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Magnesium and its alloys have been widely studied as materials for temporary implant devices. However,
corrosion-assisted cracking phenomena such as stress corrosion cracking (SCC) continue to prevent their
mainstream use. For the first time, we explore the SCC susceptibility of Atomic Layer Deposition (ALD) coated
AZ31 alloys in Simulated Body Fluid (SBF). Conformal 100 nm coatings of titania and zirconia were deposited on
standard dogbone specimens and subjected to slow strain rate tests at 3.5 10° s and a temperature of 37 °C.
Remarkably, the SCC susceptibility index Iyrs was reduced by 6% and 40% and the I, was reduced by more than
70% and 76% with a titania and zirconia coating, respectively. Potentiodynamic polarization, hydrogen evo-
lution and fracture behavior of the samples revealed the drastic corrosion reduction to be the main reason for the
susceptibility reduction. We discuss the observed SCC behavior of our samples in light of the coatings’ elec-
trochemical activities, wettabilities, surface integrities and mechanical properties. This straightforward
conformal surface treatment can be useful as a workaround for one of the major bottlenecks of biomedical Mg

based implants and hence provides a possible pathway for making them more commonplace in the field.

1. Introduction

The number of orthopedic surgeries is continuously increasing
(Ginebra et al., 2006; http://share.iofbonehealt). However, common
implant materials are affected by two main issues, i.e. 1) the
stress-shielding phenomenon as a consequence of the materials’ elastic
modulus difference to human bone (Bauer and Schils, 1999; Dujovne
et al., 1993; Engh and Bobyn, 1988; Kerner et al., 1999; Sumner and
Galante, 1992; Turner et al., 1997; Van Rietbergen et al., 1993; Wolff,
1986) and 2) the risk of long-term complications such as inflammations
and secondary surgeries (Pound, 2014a, 2014b; Jacobs et al., 1998,
2003; Beech et al., 2006). The mechanical compatibility to bone renders
Magnesium (Mg) and its alloys excellent implant material alternatives
(Singh Raman et al., 2015; Peron et al., 2017; Staiger et al., 2006; Hanzi
et al., 2009), especially in light of their high biocompatibility. Mg is in
fact highly abundant in the human body (Staiger et al., 2006), is
essential for the metabolism in many biological mechanisms, is a
cofactor for many enzymes (Hénzi et al., 2009), and Mg?* ions resulting
from the degradation process are reported to aid the healing process and
the growth of tissue (Peron et al., 2020a). However, their application as
load bearing implant material is still not clinically accepted (Peron et al.,
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2020b; Wang et al., 2020). High corrosion rates reduce their compatible
properties prematurely, before a respective device can accomplish its
defined mission (Song, 2007). Furthermore, alkalization and accumu-
lation of hydrogen pockets next to the implant can cause the necrosis of
tissues. It is a necessity to reduce the corrosion rate of load bearing Mg
implants to a level where hydrogen evolution and alkalization can be
balanced by metabolic mechanisms. However, this challenge cannot be
tackled by tailoring the chemical compatibility only. The implant must
also possess adequate resistance to cracking under the simultaneous
action of the corrosive environment and mechanical load. In this way,
corrosion-assisted cracking phenomena, such as stress corrosion
cracking (SCC), are already a challenge for non-degradable implant
materials in clinical applications (Teoh, 2000; Akahori et al., 2000;
Jafari et al., 2015; Antunes and de Oliveira, 2012) and are expected to be
of even bigger concern if the implant material is intended to degrade
(Jafarietal., 2017, 2018; Kannan and Raman, 2008). It is thus important
to develop Mg-based implants that confer a combination of strength and
corrosion resistance in physiologically relevant environments such as
Simulated Body Fluid (SBF).

Whereas corrosion mitigation of Mg materials is a common research
topic (Qi et al., 2014; Zhen et al., 2014; Hou et al., 2012), the literature
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on their resistance to SCC is yet scarce (Peron et al., 2020c). For
example, Mohajernia et al. (2018) reported that hydroxyapatite coatings
containing multi-walled carbon nanotubes reduce the corrosion current
density of AZ31 alloys in SBF at 37 °C by three orders of magnitude. The
elongation to failure (gf) of AZ31 increased by ~70% under slow strain
rate tests (SSRT). Chen et al. (2018) coated Mg-4Zn-0.6Zr-0.4Sr with a
composite coating consisting of a poly (lactic-co-glycolic acid) on a
micro-arc oxidated (MAO) layer on the substrate. They reported an in-
crease in the erin modified SBF by ~120% as compared to the bare alloy.
The application of coatings seems promising for SCC susceptibility
reduction. However, the reported coating technologies have limitations
in line of sight (Smith, 2007), conformality, process inherent density
(Lei, 2015) and biocompatibility (Sonia and Sharma, 2014) as well as
limited controllability of the thickness (Li, 2013).

Atomic Layer Deposition (ALD) does not have these limitations. It
yields thin films with high conformality, uniformity and a thickness
controllable on the atomic level (Cremers et al., 2019). Recently, it has
been explored for corrosion protection (Graniel et al., 2018; Chalker,
2016), where, for example, a 100 nm thick TiO, and ZrO-, layer reduced
the corrosion current density of a commercial AZ31 Mg alloy by two
orders of magnitude (Marin et al., 2012) and three orders of magnitude
(Liu et al., 2018), respectively. Interestingly, the corrosion protection of
ALD coated AZ31 samples was found to be much higher than that of
sputter coated AZ31 counterparts, especially when considering complex
3D substrates (Peron et al., 2020d).

To the best of our knowledge, the effect of ALD coatings on the SCC
susceptibility is yet underexplored. Promising preliminary results were
published by the authors (Peron et al., 2019a, 2019b), yet no thorough
investigation has been performed. Here, we explore the SCC suscepti-
bility of AZ31 alloy coated with a 100 nm thick ALD ZrO, and TiOy
layers, where ZrO, and TiOy were chosen as coating materials due to
their known biocompatibility (Kasuga et al., 2002; Wang et al., 2002;
Uchida et al., 1999; Harianawala, Kheur, Kheur, Sethi, Bal, Burhan-
purwala, Sayed; Rimondini, Cerroni, Carrassi, Torricelli). SSRTs at
strain rate 3.5 10 s were carried out while immersing the samples in
SBF at physiological temperature (37 °C) for the whole duration of the
tests. The corrosion behavior was investigated through potentiodynamic
polarization curves and hydrogen evolution experiments. The mecha-
nisms of SCC susceptibility reduction were further discussed through
fracture surfaces after SSRTs.

2. Materials and methods
2.1. Materials and environment

AZ31 Mg alloy was supplied in the form of commercially available
bars. The microstructure of the material in the as-received condition is
shown in Fig. 1 and consists of a quite homogeneous a matrix. The initial
grain size was measured by the linear intercept method resulting in sizes
of 13.2 + 8 pm.

The test medium was a simulated body fluid (SBF) prepared ac-
cording to Ref. (Kokubo and Takadama, 2006).

2.2. Atomic Layer Deposition

The deposition of the ALD coatings was performed in a commercial
ALD reactor (Savannah S200, Veeco Instruments Inc., Massachusetts,
USA) through successive cyclic reactions. 926 successive cycles of ZrO,
utilizing Tetrakis (dimethylamino) zirconium (TDMAZ) and deionized
water (H,0O) as reactants were carried out at 160 °C to obtain a total
thickness of 100 nm. Each cycle was composed of two parts. The first
part consisted of a 250-ms TDMAZ precursor pulse and a 10-s Hi-purity
Ny purge (semiconductor grade) with a flow rate of 20 sccm to remove
residual reactants and by-products from the chamber to separate the
chemical vapor deposition reactions. The second part comprised a 150-
ms HyO precursor pulse and a 15-ms High-purity Ny purge. In the
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Fig. 1. Microstructure of the AZ31 alloy in the as-received condition.

process of deposition, the TDMAZ precursor and delivery lines were
heated to 75 °C and 160 °C, respectively, while the HyO precursor was
kept at room temperature. During the deposition process, the ZrO, layer
deposition rate was of approximately 1.08 A/cycle. Concerning TiOs,
the metal organic precursor used was Tetrakis (dimethylamido) tita-
nium (IV) (TDMA-T1i) heated to 75 °C. Each cycle was composed of two
parts. The first part consisted of a 0.1 s TDMA-Ti precursor pulse and a 5
s High-purity N purge with a flow rate of 20 sccm. The second part
comprised a 0.015 s HO precursor pulse and a 5 s High-purity Ny purge.
The deposition rate was found to be 0.5 A/cycle.

2.3. Coating characterization

The film thickness was determined using spectroscopic ellipsometry
(J.A. Woollam M2000U, Lincoln, United States) at a fixed angle of
incidence of 65°. The measurements were conducted on thin films
deposited on p-doped <100> 500 pm thick, 2 inch Si wafer. A Si wafer
per each coating material was put inside the ALD reactor during the
deposition on the Mg substrates. The ellipsometer data were fitted using
a B-spline model with Si substrate, a native oxide layer and the ALD
layer of the required material.

X-ray photoelectron spectroscopy (XPS) measurements were con-
ducted to assess the chemical composition of the TiO5, and ZrO5 coating.
Kratos Analytical XPS Microprobe (Kratos Analytical Ltd, Manchester,
UK) which uses Al (Ka) radiation of 1486 eV in a vacuum environment of
5%10 Torr was used. CasaXPS software was used to analyze the XPS
data.

In addition, the surface integrity (amount and length of cracks) of
TiO,, and ZrO coated discs (geometrical details are reported in Section
2.4.) was analyzed using FEI Quanta 450 Scanning electron Microscope
(Thermo Fisher Scientific Inc., USA) with an acceleration voltage of 10
kV at a working distance of about 10 mm. Three samples for each
respective condition were assessed for reproducibility.

2.4. Potentiodynamic polarization curves

Discs with a diameter of 29 mm and a thickness of 2 mm were
manufactured using a lathe from the commercially available bars. The
samples were then grounded with 2000 grit silicon carbide papers and
cleaned with acetone and ethanol for 5 min in an ultrasonic bath. Fifteen
samples were then coated as described in Section 2.2. Potentiodynamic
polarization curves of bare and coated samples were carried out in
simulated body fluid (SBF) with a pH of 7.4 on a Gamry Reference 600+
potentiostat. As common practice in literature (Cai et al., 2019), the
electrochemical tests used a three-electrode equipment with the bare or
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coated samples as a working electrode, a Hg/Hg>SO4 electrode as a
reference electrode, and a platinum plate as counter electrode, respec-
tively. The area of the samples exposed to SBF was 1 cm? (excluding
roughness induced area deviations). The potentiodynamic polarization
tests were conducted at a stable open-circuit potential after a stabiliza-
tion period of 30 min. The scan rate of the potentiodynamic polarization
test was 0.5 mV/s.

2.5. Hydrogen evolution tests

Hydrogen evolution experiments were carried out according to ref
(Song et al., 2013). Cubic samples of 5 mm side lengths were obtained
from the as-received material, were grounded with 2000 grit silicon
carbide paper and cleaned with acetone and ethanol for 5 min in ul-
trasonic bath. Five samples were then coated as described in Section 2.2.
The immersion tests were carried out in SBF at 37 °C for 7 days indi-
vidually to monitor the hydrogen evolution. Hydrogen bubbles were
collected in a burette from each sample.

2.6. Slow strain rate tests (SSRT)

Cylindrical dog-bone-shaped samples, with dimensions reported in
Fig. 2, were tested according to a standard (ASTM International,
ASTM-E466-96). The samples were machined from the received bars
using a lathe.

The samples were then ground with 2000 grit silicon carbide papers
and cleaned with acetone and ethanol for 5 min in ultrasonic bath.
Fifteen samples were then coated as described in Section 2.2.

The SSRTs were carried out both on bare, TiO and ZrO, coated
samples, respectively at a strain rate of 3.5-10° s in SBF solution held
at physiologically relevant temperatures (37 & 1 °C). The strain rate was
chosen to render the Mg alloy susceptible to SCC (Bobby Kannan et al.,
2008). A schematic representation of the experimental set-up is shown
in Fig. 3. The sample was immersed for the whole duration of the test
and the SBF was constantly changed with a pumping system. The SBF
container was immersed in a water bath, where temperature was
controlled. While carrying out the SSRTs, the area of the specimen
exposed to SBF was restricted to its gauge length by using Teflon tapes
wrapped around the rest of the specimen maintaining a constant area of
exposure to the corrosive solution as well as avoiding the possibility of
galvanic effects with other components of the testing set-up.

In order to quantify the AZ31 SCC sensitivity, the susceptibility
indices Iyrs and Ig were calculated according to Eq. (1) and Eq. (2)
(Choudhary et al., 2014):

UTSur — UTSspr

Typs = i — 220581 1
urs UTS. (€]

L= Eair — ESBF )

Eair

where UTS is the Ultimate Tensile Strength and ¢ the elongation at
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Fig. 2. Geometry and dimensions of the samples for SSRTs.
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Fig. 3. Schematic representation of the SSRT set-up.

failure both evaluated during tests conducted in SBF and air. When the
value of the susceptibility index approaches zero, the material is
considered to be highly resistant to SCC, namely the greater the index
the greater the susceptibility to SCC.

2.7. Fractography

The specimen fracture surfaces after SSRTs were cleaned by im-
mersion for 1 min in a solution prepared using 50 g chromium trioxide
(Cr0Os3), 2.5 gsilver nitrate (AgNO3) and 5 g barium nitrate (Ba(NO3)5) in
250 ml distilled water, as suggested by (Thirumalaikumarasamy et al.,
2014). The specimens were then washed with distilled water and finally
ultrasonically cleaned in acetone for 10 min. The fracture surfaces were
observed by means of a FEI™ QUANTA 450 SEM (Thermo Fisher Sci-
entific Inc., USA).

3. Results
3.1. Coating characterization

3.1.1. Ellipsometer and XPS analyses

Spectroscopic ellipsometry at a fixed angle of incidence of 65° was
conducted to determine the thickness of the deposited coatings. The
measurements were carried out on Si wafers coated in the same depo-
sition process of the Mg substrates, and the results reported the TiO, and
ZrO, coatings to be 100.98 and 100.97 nm thick, respectively.

XPS was instead conducted to determine the chemical composition of
the ALD deposited TiOy and ZrO,. The measurements were carried out
on thin films deposited on p-doped <100> 500 pm thick, 2 inch Si
wafers, in order to have minimum effect of the underlying substrate. To
start with, etching was conducted on the surface to remove the effect of
environmental contamination and surface oxidation. Surface was etched
for 180 s with an energy of 2 KeV. On TiO; substrates, regional scans for
Ti 2p, O 1s and C 1s were carried out at high resolution. Negligible
amounts of C were observed in the regional scan indicating an ideal
deposition without any process contamination. Fig. 4 (a) and (b) are
regional scan of Ti 2p and O 1s, respectively. For Ti, peaks corresponding
to the core level binding energies, 459 eV and 464 eV of Ti 2p3,» and Ti
2p; 2 are observed, which is due to Ti** oxidation state in TiOy (Nezar
et al., 2017). The shoulder at lower energy around 456 eV is due to the
presence of Ti>* caused by the argon etching step (Kim et al., 1999). The
O peak at 531 eV is related to O atoms in TiO3 phase (Yu et al., 2000),
while the small shoulder at higher energy is due to O in OH groups
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Fig. 4. XPS spectra for ALD deposited TiO; (a) Ti 2p (b) O 1s.

present in the form impurities. Stoichiometric TiO thin films should
have Ti and O in 1:2 ratio i.e. 66.7% oxygen and 33.3% titanium, but in
our case, we have found the composition to be around 60% for oxygen
and 40% titanium, thus indicating an oxygen deficient deposition.

Regional scans of Zr 3d, O 1s and C 1s were also carried out for ZrO,
coated samples at high resolution. No peak was observed in the high-
resolution scan for elemental carbon indicating a carbon free ALD
deposition. The high-resolution spectra (Fig. 5a) of Zr 3d shows two
peaks at binding energy 182 eV and 184 eV, which correspond to Zr 3ds,
2 and Zr 3ds/p, respectively. The scan conducted for O 1s (Fig. 5b)
showed a peak at 530 eV which belongs to ZrO, and the shoulder on the
higher energy side is due to the oxidation of metal in air forming ZrO.
The quantification calculation using CASA XPS software showed a
composition as 40% Zr and 60% O. This indicates an oxygen deficient
ZrOy thin film.

3.1.2. Surface integrity

The presence of cracks on TiO3 and ZrO, coated samples have been
assessed by means of SEM analyses and the representative images have
been reported in Fig. 6. In addition, the average length and numerosity
are reported in Table 1.

It can be noted that the number of cracks (crack density in Table 1)
and the length of the cracks increased moving from ZrO, to TiO, coated
samples.

3.2. Potentiodynamic polarization curves

The potentiodynamic polarization curves of the TiOy and ZrO,
coated and bare samples are shown in Fig. 7 and the results of the
corrosion potentials (Ecor) and of the corrosion current densities (icorr)
are shown in Table 2. Compared to the uncoated alloy, the corrosion

current densities of the coated samples display declining trends (Fig. 7
and Table 2). In particular, the ZrO, coating is shown to provide a higher
reduction of the corrosion current density compared to the TiO2 coating.
Since a lower corrosion current density corresponds to a smaller
corrosion rate, this suggests that the application of coatings protects Mg
alloys from corrosion, which is consistent with previous reports (Liu
et al., 2011, 2018; Yang et al., 2017). In particular, the increased pro-
tectiveness after the application of coatings is reported to be linked to
their barrier properties (Huang et al., 2019).

3.3. Hydrogen evolution tests

The hydrogen evolution curves of bare and coated samples are re-
ported in Fig. 8, and the results further suggest that the application of
coatings can prevent the degradation of AZ31 alloy. In particular, the
100 nm thick ZrO, coating provides a better protection than the TiO»
coating. The hydrogen evolved from the bare sample is in fact reduced
by 93% with a ZrO, coating and by 52% with a TiO, coating,
respectively.

3.4. Slow strain rate tests (SSRT)

The engineering stress-strain curves for the bare, TiOy coated and
ZrO, coated AZ31 samples tested in air and in SBF are reported in Fig. 9
a, b and c respectively. In addition, Table 3 compares the UTS and
elongation at failure values obtained from the curves in Fig. 9.

The surface characteristics did not influence the AZ31 mechanical
properties when tested in air. Both the bare and the coated samples are
characterized by an excellent and comparable combination of strength
and ductility. On the other hand, the coated samples were characterized
by a considerably higher elongation to failure than the bare counterparts

(a)
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Zr 3d

Counts (a.u.)

(b)

Counts (a.u.)
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— -Fit

0O 1s

180 185

Binding Energy (eV)

190

530 535
Binding energy (eV)
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Fig. 5. XPS spectra for ALD deposited ZrO, (a) Zr 3d (b) O 1s.
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Fig. 6. SEM images of representative cracks formed on TiO, coated (a and b) and ZrO, coated discs (c and d).

Tablel
Average crack length and density (meant as number of cracks per square cen-
timetre) of the cracks detected for the different conditions.

TiO, ZrOz
Crack length (pm) 4.54 + 3.05 3.14 £ 2.41
Density (n° cracks/cm?) 0.87 + 0.37 0.61 + 0.28

when tested in SBF, indicating a lower tendency to suffer from embrit-
tlement in SBF. In particular, the elongation to failure of the bare sam-
ples tested in SBF was increased by 126% with the application of the
TiO coating and by 223% with the ZrO, coating.

To quantify the SCC susceptibility of the bare and coated samples,
the Iyrs and Ig indices were evaluated and are reported in Fig. 10.

The application of 100 nm thick ZrO, coating is shown to be more
effective in reducing the SCC susceptibility than the TiO, counterpart. In
fact, the I is reduced from 75.1 to 43.2 and to 18.3 applying the TiOy
and ZrO; coating, respectively, while the Iyrg is reduced from 8.97 to
8.42 and 2.68 applying the TiO, and ZrO, coating, respectively. It is
interesting to note that the impact on UTS is very low when applying the
TiO5 coating, whereas the impact on elongation is significant.

41,2
1,4 ]
-1,6 1
1,8 4

-2,0
22,2 4

22,4 ]

Potential (V vs Hg/Hg,SO,)

22,8

3,0 T T T T T T n
1,07 1,066 1,065 1,064 1,063 1,062  10E1  1,0E+0
Current density (A/cm?)

Fig. 7. Potentiodynamic polarization curves of bare (blue), TiO; coated (red)
and ZrO; coated (green) AZ31 alloy in SBF.



M. Peron et al.

Table 2
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3.5. Fractography

The results of corrosion potentials (Eco) and corrosion current densities (icorr)
for bare and coated AZ31 samples in SBF.

Fracture surfaces of the bare samples tested in air and in SBF are

Bare TiO, coating 710, coating reported in Fig. 11a and 11b and Fig. 11c and 11d, respectively. The
Eeorr (V) 2,00 £ 0.02 —1.90 £ 0.01 2024 001 ox{erall view of the fractt.lre .surf.ace confirms the ductile natgre of the
fcore (A/cm?) 3.010% + 0.4 2.510° + 0.6 1.210° + 0.3 failure in the case of testing in air. Here, the fracture surface is charac-
terized by a significant number of dimples (Fig. 11a and 11b), while the
sample tested in SBF shows mixed mode fracture features, namely
. ductile and brittle fracture characteristics. In addition, the surface
160 bare
£ 14,0 { ——Ti02 Table 3
S 12,0 4 ) Mechanical properties of bare and coated samples from Fig. 9.
2 —
% 10,0 A Surface In Air In SBF
o
;, 8,0 1 UTS Elongation at UTS Elongation at
D 650 4 (MPa) failure (%) (MPa) failure (%)
-::g“ 40 - Bare 256.3 + 24.5 £ 0.7 233.3 + 6.1+0.3
8.7 1.9
201 TiO, 2527+ 243406 2314+ 138404
0,0 T T T T T y Coated 5.2 5.1
0 1 2 3 4 6 7 710, 253.6 + 241405 246.8 + 19.7 £ 0.2
Time (days) Coated 5.6 1.0
20.0 q
—e—bare
18.0
'E 160 | —#Ti02 100
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Fig. 8. Hydrogen evolved from the immersion of bare (blue), TiO, coated (red)

Time (days)

and ZrO, coated (green) AZ31 alloy in SBF.
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Fig. 10. SCC indices for the bare and coated AZ31 samples.
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fracture appearance is completely different: in the case of SBF condition,
both transgranular and intergranular cracks are evident, with a pre-
dominance of the former, which are absent in the case of air testing
(compare Fig. 11d with Fig. 11b). The application of the coatings did not
alter the AZ31 response mechanisms to SCC, being the fracture char-
acterized by both a ductile and brittle zone, with the latter characterized
by the presence of both intergranular and transgranular cracks. How-
ever, the application of the TiO5 coating leads to the change of the
fracture appearance in the brittle zone due to the reduced embrittlement
of the material as a consequence of the reduced corrosion: in fact, while
in the bare samples, the transgranular fracture was predominant, the
TiOy coated samples show intergranular cracking as the main mecha-
nism (Fig. 11f). Finally, the application of the ZrO, coating leads to a
failure that is predominantly ductile (Fig. 11g). This is particularly
apparent in the center of the sample, with the mixed mode fracture
features close to the sample edges appearing to have experienced
transgranular and intergranular cracking (Fig. 11h).

The reduced corrosion of the coated samples tested in SBF with
respect to the bare sample is also confirmed by the tilted views of the
gauge section (compare Fig. 12b and c with Fig. 12a), where deep sec-
ondary cracks and some pits can be observed in the bare samples, while
no deep secondary cracks and no pits are present in the coated sample. In
addition, necking can also be observed in the ZrO, coated samples
confirming the increased ductility (Fig. 12c).

4. Discussions

An adequate resistance to cracking under the simultaneous action of
a physiologically relevant corrosive environment and mechanical load is
a fundamental requirement for an implant material. For Mg and its al-
loys, SCC is particularly relevant representing one of the main limita-
tions for their acceptance as implant material (Winzer et al., 2007).
Specifically, the high electrochemical activity of Mg must be reduced
without changing its bulk properties, its surface characteristics and
ability to degrade, even under mechanical stress. Here, a mechanically
stable, ultrathin conformal and dense coating of a material with high
electrochemical barrier is required. 100 nm ALD TiO, and ZrO, coated
AZ31 alloys showed already significant reduction in icorr by two (Marin
et al.,, 2012) and three (Liu et al., 2018) orders of magnitude, respec-
tively. However, is such an approach viable to reduce the SCC suscep-
tibility, namely an increase in elongation to failure and UTS when tested
in a physiologically relevant corrosive environment? Is the reduction in
susceptibility related to the electrochemical barrier of the coating only?

Our 100 nm ALD TiO5 and ZrO, coated AZ31 samples were subjected
to SSRT at a strain rate of 3.5.10° s in SBF at 37 °C. Both coatings
improve the SCC resistance (Figs. 9 and 10), their performances, how-
ever, vastly differ. While TiO5 reduced the Iyrs and the I, by 6% and
40%, respectively, ZrO, reduced the Iyrg and the I, by 70% and 76%,
respectively. The general SCC behavior of Mg alloys can be attributed to
the combination of two mechanisms; (1) the anodic dissolution and (2)
the cleavage-like fracture due to hydrogen embrittlement (HE) (Winzer
et al., 2005). The rupture of the protective native Mg(OH)> film through
anodic dissolution or mechanical loads allows evolved hydrogen from
the corrosion process to enter into the matrix, thereby embrittling the
material ultimately leading to premature fracture (Jafari et al., 2015).
Altering the corrosion rate hence affects the SCC susceptibility directly.
In particular, the lower the corrosion rate, the lower the SCC suscepti-
bility due to a reduced effect of the anodic dissolution and of the HE.
Therefore, the reduced SCC susceptibility of the coated samples can be
explained directly with the corrosion performances of the coatings
(Figs. 7 and 8). The icor of the bare samples is reduced by two and three
orders of magnitude with the TiO, and ZrO, coatings, consistent with
previous reports (Marin et al., 2012; Liu et al., 2018; Yang et al., 2017).

The highest impact in corrosion reduction can however be seen by
the evolved hydrogen: from the bare samples it is reduced by 52% and
93% for TiOy and ZrOy coatings, respectively. Regarding the drastic
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Fig. 12. SEM fractographies of the gauge section of bare (a), of TiO, coated (b)
and of ZrO, coated (c) AZ31 samples after SSRTs in SBF.

decrease in I, the lower embrittlement of the material can be directly
linked to the reduced amount of evolved hydrogen. This is shown by the
mechanical tests (Fig. 9), the fractographies of the samples tested in SBF
(Fig. 11) and by the tilted view of the gauge section (Fig. 12). The TiOy
coated samples are characterized by a brittle fracture zone, where the
intergranular fracture, characteristic of the anodic dissolution, is pre-
dominant (Fig. 11b). This is different from the bare samples, where the
transgranular fracture related to the HE phenomenon is predominant
(Fig. 11a). We can thus conclude that a lower amount of hydrogen
entering the material with the application of the coating decreases its
SCC susceptibility. Further improvements are achieved by applying ZrO,
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coatings. Here, the fracture behavior changes from predominantly
cleavage facets towards a mixed brittle-ductile behavior where cleavage
facets and dimple-like morphologies are present (Fig. 11c). The
increased ductility is confirmed by the tilted views of the gauge section
of ZrO, coated samples (Fig. 12c¢), where necking can be observed.
Figs. 12b and 12c shows that pitting was significantly reduced with
respect to the bare sample (Fig. 12a). This hints towards the con-
formality of the coating protecting all cavities on the surface of the
sample. As pitting is known as the main precursor for SCC crack initia-
tion (Stampella et al., 1984; Raja and Padekar, 2013), this reduced
tendency represents another important reason for the reduced SCC
susceptibility.

Electrochemical stability can explain the different corrosion perfor-
mances of the TiOy and ZrO; coatings. ZrO; is electrochemically more
stable than TiO, due to its higher cohesive energy (Turchanin and
Agraval, 2008). A higher cohesive energy makes a material more elec-
trochemically stable and lowers its corrosion (Li and Li, 2006). In
addition, TiO, is also reported to be more hydrophilic than ZrO,, thus
leading to a higher corrosion rate in aqueous solutions (Akaltun et al.,
2016). Miyauchi et al. reported in fact TiO5 to have a water contact
angle of around 55° (Miyauchi et al., 2002), while Gonzalez-Martin et al.
reported ZrO, to have a water contact angle of around 70°
(Gonzalez-Martin et al., 1999).

Furthermore, the integrity of the coating is another important aspect.
Defects such as pores and cracks provide a path for the fluid to access the
substrate. More and longer cracks are observed on the TiOy coated
sample (Fig. 6 and Table 1) compared to the ZrO; coated counterpart,
which may further explain the drastic difference in corrosion behavior.
A comparison to the corrosion rate of bulk TiOp and ZrO; helps to
explain the influence of the observed defects. According to Faraday’s
law (Pardo et al., 2010), bulk TiO3 and ZrO; corrodes at a rate equal to
0.37-10° and 0.87-107 mm/year, respectively (Lorenzetti et al., 2014;
Sowa et al., 2017), when exposed to simulated body fluid at 37 °C.
However, we experience much higher corrosion rates; 2.11-10* and
1.14-10° mm/year, respectively, rates that are 570 and 130 times
higher, confirming the lower defectiveness in ZrO; coated samples.
Defects usually form as cracks as a consequence of the induced residual
stresses on the coating due to the difference in the thermal expansion
coefficient between the coating and the substrate (Il Pyun et al., 1993;
((Christoph Leyens and ManfredPetersJohn Wiley and Sons, 2003))).
The coefficient of thermal expansion of Mg is 27-10° °C’! (vang et al.,
2011), that of ZrO,is 11-10° °C! and that of TiO4 is 7-10°® °C™? (Hayashi
et al., 2005; Hummer et al., 2007). Hence, the lower number of defects
in ZrO, with respect to TiO5 coatings may be attributed to its closer
match in the coefficient of thermal expansion to the substrate.

Finally, the difference in the coating’s mechanical properties can
further influence the SCC susceptibility. ZrO, has a higher UTS and
higher elongation to failure compared to TiO,, eventually resisting
higher strains without rupture (Cristache et al., 2011; Titanium Dioxide -
online). We hypothesize that the longer the coating layer resists to the
applied stresses, the longer the barrier effect of the coating will last,
which directly affects the SCC behaviour.Whereas the drastic reduction
of the SCC susceptibility indices I, and Iyts show the potential to render
ALD coated AZ31 materials interesting for biomedical applications, our
results also show the importance of choosing a proper coating material.
A wide range of factors, including the cohesive energy, the wettability
and the thermal expansion mismatch of the coating with respect to the
substrate must be considered. Further, we indicate the fundamental role
of the mechanical characteristics of the protective layer for tailoring the
SCC behaviour. A high elongation to failure may guarantee the coating’s
integrity when strained.

5. Conclusion

In this study, the effect of a 100 nm thick TiO, and ZrO, coatings on
the SCC susceptibility of the AZ31 Mg alloy was assessed. Slow strain
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rate tests (SSRTs) at a strain rate of 3.5.10° s were carried out in
Simulated Body Fluid (SBF) at 37 °C on bare and coated samples,
respectively. In addition, potentiodynamic polarization tests, hydrogen
evolution tests and fracture surfaces analyses were carried out.

The main findings can be summarized as follows:

e Both coatings reduce the SCC susceptibility of AZ31 alloy. TiO2
reduced the Iyrg and the I, of 6% and 40%, respectively, while ZrO,
of 70% and 76%, respectively. The fracture surface analyses showed
a transition from a mixed mode fracture where the brittle zone was
predominantly transgranular in the bare samples, to a predominance
of intergranular failures in the TiOy coated samples and to a pre-
dominantly ductile failure for ZrO, coated samples.

e The different SCC susceptibility was attributed to the improved
corrosion of the coated samples. The difference in the corrosion
behavior between TiO2 and ZrO, coated samples was related to the
four main aspects, i.e. the different cohesive energies, wettabilities,
defect densities and sizes as well as mechanical properties. With a
comparably higher cohesive energy, ZrO, coatings are less prone to
corrosion and are also characterized by a lower wettability. More-
over, a lower mismatch between the coefficient of thermal expansion
of ZrO, and Mg with respect to that between TiOy and Mg reduced
the number of defects providing a more stable barrier to the fluid.
Finally, ZrO, has a higher UTS and higher ef compared to TiO5, which
increases its stability when mechanically stressed, hindering the
fluid’s access to the base material, even under strained conditions.

This work shows that all factors - cohesive energy, wettability,
thermal expansion and elongation at break of the coating are important
parameters to be considered when designing an effective corrosion
barrier for biomedical Mg alloys that are subject to mechanical loads.
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