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Abstract
High strength biodegradable surgical threads are in demand for surgical practice. Nowadays, such threads can be made of 
metallic materials such as magnesium, zinc or alloys based on these metals. In current paper, manufacturing technology of 
biodegradable surgical threads of Mg–Ca alloys and of pure Zn was developed and basic properties of the obtained product 
have been characterized. The influence of in vitro corrosion in bovine serum simulating environment in the mammal’s body 
on the surgical threads mechanical properties was determined. It was found that Zn and hot extruded alloys MgCa0.9 and 
MgCa1.2 can be recommended as a candidate for the future study in vivo. Properties of the room temperature drawn wires 
of the alloy MgCa0.7 are not sufficient for its application as surgical threads.

Keywords Biodegradable surgical threads · Zinc · Magnesium–calcium alloy · Mechanical properties · In vitro corrosion

1 Introduction

Sterilized threads or strings use in surgery both inside and 
outside the body is defined by the words surgical suture and 
ligature. The suture is the threads with a surgical needle 
attached [1]. Suture is used to stitch together the edges of 
various tissues, e.g., skin, fascia, muscle, tendon, perito‑
neum, etc. The surgical thread (ST) tied around a blood ves‑
sel or to constrict the tissues can be called as the ligature. 
The ligature is used to prevent bleeding, or to treat abnor‑
malities in other parts of the body [2]. There is evidence that 
sutures and ligatures were used by both Egyptians and Syr‑
ians as far back as 3000 B.C.E. [3]. The paper [4] describes 
the history of the surgery in other countries from 500 B.C.E. 
A historical account of sutures and ligatures can be found 
elsewhere. The first usage of catgut or hair as suture is dated 

in 1600 B.C.E. by Greek surgeon Galen of Pergamon [5]. 
Surgical needles were made from bones or a metals wire [6]. 
In the past, gold, silver, copper and aluminum bronze was 
used for the purpose [7]. Very short characterization of the 
ideal material for sutures can be found in [8]. Some of papers 
are also focused on more limited application of the sutures 
and ligatures, for example work [9] is devoted to the sutures 
used only in pelvic surgery. The surgical needles are made 
of high quality stainless steel grades AISI 302, AISI 455 and 
AISI 420 [10]. The shape and size of needle is dependent on 
the area of their application [11].

ST that maintain their tensile strength for longer than 
60 days are considered as nonabsorbable by the patient 
body so, should be removed after recovery. The ones that 
undergo rapid degradation in tissues, losing their tensile 
strength within 60 days, are considered as the absorbable 
ones. Absorbable ST are designed for temporarily use, until 
tissues connected by them have healed sufficiently to with‑
stand normal stress. ST can be made from biological mate‑
rials such as horse hair [12], human hair [13], catgut [14], 
collagen [15] or silk [16], from some synthetic materials as 
the thermoplastic polymers or from metals. Different metal 
wires were tried to use as STs (i.e., gold, silver, platinum, 
brass, lead, titanium, aluminum, magnesium and zinc). His‑
torical account of metallic ST was published by Babcock 
[17]. However, after introduction of synthetic materials 
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during the second part of twentieth century, the absorbable 
and nonabsorbable thermoplastic polymers are predomi‑
nantly applied as threads in the surgery practice [18]. They 
are synthesized mainly from lactide or glycolide [19] and are 
known as the polylactic acid (PLA) or the polyglycolic acid 
(PGA) ones, respectively. Despite the fact that polymer STs 
are regarded as biocompatible, adverse effects on surround‑
ing tissues can be observed due to their implantation [20]. 
The overview of the biodegradable surgical materials used 
nowadays can be found in the paper [21]. Research about 
biocorrosion and biocompatibility of PLGA is published in 
[22]. The main problem is the local pH shifts and debris 
diffusion [23]. So, the swelling of the soft tissue can last up 
to 6 years after implantation [23]. Moreover, relatively low 
mechanical properties are an important disadvantage of the 
polymers STs. The Young modulus of the PLA and PGA is 
in the range of 1.5–3.6 GPa and of 5–7 GPa, respectively 
[24]. The tensile strength is also relatively low (i.e., about 
40–50 MPa for PGA and 15–75 MPa for PLA [25]). The 
ability in the thread cross‑sectional area increase is limited 
because a thicker monofilament ST has wire‑like properties 
and thus the thread ends can cause local injuries. For this 
reason, monofilament STs can only be used in smaller sizes 
[26]. On the other hand, multifilament STs are more exposed 
to bacterial contamination and have a capillary effect which 
is also undesirable. For these reasons, polymers cannot be 
recommended for highly loaded STs. The other problem 
with polymer STs is related to low creep resistance [27] 
what significantly limit sterilization temperature and make 
the sterilization process difficult. The promising alternative 
for polymer STs can be the ones made of metals. At present 
the only metallic ST used, is the nonabsorbable one made 
of 316L stainless steel [28]. An application 316L TS for 
abdominal wall closure, sternum closure, retention, skin clo‑
sure, a variety of orthopedic procedures, and neurosurgery is 
practiced. Biodegradation of Fe, Mg or Zn and theirs alloys 
in mammals body is well known, so ST made of these mate‑
rials can be a good alternative to those made of polymers 
and the stainless steel [29]. In the literature, there are numer‑
ous works devoted to corrosion of magnesium alloys [30]. 
Research on Mg–Zn alloys, pure Mg and Mg–Zn–Ca alloys 
can be found in [31, 32] and [33], respectively. Chiu et al. 
studied the fluoride conversion coating on Mg implants [34]. 
Results of in vitro corrosion of ZEK100 alloy are published 
in [35]. The overview of Zinc’s possibility of usage as mate‑
rial for biodegradable implants can be found in [36]. These 
metals have relatively high strength, in contrast to the ST 
polymers. The Young’s modulus of magnesium is 45 GPa, 
so it is about 10 times higher than for PGA. The Young’s 
modulus of Zn is even higher and for Fe it is very high. For 
pure zinc it is equal to 94 GPa and to 100–110 GPa for the 
Zn‑based alloys. The Young’s modulus of Fe‑alloys covers 
the range of 150–210 GPa. The biodegradable characteristics 

of pure iron were studied in paper [37]. However, as con‑
cluded in [21], the use of iron as material for ST is not even 
suggested in the literature. The mechanical properties of 
sutures made from magnesium were tested by Seitz et al. 
[38] and Witte et al. [39]. Seitz et al. characterized also 
other magnesium alloys, for example MgNd2 [40]. In con‑
trast to the polymers ST the yield strength of the biodegrad‑
able metals also is high (70–220 MPa, 150–296 MPa and 
170–110 MPa for Mg‑alloys [41], Fe‑based alloys [42] and 
Zn‑based alloys [43], respectively, so there is no risk of the 
ST break or uncontrolled plastic deformation, and its plas‑
ticity is sufficient to make a surgical knot as it was shown 
elsewhere. The tensile strength of a Zn thread knot is only 
10% lower than its tensile strength [44] while for polymer 
STs the 50% decrease in the tensile strength is observed [45]. 
Moreover, to other advantages of a metallic ST belong: no 
dimension change due to a fluid action and a very low one 
due to change in the temperature of the body undergoing sur‑
gery as well as the good visibility by naked eye or by ultra‑
sonic and the X‑ray devices. The sterilization of metal ST is 
also much easier because the creep resistance of Zn and Mg 
is sufficient and that of Fe is even more than enough. The 
biocompatibility of considered metallic elements is adequate 
because all of them (i.e., Fe, Mg and Zn) are the natural 
element of the body and they participate in many processes 
in organism. The biodegradation of metallic ST made of Fe 
and Zn do not result in gas release. Unfortunately, the iron 
degradation rate in the mammalian body is too slow. That is 
why the use of iron‑based ST is limited. The zinc degrada‑
tion rate can be satisfactory [36], though, in some orthopedic 
therapy is reported to be too slow considering the recovery 
process of injured tissue [46]. Its safe biodegradation and 
excellent biocompability was recently reported by Drelich 
et al. [47] during 20 months of testing a wire implanted into 
abdominal aorta of Sprague–Dawely rat. However, change 
in the mechanical properties of the zinc wire during biodeg‑
radation is not enough recognized.

According to Witte [48], for the first time, use of magne‑
sium wires were successfully tested by E.C. Huse in 1878 
as ligatures to stop bleeding vessels in a radial artery and 
in the operation for varicocele. Also, the wires were used 
in 1892 by E. Payr as biodegradable implants. Some years 
later magnesium was tested in vivo on rabbits and dogs by 
Lambotte [49]. Broader clinical studies started around the 
end of first half of twentieth century [50] after implemen‑
tation of large scale magnesium production technologies. 
In the process of the Mg biodegradation, the hydrogen gas 
is released, which can form gas cavities and cause prob‑
lems with tissue healing. This issue temporarily suspended 
any attempts to use magnesium as biomaterial [49]. How‑
ever, if the rate of the magnesium ST degradation will be 
decreased, (e.g., by alloying) the hydrogen can be metabo‑
lized. There is an evidence suggesting that the degradation 
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rate of Mg‑based ST can be safely control by alloying using 
bio‑accepted elements (e.g., Ca) [51]. However, Wan et al. 
[52] suggested that calcium content can also significantly 
affect the ST mechanical properties since the increase in the 
Ca content from 0.6 to 2.0% led to the decrease plastic prop‑
erties and strength of the material as well as the corrosion 
resistance. From this point of view, an alloy with the content 
of 0.6% Ca is recognized as the best one. However, to the 
best of our knowledge, corrosion of this alloy was evaluated 
only by electrochemical studies but no in vitro test has been 
performed. In addition, only cast material was examined, 
despite the fact that deformed metals are often used for some 
biomedical applications (e.g., surgical screws). Due to the 
difference in microstructure and in chemical homogeneity, 
the data obtained from a cast material cannot be directly 
extend to a deformed one such as a wire that are subjected 
to a greater degree of plastic deformation. For these reasons, 
we do not have enough knowledge sufficient for practical 
application of Mg–Ca alloys, e.g., about the change in the 
wire mechanical properties during the biodegradation in the 
mammals body.

The production of the magnesium alloys wire is relatively 
difficult. The main limiting factor here is low ductility of 
these alloys. For this reason, according to our experience, 
to obtain a wire suitable for surgical knots, the multi‑stage 
drawing at room temperature with annealing between draw‑
ing passes or hot drawing process should be applied (Refs. 
[53] and [54], respectively).

The aim of the paper is to suggest different technologies 
for the manufacturing of Mg–Ca alloys and pure Zn base ST 
and to study the corrosion effect on their mechanical proper‑
ties. The corrosion test was performed in a solution simulat‑
ing the chemical environment of the mammalian body. A 
comparative estimation of these materials applicability as 
potential candidates for the biodegradable ST was the practi‑
cal purpose of the study.

2  Wire materials and manufacturing process

Four metals were selected for the wires investigated in the 
present paper (i.e., technically pure Zn and alloys MgCa0.7, 
MgCa0.9 and MgCa1.2). The diameter of the wire was 
chosen as equal to 1–1.8 mm because such a diameter are 

suitable for highly load ST dedicated for the veterinary 
medicine.

2.1  Zinc

Wires of commercial purity zinc were used in this study. 
The metal quality corresponds to the standard DIN EN ISO 
14919 as well as to the Z1 “white” grade of Zn according to 
the EN 1179 standard. Wires with two different diameters 
were used. The first one with diameter of 1.6 mm was indus‑
trially produced on the continuous Properzi line (i.e., by the 
continuous casting followed by the room temperature rolling 
and drawing). The second wire with the final diameter of 
1 mm was laboratory manufactured from the first one by the 
room temperature drawing. Drawing of this wire was carried 
out in 11 passes. The drawing speed and elongation per pass 
was equal to 50 mm/s and to 10%, respectively. A solution 
of soap in water was used as a lubricant.

2.2  Mg–Ca alloys

The Mg–Ca alloy wires belong to the other group of the 
tested materials. The alloys with chemical composition 
(measured by a spark gap spectrometer) shown in Table 1 
were prepared from magnesium of commercial purity and 
the binary master alloy MgCa30 (30 wt% Ca + 70 wt% Mg). 
The metals were melted in a Hindenlang resistance furnace 
with capacity of 150 kg and cast in the HOT‑TOP crystal‑
lizer with diameter of 102 mm. Both processes were con‑
ducted under protective atmosphere of N + SF6. The casting 
from temperature of 690–710 °C was done with the rate 
of 2–3 mm/s. The chill zone of the ingots was removed by 
machining, and the obtained billet was a multi channel die 
extruded on the wires with diameter of 1.8 mm (Fig. 1). 
The deformation zone temperature 460 °C and the extrusion 
velocity of 0.5 mm/s were selected by experimental cor‑
rection of the parameters anticipated by the finite element 
method (FEM) simulation by using the commercial software 
QFORM v.8.2. FEM modeling showed that the effective 
strain of the material during extrusion reached tremendous 
values of 6.0–7.0 (i.e., 600–700%). Then, the extruded rods 
were multi pass cold drawn at room temperature to the wire 
with final diameter of 1 mm. The drawing speed and elonga‑
tion per pass was equal to 10 mm/s and to 10%, respectively. 

Table 1  The chemical 
composition of the Mg–Ca 
alloys

Alloy Composition in wt%

Ca Mg Zn Mn Pb Al Fe Si Acceptable 
admixtures

MgCa0.7 0.70 99.6416 0.0015 0.01753 0.00112 0.02646 0.00269 0.01699 0.29
MgCa0.9 0.94 99.6304 0.0022 0.01737 0.00120 0.00958 0.00309 0.01709 0.32
MgCa1.2 1.14 99.5882 0.0021 0.01725 0.00126 0.01300 0.00315 0.01857 0.35
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A short (15–20 s) annealing at 320 °C was applied between 
consecutive drawing passes. A mixture of graphite and oil 
was used as a lubricant.

3  Experimental procedures

The in vitro corrosion tests were performed in a mixture 
of bovine serum supplied by Biowest (catalog No. S0250) 
[55]. A protein content in the mixture was equal to 30 g/l. 
Sodium azide (0.3 wt%) and 20 mM of the ethylenediami‑
netetraacetic acid were added to the solution for the purpose 
of inhibiting bacteria growth and binding calcium ions. The 
mixture was filtered through a sterile filter (pore size 20 µm). 

During corrosion tests, the pH value and the temperature 
of the corrosion medium was kept as equal to 7.2–7.4 and 
37 ± 0.1 °C, respectively. The protein concentration was 
monitored by a Genesys™20 spectrophotometer (Spectronic 
Instruments, USA). During the in vitro corrosion test all 
recommendations given by the ASTM F732‑00 standard 
were satisfied.

Two types of studies have been performed. In the first 
case, the influence of the corrosion time on the mechani‑
cal properties was investigated. The duration of corro‑
sion was 3, 7, 14, 21, 28, and 35 days. These studies were 
performed for the following materials: Zn, d = 1.6 mm; 
MgCa0.9, d = 1.8 mm; MgCa1.2, d = 1.8 mm. In the sec‑
ond type of studies, the change in the mass of the sample 

Fig. 1  Extrusion of Mg–Ca alloys: a FEM model of matrix for extrusion; b view of produced matrix; c FEM simulation of temperature distribu‑
tion in material during extrusion process; d extruded wires
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during corrosion was investigated. Weighing of samples 
was carried out after 3, 7, 14, 21, 28 days for materials Zn, 
d = 1.6 mm, Zn, d = 1 mm; MgCa07, d = 1 mm; MgCa0.9, 
d = 1.8 mm; MgCa1.2, d = 1.8 mm and after 3, 7, 14 days 
for MgCa0.7, d = 1.8  mm. After each test period, the 
samples were removed from the corrosion medium and a 
change in their weight was determined using a laboratory 
balance with accuracy of 0.00001 g. Immediately before 
the test and before each weighting, samples were thor‑
oughly cleaned in the distillated water then ultrasonically 
in ethanol and finally dried out at room temperature.

The mechanical properties of the initial and cor‑
roded materials were determined by the tensile test on 
a Zwick250 tensile machine equipped with specially 
designed grips for wires [45], a modified version of the 
setup shown in the [56]. The length of the tested samples 
was 250 mm. The tests were done at room temperature and 
the deformation velocity 20 mm/min.

The Empyrean Panalytical X‑ray laboratory diffractom‑
eter was used during X‑ray diffraction (XRD) measure‑
ments. The incident beam of CuKα radiation was formed 
by the parallel Goebe mirror (divergence 0.02°) and the 
soller slit (0.04 rad). Similar soller slit and the parallel‑
plate collimator (divergence 0.18°) supplemented with a 
nickel filter were placed at the diffracted beam in the front 
of the PIXCel 3D detector. The Williamson–Hall method 
[57] was used for the residual strain and the crystalline 
size calculations from XRD patterns. The patterns were 
measured in symmetrical geometry for the 2θ angle range. 
Calculations were performed using the software High‑
Score Plus v.3.05 by Panalytical B.V.

The Zeiss Axio Imager M1m light microscope and the 
Hitachi S‑3500N scanning electron microscope (SEM) 
were used for studies of microstructure and corrosion 
effects, respectively.

4  Results and discussion

4.1  Materials before the corrosion test

Since the intensity of corrosion depends not only on the 
chemical composition of the material, but also on its micro‑
structure and phase composition, a detailed analysis of the 
initial materials was performed. The XRD measurements 
have shown that, zinc is a single phase material with the 
hexagonal close‑packed (hcp) structure, as it was expected. 
On the other hand, Mg–Ca alloys are two phase materials 
(Fig. 2). The dominant phase in these alloys has the hcp 
structure, space group P63/mmc (space group number 194) 
and the lattice parameters nearly the same as pure magne‑
sium (i.e., a = 3.2085 A, c = 5.21.06 A, the reference code 
no. 01‑071‑3765). This indicates that this phase is a solid 
solution of calcium in magnesium and the calcium content 
in it is very small, if any, which is consistent with the equi‑
librium phase diagram Mg–Ca published by Mezbahul‑
Islam et al. [58], Aljarrah et al. [59], Zhong et al. [60] and 
Baker [61]. The second phase has the  CaMg2 chemistry. 
This phase has the same crystal structure and the same sym‑
metry group as the matrix but its lattice parameters are sig‑
nificantly larger (i.e., a = −6.23 A, c = 10.12 A). These data 
fit well to the X‑ray reference no. 03‑065‑3583. Together 
with the difference in the structure factor values this allows 
for the unambiguous identification of this phase as  CaMg2. 
The relative intensities of the  CaMg2 phase peaks increase 
with the increase in Ca the content in the alloy. This, in turn, 
indicates for the larger volume fraction of this phase (see 
inset in Fig. 2).

The average density of particles in materials used in the 
study was significantly higher than the value shown by Liu 
et al. [62] for the alloy MgCa1.5 (see Fig. 1 in [62]). The 
size of  CaMg2 phase particles was about 3 μm. The particles 
form well‑defined bands elongated in the direction of the 
material flow (Fig. 3).

Fig. 2  XRD patterns for MgCa alloys after extrusion: a 0.7% Ca, b 0.9% Ca, c 1.2% Ca, the intensity axis arbitrary unit (a.u.) in figures a, b and 
c is the same



 Archives of Civil and Mechanical Engineering (2020) 20:60

1 3

60 Page 6 of 16

The particle density observed in our experiment within 
the band region is greater than between the bands. This 
is clearly seen for alloys containing 0.7 and 0.9% Ca. In 
regions with the higher density of particles, the average 
grain size of matrix was equal to a few micrometers. On 
the other hand, in the area with the lower particles density 
it was about 20 μm for the alloys with 0.7% Ca and about 
10 μm for alloys with 0.9 and 1.2% Ca. The grain size of the 

materials annealed after deformation was similar indicat‑
ing complete recrystallization. This is evidenced by almost 
complete lack of the matrix lattice deformations determined 
from the Williamson–Hall plots (Fig. 4). Very small values 
(below 0.08%) can result from the sample preparation proce‑
dure. It has been shown, that such a low lattice deformation 
is typical for the recrystallized Ag, Au, Fe [63] and Nb and 
Zr [64]. Figure 4 also shows that the matrix crystallite size 

Fig. 3  Typical microstructure in longitudinal section of the Mg–Ca alloys wires with: 0.7% Ca after extrusion (a) and after cold drawing (b); 
0.9% Ca (c) and 1.2% Ca (d) after extrusion. The horizontal axis is the direction of drawing and extrusion. Light microscopy

Fig. 4  The Williamson–Hall plot for the Mg matrix, the Mg–Ca alloys: a 0.7% Ca, b 0.9% Ca, c 1.2% Ca after extrusion
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does not significantly depend on the calcium content in the 
alloy. In the as‑drawn wire (i.e., before annealing) grains 
were elongated in the material flow direction (e.g., Fig. 3b) 
which is typical for a hardened state.

The zinc was also recrystallized and exhibited equiaxed 
grains with grain size about 150 μm (Fig. 5). A large grain 
size is typical for the recrystallized zinc.

Mechanical properties are collected in Table 2 and the 
typical stress–strain curves are shown in Fig. 6. Each test was 
repeated 3 times. The average values and standard deviation 
of the parameters obtained on the machine Zwick 250 are 
shown in Table 2. The hot extruded Mg–Ca alloy wires show 
significantly higher strength than the zinc one (Table 2), and 
their strength increases with the calcium content in the range 
of 0.7–0.9%. This result contradicts the data obtained for a 
cast material published by Wan et al. [52]. A further increase 
in the calcium content results in a much smaller increase in 
the strengthening of the alloy. With increasing calcium con‑
tent elongation of hot extruded Mg–Ca alloys is significantly 
reduced (from 26.7% for MgCa0.7 to 12.4% for MgCa1.2). 
This result also coincides with the data in [52].

Because the extruded rods from alloy MgCa0.7 com‑
bines significantly higher plasticity and only slightly lower 
strength characteristics than other Mg–Ca alloys investigated 

in this research, this alloy was chosen for the room tempera‑
ture drawing to a diameter of 1 mm. However, the drawing of 
this alloy dramatically changes the mechanical properties of 
the wire compared to those measured directly after hot extru‑
sion. So, the cold drawing significantly increased strength, 
but at the expense of the significant decrease in elonga‑
tion. In addition, the standard deviation of the Rm and Rp 
increases significantly (Table 2), which is also unacceptable 
for using the material as a ST. Thus, such a material cannot 
be considered for a surgical thread. However, this material 
was also subjected to the corrosion test in order to evaluate 
the effect of cold drawing on the corrosion rate. It is worth 
to note that the room temperature drawing does not change 
the mechanical properties of Zn, since the recrystallization 
temperature of Zn is close to room temperature.

4.2  Corrosion test

Experimental data showing the change in the sample mass 
during the corrosion test, collected in Fig. 7 demonstrate an 
increased corrosion rate of the alloy MgCa0.7 (both for the 
as‑extruded and extruded and drawn wires). The fourteen‑
day test result for MgCa0.7 with diameter of 1.8 mm was 
included to show a very high corrosion rate of this material. 
So, for the drawn alloy the percentage decrease in the sample 

Fig. 5  Microstructure of the zinc wire after drawing. Longitudinal 
section, the horizontal axis is the direction of drawing. Light micros‑
copy

Table 2  Initial mechanical 
properties of tested materials

D (mm) Production technology Rp (YS) (MPa) Rm (UTS) (MPa) A200 (%)

MgCa0.7 1.8 Hot extrusion 126.3 ± 2.52 210.3 ± 1.15 26.7 ± 1.53
MgCa0.9 1.8 Hot extrusion 161.3 ± 12.7 228.3 ± 4.51 14.5 ± 1.27
MgCa1.2 1.8 Hot extrusion 155.8 ± 13.1 224.0 ± 5.35 12.4 ± 1.20
MgCa0.7 0.98 Hot extrusion + cold drawing 303.0 ± 70.3 309.0 ± 71.6 1.4 ± 0.25
Zn 1.6 Properzi method 51.6 ± 0.90 113.0 ± 1.30 37.6 ± 0.90
Zn 1.0 Properzi method + cold drawing 53.3 ± 1.94 126.0 ± 2.20 34.1 ± 1.12
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Fig. 6  The typical engineering stress–strain curves for Zn before 
drawing (d = 1.6  mm) and after drawing (d = 1  mm) and the alloys 
Mg–Ca after extrusion (d = 1.8 mm) and cold drawing (d = 1 mm)
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mass (y) can be expressed by equation: y = 1.3743τ + 6.8745, 
where τ is the test time, in days. For this equation, the R2 
value is equal to 0.98. The corrosion of the extruded alloy 
is slower (see Fig. 7) and it can be express as y = 0.6177τ 
+10.425 (R2 = 0.965). For the other extruded alloys, with 
higher calcium contents, the equations can be expressed as: 
y = 0.6282τ +1.768 (R2 = 0.977) and y = 0.6008τ +0.7484 
(R2 = 0.9775) for alloys MgCa0.9 and MgCa1.2, respec‑
tively. So, two times smaller corrosion rate was observed 
when the calcium content in the alloy rose from 0.7 to 0.9%. 
A further increase in calcium content to 1.2% has much less 
effect on the corrosion rate, similarly, as it was in the case of 
the mechanical properties. A significantly lower corrosion 
rate of the alloy MgCa1 in artificial plasma (i.e., the Tas‑
SBF solution) comparing to the alloy MgCa0.5 was noted 
also by Zakiyddin and Lee [51]. Our research results show 
that this effect can be related to a difference in the alloys 
microstructure. A relatively homogeneous microstructure 
with significantly smaller grains (e.g., about 10 μm) pertains 
to the alloys MgCa0.9 and MgCa1.2. On the other hand, 
the grain size of the as‑extruded MgCa0.7 alloy exhibits 
a bimodal distribution (i.e., several micrometers and about 
20 μm—the value two times higher than for the alloys with 
the higher calcium content). Also, the corrosion rate for this 
alloy is two times greater. The grain size effect on the mag‑
nesium alloys corrosion resistance was previously addressed 
by Carlson et al. [65], Govind et al. [66] and Aung et al. [67]. 
So, according to our results, the effect of calcium content 
on the corrosion rate can be related to some reduction in the 
grain size, however, the pH shift of plasma toward greater 
alkalinity, due to the calcium dissolved in it, may also play 
a certain role. It has been shown that the corrosion rate of 
magnesium can be significantly changed by an increase in 
the pH‑value of a NaCl solution (i.e., the change from a 

linear surface limited reaction to the diffusion limited para‑
bolic one [68]). The pH change may indeed have a certain 
effect in the case of the in vivo experiments. However, in 
our experiment, the pH value was kept constant, and thus it 
did not play an important role, if any. So, the influence of 
 CaMg2 particles on corrosion rate can be rather related to 
the particles chemistry (i.e., the anodic index value, which 
is critical factor for the galvanic corrosion) and the matrix 
grain size. In summary, from the corrosion rate point of 
view, the calcium content in the alloys Mg–Ca can be kept 
in the range of 0.9–1.2%. However, before the recommenda‑
tion of a particular alloy for some biomedical applications, 
it should be taken into account that corrosion characteristics 
of an alloy can be different in the different corrosive envi‑
ronments (e.g., in chemistry of a medium simulating body 
fluids) and depends also on corrosion tests details [69]. So, 
in vivo tests are always necessary.

The present experiments also showed that the average 
corrosion rate of the extruded alloys Mg–Ca, with cal‑
cium contents between 0.9 and 1.2%, and the extruded 
zinc is similar, especially during the first 7–14 days of the 
corrosion test. However, the corrosion rate of zinc during 
the test is not as steady as it was for Mg–Ca alloys. For 
the Properzi zinc (d = 1.6 mm), a significant decrease in 
the mass change was observed between 14 and 21 day of 
the test, but more than the double increase in the corro‑
sion rate was revealed during last 8 days of the test. So, 
the decrease in the mass versus the test time cannot be 
well expressed by a linear equation as it was for Mg–Ca 
alloys. Instead, the much complicated function such as: y 
= 0.003τ3 − 0.1146τ2 + 1.568 τ + 0.4172 (R2 = 0.987) must 
be used. The average corrosion rate of the drawn zinc is 
even lower and this process can be expressed by equation 
y = 0.0143τ2 + 0.1066τ + 3.5183 (R2 = 0.986). In this case, 
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corrosion also clearly accelerates from 15 day of the test 
and in this period of the time it can be described by a lin‑
ear function such as: y = 0.5286 τ − 3.1333 (R2 = 0.999). In 
this stage of the corrosion test the average corrosion rate 
is also lower for the drawn zinc than for the extruded one. 
One can speculate that decrease in the corrosion rate due 
to drawing can be related to some changes in the surface 
quality as well as to the grain size or to crystallographic 
texture developed during deformation. This explanation 
will be addressed in our future study. However, the corro‑
sion rate of zinc, completely and partially immersed in the 
body, may differ substantially as was shown by Borgmann 

and Evans for a chloride solution environment [70]. This 
effect may be especially significant for some surgical 
threads.

4.3  Corroded material

4.3.1  Microstructure of corroded layer

Some plastic forming operations induced defects, such as 
scratches and minor cracks, that can be visible on the wires 
surface (as an example see Figs. 8a, 9a, 10a, 11a). Some cor‑
rosion traces were also present on the zinc surface (Fig. 8). 

Fig. 8  Corrosion effects, Zn wire (d = 1.6 mm). Material before corrosion test (a) and corroded material within 7 days (b), 35 days (c)
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This is understandable because the native zinc oxide can 
react with water (even from the moisture) forming the zinc 
hydroxide which, in turn, easily forms zinc carbonate during 
reaction with carbon dioxide from air. Finally, zinc surface 
can be covered by a mixture of oxide, hydroxide and zinc 
carbonate. This coating can decrease the rate of further cor‑
rosion when the layer is thin and uniform. The layer of this 
type has a dark gray color and this color of layer covering 
zinc wires was detected in our study.

Relatively large flakes of corroded material, loosely asso‑
ciated with the substrate, are typical for the corrosion of 
zinc during the applied in vitro test (Fig. 8b–c). These flakes 
might be somehow related to the zinc grain size which is 
also relatively large (i.e., about 150 μm, Fig. 5). Despite 

of this, a change in the corroded wire diameter on the cor‑
roded wire length seems to be more uniform for zinc than 
for the Mg–Ca alloys. A similar type of corroded zinc layer 
structure was observed for zinc exposed to plasma and to 
the Ringer’s solution (see Fig. 6c and Fig. 6b in [71] respec‑
tively). However, the structure of corroded layer found in the 
present research is different from that observed by Liu et al. 
[72] for various media simulated body fluids (see Fig. 1 in 
[72]). In this case, the corroded layer exhibited a nodular 
shape and various zinc corrosion products density. It was 
also different from the microstructure observed by Meng 
et al. [73] on the pure zinc samples after exposure to a saline 
solution, where the corrosion products have a form of the 
nano‑rods aggregates. The difference in microstructure can 

Fig. 9  Corrosion effects, 
MgCa0.7 wire (d = 1 mm). 
Material before corrosion test 
(a) and corroded material 
within, 7 days (b) and 28 days 
(c)
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result from a difference in experimental conditions (i.e., in 
the electrolyte chemistry and pH value). In our experiments, 
the pH value was kept constant, but in other experiments 
it was usually continuously altered (e.g., grooving in the 
experiment done by Meng et al. [73]). The pH value effect 
on the corroded layer microstructure was characterized by 
Thomas et al. [74] for corrosion of 99.99% pure zinc in aque‑
ous solution of a chloride salt. In this case, for pH equal to 
1, a slug‑like zinc oxide uniformly covered zinc surface. 
This type of microstructure occurred in areas adjacent to 

the surface that were not attacked by corrosion and to other 
areas covered with nodules of zinc oxides, when pH was 
equal to 4 [74]. They also found that the nodular oxides 
density increased with increase in pH, i.e., entire surface 
were covered by oxides at pH 10 while at pH 13 a continu‑
ous thick dense oxides layer was developed. However, in 
the present research rather a flake/lath form of the corrosion 
products were formed. So, it is believed that zinc corrosion 
can be sensitive to a difference in the corrosion conditions of 
the same mammalian’s body and thus in vivo testing may be 

Fig. 10  Corrosion effects, MgCa0.9 wire (d = 1.8 mm). Material before corrosion test (a) and corroded material within 7 days (b), 28 days (c)
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unavoidable. However, our results clearly showed that some 
surface defects induced during applied processing route of 
the wire do not seem to be especially important from the 
corrosion point of view (compare Fig. 8a, c) which, in turn, 
can affect the mechanical properties of corroded metal.

Also magnesium is usually covered by the natural sur‑
face film, of which the chemistry and structure strongly 
depend on the environment, but the nature of such a film 
has not been thoroughly understood so far. However, it is 
well known that the oxide quite well protects magnesium at 

room temperature and there is no significant corrosion in air 
unless water is present [75]. In the presence of water, a white 
color magnesium hydroxide is formed by an electrochemical 
reaction that is accompanied by the release of a hydrogen. 
About 30% humidity in air is sufficient to see first traces of 
this corrosion, at about 80% humidity an amorphous hydrox‑
ide covered over 30% of the surface and for the humidity 
above 93% the transformation into the crystalline hydrox‑
ide was observed [76]. The solid magnesium hydroxide also 
can react with carbon dioxide and water to form the artinite 

Fig. 11  Corrosion effects, MgCa1.2 wire (d = 1.8 mm). Material before corrosion test (a) and corroded material within 7 days (b), 35 days (c)
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(the magnesium hydroxyl carbonate) which can reduce the 
rate of corrosion [76]. The corrosion progress of Mg–Ca 
alloys was completely different than in the case of zinc. Cor‑
rosion layer formed during in vitro test of the alloys was 
cracked, but flaky shape products of the corrosion appear 
to be much more strongly bonded to the substrate than in 
the case of zinc. Such a mechanism of the Mg corrosion is 
typical for environments with relatively low concentrations 
of the  Cl− ions [62]. At high concentrations, typical pit‑
ting corrosion occurs. The size of corroded material flakes 
appears to increase as the calcium content in the investigated 
alloy increases. SEM images of corroded magnesium alloys 
similar to whose observed by us have been also shown by Gu 
et al. for the alloy Mg–1.22 wt% Ca exposed to the Hank’s 
solution (see Fig. 10c in [69]). The relatively fast corrosion 
of the MgCa0.7 alloy with a smaller corrosion flakes is sur‑
prising at first glance, but it can be related to the amount and 
distribution of the  CaMg2 phase in the matrix (see Fig. 3) 
whose presence turned out to be beneficial, at least to the 
amount of 1.2% (see Fig. 7).

4.3.2  Mechanical properties of corroded wires

The local degradation of theMgCa0.7 wire was so high that 
it was not possible to mount the sample in the tensile setup; 
even after 3 days long corrosion test the samples broke dur‑
ing attachment attempts. So, this material could not been 
tested. This problem was not found for the other materials 
for which selected mechanical properties were determined 
and collected in Figs. 12, 13 and 14. Each datum shown in 
these figures is an average of several tests (at least three). It 
was found that corrosion does not significantly influences 
the Young’s modulus value (Fig. 12). On the other hand, 
a strong effect on the ultimate tensile strength (Rm) was 
observed (Fig. 13a). During the first 7 days of the corro‑
sion test, the change in the value of relative strength (i.e., 

Rm/Rm0, where  Rm0 is the value for the material before 
the corrosion test) of Zn and Mg alloys with 0.9–1.2% Ca 
was nearly the same. These materials have also very similar 
corrosion rate values in this period of the corrosion time. 
This was shown in Fig. 13b where the relative strength 
versus decrease in the mass during corrosion was shown. 
Between 7 and 21 corrosion days, the decrease in strength 
for zinc is lowest and for the alloy MgCa0.9 highest among 

Fig. 12  Modification of the Young’s modulus of samples in the 
corrosion process for Zn (d = 1.6  mm), MgCa0.9 and MgCa1.2 
(d = 1.8 mm)

Fig. 13  Modification of the relative Rm of samples in the corrosion 
process for Zn (d = 1.6  mm), MgCa0.9 and MgCa1.2 (d = 1.8  mm): 
a change of relative Rm in time; b relationship between relative Rm 
and decrease of mass

Fig. 14  Modification of the elongation of samples in the corrosion 
process for Zn (d = 1.6 mm), MgCa0.9 and MgCa1.2 (d = 1.8 mm)
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the materials tested, the reverse of the corrosion rate. A 
smoother surface of the corroded zinc wire can be respon‑
sible for lower reduction in the tensile strength compared to 
the case of the magnesium alloys wires despite nearly the 
same decrease in the sample mass during corrosion.

For zinc, a minimum is observed on the dependence of 
Young’s modulus on corrosion time (Fig. 12). This mini‑
mum is also visible for the elongation (Fig. 14). The posi‑
tion of this minimum also corresponds to a sharp change 
in the course of the curve in Fig. 13. The magnitude of the 
observed changes exceeds the standard error, also shown in 
these figures. Thus, the observed phenomenon cannot be 
explained by the experimental error. A possible explanation 
for these results may be this phenomenon is due to the nature 
of zinc corrosion. In the first stages, corrosion occurs une‑
venly. This leads to the appearance of stress concentrators. 
In the future, however, the surface after corrosion becomes 
smoother (Fig. 8c). This reduces the stress concentration 
and leads to the restoration of the original values of Young’s 
modulus and elongation. However, we do not have sufficient 
evidence for such an explanation. These results therefore 
need to be interpreted with caution.

The corrosion effect on the tensile elongation is illustrated 
in Fig. 14. Regardless of the corrosion time, the zinc tensile 
elongation is significantly higher than for Mg–Ca alloys with 
0.9–1.2% Ca, for which the elongation value is only slightly 
dependent on the Ca contents in the alloy. However, even 
for these alloys tensile elongation throughout investigated 
corrosion period is higher than 5% and this value can be 
considered as sufficient for an application to the STs.

In summary, it is believed that the Mg–Ca alloys with 
about 0.9–1.2% Ca can be recommended as a candidate for 
the surgical threads. This conclusion is in agreement with 
results published by of Wan et al. [52] and Li et al. [77] 
where similar alloys were tested as candidates for the bone 
implants. Moreover, our research results have shown that 
the smoother surface of the corroded zinc wire slows down 
the decrease in its tensile strength. This also makes zinc a 
promising material for the STs manufacture.

5  Conclusions

The paper showed results of the in vitro corrosion in bovine 
serum on the mechanical properties of new candidate mate‑
rials for manufacture of the high strength biodegradable 
surgical threads (i.e., Zn and selected Mg–Ca alloys with 
0.7–1.2% Ca). It was shown that the corrosion products have 
relatively large flakes shape and poor adhesion. The rate of 
tested materials biodegradation is high but any biomedical 
application requires in vivo tests determining an effect of 
the corrosion products accumulation in the body. The other 
most important conclusions are given below.

1. An increase in calcium content in the range of 0.7–1.2% 
homogenizes the Mg–Ca alloy microstructure, reduces 
the grain size of the alloys matrix, increases the density 
of  CaMg2 particle distribution and slightly decreases the 
rate of corrosion in a bovine serum.

2. The room temperature drawn alloy MgCa0.7 shows 
relatively large rate of corrosion in a bovine serum (i.e., 
about 29% for the 14 day test). The corrosion rate of this 
alloy was so high that made it impossible to recommend 
this alloy for the future in vivo tests. So, this alloy turns 
out to be unsuitable for the use as a candidate for surgi‑
cal threads.

3. In the entire corrosion period of 35 days, reduction in 
strength of Zn and alloys MgCa0.9 and MgCa1.2 was 
below 50% of its initial value, plasticity of these mate‑
rials was not less than 5% and the Young’s modulus 
was not significantly changed. So, these materials can 
be recommended as candidates for surgical threads.

4. During corrosion, the zinc wire forms a smoother sur‑
face than the magnesium alloy wire. This leads to a 
decrease in stress concentration and, as a result, to a 
smaller loss of strength with the same decrease in mass. 
Zinc also has better ductility than magnesium alloys. 
These factors make zinc also a good candidate for the 
manufacture of surgical sutures.
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