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Abstract: An extruded Mg—4Zn—0.2Mn—0.2Ca alloy was developed as potential biodegradable bone-plate due to its
excellent biocompatibility. Long term in vitro immersion in Hank’s solution and bending test were used to evaluate the
degradability and the mechanical integrity of the alloy. The results revealed that the degradation rate of the bone-plate
increased in the first 7 days and then decreased with the prolonged immersion time before it finally reached a steady
stage (about 0.84 mm/a) after immersion for 90 days. The bending strength after immersion for 60 days was 67.6 MPa,
indicating that the bone-plate could support certain mechanical load after long term degradation. The formation of
corrosion pits after degradation stemmed from the separation of the continuously distributed second phases from Mg
matrix under the action of micro-galvanic couples. As a result, the mechanical performance of Mg—4Zn—0.2Mn—0.2Ca

alloy was aggravated owing to the corrosion holes on its surface.
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1 Introduction

At present, stainless steel, titanium and
cobalt—chromium alloys have been widely used as
implants in clinical medicine. However, a number
of drawbacks exist when these alloys are applied as
implant materials. Firstly, they are lack of
biological activity. The metal ions or particles will
fall into human bodies because of wear or corrosion
during implantation, easily causing local allergic
reactions and inflammation [1]. Secondly, they are
non-degradable and need to be taken out by the
second surgery after human bones healing, thus, not
only increasing the pain of patients, but also
increasing the cost of treatment and the risk of
medicine [2]. Thirdly, they do not match with
human bone tissues due to their high -elastic

modulus. Therefore, it is of great significance to
develop a new kind of biodegradable alloy, which
can exhibit favorable biocompatibility as well as
mechanical compatibility to human bones.
Magnesium (Mg) alloys have been hailed as
the third generation biomedical materials because of
their unique physical and biological properties [3,4].
For example, their density and elastic modulus are
close to those of human natural bones, and their
higher specific strength and stiffness can provide
stable mechanical support in the initial period of
implantation [5,6]. In addition, the mechanical
properties of Mg alloys decrease slowly rather than
abruptly during human bones regeneration, which is
beneficial to alleviating the effect of stress shielding
and avoiding the slow healing. However, the
clinical applications of Mg alloys are still seriously
hampered due to the rapid corrosion rate. Although
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some researchers [7—9] have proved that Mg alloys
containing rare earth elements or aluminum element
had comparatively good corrosion resistance and
considerable tensile strength, unfortunately, these
alloys are not yet suitable for biomedical
applications. It is reported that aluminum and
rare earth elements may cause neurotoxicity,
which raises the risk of cell proliferation
thrombosis [10,11]. Even though an idea is that
human body can accept a low content of aluminum
or rare earth elements, the corresponding detailed
research is still needed to prove their biosafety [12].

Usually, elements such as Zn, Mn and Ca are
selected to develop the biodegradable Mg alloys,
because they are not only nontoxic but also
beneficial to improving the performance of Mg
alloys [13—15]. As reported, Ca was able to enhance
the formation of new bones and accelerate the rate
of bone growth [16], Mn could significantly refine
the microstructure and improve the corrosion
performance of Mg alloys [17]. XU et al [18,19]
carried out the corrosion test of Mg—Mn—Zn alloy
in vitro and in vivo. Their results showed that 54%
of the alloy degraded on the 14th day, and Zn and
Mn elements uniformly distributed in implants after
18 weeks’ post-operation. The corrosion layers and
the surrounding bone tissues indicated that Zn and
Mn celements were easily absorbed by Dbio-
environment.

It is essential for any temporary implant to
have sufficient strength for maintaining its
mechanical integrity under the synergistic action of
human mechanical loading characteristic and
corrosion physiology environment [20]. As the
basic mechanical requirement of magnesium alloy
for bone implantation, the yield strength is not less
than 200 MPa and the elongation rate is more than
15% at room temperature [21]. The fixation of
fractured bones takes at least 3 months until
complete healing [22]. This means that Mg alloys,
as temporary orthopedic fixtures, have to hold
sufficient strength until 3 months’ degradation.
However, the previous works seldom focused on
the degradation of Mg alloys in vitro immersion for
more than 1 month [23-26]. BOWEN et al [23]
immersed pure Mg filaments in cell culture media
up to 16 days, and found that the tensile strength of
the samples decreased linearly from 240 to 150
MPa on the 13th day and spontaneously destroyed
on the 14th day. HE et al [24] investigated the in

vitro degradation of an extruded Mg—6Zn—Mn
alloy, and found that its corrosion rate was
(1.01+0.10) mm/a after immersion for 1 month. DU
et al [26] developed a kind of Mg—Zn—Mn—Ca alloy,
and studied the mechanical properties and corrosion
behaviors of the as-cast Mg—4Zn—0.2Mn—0.2Ca
alloy, but the degradation experiment was only
limited to 40 days. Nevertheless, there remains a
lack of data that assess long term in vitro
degradation of Mg alloys. In the present study, we
focus on the mechanical properties as well as the
degradation behaviors of an extruded Mg—4Zn—
0.2Mn—0.2Ca alloy after long term in vitro
immersion. Also, the bone plates made of the alloy
are detected based on the alloy investigation.

2 Experimental

2.1 Raw materials and methods

The ingot of Mg—4Zn—0.2Mn—-0.2Ca alloy
was prepared by melting pure Mg (99.99 wt.%),
pure Zn (99.99 wt.%), Mg—9.4wt.%Ca and
Mg—7.4wt.%Mn master alloys in an electric
resistance furnace under the protective atmosphere
of 99.0 vol.% N, and 1.0 vol.% SF. Melting was
carried out at 760 °C together with mechanical
stirring to obtain homogenous composition. The
chemical composition of the as-cast alloy, which
was analyzed by X-ray fluorescence analyzer (XRF,
Magix-PW2403), is listed in Table 1. The as-cast
ingot was extruded at 280 °C under a speed of
3 mm/s and an extrusion ratio of 10. The bars were
used for microstructure observation, mechanical
and degradation tests.

Table 1 Chemical composition of Mg—4Zn—0.2Mn—
0.2Ca alloy (wt.%)

Zn Mn Ca Si Fe Mg
4.22 0.22 0.21 <0.03 <0.01 Bal.

2.2 Microstructure and mechanical test

Analyses of phase and corrosion products were
performed by X-ray diffraction (XRD, D/MAX-3C)
with Cu K, radiation (wavelength 4=0.154 nm) in
the range of 20°—80°. Microstructure observation
was carried out by scanning electron microscope
(SEM, HITACHI S3400N) equipped with energy
dispersive spectrum (EDS) and transmission
electron microscope (TEM, JEM—2100FX, JEOL),
respectively. Tensile and three-point bending tests
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were conducted by using DNS—20 universal
machine under a constant speed of 1.0 mm/min at
room temperature. All specimens for tensile test
were made into the dog-bone shape with 5.0 mm in
gauge diameter and 25.0 mm in gauge length. The
bone-plates were made of the as-extruded
Mg—4Zn—0.2Mn—0.2Ca alloy by machining, and
relieved-stress annealing bone-plates at 230 °C for
20 min. Three-point bending test was conducted
with bone-plates in size of 25.0 mm x 4.5 mm X
1.3 mm, to evaluate their mechanical response.
After 1 N pre-load, load versus displacement values
were recorded to calculate the bending strength of
each sample [27]. Both tensile and three-point
bending tests were performed three times.

2.3 In vitro immersion test

Immersion test was conducted in a Hanks’
simulated body solution with the composition of
8.00 g/L NaCl, 0.40 g/L KCl, 0.14 g/L CaCl,,
0.35 g/ NaHCO;, 0.1 g/l MgCl,-6H,0, 0.06 g/L
MgSO, 7H,0, 0.06 g/ KH,PO, and 0.06 g/L
Na,HPO,-12H,0 [28]. The ratio of sample surface
area to solution volume was set as 0.4 mL/mm’
according to the ASTM-G31-72 standard. The
volume of the test solution was maintained at
100 mL for bone-plate specimens and 160 mL for
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dog-bone shape specimens with one sample in each
container. The Hanks’ solution was renewed every 2
days and its initial pH was adjusted to 7.4 with HCI
or NaOH solution. After degradation, some samples
were cleaned with ethanol and dried for surface
morphology observation. The corrosion products on
sample surfaces were cleared away by using
200 g/L of Cr,0O5 and 10 g/L of AgNOj; solution.

The mass change in vitro degradation was
characterized by the normalization mass change
(W\/W,), in which W, and W, are the masses of
sample before and after removing corrosion
products, respectively. The degradation rate was
calculated according to the Eq. (1) [29]:

R=K(WyW)(DAT) (1)

where R is the degradation rate (mm/a), K is a
constant (8.76x10%), 4 is the surface area of sample
(cm?®), T is the time of immersion time (h) and D is
the density of sample (g/cm?).

3 Results

3.1 Microstructure and mechanical properties of
extruded Mg—4Zn—0.2Mn—0.2Ca alloy

Figure 1 shows the microstructure and

corresponding EDS as well as XRD results of the
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Fig. 1 Micrographs and corresponding phase analysis of as-extruded Mg—4Zn—0.2Mn—0.2Ca alloy: (a) SEM image and
corresponding EDS results; (b) XRD pattern; (c) TEM image
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as-extruded Mg—4Zn—0.2Mn—0.2Ca alloy. As
shown in Fig. 1(a), primary second phases
distribute along extrusion direction. These second
phases are all composed of Mg, Zn and Ca elements.
In combination of the ternary phase diagram of
Mg—Ca—Zn [17] and the EDS as well as XRD
results (Fig. 1(b)), the plate-shaped (Fig. 1(a), Area
A) and the fragmented (Fig, 1(a), Area B) second
phases are determined as Mg;Zn; and Ca,Mg¢Zn;,
respectively. In addition, a great number of nano
granular phases are found in matrix or along grain
boundaries (Fig. 1(c)).

Figure 2 shows the tensile properties of the
as-extruded Mg—4Zn—0.2Mn—0.2Ca alloy as a
function of immersion time in Hanks’ solution.
Both strength and plasticity decrease with increase
in the immersion time. Particularly, the ultimate
tensile strength (UTS) drops continuously during
the first 90 days, whereas the yield strength (YS)
declines obviously in the first and the third 30 days
with a plateau appearing in the second 30 days. As
listed in Table 2, the UTS, YS and elongation
before immersion are 297.3 MPa, 210.1 MPa and
23.2%, respectively. Although the mechanical
properties decrease as the immersion time extends,
they are still 63.8 MPa, 60.3 MPa and 0.5 % after
immersion for 90 days, respectively.

Figure 3 shows the cross-section morphologies
of the as-extruded Mg—4Zn—0.2Mn—0.2Ca alloy
after various immersion time. It is evident that the
size of corrosion holes increases while the
un-corroded area decreases with increase in the
immersion time. As the degradation process
continues, the thickness of corrosion layers increases,
and the corrosion holes extend from the periphery
to the center of samples.
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Fig. 2 Tensile properties of as-extruded alloy as function

of immersion time in Hanks’ solution

Table 2 Mechanical properties of as-extruded Mg—4Zn—
0.2Mn—0.2Ca alloy after various immersion time in
Hanks’ solution

Imt?lf;szlon UTS/MPa  YS/MPa Elonfj’/oanon/
0 297341 2101464 23202
15 250.0+7.8 178756  9.2+1.0
30 2224433 146342  4.040.5
60 154.7£12.6  138.1+10.5 2.1+0.3
90 63.8:7.6 60363  0.5:0.9
180 334472 302437 0.5+02

3.2 Degradation of bone-plates made of extruded

Mg—4Zn—0.2Mn—0.2Ca alloy

Figure 4 shows the bending stress and
morphology of the bone-plate after
immersion time in Hanks’ solution. The detailed
bending strengths of the bone-plate are listed in
Table 3. It is indicated that the bending strength of
the bone-plate decreases with increase in immersion
time, and maintains (67.7£15.6) MPa after
immersion for 60 days. In addition, the bone-plate
has not fractured during the whole bending process,
it is implied that the bone-plate can experience
severe plastic deformation and exhibit preferable
ductility.

Figure 5 shows the SEM images of the
bone-plate surfaces after various immersion time in
Hanks’ solution. Relatively loose protective layer
and a large number of corrosion particles appear on
the bone-plate surface after immersion for 30 days
(Figs. 5(a) and (b)). The corrosion layer gradually
gets thick after immersion for 60 days (Figs. 5(c)
and (d)). The thick layers appear with an
accumulation of spherical particles and sheet
corrosion products (Figs. 5(c) and (e)). Many
micro-cracks are observed on the surface of the
passivation layer, which are due to the dehydration
of corrosion layers during drying process [30].

Figure 6 shows the element mapping as well as
XRD pattern of the corrosion layer after immersion
for 30 days. The corrosion layer includes chemical
elements of Ca, P and O, and a trace of Mg element
can be found at micro-cracks. The XRD result
(Fig. 6(b)) confirms that the corrosion products of
the Dbone-plate are mainly Mg(OH), and
hydroxyapatite (HA). These corrosion products
are related to the reaction process between Hanks’

various
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Fig. 3 Cross-section morphologies of as-extruded Mg—4Zn—0.2Mn—0.2Ca alloy after immersion for 30 days (a),

60 days (b), 90 days (c) and 180 days (d) in Hanks’ solution
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Fig. 4 Bending stress and morphology of bone-plate after
various immersion time in Hanks’ solution

Table 3 Bending strength of bone-plate after various
immersion time in Hanks’ solution

Immersion time/d Bending strength/MPa
0 254.7+10.2
15 170.8+12.1
30 107.6+6.0
60 67.7£15.6

solution and the bone-plate, which will be discussed
in Section 4.

Figure 7 shows the SEM images of the bone-
plate surfaces after removing corrosion products. As
shown in Fig. 7(a), a large number of small and
shallow corrosion holes uniformly distribute on the
surface of the bone-plate after immersion for 30
days. The size of the corrosion holes increases
gradually and the adjacent small holes connect each
other to form large holes as immersion process
continues (Figs. 7(b) and (c)). In addition, the
corrosion rate along extrusion direction is faster
than that along transverse direction, indicating the
corrosion of the bone-plate has directionality. From
the higher magnification image (Fig. 7(d)), a large
amount of corrosion pits can be found in grains as
well as grain boundaries. This is mainly due to the
shedding of Mg;Zn; and Ca,Mg¢Zn; phases (see
Fig. 1(b)) during immersion, because they are
hardly corroded in the Hanks’ solution owing to
their high electrode potentials [26]. The Mg matrix
around these second phases is corroded
preferentially during a micro-galvanic corrosion
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o

solution

process [31,32], so as to accelerate the shedding of
the second phases, leading to the formation of
corrosion pits.

The mass change and degradation rate of the
bone-plate in vitro degradation as functions of
immersion time are shown in Fig. 8. The mass
continuously declines with increase in the
immersion time, and about 70% of initial mass is
lost after immersion for 90 days. Interestingly, the
variation of degradation rate is different from the
mass change. It firstly increases to the highest value
on the 7th day, then decreases and reaches a gentle
stage after immersion for 30-90 days. The
degradation rate of the bone-plate after immersion
for 90 days is only 0.84 mm/a. In fact, this variation
of the degradation rate is largely attributed to the
reduction in the contact area between the bone-plate
and Hanks’ solution.

Fig. 5 SEM images of bone-plate surfaces after immersion for 30 days (a, b), 60 days (c, d) and 90 days (e, f) in Hanks’

4 Discussion

The degradation process of Mg—4Zn—0.2Mn—
0.2Ca alloy can be divided into three stages. In the
first stage, a prompt reaction between Mg matrix
and solution occurred as

Mg(s)+2H,0—~Mg(OH),(s)+Hx(g) )

The Mg(OH), film simultaneously formed
during the reaction. This passive film separated Mg
matrix from the Hanks’ solution, and led to the
decrease in degradation rate in the second stage, as
shown in Fig. 8. However, the film was so loose
that the corrosive ions (Cl) in Hanks’ solution
easily penetrated the film and reacted with the Mg
matrix through Egs. (3) and (4):

Mg(s)+2Cl (aq)—MgCl, 3)
Mg(OH),(s)+2CI (aq)—MgCl, 4)



Yuan-fen CHENG, et al/Trans. Nonferrous Met. Soc. China 30(2020) 363—372 369

»— Mg(OH),
HA

v —_

20 40 60 80
200(°)

104 104
Fig. 6 SEM image and corresponding element mappings (a) and XRD pattern (b) of corrosion layer after immersion for
30 days in Hanks’ solution
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Fig. 7 SEM images of bone-plate surfaces after removing corrosion products after immersion for 30 days (a, d), 60 days
(b) and 90 days (c) in Hanks’ solution
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Fig. 8 Mass change and degradation rate of bone-plate in
vitro degradation as function of immersion time in
Hanks’ solution

In addition, the integrity of the film could also
be destroyed by a galvanic cell, which was made up
of the second phases and the surrounding Mg
matrix. With extension of the immersion time, a
large amount of corrosion products deposited on the
surface of the bone-plate (see Fig. 5) and separated
the bone-plate from the Hanks’ solution. Hence, the
degradation rate was decelerated. At the same stage,
the ions such as PO3~ and Ca*"in Hanks’ solution
gathered on the surface to produce HA
[Ca;o(PO4)s(OH),] (see Fig. 6(b)). The bone
implants with HA usually exhibit desirable
biological activity and promote growth and
recovery of human bones [33,34].

The protection of Mg(OH), film on Mg alloys
is limited and this film is easy to be destroyed in the
corrosive solution [35]. With the extension of
corrosion time of Mg—4Zn—0.2Mn—0.2Ca alloy, the
corrosion pits were firstly formed in the places
which were seriously corroded (see Fig. 7(d)). The
initiation of the corrosion pits was greatly
associated with the second phases [36]. In this
study, the Mg,;Zn; and Ca,MgsZn; phases acted as
micro-cathodes so that the Mg matrix near these
second phases was corroded preferentially. Because
the second phases distributed along extrusion
direction presented better continuity (Fig. 1(a)),
they had an important influence on corrosion pits
morphology. The separation of the continuously
distributed second phases from matrix under the
action of micro-galvanic couples resulted in the
formation of the strip corrosion pits as shown in
Fig. 7.

The corrosion spread of Mg—4Zn—0.2Mn—
0.2Ca alloy is greatly associated with the corrosion
pits. The corrosion rate around the corrosion pits is
much higher than that at other parts of alloys once
they were formed [36], because the development of
the corrosion pits had an push
“self-catalysis”. Actually, due to the sharp increase
of Mg*" content in the corrosion pits according to
reaction (2), a high cation concentration region
formed and the negative ions in the solution
directionally migrated to the corrosion pits to
ensure the balance between positive and negative
charges. The result of the above process was the
accumulation of negative ions in the corrosion pits.
The small radius Cl enrichment occurred in
corrosion pits, and the corrosion product layers in
the corrosion pits were severely damaged, therefore,
the protective effect on the alloy matrix was
remarkably reduced. The continuous expanding of
the corrosion pits resulted in the formation of
corrosion holes.

The corrosion holes also extended from the
periphery to the center region of the sample as the
immersion continued, as indicated in Fig. 3.
Therefore, the protected Mg matrix area was
reduced upon the formation of the corrosion holes.
Furthermore, the shape of the hole-tip was irregular
so that the internal curvature was inconformity in
different places, which would inevitably produce a

internal

great stress concentration. As a result, the
mechanical performance of the as-extruded
Mg—47Zn—0.2Mn—0.2Ca alloy was aggravated

owing to the corrosion holes on its surface (see
Fig. 2).

5 Conclusions

(1) The ultimate tensile strength, yield strength
and elongation of the Mg—4Zn—0.2Mn—0.2Ca alloy
before immersion were 297.3 MPa, 210.1 MPa and
23.2%, respectively. Although the mechanical
properties decreased as the immersion time
extended, the values of yield strength was still
60.3 MPa after immersion for 90 days.

(2) The degradation rate of the bone-plate
increased initially, but decreased gradually with
immersion time, and reached 0.84 mm/a after
immersion for 90 days. The bending strength of
bone-plate maintained 67.7 MPa after immersion
for 60 days, which indicated that the bone-plate
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could bear mechanical load after long term
degradation.

(3) Corrosion pits occurred in Mg matrix

around the second phases under the action of
micro-galvanic couples. The separation of the
continuously distributed second phases from Mg
matrix resulted in the formation of the strip
corrosion pits and finally expanded to the corrosion
holes. As a result, the mechanical performance of
the Mg—4Zn—0.2Mn—0.2Ca alloy was aggravated
owing to the corrosion holes on its surface.
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