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Abstract: Magnesium and its alloys have the intrinsic capability

of degrading over time in vivo without leaving toxic degradation

products. They are therefore suitable for use as biodegradable

scaffolds that are replaced by the regenerated tissues. One of

the main concerns for such applications, particularly in load-

bearing areas, is the sufficient mechanical integrity of the scaf-

fold before sufficient volumes of de novo tissue is generated. In

the majority of the previous studies on the effects of biodegra-

dation on the mechanical properties of porous biomaterials, the

change in the elastic modulus has been studied. In this study,

variations in the static and fatigue mechanical behavior of

porous structures made of two different Mg alloys (AZ63 and

M2) over different dissolution times (6, 12, and 24 h) have been

investigated. The results showed an increase in the mechanical

properties obtained from stress–strain curve (elastic modulus,

yield stress, plateau stress, and energy absorption) after 6–12 h

and a sharp decrease after 24 h. The initial increase in the

mechanical properties may be attributed to the accumulation of

corrosion products in the pores of the porous structure before

degradation has considerably proceeded. The effects of mineral

deposition was more pronounced for the elastic modulus as

compared to other mechanical properties. That may be due to

insufficient integration of the deposited particles in the structure

of the magnesium alloys. While the bonding of the parts being

combined in a composite-like material is of great importance in

determining its yield stress, the effects of bonding strength of

both parts is much lower in determining the elastic modulus.

The results of the current study also showed that the dissolution

rates of the studied Mg alloys were too high for direct use in

human body. VC 2018 Authors Journal of Biomedical Materials Research

Part A Published by Wiley Periodicals, Inc. J Biomed Mater Res Part A:

00A:000–000, 2018.
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INTRODUCTION

Open-cell porous metallic biomaterials have many advan-
tages over rigid biomaterials. For example, porous biomate-
rials have lower stiffness values, which helps better load
transfer between the bone and implant, thereby avoiding
stress shielding and the resulting bone resorption.1,2 The
interconnected hollow space inside these structures also
facilitates uniform bone cell seeding.3 Some metals such as
iron alloys (e.g., Fe-Mn) as well as magnesium and its alloys
have the intrinsic capability of degrading over time when
being in contact with body fluids (corrosion).4 The degraded
parts of biodegradable porous structures are replaced by
biological tissues via physiological extracellular compo-
nents.4 If the porous structure is biodegradable, it does not
require removal or replacement by subsequent surgeries
years after the implantation, which are usually costly, risky,

and painful.5,6 To keep the structural integrity of the
implant, the degradation rate of the biodegradable scaffold
should be close to the rate of new tissue regeneration.7

Magnesium is known as one of the best metallic biode-
gradable biomaterials. This is because in addition to being bio-
degradable, magnesium is an osteoconductive material and
bone growth activator.4 One of the main concerns about the
usage of pure magnesium for manufacturing of porous bioma-
terials is its fast degradation rate, which can cause failure of
the implant before the new bone tissues have completely
replaced it. Several works have been carried out on the study
of microstructure, corrosion resistance, and mechanical proper-
ties of Mg and its alloys such as Mg–3Ca–2Zn, Zn-Mg, Mg–3Ca,
AZ91D, ZM21, Mg2Ca, AZ91, ZE41, and ZK60.8–18

By tuning the amount of alloying elements, the degrada-
tion rate of the magnesium alloy could be adjusted to be
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close to the rate of new bone regeneration. The results of a
study by Aghion and Perez19 showed that increasing the
porosity reduces the corrosion resistance of MRI 201S Mg
alloy porous biomaterials significantly. They therefore sug-
gested the use of a coating or some other surface treat-
ments to restrain the degradation of scaffold. Cheng et al.20

reported that a homogeneous MgF2 coating on the surface
of porous magnesium is able to suppress rapid corrosion.

The focus of the majority of the previous studies has
been on the investigation of biodegradation rate of Mg
alloys. Although the effect of biodegradation on the mechan-
ical performance of porous biomaterials is one of the main
concerns for using them as load-bearing implants, only a
few works6,21,22 have been carried out to address this
aspect. For example, Lietaert et al.6 used NaCl spaceholders
to produce porous structures made of four different magne-
sium alloys (M2, AZ63, ZM21, and MZX211). The results of
their study showed that the dissolution rate of such materi-
als is too high (leading to excessive hydrogen evolution and
fast drop in the elastic modulus and yield stress of the scaf-
folds) and therefore they are not suitable for direct use in
human body. They suggested carrying out postprocessing
procedures to decrease the dissolution rate.

There are three questions that are of great importance
for bone-replacing Mg implants but have not been investi-
gated before. First, besides the elastic modulus and yield
stress investigated in Ref. 6, other mechanical properties
such as plateau stress and energy absorption are also of
great importance in determining the mechanical integrity of
the Mg porous structure after being inserted into the body.
Second, measurement of the noted mechanical properties in
earlier times (such as 6 and 12 h) can also give a better
impression on the involved effective mechanisms. Third,
since the (load bearing) bone-replacing implants are usually
loaded in cyclic loads rather than static loads, studying their
fatigue response can give a good overview on their perform-
ance in real life.

To further improve our understanding of the mechanical
behavior of biodegradable Mg alloys,6 we studied here
variations in the static mechanical properties of porous
structures made of AZ63 and M2 magnesium alloys over

different dissolution times. The elastic modulus, yield stress,
plateau stress, and energy absorption after different degra-
dation times td56; 12, and 24 h were measured and com-
pared to the corresponding values of nondegraded porous
structures. In addition to static loads, the fatigue response
of these porous biomaterials after different degradation
times was also studied.

MATERIALS AND METHODS

Materials and manufacturing
The production of the specimens will only be described
shortly here, a more detailed report is available in Ref. 6.
The porous Mg specimens (Fig. 1) were produced by repli-
cation processing. NaCl particles with a diameter around
500 mm were used as the space holder material. NaCl was
cold pressed isostatically to create an NaCl column, which
was then placed in a furnace. The Mg alloy was placed on
top of the NaCl column and the furnace was heated to
6908C. An Ar pressure of 3 bar was used to press the liquid
metal in the NaCl column between the connected NaCl
grains. The volumetric density of the NaCl in the final speci-
men is determined by the pressure in the cold isostatic
press (CIP), which was 17.3 MPa in this case. Two different
Mg alloys were used for infiltration: AZ63 (6 wt % of Al
and 3 wt % of Zn) and M2 (2 wt % of Mn). As Al has been
linked to neurological disorders, the AZ63 alloy is not a real
biomedical alloy.23 In this research, AZ63 is considered as a
benchmark, as the mechanical properties of Mg-Al alloys
have been studied more extensively than those of Mg-Mn
alloys. The Mg-NaCl composites were machined into cylin-
drical specimens with diameters of 6 mm and heights of
10 mm. The NaCl space holders were removed with a solu-
tion which contained 0.133M Cl– and 0.15M F– in H2O (pre-
pared from NaCl and NaF), thereby obtaining porous Mg
alloys.

In vitro degradation
The degradation setup for evaluating the degradation behav-
ior of the specimens is also described in detail in Ref. 6. A
static phosphate buffered saline (PBS) solution from Sigma
Aldrich (P4417) was used as the degradation medium. The
H2PO2

4 2HPO22
4 buffer system was used to keep the pH con-

stant during degradation. The H2 gas release during the
degradation test was measured with an eudiometer and was

FIGURE 1. A view from M2 (left) and AZ63 (right) porous specimens.

TABLE I. Change in Porosity of AZ63 and M2 Alloy Porous

Structures Over Time

Alloy
Degradation

(h)
Average

Porosity (%)
Min

Porosity (%)
Max

Porosity (%)

AZ63 0 80.80 80.11 81.95
6 78.99 78.14 79.58
12 79.53 79.30 79.89
24 81.48 80.98 81.92

M2 0 81.26 80.94 81.75
6 80.39 80.03 80.58
12 80.78 80.35 81.15
24 80.83 80.16 81.37

2 HEDAYATI ET AL. MECHANICAL BEHAVIOR OF BIO-DEGRADABLE POROUS MG ALLOYS



used as a measure of the degradation rate. The smallest
measureable amount of H2 was 0.8 mL. The entire setup
was kept at 378C with a Julabo HC F20 thermal bath and
specimens were retrieved after 6, 12, and 24 h of degrada-
tion. In the first 8 h, the volume of the released hydrogen
gas was measured every hour, and then at the time points

of 10, 12, and 24 h. Four specimens were tested for each
combination of alloy and degradation period. After degrada-
tion process, the specimens were dried in a hot air oven at
658C before further characterization.

The amount of H2 release at the time points of 6, 12 ,
and 24 h was compared between the two groups (i.e., M2
and AZ63) using a one-way analysis of variance (ANOVA).
All the analyses were performed using SPSS (IBM SPSS Sta-
tistics for Windows, Version 22.0. Armonk, NY: IBM) with
the level of significance chosen at 0.05.

Characterization
A GE Phoenix Nanotom micro-computed tomography (mCT)
system was used to scan the specimens. Reconstruction was
done with the Phoenix Datos|x2 software (GE, MA, United
States). The settings used resulted in a voxel size of 5.5 3

5.5 3 5.5 mm3. CTAn software (Bruker, Belgium) was used
to calculate the porosity of the scaffolds.

Metallography was also used to observe the grain shape
and size of both the M2 and AZ63 structures. To do this, the
specimens were ground using sand papers from 80 grit size
to 2000 grit size. The surfaces of the specimens were then
polished with respectively 3 and 1 mm polishing cloths.

FIGURE 2. Average change in H2 release with respect to time for both

AZ63 and M2 alloy porous structures.

FIGURE 3. Examples of EDS patterns of the external surface of AZ63 and M2 alloy porous structures after 6, 12, and 24 h dissolution times.
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Both alloys were finally etched by applying 3 s of the fol-
lowing etchant: 5 g picric acid, 10 mL nitric acid, 10 mL dis-
tilled water, and 80 mL ethanol. The microstructure of the
specimens was observed with a scanning electron micro-
scope instrument (SEM, JSM-IT100, JEOL, Japan). The surfa-
ces of the specimens were sputter-coated with an
electrically-conducting material (gold) before carrying out
the SEM imaging to avoid charging of the specimen. Energy-
dispersive spectroscopy (EDS) was used to analyze elemen-
tal composition in the cross-section as well as the external
surface of the specimens.

Mechanical testing
Compressive mechanical tests were carried out using an
MTS machine (load cell of 10 kN) with a loading rate of
1.8 mm/min. The methodology used for obtaining the mate-
rial constants of the porous structures was based on the
one recommended by ISO 13314:2011.24 For each specimen,
four different material constants, namely quasi-elastic gradi-
ent (hereafter referred to as the elastic modulus) E, yield
stress ry, plateau stress rpl, and energy absorption U were
obtained.

To calculate the yield stress, the initial linear part of the
stress–strain curve was offset to the right side by 0.2% and

its intersection with the stress–strain curve was measured.
To have the plateau stress, the arithmetical mean of the
stresses between 20% and 40% compressive strains was
calculated.24 The elastic modulus of the porous structure
was determined by calculating the slope of the line connect-
ing the two points at stress levels of r20 and r70 (i.e., 20%
and 70% of plateau stress) in the linear gradient part of the
stress–strain curve. To calculate the energy absorption of
the porous structure, the area below the stress–strain
diagram was measured up to 50% strain (according to
standard ISO 13314: 201124). The noted parameters were
measured at different times of td56; 12, and 24 h for each
alloy type. For each alloy and dissolution time, compressive
mechanical tests were carried out for three specimens, and
the average and standard deviation of their results were cal-
culated. The mechanical properties were statistically com-
pared to those determined at the initial time point using a
Kruskall–Wallis test. All the statistical analyses were per-
formed using SPSS (IBM SPSS Statistics for Windows, Ver-
sion 22.0. Armonk, NY: IBM) with the level of significance
chosen at 0.05. The results are provided in the supplemen-
tary material.

As for the fatigue tests, each specimen was loaded cycli-
cally in compression-compression. The loading ratio (the

FIGURE 4. Examples of EDS patterns of dissolution products of AZ63 and M2 alloy porous structures after 6, 12, and 24 h dissolution times.
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ratio of the minimum to the maximum peak load applied to
the specimen in each cycle) was set to 10 for all the speci-
mens and a loading frequency of 15 Hz was chosen. The
maximum cyclic compressive load for each specimen was
chosen to be 0.6 of the yield compressive load obtained
from the quasi-static tests.

RESULTS

mCT analysis
Table I shows that all the batches have a porosity close to 80%
and that the intrabatch variation is acceptable. As control over
the size and position of the spaceholders is limited, some intra-
batch variation of porosity could be expected. The porosity of
the samples was almost 100% interconnected and thus open,
as determined from the micro-CT scans. The ‘windows’
between different pores are controlled by the deformation of
the NaCl particles during cold isostatic pressing. No quantita-
tive data about the size of these ‘windows’ is available.

Degradation rate
Figure 2 shows the average degradation rates of the AZ63
and M2 specimens over 24 h together with the standard devi-
ations. The average degradation rate for AZ63 was lower than
that for M2. H2 release in the group of AZ63 did not signifi-
cantly differ from those of M2 at the time points of 6 and 12
h (p-values> 0.05), while it was significantly different at the
time point of 24 h (p5 0.02). Moreover, the H2 release rate in
M2 slightly increased with time, while it was almost constant
in AZ63 (Fig. 2). EDS measurements on AZ63 after td512 h
showed very high amounts of Cl, Na, and Zn (about twice the
amount of Mg), and considerable amount of Ca (Fig. 3),

although the amount of minerals (Ca, Cl, Na, and Zn)
decreased significantly at td524 h. However, EDS measure-
ments on M2 showed that Mg is the most frequently found
element at all the dissolution times td56; 12; and 24 h (Fig.
3). Examples of EDS patterns of dissolution products of both
AZ63 and M2 porous structures are shown in Figure 4.

Metallography of both alloys demonstrated that a major
part of the M2 specimens are mono-phasic with no observ-
able grain boundaries [Fig. 5(a)]. On the other hand, the
cross-section of struts in AZ63 specimens showed several
grains with prominent boundaries [Fig. 5(b)]. The grain
boundaries consisted of a very light-colored cores and gray-
white textured area around them [Fig. 5(c,d)]. EDS measure-
ments on the cross-section of AZ63 porous structures
showed that Mg is the dominant alloy inside the grains
while the majority of the alloying elements (Zn and Al) are
concentrated in the light part of the grain boundaries (Fig.
6). The alloying elements were also present in the textured
areas but in lower amounts (Fig. 6). On the other hand, the
element composition of all the areas in the cross-section of
M2 specimens was similar and no significant difference was
observed (Fig. 7). Mineral deposition on AZ63 and M2
specimens after different dissolution times can be visually
observed in Figures 8–9.

Mechanical response
The average stress-strain curves of both AZ63 and M2 alloy
porous structures after different dissolution times are
shown in Figure 10. All the mechanical properties including
elastic modulus, yield stress, plateau stress, and energy

FIGURE 5. Etched cross-section of (a) M2 and (b) AZ63 porous structures. The grains are easily recognizable in AZ63 cross-sections. In (c, d) the

grain boundaries of AZ63 are demonstrated in higher magnification.
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absorption of both AZ63 and M2 structures increased sub-
stantially after td56 h (Fig. 11). The values of the yield and
plateau stresses as well as energy absorption capacity did
not change significantly after another 6 h (i.e., td512 h).
For the yield stress, plateau stress, and energy absorption,

the values of the noted parameters were slightly smaller
after 12 h as compared to those after 6 h [Fig. 11(b–d)].
The elastic modulus showed a relatively large decrease after
12 h as compared to its value after 6 h [Fig. 11(a)]. After
td524 h, all the noted mechanical properties showed a

FIGURE 6. EDS pattern of the cross-section of AZ63 porous structures in three different phases: (a) a part of the cross-section including the

grains (gray), the boundaries (white), and the area between them (textured in gray and white). The EDS measurements are shown in (b, c) for

the inner parts of the grains, (d, e) in the boundaries of the grains, and (f, g) in the textured part.
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sharp decrease to values around or even smaller than their
initial values. The middle raised part in the quasi-static
mechanical properties diagrams was more pronounced in the
porous structures made of AZ63 magnesium alloy as compared
to those made of M2 (Fig. 11). For example, from td50 to
td56 h, the average elastic modulus of the porous structure

made of AZ63 alloy increased from 28 to 105.16 MPa (275.5%
increase). In the same period of time, the increase in the elas-
tic modulus of the porous structure made of M2 alloy was,
however, from 12.96 to 15.01 MPa (15.8% increase).

The plots presenting the mechanical properties were
redrawn also in a normalized way (Fig. 12), which was

FIGURE 7. EDS pattern of the cross-section of M2 porous structures: (a) a part of the cross-section including the twin bands. (b–g) show the EDS

measurements at points demonstrated in the top picture.
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defined as the mechanical property at each time t divided
by its initial value td5t0. Since the difference between the
absolute values of mechanical properties of AZ63 and M2
was quite large, normalizing the mechanical properties
would give a better impression on how the mechanical
properties of each structure change with respect to its ini-
tial value due to dissolution. Similar to absolute mechanical
property curves (Fig. 11), all the mechanical properties
curves showed an increase in their value at td56 h and td5

12 h but showed a huge drop at td524 h. There were two

interesting points in the normalized curves. First, while the
normalized elastic modulus curve of AZ63 showed a signifi-
cant increase at td56 h and td512 h, the increase in the
elastic modulus of M2 at the two noted time points was not
considerable [Fig. 12(a)]. Second, each porous structure had
similar normalized curves of yield stress, plateau stress, and
energy absorption [Fig. 12(c,d)].

As for the fatigue tests, no failure was observed before
1,000,000 cycles in the specimens, except one which failed
at cycle number around 900,000. According to previous

FIGURE 8. SEM images of M2 porous structures in two different magnifications (350 and 3300) after 0, 6, 12, and 24 h.
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studies,25 the cycle numbers that an implant needs to sus-
tain in the first month after surgery is between 100,000
and 1,000,000 cycles. As a result, the cyclic tests were
stopped after 1,000,000 cycles. Although due to limitations
in the number of specimens, the fatigue tests were carried
out at load ratio of 0.6 only, the unlimited fatigue life for
this load ratio, also shows the unlimited fatigue lives for
smaller load ratios. In one of the specimens (M2 sample
after 6 h degradation), the cyclic loading was continued
after 1 million cycles and it failed after around 2,000,000

cycles (Fig. 13). The displacement-life curves of all the
specimens were similar to each other and were straight hor-
izontal lines. The displacement-cycle curve of one of the
samples which showed earlier fatigue failure is demon-
strated in Figure 13(d). The other specimens did not show
the final failure part.

DISCUSSIONS

Mg alloys degrade in salty water through the following
process4:

FIGURE 9. SEM images of AZ63 alloy porous structures in two different magnifications (350 and 3300) after 0, 6, 12, and 24 h.
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Mg sð Þ12H2O! Mg OHð Þ2 sð Þ1H2 gð Þ (1)
Mg sð Þ12Cl2 aqð Þ ! MgCl2 (2)

Mg OHð Þ2 sð Þ12Cl2 aqð Þ ! MgCl212OH2 aqð Þ (3)

The H2 release rate in M2 was higher than that in AZ63
(Fig. 2). One of the reasons can be the higher percentage of
Mg present in M2 as compared to AZ63 (ca. 98% in M2 as
compared to 90% in AZ63). Alloying pure magnesium could
change the rate of degradation in four ways. First, some ele-
ments such as Ca, Zr, and Sr decrease the corrosion rate
through grain refinement mechanisms.26 Although grain
refinement leads to a large area of grain boundaries that

cause galvanic corrosion, large grain boundaries could act
as a more effective physical barrier to corrosion than coarse
grains.27 In addition, a high fraction of grain boundaries is
likely to accelerate passivation kinetics and reduce the
intensity of micro galvanic coupling between grains and
grain boundaries.28,29 Second, some rare earth elements
increase corrosion resistance while some other decrease.
This is because different rare earth elements interact differ-
ently with the corrosion product layer. For instance, La and
Nd oxides can combine with Mg OHð Þ2 which improves cor-
rosion resistance, while Er decreases corrosion resistance
because it enhances the stability of the Mg OHð Þ2 layer.26

Third, if alloying is of solid solution type, the alloying ele-
ment(s) could change the corrosion potential. For example,
it has been shown that increasing the content of Al in Al-
alloyed Mg decreases its corrosion rate.26,30 Fourth, if the
amount of alloying element exceeds the solid solubility of
the metal, intermetallic phases are formed. Depending on
the shape and size of the second phase, this could have a
double role in the corrosion rate of the Mg alloy. A fine and
continuous second phase slows the corrosion process
whereas the presence of discontinuous second phase accel-
erates corrosion.26 This is because the corrosion products
could form on the surface of the alloy and retard the corro-
sion of Mg matrix (to have a clearer picture, see Fig. 22b in
Ref. 31). Among the four factors mentioned above, the latter
two may have been playing a role in the higher corrosion
rate of M2 as compared to AZ63, since AZ63 includes 6 wt
% of Al. Moreover, metallography (Fig. 5) showed that
the AZ63 microstructure is featured by Mg matrix and

FIGURE 10. Average stress-strain curves of AZ63 and M2 alloy porous

structures after different dissolution times.

FIGURE 11. Comparison of (a) elastic modulus, (b) yield stress, (c) plateau stress, and (d) energy absorption capacity of AZ63 and M2 porous

structures at different dissolution times.
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continuous second phase which has different compositions
(Fig. 6). While M2 alloy only has a single phase with homo-
geneous composition (Fig. 7). It has also been shown15 that
both Zn and Mn contents decrease the corrosion rate. Due
to presence of both elements in both the alloys (Mn in M2
and Zn in AZ63), it is not possible to readily compare their
corrosion resistance effects.

In the design stage of porous implants made of titanium
or other nonbiodegradable materials, the main focus is
mainly on tailoring the stiffness of the porous material, and
other mechanical properties are usually of less importance
as the safety factor of the implant is usually taken suffi-
ciently high to avoid failures caused by yielding, collapsing
of the cells, and so forth In the biodegradable magnesium
implants, however, since the mechanical properties decrease
over time, the stresses experienced by the implant can
come close to the momentary yield and plateau stresses of
the biodegradable material. Similarly, energy absorption
capacity of the implant (mostly composed of post-yielding
strain of the material) becomes important to indicate the
capability of the implant to deform under impact before
being completely fractured.

Both the absolute and normalized mechanical properties
curves showed an initial increase in their value after td56
h and td512 h and a sharp decrease after td524 h (Figs.
11 and 12). Two mechanisms are effective in determining
the development of mechanical properties during dissolu-
tion. While dissolution decreases the mechanical behavior of
the porous structure itself, the corrosion products trapped

in the pores increase the mechanical properties of the sys-
tem consisting of the porous structure and the corrosion
products inside it. Depending on the degree each mecha-
nism works, the resulted mechanical properties can be less
or more than initial mechanical properties (i.e., before disso-
lution). The initial increase in the mechanical properties
was more pronounced for AZ63. This initial increase in
mechanical properties could be attributed to the more sig-
nificant accumulation of corrosion products (Ca as well as
other minerals such as Cl, Na, and Zn) over the AZ63 porous
structure as compared to those in M2 porous structures (as
shown in Fig. 3). Weight percentage of mineral elements on
external surfaces of AZ63 samples also showed higher val-
ues after 6–12 h as compared to those of M2 specimens
(see the details on weight percentage in the Supporting
Information). Comparison of Figures 8 and 9 also demon-
strates the higher mineral deposition in AZ63 structure as
compared to M2 structure. It is not clear whether the initial
increase in mechanical properties will be observed in an in
vivo implant, since the matter which fills the pores over
time would be of a different nature in vivo due to the pres-
ence of cells, limited fluid flow, a much more complex chem-
ical environment and so forth. The H2 release in AZ63 alloy
was also much lower (about half) than that in M2 porous
structure (Fig. 2), which shows its lower dissolution rate.
While in M2 porous structure, the two mechanisms (disso-
lution decreasing mechanical properties and corrosion prod-
ucts increasing mechanical properties) balance out each
other, in AZ63 structure, due to lower dissolution rate, the

FIGURE 12. Comparison of normalized (a) elastic modulus, (b) yield stress, (c) plateau stress, and (d) energy absorption capacity of M2 and

AZ63 porous structures at different dissolution times. The subscript “Int” stands for “Initial” and corresponds to mechanical properties before

dissolution starts.
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corrosion products take a big role in increasing the mechan-
ical properties substantially after 6 and 12 h. As the degra-
dation continues, the structure loses its mechanical integrity
significantly in both cases (the normalized mechanical prop-
erties of both AZ63 and M2 are very close after td524 h).
In AZ63 porous structures, the effects of mineral deposition
was more pronounced for the elastic modulus [Figs. 11(a)
and 12(a)] as compared to other mechanical properties
[Figs. 11(b–d) and 12(b–d)]. This may be due to relatively
weak bonding between the deposited particles and porous
structure of the magnesium alloy. While the strength of the
interfacial bonding between both parts in a composite-like
material is of great importance in determining the yield
stress of the structure, the effects of interfacial bonding
strength of the two parts may be of lower importance in
determining the value of the elastic modulus of the
composite-like material. That is due to the fact that the load
may be easily transferred between both un-bonded phases
through the normal component of the surface traction
between both phases. Therefore, the load is distributed
between the two phases which decreases the total displace-
ment of the structure (i.e., increases the structure stiffness).

Degradation creates pitting on the surface of porous bio-
materials, which can convert into notches, which in turn
decrease the fatigue life of the porous structure. Our fatigue
study showed that none of the specimens [except one speci-
men which failed in cycle number around 900,000, Fig.
13(d)] showed failure earlier than 1,000,000 cycles. In other
words, if a porous Mg specimen is able to withstand static

failure, it won’t show fatigue failure for loads <60% of its
yield load. The cyclic tests were not continued after
1,000,000 as this number is considered as indefinite fatigue
life.32 This is because, in average, adults take approximately
between 2.3 million (in the US33) to 3.7 million (in the Swit-
zerland34) steps per year. Since the bone regeneration is
usually completed after 4 months, the generated bone after
around 1 million cycles will enhance the fatigue perform-
ance of porous implant. Our previous study showed that the
endurance limit of porous biomaterial can increase up to
10-fold after being filled by bone.35

The porous magnesium alloy structures usually show
much higher degradation rates as compared to their solid
(i.e., nonporous) counterparts. This is due to their much
higher surface area per volume which increases their inter-
action with body fluids. There are many manufacturing
methods to produce porous magnesium-based structures.
The main methods to manufacture magnesium-based porous
biomaterials with random pore distribution and size include
removable spacer, low pressure casting, and powder sinter-
ing.4 The main techniques used for manufacturing regular
magnesium-based porous biomaterials are leaching, replica-
tion, vapor deposition, electrodeposition, space holder,36 and
solid free-form process.4 In recent years, some attempts
have been made to manufacture regular periodic structures
based on magnesium or its alloys.37,38 Manufacturing of
these structures using additive manufacturing techniques
has more challenges compared to other biocompatible mate-
rials such as titanium,39–41 Nitinol,42 tantalum,43 and steel44

due to the high reactivity of magnesium and its alloys with
oxygen and their significant flammability at high tempera-
tures.38 Future developments in safe additive manufacturing
techniques could assist in manufacturing Mg alloy porous
structures with the desired topology that satisfies many fac-
tors such as low stiffness (close to bone), less surface area
exposed to body fluids, and so forth.

Many other techniques have been proposed to decrease
the corrosion rate of porous structures. One of the methods
is using Fe as a scaffold material, as Fe has also shown bio-
degradation properties.45,46 Contrary to magnesium, the
main issue with Fe porous structures is their too slow deg-
radation rate.4,47 One of the promising methods to decrease
the degradation rate of magnesium down to the tissue heal-
ing speed is using coating or other surface treatment techni-
ques.48 The other method would be using specified amounts
of biodegradation enhancing or diminishing materials in
different cells of closed-cell porous magnesium implant to
tailor the degradation rate to values close to tissue regener-
ation. However, since impermeable closed-cell structures are
not very suitable for tissue regeneration, one suggestion
could be using porous structures containing both open and
closed cells wherein closed cells (which encapsulate biode-
gradation enhancing or diminishing biomaterials) are meant
to tailor the degradation rate.

CONCLUSIONS

In this study, the variations in the static and fatigue
mechanical properties of porous structures made of AZ63

FIGURE 13. Views of an M2 specimen after 6 h degradation: (a) before

fatigue tests, (b) after around 1,900,000 cycles, and (c) after around

2,000,000 cycles. (d) The displacement-cycle diagram of one of the

M2 specimens, which showed failure earlier than 1,000,000 cycles.
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and M2 magnesium alloys over different dissolution times
(6, 12, and 24 h) were studied. In vitro tests displayed
higher release of H2 in M2 as compared to AZ63. The
results showed an increase in the mechanical properties
obtained from stress–strain curve (elastic modulus, yield
stress, plateau stress, and energy absorption) after 6–12 h
and a sharp decrease after 24 h. The initial increase in the
mechanical properties could be attributed to the accumula-
tion of corrosion products in the pores of the porous struc-
ture before degradation has considerably progressed. The
effects of mineral deposition was more pronounced for the
elastic modulus as compared to other mechanical proper-
ties, that is, yield stress, plateau stress, and energy absorp-
tion. This is because the deposited particles are not well
bonded with the magnesium alloy porous structure. While
the bonding strength of both parts in a composite-like mate-
rial is of great importance in determining its yield stress,
the effects of bonding of the two parts is much lower in
determining the elastic modulus due to the fact that the
load could be easily transferred between the two phases
through the normal component of the surface traction in
the interface. The results of the fatigue study demonstrated
high fatigue resistance of the porous Mg materials as they
did not fail under cyclic loading for cyclic loading as high as
60% of their yield load.
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