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Abstract. Magnesium AZ31B is a promising biodegradable implant material due to its 

mechanical properties comparable to natural bone and its ability to degrade in physiological 

environments, potentially eliminating the need for secondary surgery. However, its rapid 

degradation can cause a significant loss of mechanical integrity, limiting its use in load-bearing 

applications. This study investigates the evolution of mechanical properties and surface 
characteristics of AZ31B during in-vitro immersion in Simulated Body Fluid (SBF). Tensile tests 

were conducted on triplicate specimens after immersion for 3, 6, and 9 days, while surface 

morphology and corrosion products were analyzed using SEM–EDX. In addition, pH variation 

and mass loss were monitored to evaluate corrosion behavior. The results show a progressive 

decrease in tensile strength from 279.77 ± 5.30 MPa (0 days) to 167.64 ± 2.31 MPa after 9 days 

of immersion, representing an overall reduction of approximately 40%. This degradation was 

accompanied by increased surface corrosion, mass loss, and solution alkalization. These findings 

provide quantitative insight into the relationship between corrosion progression and mechanical 

degradation of AZ31B, highlighting its time-dependent performance limitations and the need for 

surface modification strategies in biodegradable implant applications. 

Keywords: biomaterials, magnesium AZ31B, biodegradable implants, mechanical integrity, 

corrosion 

(Received 2025-09-15, Revised 2025-11-04, Accepted 2026-01-29, Available Online by 2026-04-15) 

1.   Introduction  

Conventional metallic materials currently used as implants for bone fracture fixation, such as medical-

grade stainless steel (SS 316L)[1,2], titanium alloys [3–5] , and cobalt chromium molybdenum alloy 
[6,7]. However, these materials are permanent in nature and lack biodegradability. The long-term 

presence of these permanent implants in the human body may lead to adverse effects, including chronic 

inflammation and stress shielding, as metallic implants act as foreign materials within biological tissues 
[8]. Consequently, secondary surgical procedures are often required to remove the implant after bone 

healing is complete. Such repeated surgeries increase patient trauma, prolong recovery time, and raise 
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healthcare costs. These limitations have driven growing interest in biodegradable metallic implants as a 

sustainable alternative [9]. 

Magnesium is a metal with biodegradable properties. It has attracted significant attention due to its 
good biocompatibility, natural biodegradability, and mechanical properties comparable to those of 

human cortical bone [10,11]. The elastic modulus of magnesium alloys is closer to that of bone than 

conventional implant metals, which helps mitigate stress shielding effects. However, the primary 
challenge limiting the clinical application of magnesium-based implants is their excessively high 

degradation rate in physiological environments [12]. Rapid degradation leads to premature loss of 

mechanical integrity, hydrogen evolution, and local alkalization, which can compromise implant 

performance before sufficient bone healing occurs. Therefore, numerous studies have been conducted 
to address this issue, one of which involves the addition of alloying elements to magnesium. 

Several magnesium alloys, including AZ31, AZ91, and ZK60, have been investigated for biomedical 

applications [13]. These alloys generally exhibit improved corrosion resistance and mechanical stability 
compared to pure magnesium; however, concerns remain regarding long-term biocompatibility, cost, 

and the potential toxicity of alloying element. In contrast, AZ31B magnesium alloy offers a balanced 

combination of moderate mechanical strength, good formability, and the absence of rare-earth elements, 
making it attractive for cost effective and sustainable biomedical applications [14,15]. Nevertheless, 

compared to other magnesium alloys, systematic studies correlating the time dependent degradation 

behavior of AZ31B with its mechanical property deterioration under physiological conditions remain 

limited. 
In addition to alloying element modification, various surface modification techniques such as 

polymer and ceramic coatings applied via dip coating [16,17], spray coating [18,19], and electrospinning 

[20,21] have been extensively explored. While these approaches can delay corrosion, degradation 
processes are not fully eliminated, and mechanical performance continues to evolve during immersion. 

Importantly, existing literature primarily focuses on corrosion rates or surface morphology, with 

comparatively fewer studies providing a quantitative correlation between degradation-induced surface 

changes and the progressive loss of mechanical strength during in-vitro exposure. Therefore, a clear 
knowledge gap exists in understanding how in-vitro degradation affects the mechanical integrity of 

AZ31B magnesium alloy over time and how corrosion morphology relates to mechanical deterioration. 

Addressing this gap is essential for predicting implant lifetime and informing the design of future surface 
modification strategies. 

This research aims to investigate the influence of degradation on magnesium AZ31B in relation to 

the decline in mechanical strength. The immersion process is carried out in a Simulated Body Fluid 
(SBF) solution in an isolated chamber with varying durations. Changes in mass are measured by 

weighing the samples before and after immersion. The pH of the solution is observed during the 

immersion process. Subsequently, the immersed samples undergo tensile testing to assess the decrease 

in mechanical properties over the immersion period. Additionally, surface structure changes are 
characterized both macroscopically and using SEM-EDX. 

2.   Methods 

Magnesium AZ31B alloy sheets with a thickness of 2 mm were used in this study. The chemical 
composition of the AZ31B magnesium alloy consisted of Al 3.23 wt.%, Zn 0.82 wt.%, Fe 0.08 wt.%, 

Mn 0.22 wt.%, Ni 0.001 wt.%, and Cu 0.001 wt.%, with Mg as the balance. Tensile specimens were 

machined in accordance with the ASTM B557 standard for sheet-type metallic materials [22]. The 
specimens had a gauge length of 25 mm, a gauge width of 6 mm, and a cross-sectional area of 12 mm² 

(Figure 1). The total surface area was estimated to be approximately 29.2 cm², assuming full exposure 

of all specimen faces and a thickness of 2 mm. For each immersion condition, three specimens (n = 3) 

were prepared and tested to ensure reproducibility. Prior to testing, all specimens were cleaned using 
ethanol and distilled water. 

In-vitro degradation tests were conducted by immersing AZ31B magnesium alloy specimens in 
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Simulated Body Fluid (SBF) prepared according to the Kokubo and Takadama protocol [23], such that 

the ionic composition closely resembles that of human blood plasma (Table 1). The immersion durations 

were set to 3, 6, and 9 days to represent the early-stage degradation behavior of implants during the 
critical initial bone healing period, when mechanical integrity is still required. For each immersion 

duration, three specimens (n = 3) were used for mass loss measurements, pH monitoring, and subsequent 

mechanical testing. Each specimen was immersed in a sealed polypropylene container containing 200 
mL of SBF, resulting in a solution volume-to-surface area ratio of approximately 20 mL/cm², in 

accordance with commonly reported practices for magnesium corrosion testing. 

 
Figure 1. Specimen geometry and dimensions. 

Table 1. Concentration composition of simulated body fluid 

Reagent Concentration 

(mMol) 

Reagent Concentration 

(mMol) 

NaCl 136.8 MgCL26H2O 1.5 

NaHCO3 4.2 HCL 40 

KCL 3 CaCl2 2.5 

K2HPO43H2O 1 Na2SO4 0.5 

(CH₂OH)₃CNH₂ 50   

 

 
Figure 2. Research workflow 

 
All experiments were performed under static conditions in an incubator at 37 ± 0.5 °C to simulate 

physiological temperature. Static SBF was employed to evaluate the intrinsic degradation behavior of 

AZ31B without the influence of flow-induced shear stresses. The pH of the solution was measured daily 
using a calibrated digital pH meter to monitor environmental changes during the degradation process. 

After the designated immersion periods, the specimens were carefully rinsed with distilled water and 

dried at room temperature for 24 h. Surface morphology and corrosion products were characterized 

using scanning electron microscopy coupled with energy-dispersive X-ray spectroscopy (SEM–EDX, 
JEOL JSM-6510LA). The corrosion rate (CR) was determined using the mass loss method following 
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the immersion test in simulated body fluid (SBF), in accordance with ASTM G31 [24] and ASTM G1 

standards [25]. The corrosion rate (CR) was determined based on mass loss measurements and expressed 

in units of mg/cm²/day, where CR represents the amount of mass loss normalized by the total exposed 
surface area of the specimen and the immersion time. The corrosion products were then removed using 

a chromic acid cleaning solution in accordance with ASTM G1, prior to final weighing for accurate 

mass loss determination. Subsequently, the specimens were subjected to tensile testing using a universal 
testing machine (HT-2402) at a crosshead speed of 1 mm/min under ambient conditions (25 °C) to 

evaluate degradation-induced changes in mechanical properties. The overall sample preparation and 

testing procedure is illustrated in Figure 2. 

3.   Results and Discussion 

Some samples that were immersed in SBF for a certain period were then taken and dried. The samples 

that underwent immersion experienced physical changes from their initial condition. As seen in Fig. 3, 

samples immersed for 3, 6, and 9 days exhibited surface changes with attached white deposits. The white 
deposits resulted from the reaction between the SBF solution and the metal surface. Magnesium, being 

the primary element in the metal, reacts with water or H2O, producing a corrosion product in the form 

of Mg(OH)2 [26]. Additionally, during the 6th and 9th days of immersion, the samples began to 
experience pitting corrosion [27]. It is observed that on the 9th day of immersion, the amount of pitting 

corrosion increased, leading to a decrease in mass and mechanical properties.  

 
Figure 3. Changes in the sample surface after undergoing immersion 

The tensile testing results on samples without immersion and with immersion in the SBF solution for 

different durations show changes in the tensile strength values. This is evident in Figure 4. There is a 

decrease in the tensile strength values with increasing immersion time. The longer the immersion time, 
the lower the tensile strength becomes. This is attributed to the degradation process occurring on the 

surface of magnesium metal with an increasing immersion time. The presence of pitting corrosion on 

the sample surface causes crack-prone areas to form when the sample is subjected to loading. The tensile 
strength value for the non-immersed sample is 274.36 N, while the lowest value occurs after 9 days of 

immersion, amounting to 169.32 N.  

Tensile strength in the test samples experienced a decline of approximately 11%, 22%, and 38% after 
3, 6, and 9 days of consecutive immersion. This reduction in strength is considerably detrimental for the 

application of bone implant biomaterials, as the rate of strength decrease is too rapid. Metal implants 

may experience functional failure before healing occurs in the injured bone area; therefore, a coating 

process is required to enhance mechanical strength [28], with degradable and biocompatible materials 
being highly recommended. In addition, the elastic modulus values increased alongside the decrease in 
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tensile strength values, with changes in strain values that were not significantly pronounced, as indicated 

in Table 2. Samples with an area of 12 mm2 were able to withstand a maximum force of 3292.3 N under 

initial conditions without immersion. When converted into mass units, the use of magnesium alloy 
AZ31B as an implant in the leg bones can support a body weight of approximately 335.9 kg initially. 

However, this drastically decreases to 207.3 kg after 9 days of immersion. Based on the estimated load-

bearing capacity and the observed mechanical degradation rate, AZ31B magnesium with the tested 
cross-sectional area is likely to experience a significant reduction in its safety margin during the early 

period of implantation. Although this estimation is simplified and does not yet account for the complex 

in-vivo loading conditions, the results highlight the importance of surface modification strategies to 

delay degradation and ensure adequate mechanical support throughout the bone healing process [29]. 

 
Figure 4. Tensile testing results with immersion time in SBF solution 

Table 2. Tensile test results of the samples 

Immersion 

(Days) 

Max Force (N) Yield Strength 

(MPa) 

Tensile Strength  

(MPa) 

Strain (%) 

0 3337.2 ± 71.26 182.81 ± 2.84 279.77 ± 5.30 13.74 ± 0.31 

3 3025.63 ± 96.83 175.81 ± 5.37 252.14 ± 8.07 13.91 ± 0.96 

6 2545.30 ± 11.54  150.39 ± 0.76 214.61 ± 5.58 10.67 ± 1.49 

9 2018.30 ± 16.46 134.71 ± 6.02 167.64 ± 2.31 8.66 ± 0.77 

 

In this context, it is important to compare the observed degradation behavior of AZ31B with 

that of other magnesium alloys. Compared with other magnesium-based alloys, AZ31 

magnesium, which has a chemical composition similar to AZ31B, has been reported to exhibit 

better corrosion resistance than ZK60, which is more susceptible to pitting corrosion, whereas 

AZ31 tends to undergo filiform corrosion [30]. Nevertheless, the corrosion rate obtained in the 

present study remains relatively higher than that of the AZ91 magnesium alloy [31]. Several 

previous studies have also demonstrated that the corrosion resistance of magnesium alloys can 

be significantly enhanced through the application of surface coating treatments [32]. Therefore, 

the relatively rapid strength degradation of AZ31B observed in this study can be attributed to 

its intrinsically lower corrosion resistance, which accelerates the initiation and propagation of 
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pitting corrosion and effectively reduces the load-bearing cross-sectional area. This 

comparative analysis underscores the novelty of the present study in providing time-dependent 

quantitative data on the tensile strength degradation of AZ31B, which remains limited in the 

existing literature, particularly with respect to implant performance during the critical early 

stage of bone healing. 
Figure 5 illustrates the changes in pH values in the SBF solution during the immersion process. The 

variation in pH values results from the alteration of hydrogen content caused by the reaction between 

the metal and the SBF solution. This reaction leads to a significant increase in pH values in the first five 

days, stabilizing in the subsequent days [33]. The reaction between H2O and Mg can be considered an 
oxidation-reduction process, where the anodic reaction involves the transformation of Mg into Mg2+, 

while the cathodic reaction involves hydrogen evolution. In this context, H2O accepts electrons to 

produce H2 and OH−, and the formation of OH− contributes to the pH increase in the immersion 

solution. Subsequently, Mg2+ reacts with OH− to form Mg(OH)2 [34]. In the final stage, the corrosion 
product Mg(OH)2 serves as a protective layer, while the pH value of the solution gradually decreases to 

reach a stable level. 

  
Figure 5. Changes in the pH values of the SBF solution during the immersion process 

 

The change in sample weight during the immersion period is illustrated in Figure 6. The 

unimmersed sample had an initial weight of 5.164 g and exhibited a significant increase in 

weight during the first 1–3 days of immersion, reaching 5.281 g on day 3. This weight gain is 

attributed to the formation of Mg(OH)₂ corrosion products adhering to the sample surface, 

resulting in an increase in sample mass [27]. During days 4–6 of immersion, corrosion 

progressed further, leading to the degradation of Mg(OH)₂ particles on the sample surface and 

a gradual decrease in sample weight. Subsequently, during days 6–9 of immersion, the 

extensive formation of pitting corrosion caused a more pronounced reduction in sample weight, 

reaching 5.157 g on day 9. Based on the total mass loss of 7 mg over 9 days and an exposed 

surface area of 29.2 cm², the average corrosion rate was calculated to be approximately 0.027 

mg/cm²/day. This value indicates a relatively low corrosion rate, which can be attributed to the 

static condition of the SBF solution and the continued presence of protective Mg(OH)₂ deposits 

adhering to the metal surface. The corrosion rate increased with prolonged immersion time, 

consistent with a transition from relatively uniform surface corrosion to localized pitting 
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corrosion. The highest corrosion rate was observed in the 6–9 day interval, coinciding with 

extensive pitting formation and a significant deterioration in mechanical properties [35]. 

 
Figure 6. Changes in sample weight over immersion time 

Figure 7 shows SEM images of magnesium AZ31B without immersion (Figure 7 (a)) and after 

immersion in SBF solution for 3-9 days (Figure 7 (b-d)). As seen in Figure 7 (a), the surface morphology 

without immersion has a uniform structure distribution. In Figure 7 (b), the sample immersed for 3 days 

begins to experience surface corrosion, starting with the formation of solid clusters adhering to the 
surface. Additionally, microcracks form, causing the outer layer to fracture and grain boundaries to 

detach. At this stage, there is an increase in the corrosion rate due to the fracture of the outer layer, 

forming rectangular blocks with varying sizes. In Figure 7 (c and d), clear evidence of pitting corrosion 
is observed. The outer layer, already cracked, transforms into micropores. The formation of micropores 

increases as oxidation protection is lost on the sample surface [34,36]. In Figure 7 (d), fibers resembling 

unruly hair or blooming flowers are clearly visible. At this stage, the surface structure beneath the pitting 
corrosion area is distinctly seen, similar to the structure of the sample without immersion. In this case, 

it can be confirmed that layers are formed during the corrosion process on the surface of magnesium 

AZ31B metal. 

Figure 8 illustrates the corrosion mechanism of AZ31B and its relationship with the reduction in 
tensile strength during the immersion process. At the initial stage, the magnesium surface is protected 

by an MgO oxide layer formed through the interaction between the metal and the oxygen-containing 

environment. As immersion in the SBF solution proceeds, a continuous reaction occurs between 
dissolved Mg ions and O and H species in the solution, leading to the formation of Mg(OH)₂ as the 

primary corrosion product. This reaction progressively weakens the protective layer and triggers the 

formation of microcracks in the outer layer. With continued reactions along these microcracks, corrosion 
evolves into pitting corrosion, resulting in the loss of the oxide layer and the exposure of the underlying 

surface, while the degraded oxide layer transforms into a microporous structure with broad, flat walls 

resembling a flower crown [37]. From a mechanical perspective, the formation of corrosion pits and a 

porous corrosion layer reduces the effective load-bearing cross-sectional area and creates sites of high 
stress concentration, thereby promoting premature crack initiation under tensile loading and explaining 

the rapid decline in tensile strength despite relatively small changes in global strain. The clear correlation 

between the evolution of surface morphology and composition and the mechanical response provides 
direct mechanistic evidence that corrosion progression plays a dominant role in the loss of structural 

integrity of the AZ31B magnesium alloy during in vitro testing. 
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Figure 7. Surface morphology of magnesium AZ31B (a) without immersion, (b) immersed for 3 

days, (c) immersed for 6 days, (d) immersed for 9 days 

 

Figure 9 presents the EDX analysis results before (Fig. 9a) and after immersion (Fig. 9b), revealing 

a transition from an initially relatively homogeneous surface dominated by MgO to a multicomponent 
corrosion layer after immersion, composed of MgO accompanied by traces of Na₂O, Al₂O₃, SiO₂, P₂O₅, 

and CaO. This compositional evolution reflects the intensive interaction between the alloy surface and 

the SBF solution, consistent with medium alkalization and the observed mass loss during immersion. 
The detection of Ca and P elements within the corrosion layer indicates the possible nucleation of 

calcium phosphate (CaP)-rich phases, which are commonly associated with enhanced bioactivity and 

osseointegration potential. However, their non-uniform distribution suggests that the formed CaP layer 
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is discontinuous and insufficient to provide effective corrosion protection. This allows localized 

corrosion to persist beneath the partially protective layer, thereby accelerating pitting formation and 

mechanical degradation. In addition, the reduced intensity of the Al₂O₃ signal at longer immersion times 
indicates that the surface interface becomes increasingly covered by magnesium corrosion products. 

From a mechanical perspective, such surface degradation accelerates tensile strength deterioration 

through a reduction in the effective load-bearing cross-sectional area and the initiation of localized 
damage. Overall, these findings emphasize the need for interface stabilization through controlled surface 

engineering strategies, such as pre-treatment or functional coatings, to balance bioactivity and corrosion 

resistance, as well as the necessity for phase identification and layer thickness verification using X-ray 

diffraction (XRD) and cross-sectional mapping. 
 

 
Figure 8. Schematic of the corrosion process of magnesium AZ31B 

 

 
Figure 9. EDX test results (a) without immersion (b) after immersion 
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4.   Conclusions 

This study investigates the in vitro degradation behavior of AZ31B magnesium alloy in Simulated Body 

Fluid (SBF) through tensile testing, surface characterization using SEM–EDX, and pH variation 
monitoring. Macroscopic observations revealed the formation of white corrosion products on the 

specimen surfaces, while pitting corrosion became increasingly pronounced after immersion for more 

than 6 days. The degradation process was initiated by the breakdown of the protective oxide layer, 
followed by the formation of Mg(OH)₂, microcracks, pitting corrosion, and microporous structures, 

which collectively led to a rapid decline in mechanical performance. Tensile test results demonstrated a 

progressive reduction in tensile strength of approximately 10%, 23%, and 40% after 3, 6, and 9 days of 

immersion, corresponding to an average early-stage strength loss of about 4–5% per day. From a 
mechanical performance perspective, these findings indicate that uncoated AZ31B is not yet suitable for 

long-term load-bearing biodegradable implant applications, as the rapid loss of tensile strength may 

compromise structural support before optimal bone healing occurs. Based on the simplified loading 
assumptions adopted in this study, the effective mechanical safety margin is predicted to decrease 

significantly during the early implantation period, highlighting the importance of controlling the initial 

degradation rate. To further complement this research, future studies should prioritize surface 
modification strategies, such as biodegradable polymer or composite coatings, to delay early-stage 

degradation and preserve mechanical integrity, supported by phase analysis and corrosion layer 

thickness evaluation using XRD and cross-sectional SEM mapping, as well as extended-duration in vitro 

and in vivo investigations under dynamic loading and fluid flow conditions to more realistically 
represent the physiological environment. 
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