Data were
recorded using a Gamry Ref. 600 potentiostat at open circuit potential scanning from 10° Hz down
to 102 Hz. To avoid electromagnetic interferences, all measurements were performed in a Faraday

cage. The fitting parameters were obtained by analyzing the results by ZView3® software.

2.5. Cell culture



Normal human dermal fibroblasts (NHDF) and primary human osteoblasts (HOB) were
cultured in Dulbecco’s modified Eagle’s medium (DMEM), 10% fetal calf serum, 100 units mL™
penicillin, 100 pg ml? streptomycin and 0.25 pg ml™ Fungizone (all components Gibco BRL).
Tissue culture plates were kept for several days at 37°C in a humidified atmosphere (95% air) with
5% CO.. Fibroblasts and osteoblasts were enzymatically detached from culture flasks at 70-80%
confluence by treatment with 0.1% trypsin and 0.02% EDTA. Then, the cells were rinsed, re-
suspended in DMEM, and used to test the cell response to the different surface compositions.

A new sample setup was developed to perform the cell viability/proliferation assays. To
confine the cell suspension onto the surface of interest, a sterilized polyethylene cylinder (& 20
mm X height 10 mm) was stuck on top of the coupons using a medium-viscosity fast curing silicone
(Kwik-Sil, World Precision Instruments) at room temperature. The sets were placed into 6-well
flat-bottomed cell culture plates. Cells were seeded at a density of 4 x 10* cells-cm™ in culture
medium onto pre-treated (AZ31 and ZE41), sol-gel coated (AZ31_S and ZE41 _S), and bi-layered
coupons (AZ31_SC, ZE41 SC). Fibroblast cultures were incubated (37°C, 95% air with 5% CO3)
for 1 and 3 days, while osteoblast cultures were incubated for 1, 3, and 7 days. Cell culture plates
were used as positive control. Each surface condition was performed in triplicate and results

expressed as the arithmetic mean + standard deviation.

2.6. Cell viability assays

AlamarBlue® reagent was used at selected time-points to characterize cell
viability/proliferation. For this, the culture medium was removed and 300 puL of fresh DMEM with
10% (v/v) of AlamarBlue was added to the cells and incubated (37°C, 95% air with 5% CO3) for
4 hours. Then, the solution was collected and 700 pL of fresh DMEM was added. The optical
absorbance was measured at 570 nm and 600 nm by UVIKON XL spectrophotometer. The
percentage of reduction of resazurin was calculated following the formula provided by the
manufacturer. The resazurin reduction assay was simultaneously performed on samples without
cultured cells to check for possible interference from the Mg alloys or the sol-gel coating. After 4

hours of incubation, the reagent was still non-fluorescent blue on these conditions.

2.6.1. Indirect contact assays




To further elucidate the parameters influencing cell viability, indirect contact assays were
carried out. Pre-treated disc (12% HF bath) of both alloys were incubated at 37 + 1°C in cell culture
medium for 7 days and aliquots of supernatants collected at day 1 (S1), 3 (S3), and 7 (S7) were
tested on cells adhering onto multi-well culture plates. First, fibroblasts and osteoblasts were
seeded in multi-well plates and incubated for 24h to allow normal adhesion; next, aliquots of
supernatants (S1, S3, S7) were added to adhered cells and incubated for 7 days. Cell viability was

measured at day 1, day 3 and day 7 for each set of cells in supernatants.

2.7. Cell morphology characterization

For SEM observation, the cultured cells were fixed with 1.5 % glutaraldehyde in 0.1 M
sodium cacodylate buffer (pH 7.3) for 1 hour, dehydrated through an ascending ethanol series of
50%, 70%, and 95% for 5 minutes each, followed by two 10 min baths in 100 % ethanol. The
samples were dried inside a desiccator for 24 hours. After gold sputter coating, the samples were
observed by SEM to determine cell morphology and distribution.

Additional observations were performed using fluorescence microscopy, allowing for
simultaneous morphological studies and viability tests. The samples were first fixed with 4%
paraformaldehyde (PFA) in PBS for 1 hour. Then, cells were rinsed three times with PBS to
remove residual PFA. Viable and dead cells were stained using a double staining Live/dead Kit
(Sigma-Aldrich). Cells imaging was performed with AXIO D1 Imager fluorescence microscope
with 490 nm excitation signal to simultaneously monitor viable and dead cells.

3. Results
3.1. Substrates and bi-layered coatings surface characterization

The morphology of the as-deposited silane-TiO> coating on both AZ31 and ZE41 alloys
was observed by SEM and the results are shown in Fig. 1a,b. The insets in both figures show the
morphology of pre-treated alloys underneath the sol-gel coating. The roughness of AZ31 and ZE41
measured by AFM was 406 + 99 nm and 356 £ 31 nm, respectively. The MgF2 layer formed during
soaking in 12% HF was thin enough not to modify the original alloys roughness. AFM
characterization of the MgF: layers on AZ31 and ZE41 alloys was already reported elsewhere [25].
After deposition of the silane-based layer, the coating surface was smooth without evidence of

micro-cracks or micro-pores; surface roughness was Rq = 26 + 9 nm.
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Fig. 1. SEM images of sol-gel coated and bi-layered alloys: (a) AZ31_S, (b) ZE41 S, (c) ZE41_SC (scale bar = 10
um). (d) AFM topographic image of ZE41_SC. The insets in (a) and (b) show the topography of the pre-treated alloys
underneath the coating. (e) Cross-sectional backscattered electron image of the bi-layered systems deposited on the

Mg alloys.

Finally, the top-most as-deposited collagen layer resulted in a homogeneous surface, as
evidenced from SEM image in Fig. 1c. The cracks observed in Fig. 1c (see arrows) are likely to
form under vacuum exposure in the SEM chamber. Additional topographical AFM imaging
showed that the collagen layer consisted of a rather smooth-homogeneous agglomeration of
nanoparticles forming a film of average roughness Rq = 6.6 £ 0.8 nm. These particles exhibited an
average size of 90 nm (Fig. 1d). The morphology of the as-deposited collagen layer was identical
for both AZ31_SC and ZE41_SC samples. Further imaging of samples cross-section showed that

the thickness of the bi-layered systems was homogeneous and reproducible, irrespectively of the



alloy. The bottom sol-gel coating was 3.3 + 0.2 um-thick and the top-most collagen layers 1.3 +
0.1 um-thick (Fig. 1e).

3.2. Corrosion behaviour

3.2.1. Electrochemical monitoring

Mg alloys intended for biomedical applications have been widely studied in several
inorganic simulated body fluid solutions. However, body physiological medium has much more
complex composition than inorganic solutions making reasonable to presume that organic
components such as proteins, amino acids, lipids, and even cells may modify the corrosion
response of Mg alloys. Thus, to consider a more realistic approach, in this work, the corrosion
evolution was studied by EIS in DMEM at 37 + 1°C for 7 weeks.

EIS results for all surface conditions are presented as Bode plots in Fig. 2. Important
differences between both pre-treated alloys were observed. First, low frequency (102-10" Hz)
impedance modulus after 2 h of immersion was similar for both alloys (~3x10* Q-cm?).
Afterwards, the impedance of AZ31 increased up to 10° Q-cm? from 2 h to 3 days and remained
quite stable over 7 weeks, indicating the formation of a layer of stable corrosion products,
confirmed by the formation of a second time constant between 10-10° Hz low frequency (phase
angle values in Fig. 2a). For ZE41, the impedance dropped by one order of magnitude after 3 days.
The sharpening of the time constant around 10 Hz between 2 and 7 weeks (phase angle values in
Fig. 2b) indicated the formation of a corrosion products layer, but less protective compared to that
of AZ31.



10°
10° 4,
Mo AZ31 (@[ g mww%ﬁ ZE41 (b) o
2090090
ooggg
83 - ; N
_.;“a --60
AR ;
o 129€ |
£ \ \
5] * \
= 2 --40 o
~ * I}
N / 2, \ 3
/1 2h & \ b
'Y % 1d @ X --20
9 3d Qg N
A w 2
SR 4w 33231—0
4 7w
10 T T T T T T 10’ . : - - T T
2 1 0 1 2 3 4 5
10 10 10 10 10 10 10 10 10 10" 10°  10'  10°  10°  10°  10°
Frequency / Hz Frequency / Hz
10° -80
AZ31_S (© . \ ZE41_S (d)
= - 80 10° 4 2h
SN % 24h
2 1d N @ 3d -60
\ 9 ?:, F-60 g 7 \ w
R is 757 \ 4w
\ 4w o 1048 Ao BAANI N\ —\ 2
7w § 0000999205 1 \ 40 .
£ 409 o P6 Ok \ 3
2k - e / 0° L,
i = / @ e
» - 1074 i --20
~ b+ 4 N
10°+ & F-20 235 N
~ & S et
o S > y °°
o { o A 0
) M Lo 2 | -]
10240 [\ vx_,f'}!",x'r;‘xggg; 10 /) 38&3383
. : . ; ; . T T . ;
10° 10" 10° 10' 10° 10° 10* 10° 10 10" 10° 10’ 10° 10° 10°* 10°
Frequency / Hz Frequency / Hz
10°
AZ31_SC © 1 80 10°4 ZE41_SC Wk
8
10" 2h
2h i
- N\ % 1d 10 4 * 1d
10"+ 7 # 7 ° 3d 60 , 9 3d )
£10° / ) aw ~ W
5 N £10°4 w :
g A\ LU 7 - ) (40
R10° 5t fr g g/ 2 51051 o
9000055 N\ s N 7 ¢ s
10° PR AoB & [ A‘ﬁﬁﬁﬁﬁﬁﬁ'}ﬁ/é N\ [-20
y t%‘ R J 20 10 ,ga“u?,.,gggﬁﬁ ¥
Ok -1 e
10°4 | 9 ‘ 10°4 / °90833
s 295 0 d 330‘. -0
.4 i bl & A
10 290045 5ua4 10 {3 ALITTTTTS
. T T T T T T T T T o] T N
10? 10" 10° 10' 10° 10° 10°* 10° 10? 10" 10° 10’ 10° 10° 10°* 10°
Frequency / Hz Frequency / Hz

Fig. 2. Bode plots of the different surface conditions for both alloys immersed in DMEM at 37°C for 7 weeks. Symbols

are impedance values (|Z|) and lines are phase angle values (¢).

The initial increase of the low frequency (<10 Hz) impedance values of AZ31_Sand ZE41 S
(Fig. 2c-d) compared to the pre-treated samples, confirmed that the sol-gel coating provided a
protective barrier effect. Unlike AZ31, AZ31_S low frequency impedance decreased gradually
over 1 week. The evolution of the time constant at higher frequencies (particularly the phase angle
at frequencies above 10° Hz) indicated the deterioration of the coating barrier properties (Fig. 2c).

The sol-gel coating underwent faster deterioration on ZE41_S during the first 3 days (Fig. 2d).



However, after 1 week, an increase of the impedance together with the formation of an additional
time constant at middle-low frequencies (1-10 Hz) evidenced the onset and growth of a layer of
corrosion products at the coating/substrate interface. The differences between AZ31 S and
ZEA41 S showed that the coating protection ability depended upon the alloy.

The Bode plots in Fig. 2e and Fig. 2f showed that the collagen layer was highly beneficial
to the long-term stability of the alloys, with low frequency impedance reaching values of more
than three (AZ31_SC) to four (ZE41_SC) orders of magnitude higher compared to pre-treated and
sol-gel coated materials after 7 weeks of immersion. At early immersion, the presence of collagen
did not reveal detrimental effects on the sol-gel coating barrier properties. Instead, it seemed to

slow down the coating deterioration.

3.2.2. Composition and morphology of corroded surfaces

After EIS experiments all corroded surfaces were characterized by SEM and its elemental
composition was assessed by the EDX technique. Fig. 3 depicts the morphology of the corroded
substrates after 7 weeks in DMEM at 37 £ 1°C. In terms of morphology and composition, a wide
variety of corrosion products was observed, even when comparing between two different surface
conditions for the same alloy. In most cases, the corrosion products seemed to be composed of
Mg(OH)., MgCOs, and CaCOz. Since EDX is a technique for elemental analysis, certainly it is
necessary to perform further characterization using additional techniques that allow determining
the precise composition of the deposits. Thus, we stress that the here reported results in terms of
corrosion products suggest —but not determine— their composition in a qualitative order.

Additional X-ray diffraction measurements (not shown) of the corroded samples evidenced
diffraction peaks only from the substrates, suggesting that the corrosion layers were predominantly
amorphous. In a previous work [25] we discussed about poorly crystalline corrosion layers formed
on pre-treated and sol-gel coated AZ31 and ZE41 alloys after 7 weeks of immersion in SBF. Broad
diffraction peaks as well as broad Raman peaks of decreased intensity suggested poor crystallinity
of these layers [25]. Some studies [36, 37] have discussed about the reaction of former Mg(OH):
with CI~ to produce highly soluble MgCl. which at advanced immersion periods (>1 week) may

result in a poorly crystalline corrosion layer.
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Fig. 3. Morphology of corroded substrates after EIS experiments in DMEM for 7 weeks at 37 + 1°C. Left column
shows all surface conditions for AZ31 (a,c,e) and middle column all surface conditions for ZE41 (b,d,f). Right column

shows EDX results of indicated points. The inset in (d) shows the aggregates found on the corrosion layer of ZE41_S.
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Fig. 4. SEM images of the corrosion products layer of (a) AZ31_SC and (b) ZE41_SC after 1 week of EIS experiments

in DMEM at 31 + 1°C. The inset in (a) shows the cross-section of a sphero-aggregate (scale bar: 2.5 um).
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Fig. 5. Raman spectra of the corrosion layer of ZE41 SC after 1week of EIS experiments in DMEM compared to
RUFF™ [27] pattern of hydroxyapatite.

For a better understanding of the corrosion evolution, additional characterization of the
corrosion products was made after week 1% of immersion in DMEM. Fig. 4 shows the morphology
of the corrosion products of the SC bi-layered alloys. Spherical aggregates rich in Ca and P grew
over a dense Mg(OH) layer. Raman analysis of the corrosion layer on ZE41_SC after 1 week
(Fig. 5) confirmed the presence of phosphate groups. The characteristic PO;~ band (vi) of
hydroxyapatite (HAP, RUFF™ pattern [27]) appeared about 950 cm™. This peak represents the
symmetric stretching mode of the P-O bond. However, variations of the band around 950 cm™
such as broadening, are normally associated to poorly crystalline samples since this peak
represents the grade of crystallinity of the material [38, 39]. In the present case, EDX results (not
shown) revealed that the spheroaggregates in Fig. 4 have Mg and Zn content. Non stoichiometric
CaPs can be obtained in the presence of foreign ions [38] such as carbonates, chlorides and oxides,
among others. CaPs that exhibit different ions substitutions and vacancies can alter the regularity
of the lattice and cause variations in the Raman spectra, as observed in Fig. 5, suggesting the
presence of a modified HAP.

It is important to remark that such CaP aggregates (Fig. 4) were found on all the coated

conditions except for pre-treated alloys.

3.2.3. Numerical fitting of corrosion data

To further elucidate the corrosion mechanisms of the bi-layered alloys, numerical fitting
of the corrosion data was performed. The equivalent circuits used to fit the results are depicted in

12



Fig. 6a. Constant phase elements (CPE) accounting for the non-homogeneous behavior of the
working electrode were used instead of pure capacitors. Three time constants were included in the
equivalent circuits in Fig. 6a: (i) one at high frequencies describing the barrier properties of the
bi-layered coating, (ii) a second one in the middle frequency range describing the properties of an
interfacial layer that may include the insoluble corrosion products, (iii) and a third one assigned to
the corrosion activity. The y2 of the regression was around 107, The data extracted from numerical
fitting are plotted in Fig. 6b-e. In Fig. 6b and Fig. 6d, Rsc and R account for the resistance of
the electrolyte inside the bi-layered coating pores (SC: sol-gel+collagen) and for the resistance of
the corrosion layer (IL: interfacial layer), respectively. Likewise, CPEsc and CPE,. (Fig. 6¢ and
Fig. 6e) account for the capacitive response of the sol-gel+collagen coating and of the corrosion
layer, respectively.

During the first 24h of immersion, Rsc of both bi-layered alloys first increased but
gradually decreased afterwards, while their CPEsc increased, indicating deterioration of the
coating barrier properties. The CPEsc evolution suggested that at early immersion deterioration
was faster on ZE41_SC compared to AZ31 SC. Between 1% and 3 week, Rsc of AZ31 SC
increased from ~102 Q-cm? to ~10°% Q-cm?. This increase could be due to the blockage of the
coating pores by insoluble corrosion products. Over longer periods, Rsc of AZ31 SC became
stable, showing that the barrier properties of the coating either did not deteriorate or, instead
deteriorated much slower. The latter could be confirmed by the steady CPEsc response of
AZ31 SC (Fig. 6¢) after 2 weeks. A similar behaviour was observed on the long term (i.e. after 4
weeks) for ZE41 SC (Fig. 6d,e). However, when compared to AZ31 SC, both Rsc and CPEsc
showed a sharp decrease and increase, respectively, between 2" and 3™ week.

RiL and CPEL in Fig. 6b-c showed that the corrosion layer of AZ31_SC provided more
effective corrosion protection to the substrate, as confirmed by the increase of Ry over immersion.
From 2h to 3 weeks it seemed that the AZ31 SC corrosion layer underwent thickening and
probably densification, as suggested by the CPE,_ decrease and Ry_ increase, respectively. The
same was observed for the corrosion layer of ZE41 SC until 2 weeks, thereafter wider fluctuations
of RiL and CPE,. were observed between the 2" and 4" week (Fig. 6d-¢). Since the ILs of both bi-
layered alloys presented identical composition (see Fig.3) thus those stability differences could be

related to incorporation of alloying elements into the corrosion products.
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Fig. 6. (a) Equivalent circuits used to fit EIS data of AZ31_SC and ZE41_SC and values extracted from the fitting.
(b),(d) show evolution of resistance and (c),(e) CPE parameter Q for AZ31_SC and ZE41_SC, respectively.

The evolution of R¢t and CPEq of both alloys showed that at early immersion the corrosion
resistance of AZ31 SC was governed by the response of the substrate, whereas at advanced
immersion stages the corrosion response was determined by the stability of the corrosion layer
(Fig. 6b-c). The higher corrosion resistance of AZ31 compared to the ZE41 could delay coating

delamination, owing to the slower rate of formation of the corrosion layer. On the other hand, Rct
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and CPEq evolution in Fig. 6d-e showed that the corrosion response of ZE41_SC was mainly
controlled by the barrier properties of the corrosion products layer. Faster deterioration of the
coating barrier properties under this condition along with its higher reactivity, promoted the

formation of the corrosion layer at earlier stages.

3.3. Cell responses to the surface conditions

3.3.1 Cell viability on uncoated alloys

The fate of fibroblasts and osteoblasts seeded on the pre-treated alloys was first evaluated.
After one day, fibroblasts adhere on the surface of the pre-treated alloys in a similar extent
compared to those on the control culture plate, as indicated by a comparable cell activity in Fig.
7a. After 3 days, the population of viable fibroblasts decreased on AZ31, while it increased on
ZEA41 and on the control. Osteoblasts viability on the uncoated alloys after one day indicated
similar adhesion on both pre-treated materials (Fig. 7b). However, the detrimental effect of AZ31
on osteoblast adhesion and proliferation was evidenced after 3 days, whereas no adverse effect of

ZEA41 on osteoblasts could be observed over 7 days.
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Fig. 7. Cell viability of (a) fibroblasts and (b) osteoblasts seeded on the different surfaces, as obtained by the Alamar
Blue test. pre-t: 12% HF pre-treated, sol-gel: silane-TiO,, SC: sol-gel+collagen. Values are given as the arithmetic

mean * standard deviation based on three replicates.

As observed from indirect contact assays in Fig. 8, supernatants from AZ31 seemed toxic
for fibroblasts after 1 day and for osteoblasts after 3 days, hindering cells proliferation, whereas
supernatants from ZE41 only had minor effects on cell viability. These results were in good

agreement with our observations of cells in direct contact with the pre-treated alloys.
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3.3.2 Cell viability on sol-gel coatings and bi-layered alloys

The effect of the different coatings on cell adhesion and proliferation was also studied. In
the case of fibroblasts, when compared to the pre-treated substrates, the sol-gel coating showed
little impact on the cellular adhesion (day 1) (Fig. 7a). However, the addition of collagen top layer
dramatically promoted fibroblasts adhesion on ZE41 SC (by ca. 50% compared to ZE41_S) but
did not have a significant effect for AZ31_SC. Fibroblasts proliferation (day 3) was not evidenced
on the AZ31 alloy, regardless the surface condition (Fig. 7a). In parallel, fibroblast proliferation
was observed on ZE41 SC but not on ZE41 S. Worthy of notice is that when cell viability tests
were performed on glass slides coated with the silane-TiO> and the bi-layered systems (Fig. 9),
similar trends were obtained at day 1, suggesting that the composition of the alloy had no
significant impact on cell response on the short term, while the response at day 3 was different for
ZE41 compared to glass, indicating that the reactivity of the alloy must be taken into account on a

longer term.

16



Fibroblasts (a) Osteoblasts (b)
= [ control e
control [ lglass I

5 80 [ Jglass 5 80 - I glass_S
M etc s se

60 60

= 404 = 404

Cell viability/proliferation (a.u.)
1
Cell viability/proliferation (a.u.)

20 204

0 T 0 .
1 day 3 days 1 day ' 3 days ' 7 days

Fig. 9. Cell viability of (a) fibroblasts and (b) osteoblasts seeded on glass coated with the silane-TiO; and the bi-
layered coating. S: silane-TiO2, SC: sol-gel+collagen. Values are provided as mean values and error bars as standard

deviations based on triplicates.

Osteoblasts were more sensitive to the substrate composition (Fig. 7b). The sol-gel coating
on ZE41 S led to a sharp decrease of cell adhesion compared to the pre-treated alloy. The addition
of collagen allowed the partial recovery of cell adhesion onto ZE41 SC and favoured osteoblasts
proliferation over 7 days. In parallel, the sol-gel coating on AZ31_S had also a detrimental impact
on osteoblast adhesion compared to the pre-treated alloy and had a dramatic negative effect on cell
viability over 7 days. The latter effect was largely attenuated by the presence of collagen. Cell
viability tests on coated glass slides confirmed that the sol-gel coating was detrimental to
osteoblast proliferation on the long-term but, in this case, the benefits of an additional collagen
layer was not evidenced (Fig. 9b). Altogether the results suggested that the effect of collagen was,
at least for some part, related to its influence on the corrosion process and/or interaction with the

corrosion products.

3.4. Cellular morphology on the different surfaces

The morphology of viable cells was evaluated after 1 day by fluorescence microscopy using
a live/dead kit and after 3 and 7 days by SEM for fibroblasts and osteoblasts, respectively. When
cultured on AZ31 for 1 day, fibroblasts exhibited a spindle-like shape, characteristic of a good
adherence on the surface (inset Fig. 10a). In contrast, on ZE41, these cells exhibited a contracted-
rounded shape and red-fluorescing (i.e. dead) cells could even be observed, indicating a weak

adhesion (inset Fig. 10b). After 3 days, fibroblasts were slightly spread on pre-treated AZ31 and
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showed finger-like protrusions known as lamellipodia (Fig. 10a) whereas, on ZE41, they were

fully spread (Fig. 10b). This morphology was similar to that observed on plastic dishes, indicating
good adhesion to the material surface.

HF pre-treated

Sol-gel

SC

Fig. 10. Fibroblasts morphologies cultured on AZ31 (left hand column) and ZE41 (right hand column) with different
surface modifications after 3 days of incubation (scale bar 10 pum, (f) 100 um). The insets are fluorescence microscopy
images of the cells using live/dead staining after 1 day (scale bar 100 pm). (a) AZ31, (b) ZE41, (c) AZ31_S, (d)
ZE41 S, (e) AZ31_SC, (f) ZE41_SC.

The sol-gel coating drastically impacted the fibroblast morphology on AZ31 S and
ZEA41 S. After 3 days, cells had a rounded shape, typical of a weak attachment on the material
surface (Fig. 10c-d). It is important to note that the same coating on glass slides allowed high
fibroblast spreading (not shown). When the collagen layer was added, fibroblast morphology
indicated that they recovered suitable adhesion and exhibited membrane protrusions forming
clusters, indicative of good cell-to-cell contacts from day 1 (insets Fig. 10e-f) to day 3 (Fig. 10e-
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). Importantly when AZ31 SC and ZE41 SC substrates were soaked in DMEM, a fibrillar
collagen network (Fig. 10e and Fig. 11) was formed.

Fig. 11. SEM image of fibrillar collagen on ZE41_SC after immersion in DMEM for 7 days at 37°C (95% air with
5% COy).

Osteoblasts morphology after 1 day was similar to that of fibroblasts on ZE41 and AZ31
alloys (insets Fig. 12a-b). The morphologies changed after 7 days with the presence of rounded
cells on AZ31 (Fig. 12a) and spread cells on ZE41 (Fig. 12b). Similarly to fibroblasts, osteoblasts
adopted rounded shape on AZ31_S and ZE41_S, confirming the detrimental effect of the sol-gel
coating on cell adhesion (Fig. 12c-d). However, as for fibroblasts, sol-gel coated glass slides
allowed stronger adhesion and spreading of osteoblast cells (not shown). Osteoblasts seeded on
AZ31 SC and ZE41 SC exhibited spread morphology and were found gathered in bundles,
probably due to local proliferation, especially for the latter (Fig. 12e,f). The results confirmed the
following assumptions: (i) the sol-gel coating was overall detrimental to cell adhesion compared
to pre-treated alloy surfaces; (ii) the collagen coating allowed enhanced surface colonization; (iii)
these effects depended upon the nature of the alloy, especially at intermediate times (around 3
days).
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AZ31 ZEA1

HF pre-treated

Fig. 12. Osteoblasts morphologies cultured on AZ31 (left hand column) and ZE41 (right hand column) with different
surface modifications after 7 days of incubation (scale bar 10 um, (d) 5 um). The insets are fluorescence microscopy
images of the cells using live/dead staining after 1 day (scale bar 100 pm). (a) AZ31, (b) ZE41, (c) AZ31_S, (d)
ZEA41 S, (e) AZ31_SC, (f) ZE41_SC.

4. Discussion

4.1 Corrosion behaviour
In this work, the corrosion experiments were performed in DMEM at 37°C as it

corresponds to the conditions used to study adhesion and proliferation of fibroblasts and osteoblast
cells. In these conditions, EDX examination after 7 weeks of testing suggested that Mg(OH)2 and
MgCOz were the major components of the corrosion layers, together with CaCOz (Fig. 3).
However, calcium phosphate phases, particularly modified HAP, could be detected after 1 week
of testing only when the silane-TiO> coating was present (Fig. 4). The fact that these aggregates
were evidenced only in the presence of the silane-TiO> coating (see Fig. 3c-f) is in agreement with

20



studies that previously demonstrated the ability of sol-gel derived silica and titania coatings to
induce apatite nucleation [30].

Results showed that corrosion of AZ31 occurred rapidly leading to formation of a stable
protective corrosion layer after 1 day (Fig. 2a). Interestingly, in SBF the formation of the stable
layer for the pre-treated alloy was much slower than in DMEM and minimal protective effect of
the sol-gel coating was reached after 4 weeks [25]. In parallel, ZE41 was slowly corroded in
DMEM over 1 week before a stable protective layer was reached (Fig. 2b). With the sol-gel
coating, the initial degradation was more marked (Fig. 2f); however, the stabilized layer of
corrosion products provided effective protection against further corrosion in the long-term (Fig.
2f, >2 weeks). A similar trend was observed for ZE41 in SBF in a previous study [25] but wide
variations in the impedance response with time were observed for sol-gel coated condition,
suggesting more complex interplay between the corrosion products and the silane-TiO> coating.
This behavior points out that the efficiency of the sol-gel coating as a protective barrier against
corrosion was, on the short term, strongly related to the kinetics of corrosion of the magnesium
alloys and, on the long-term, to the nature of the corrosion products.

Several studies have shown that HAP coatings enhance corrosion resistance of Mg alloys
[40-42]. For instance, Surmeneva et al. demonstrated improved corrosion resistance of HAP-
coated AZ31 alloy in 3.5 wt.% NaCl solution at 37°C by polarization tests. Thin nanostructured
HAP coatings of different thicknesses deposited on AZ31 by frequency magnetron sputtering
technique resulted in more positive corrosion potential and reduced corrosion current density
values when compared to the bare substrate [40, 41]. It is worth to notice that in the present study
we managed to build a coating that provides suitable conditions for in situ deposition of modified
HAP sphero-aggregates. Since the modified HAP layer gradually forms along with the degradation
of the alloy, it might significantly improve osseointegration due to the material surface ability to
bind to the healing bone [43].

Corrosion kinetics can be explained as follows. As immersion time elapses, the electrolyte
solution gradually permeated the coating reaching the underlying metal. At the metallic surface,
Mg cations formed at the anodic sites, while OH™ ions were released from the cathodic sites
according to anodic and cathodic reactions (Eq. 1 to 3),

Cathodic reactions  2H20 + 2 — 20H + H2 1 (Eq. 1)
O2 + 2H20 + 4e” — 40H" (Eq. 2)
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Anodic reaction Mg — Mg?* + 2 (Eq. 3)

which ultimately result in Mg(OH)2 precipitation. In parallel, due to the low solubility of calcium
phosphates, and especially modified HAP, compared to carbonates, these phases precipitated
firstly. In a second stage, since DMEM contains a high amount of NaHCOs, conversion of
Mg(OH). and CaP into their carbonated form could occur. Some studies have demonstrated that
glucose, which is present in DMEM, promoted formation of spherical-shaped CaP precipitates on
the surface of pure Mg immersed in Hank’s solution [29]. In the same way, it has been reported
that carbonate ions in sodium chloride solution initially promoted dissolution of an AZ31 Mg alloy
and then induced rapid surface passivation due to precipitation of magnesium carbonate phases
[31].

From the resistance and the capacitive response of sol-gel coating, it was possible to
suggest that initial coating swelling due to electrolyte uptake led to chemical and physical
degradation of the sol-gel layer, decreasing its protective character. Further on, Rsc of AZ31 _SC
increased (Fig. 6b) suggesting that precipitation/accumulation of corrosion products sealed the
pores of the coating. As immersion elapsed, these pathways reactivated due to nucleation and
growth of new defects in the coating and the corrosion processes could proceed. R (Fig. 6b) and
CPE (Fig. 6¢) confirmed that the corrosion layer of AZ31_SC provided a more effective
corrosion protection to the substrate over immersion, probably due to its thickening and
densification. A similar general trend was observed for ZE41_SC except for more significant
variations between 2 and 4 weeks (Fig. 6d-e). Accordingly, the evolution of R¢ (Fig. 6b) and
CPEq (Fig. 6¢) showed that at early immersion, the corrosion response of AZ31_SC was governed
by the corrosion resistance of the alloy; whereas, at advanced stages, the corrosion response was
determined by the stability of the corrosion layer. In contrast, the response of ZE41_SC was mainly
controlled by the barrier properties of the layer of corrosion products at all times, in agreement
with the faster deterioration of the bi-layered coating on ZE41 SC (Rsc and CPEsc in Fig. 6d-e)
compared to AZ31 SC that promoted formation of the corrosion layer at early stages. Differences
in the stability of the corrosion layers of AZ31_SC and ZE41 SC could be due to differences in
substrates bulk composition. For instance, Al could provide a stabilizing effect on the hydroxides
formed on Mg alloys in chloride environments [8, 28].

Impedance results indicated that the most remarkable effect of the collagen layer was

observed in the long-term (i.e. after 4 weeks, Fig. 2e-f), whereas it has no clear effect at the
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beginning of the immersion compared to the sol-gel coating. In a previous study [28] we
demonstrated that at early immersion the outermost collagen layer does not have a detrimental
effect on the silane-TiO> barrier properties. Localized electrochemical impedance spectroscopy
(LEIS) maps in 25% SBF of a special sample setup, half silane-TiO coated and half bi-layered
with collagen, showed that there were no evident differences in corrosion activity between both
sides during first 24h [28]. In addition, impedance results of SC coated alloys in both SBF [28]
and in DMEM showed that in the long term (>2 weeks) corrosion performance is mainly governed
by stability of the corrosion products (Fig. 2 and Fig. 3).

4.2. Cellular behaviour

Understanding the behaviour of fibroblasts and osteoblasts in contact with the different
materials requires determining the various contributions from the chemistry of the alloys, the
properties of the coatings, and their respective evolution upon corrosion.

The corrosion of AZ31 seemed to have a negative effect on the adhesion of fibroblasts and
osteoblasts (Fig. 7). On the short term, cells succeeded to adhere and spread on the pre-treated
alloy (insets in Fig. 10a and Fig. 12a). After 1 week when a stable layer of corrosion products was
formed, the adhesion became weaker irrespective of the cell type. This detrimental effect seemed
stronger for osteoblasts as these cells appeared rounded (Fig. 12a). The weak adherence could be
due to the modification of the alloy topography or to the nature of the soluble products released
during the corrosion process (Al ions for instance). Indeed, indirect contact measurements showed
that the supernatants of corroded AZ31 were cytotoxic. Previous investigations of osteoblasts
(MC3T3-E1) and fibroblasts (L929) responses to HF-treated AZ31 showed no significant changes
in cell viability but an oxidative stress effect was reported and attributed to detrimental interactions
between cell membrane and the alloy surface [32]. This could explain the spindle (Fig. 10a) and
rounded (Fig. 12a) shapes of fibroblasts and osteoblasts (Fig. 12a) on pre-treated AZ31,
suggesting that cells preferred to minimize the membrane contact area with the alloy surface.

On the contrary, ZE41 corrosion seemed to have a positive effect on adhesion and
proliferation of both cell types. While the cells poorly adhere to the native alloy (insets in Fig. 10b
and Fig. 12b), osteoblasts and fibroblasts spread and proliferated on the corroded alloy (Fig. 10b
and Fig. 12b). Thus, it can be suggested that the corrosion layer, incorporating magnesium and

calcium compounds, can be more favorable that the native pre-treated alloy surface, especially for
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osteoblasts, explaining cell proliferation after 3 and 7 days compared to day 1 (Fig. 7). Moreover,
corrosion products generated by the ZE41 alloy have a positive effect on cell viability, as
previously mentioned.

Overall the silane-TiO> coating showed a detrimental effect on fibroblasts and osteoblasts
adhesion and proliferation on AZ31 S and ZE41 S (Fig. 7). It can be noticed that the time scale
of the biological tests, i.e. over 1 week, corresponded to the conditions where the alloy corrosion
was detrimental to the sol-gel coating stability. Indeed, control experiments performed on glass
slides (Fig. 9) demonstrated that the sol-gel coating was merely detrimental to cell activity on its
own. Then, after one week, the corrosion layers on the sol-gel coated alloys were not mature
enough to establish a new barrier effect. This impacted on the cell morphology, as all observed
cells appeared rounded (Fig. 10c-d and Fig. 12c-d), evidencing poor adhesion strength. The
material topography could hinder fibroblasts proliferation, while maintaining the number of
adherent cells. Unlike fibroblasts, the adhesion ability and proliferation of osteoblasts were
impacted by the silane-TiO> coating on both alloys. This negative effect was stronger on AZ31_S
as the cell population decreased from day 3 to day 7 while it increased on ZE41_S (Fig. 7). This
could be due to differences in topography or to the positive effect of the ZE41_S corrosion products
on the cells fate.

The addition of collagen largely improved fibroblasts and osteoblasts viability, particularly
on the ZE41_SC (Fig. 7). The improved fibroblast and osteoblast viability observed after collagen
deposition can be related to the observed beneficial effect of this top-layer on the stability and
protective effect of the sol-gel coating. Moreover upon contact with DMEM, the initial coating
underwent fibrillogenesis (Fig. 11) [33]. Collagen fibrils are the natural substrate for osteoblasts
and fibroblasts, which allows cell adhesion and survival. Hence, the collagen layer offers
topological and biochemical conditions favoring cell viability. Investigations of the effect of
fibrillar and non-fibrillar collagen coatings applied on Ti showed that fibrillar assembly of collagen
significantly improved the level of osteoblasts (MG63) attachment and proliferation [34]. This
work demonstrates that the collagen layer forms a fibrillar network trapping cells in an open 3D
mesh (Fig. 10e-f and Fig. 12e). This can contribute both to improve cell adhesion but also protect

them in some ways against adverse corrosion products [35].
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5. Conclusion

This study presents a novel simple route to efficiently control the corrosion degradation of
Mg alloys using a silane-TiO2/collagen hybrid coating that provides a biomimetic method for in
situ deposition of modified hydroxyapatite. There is a combined effect of the bi-layered coating
and the nature of the alloys on their final corrosion response and on the cellular response. The
silane-TiO2 provides effective corrosion protection to the alloys at early immersion in DMEM,
while a stabilized layer of corrosion products provides additional barrier effect at long immersion
periods. The collagen layer provides suitable conditions for cell attachment and proliferation.
Then, the higher corrosion resistance and improved cell response along with good potential for
bone formation show the high potential of this biofunctional coating to engineer Mg alloys as
biodegradable implants for bone reparation. In particular, it can be useful to tune the
biodegradation rate of Mg-based plates for bone fracture fixation and improve their binding to the
tissue under repair. The here-reported findings also contribute to elucidate the corrosion processes
of Mg alloys in cell culture conditions in both short and long-term, providing more reliable

preliminary in vitro assessment of their in vivo behaviour.
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Highlights

o A novel bi-layered multifunctional coating of easy implementation was developed.

o Silane-TiOz provides suitable conditions for in situ deposition of modified hydroxyapatite.
o Fibrillar collagen improved cell growth and proliferation on silane-TiO».

o Corrosion mechanisms in organic medium in the long term are elucidated.
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