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ABSTRACT 
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Committee Chair: Lia Stanciu 

 

Bioresorbable iron-manganese (Fe-Mn) alloys are considered as a new class of biomaterials for 

the development of orthopedic fixation devices due to their promising mechanical properties, 

comparable to the human cortical bone, and the ability to degrade in the physiological environment 

and release small quantities of metallic ions/particles that are absorbable by the host. The greatest 

challenge for developing an ideal resorbable Fe-Mn alloy is to increase the degradation rate of the 

alloy without compromising the alloy biocompatibility, that is, causing zero or minimal local and 

systemic toxicity to the tissue. Another challenge is to improve osteo-integration through inducing 

a cascade of events leading to tissue ingrowth. 

 

The incorporation of porosity into the Fe-Mn alloys aimed to increase the corrosion rate and to 

provide the three-dimensional structure for cellular activity and nutrient transport. The Fe-

30wt.%Mn alloys with 0-, 5-, 10-, and 60-volume percent porosity were produced through the 

space holder technique in powder metallurgy. The space-holder material, ammonium bicarbonate 

(NH4HCO3), was sieved to a particle size ranging 355~500 µm. The microstructures and 

mechanical properties of the alloys, as well as the influence of the degree of porosity on the alloy 

corrosion rates comparing to the concentrations of the degraded metal ions were investigated. 

Although the Fe-30Mn alloys containing 60-vol% porosity exhibited the lowest average ultimate 

compressive strength of 381 MPa among the tested groups, they were still mechanically stronger 
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than a typical human wet compact bone. Furthermore, the alloys had the highest average corrosion 

rate of 0.98 ± 0.20 mm/year, compared to 0.13 ± 0.07 mm/year for the non-porous Fe-30Mn alloys. 

Nevertheless, the extract from the 60%-pore group had a cytotoxicity effect to the bone marrow 

stem cells (BMSCs) at an average normalized cell viability of 58%, which was below the standard 

viability of 70%, considered as cytotoxic in the indirect cytotoxicity study. The cytotoxicity study 

also corresponded to the highest level of transition metal ions Mn2+ released into the media for the 

60%-pore group at an average ion released rate of 7 mg/day, compared to the other groups 

presenting similar Mn2+ released rates about 4 mg/day after 1 day of incubation. The extreme case 

of the 60%-pore group demonstrated the tradeoff between the corrosion rates and biocompatibility. 

On the other hand, the 10%-pore group showed an average ultimate compressive strength of 737 

MPa comparable to the stainless steel 316L, an average corrosion rate of 0.260 ± 0.09 mm/year, 

which was 2-fold higher than the non-porous group, and an average cell viability of 86% close to 

the non-porous group. It is promising based on the above results, however, the osteo-integration 

of the 10%-pore group in terms of cell-to-cell and alloy-to-cell interactions was not ideal.  

 

It is hypothesized that coating collagen on the Fe-30Mn alloys can improve osteo-integration or 

biochemical events promoting cell adhesion, migration, and proliferation, as the alloy degrades. 

After preparing collagen coating on the Fe-30Mn alloys via spin coating with the spin speed of 

4250 rpm for 30 seconds, a potentiodyanmic polarization test and a direct cytotoxicity test on four 

Fe30Mn groups: non-porous and 10% porosity, with and without collagen coating, were conducted.  

The average cell count and size for the experimental Fe-30Mn and control Ti6Al4V groups over 

72 hours were also evaluated. There was no significant difference between the collagen-coated and 

non-coated groups in corrosion rates, yet a significant decrease from the porous non-coated group 
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to the porous collagen-coated group in the cytotoxicity level (15% to 9%, respectively) was found. 

The cell morphology on the porous non-coated Fe-30Mn group displayed round shape, whereas 

that on the porous collagen-coated Fe-30Mn group displayed flattened spreading. Furthermore, the 

porous collagen-coated Fe30Mn group showed significant increase in the average cell count (2376 

± 401 cell/mm2) and size (66 ± 10 µm) within 24 hours, nearly three-fold in count and 1-fold in 

size compared to the porous non-coated Fe-30Mn group. The study showed that the collagen 

coating significantly increased the initial cell viability and adhesion for both the porous and non-

porous groups without impeding their degradation rates.  

 

With the incorporation of porosity and surface coating with Type I collagen, Fe-30Mn alloys could 

become the next generation transient load-bearing medical devices. However, investigations of 

alloy processing, including powder production, powder size and shape for porosity control, as well 

as spin coating parameters (spin speed and spin time for homogeneous coating), and the qualitative 

and quantitative evaluation of the corrosion particles are encouraged in the future. Also, long-term 

in vivo studies to mimic human physiological environment are encouraged.   
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 INTRODUCTION 

1.1 Metallic Implants in Biomedical Fields 

For over a century, metals have been primarily used for implants in the medical fields of 

cardiovascular, orthopedic, dentistry, craniofacial, and otolaryngology [1]. Their capability of 

providing extensive strength and ductility after implantation, normally undergoing cyclic or static 

loading, marks their superiority over ceramics and polymers, especially for some orthopedic 

applications. Numerous studies have evolved metallic implants that are non-toxic and allergy-free 

in vivo [2–7]. Typically, metallic biomaterials are high in density to support sequential loads and 

non-magnetic to be compatible with magnetic resonance imaging (MRI) and X-ray imaging. 

Classical metallic implants include stainless steel SS316L, cobalt (Co) alloys (i.e. CoCrMo), 

titanium (Ti) alloys (i.e. Ti6Al4V), gold (Au) and silver (Ag) that have been used since antique 

times. 316L stainless steel is strong and resistant to corrosion when alloyed with about 18 wt.% 

chromium (Cr), 8 wt.% nickel (Ni), and a little amount of molybdenum (Mo) [8]. Stainless steel 

316L is often considered as a standard when compared with new developing biomaterials since it 

is vastly practiced in clinical use for various implant fields. Other metallic materials target different 

applications. Co alloys are specifically used for orthopedic joint implants as they display excellent 

wear resistance. Lightweight Ti alloys are generally employed as bone fixation devices (plates, 

screws, pins) because they are tough and more flexible than SS316L, which reduces bone loss 

from the effect of stress shielding [9]. Alloys combined of Au and Ag with a little amount of zinc 

(Zn) and tin (Sn) exhibit great ductility and castability in dentistry [10]. Besides commercial 

metallic implants, biodegradable metals have been more recently proposed for use in temporary 

implants. 
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1.2 Biodegradable Metals 

Biodegradable, or bioresorbable, materials are temporary, nontoxic, and capable of being degraded 

and reabsorbed in human body within a designated period. Some of these degradable materials are 

suitable for fracture repair and fixation devices, as well as for temporary cardiovascular stents. Due 

to an increasing elderly population and number of road accidents, the market for orthopedic trauma 

fixation devices has increased tremendously [11]. Scholars are working at the frontier of medical 

science to develop bioresorbable materials that require no secondary implant-removal surgery after 

healing to reduce persistent pain from material stress shielding and fatigue failure.  

 

The ideal bioresorbable metal requires: (1) zero or minimal toxicity, (2) strong structural support, 

(3) adequate degradation and resorption rates, and (4) native tissue ingrowth. Other than 

mechanical properties, corrosion behavior, and biocompatibility of materials, biological 

environment parameters such as body temperature, level of pH, and local or systemic inclusions 

also affect the performance of materials after implantation. For fixation devices that require 

significant mechanical properties, biodegradable metals are more suitable than biodegradable 

polymers owing to their strong structural support and high fatigue limit. Present biodegradable 

metals investigated are either iron-based or magnesium-based alloys [2,12–16]. 

 

Iron and magnesium (Mg) already exist in minor quantities within the human body, which 

highlights them as highly biocompatible at low concentrations [12]. Pure iron is more attractive 

than Mg due to its superior mechanical properties and stability when contacted with human plasma; 

Mg corrodes and reacts with water rapidly, creating undesirable hydrogen gas that prolongs tissue 

inflammation after implantation [13,17]. Iron also serves as a component of hemoglobin, a 

complex protein in erythrocytes, which plays a vital role in transporting oxygen from plasma to 
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surrounding tissues [18]. Previous in vivo studies of stents composed of pure iron displayed no 

pronounced inflammation or significant toxicity at local or systematic tissues, making pure iron a 

feasible material for a degradable medical implant [14,15]. Nevertheless, degradation rates of pure 

iron in-vivo were slower than those expected in vitro, in research concentrated on developing new 

methods to improve their corrosive behaviors. An effective solution is to alloy manganese (Mn), 

an essential element for bone formation and calcium absorption, with pure iron to accelerate the 

overall degradation rate [12,19].  

1.3 Structure, Properties and Processing of Fe-Mn Alloys 

Pure iron is ferromagnetic and exhibits a body-centered cubic (BCC) structure known as α-iron or 

ferrite. With the addition of Mn, its BCC structure transforms into a face-centered cubic (FCC) 

structure, known as γ phase or austenite. In the Fe-Mn binary system, as shown in Figure 1.1, a 

martensitic transformation between the γ phase and the metastable hexagonal closed-packed (HCP) 

structure, also called ε phase or martensite, is of most interest [20]. This martensitic transformation 

is reversible at starting temperatures upon cooling MS (i.e. γ → ε) and heating AS (i.e. ε → γ) [21,22].  

 

Both MS and AS decrease as Mn content increases between the composition of 13 wt% and 27 wt% 

Mn [23]. Alloys with over 30 wt.% Mn are completely austenitic, however, the diffraction peaks 

of the ε phase can be observed after plastic deformation [24]. When plastic deformation occurs, 

stacking faults in the γ matrix act as nucleation sites for the ε phase [25]. Upon plastic deformation 

of quenched Fe-Mn alloys, new ε phase forms and the grains of the existing ε phase grow. 

Hermawan et al. evaluated Fe-Mn alloys with Mn content that ranged from 20 wt.% to 35 wt.% as 

potential candidates for use in biodegradable stents. In Figure 1.2, Fe-Mn with 20 wt.% and 25 

wt.% Mn content reveal a duplex structure of γ and ε phases after quenching but turned into a 
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single ε phase after cold rolling with 20% thickness reduction, whereas Fe-30Mn and Fe-35Mn 

contained a single γ phase after quenching but after cold rolling, both γ and ε phases are observed 

[24]. 

 

Figure 1.1 Phase Diagram of Fe-Mn Binary System [20] 
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Figure 1.2 X-ray diffraction patterns of Fe-Mn alloys after quenching (Q) and 20% cold rolling 

(CR) [24] 

 

The microstructure of those specimens showed that the γ phase is prevalent in alloys having a 

higher Mn content (30 wt.% and 35 wt.%) while in alloys with 20 wt.% and 25 wt.% Mn, only the 

ε phase exists. The ε phase is well known for its highest density among all phases in the Fe-Mn 

system [26]. Since this martensitic phase is harder and denser than the γ phase, one can explain the 

increasing ductility with the increasing Mn composition. In Table 1.1, the yield strength of Fe-Mn 

alloys ranged from 234 MPa for Fe-35Mn to 421 MPa for Fe-20Mn and the elongation at break 

ranged from 7.5% for Fe-20Mn to 32% for Fe-35Mn. There is a slight increase of ductility of Fe-

20Mn alloys, compared to Fe-25Mn alloys, where stress relaxation mechanism takes place via 

plastic deformation as well as the formation of α0 phase [27]. Large grains of martensitic ferrite 

induce stress relaxation, and hence enhance the elongation of Fe-20Mn alloys. 
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Table 1.1 Mechanical properties of Fe-Mn alloys in comparison to SS316L and Ti4Al4V alloys. 

The values in parenthesis are standard deviation. Data adapted from Heramawan et al. [24] and 

ASTM handbooks [28, 29] 

Material Phase 
Ultimate Strength 

(MPa) 

Yield Strength 

(MPa) 

Maximum 

Elongation (%) 

Hardness 

(Rockwell A) 

Fe-20Mn γ + ε 702 (11) 421 (27) 7.5 (1.5) 59 (1) 

Fe-25Mn γ + ε 723 (19) 361 (33) 4.8 (0.4) 56 (1) 

Fe-30Mn γ 518 (14) 239 (13) 19.0 (1.4) 40 (1) 

Fe-35Mn γ 428 (7) 234 (7) 32.0 (0.9) 38 (2) 

SS316L [28] γ  490 190 40 – 

Ti6Al4V [29] α + β 860 795 10 – 

 

When alloyed with more than 29 wt.% Mn, Fe-Mn alloys exhibit antiferromagnetic behavior [26, 

30]. This can be a great advantage for magnetic resonance imaging in clinical use. Furthermore, 

alloys of Fe-30Mn and Fe-35Mn have similar mechanical properties compared to SS316L, which 

marks them as good candidates for biodegradable materials. Fe-Mn alloys can be fabricated either 

through traditional ingot metallurgy such as casting with subsequent cold/hot working and 

mechanical machining [16, 31] or powder metallurgy (PM) such as sintering and metal injection 

molding (MIM) [19, 32, 33]. PM is a modern state-of-the-art technique to create alloys or 

composites through metallic powders and is economically used for large manufacturing of 

complex structures [34]. The beauty of using PM is that porous structures of Fe-Mn alloys can be 

obtained. These open pores serve as a good platform for cell migration and proliferation on the 

material scaffold, which in turn improves bone ingrowth for orthopedic fixation devices [32,33]. 

However, impurities such as manganese oxide (MnO) and the inferior weak mechanical properties 

induced by porosity need to be considered when developing Fe-Mn alloys through PM [19,32]. 
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1.4 Degradation Behavior of Fe-Mn Alloys 

Biodegradable metallic materials are designed to resorb over an appropriate period of time at 

specific implanted sites. For cardiovascular resorbable scaffolds, the desired controlled 

degradation time is within 6 to 12 months, and for orthopedic resorbable scaffolds, the desired 

controlled degradation time requires at least 6 months [35, 36]. When an Fe-Mn alloy is in contact 

with a physiological environment, the physiological environment acts as an electrolyte in which 

electrochemical reactions take place; this process is also known as corrosion. The electrochemical 

mechanism between the Fe-Mn alloy and the electrolyte involves the anodic reaction of metals 

(Eqs. 1-2) and the cathodic reaction (Eq. 3) of the electrolyte. These corrosion reactions result in 

the formation of oxides, hydroxides as well as other inorganic products (Eq. 4).  

 

Fe → Fe2+ + 2e− (1) 

 

Mn → Mn2+ + 2e− (2) 

 

2H2O + O2 + 4e− → 4OH− (3) 

 

Mn+ + nOH− → M(OH)n or nMO.nH2O (4) 

 

At the surface of an Fe-Mn alloy, galvanic corrosion occurs due to potential diff erences between 

the matrix interface (grain boundaries) and the alloy/electrolyte interface. Electrons released from 

anodic reactions (Eqs. 1 and 2) are depleted by the dissolved oxygen from the electrolyte that 

undergoes the reduction (cathodic) reaction (Eq. 3) where hydroxyl ions form. Positive metallic 

ions released from Eqs. 1 and 2 subsequently react with the hydroxyl groups and create a layer of 
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hydroxides on the surface of the alloy Eq. 4). This passive layer is often an inhibitor of further 

degradation of the implant material. However, since the hydroxide layers cover the surface 

unevenly, pitting corrosion takes place. This localized pitting results from the hydrolysis of metal 

chlorides, which are products of metal ions from the alloy and chlorine ions (Cl−) from the 

aggressive physiological environment. Equation 5 depicts the reaction between iron ions and Cl− 

during pitting because iron is the primary material of the Fe-Mn alloy. Composites of hydroxide 

and hydrogen chloride form when pitting proceeds. 

 

Fe2+ + 2Cl− → FeCl2 + H2O → Fe(OH)2 + HCl (5) 

 

Inorganic composites, such as calcium and phosphorus, also accumulated on the surface of the 

alloys after pitting because of localized alkalization [37]. These agglomerates display an 

amorphous coral structure that are similar to hydroxyapatite (HA), which is a fundamental 

component of the bone matrix that conducts the ingrowth of hard tissues. 

 

Since corrosion is an electrochemical reaction between anode and cathode, electrons flow between 

the grain boundary of the alloy (anode) and the immersed electrolyte (cathode), resembling the 

degradation behavior of Fe-Mn alloys. Consequently, the corrosion current density (icorr) can be 

measured via conducting a potentiodynamic polarization experiment in which the degradation rate 

of the specimen can then be calculated from the ASTM G59-97 standard (Eq. 6) [38]: 

 

CR =  𝐾1
𝑖𝑐𝑜𝑟𝑟EW

 𝜌
 (6) 
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where CR is the degradation rate of the alloy in millimeters per year (mmpy), K1 = 3.27×10−3 mm 

g µA−1 cm−1 yr−1, icorr stands for the current density in mA/cm2, ρ is the density of the sample in 

g/cm3 and EW is the equivalent weight of the sample in grams. 

 

Static impedance measurement can also determine the corrosion rate of Fe-Mn alloys based on the 

mass loss of alloys after immersion over a period of time. Followed by the ASTM G31-72 standard 

[39], the mass loss equation is: 

 

CR =  𝐾2
𝑊

 𝐴𝑡𝜌
  (7) 

 

where CR is the corrosion rate (mmpy), K2 = 8.76 × 104 mm hr cm−1 yr−1, W stands for the mass 

loss in grams, A is the surface area of the alloy exposed to the tested solution in cm2, t is the 

immersed time in hours, and ρ is the density of the alloy in g/cm3. 

 

By utilizing both polarization and immersion corrosion tests, the degradation rate of Fe-Mn alloys 

varies based on the weight percentage of Mn content, the processing technique, as well as the 

immersion solution. In Table 1.2, the average corrosion rate of sintering Fe-20Mn alloys and Fe-

35Mn alloys is 1.3 mmpy and 0.7 mmpy, respectively, when tested in a Hank’s balanced salt 

solution (HBSS) [24]. The higher degradation rate observed in Fe-20Mn alloys is predictable 

because Fe-20Mn alloys contain both ε and γ phases while Fe-35Mn alloys contain only the γ 

phase. This duplex structure intensifies the initiation of galvanic corrosion and also the 

intergranular corrosion at grain boundaries, which increases the corrosion rate.  
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Table 1.2 Corrosion rates of Fe-Mn alloys in comparison to pure iron 

Material Processing Solution 
icorr 

(µA/cm2) 
CR (mmpy) 

Fe-20Mn [31] cast osteogenic media 75.8 0.9 

Fe-20Mn [24] sintering HBSS 113 1.3 

Fe-33Mn [31] cast, LSM α=0◦ osteogenic media 72.5 0.8 

Fe-33Mn [31] cast osteogenic media 30.2 0.3 

Fe-35Mn [24] sintering HBSS 55 0.7 

Fe-35Mn [32] sintering, 20 vol% spacer SBF 284 5.26 

Pure Iron [31] annealed osteogenic media 4.38 0.05 

Pure Iron [24] annealed HBSS 16 0.2 

LSM = large-strain machining, α = rake angle, SBF = simulated body fluid. Data adapted from [24, 31, 32] 

 

Even within the same composition, the degradation rate of Fe-Mn alloys can be greatly improved 

through plastic deformation and porosity incorporation. It is found that Fe-33Mn alloys degrade 

from 0.3 mmpy to 0.8 mmpy after being subjected to large strain machining (LSM) with a rake 

angle (α) of 0◦ [31]. Fe-35Mn alloys with 20 vol.% porogen, ammonium bicarbonate (NH4HCO3), 

present an average corrosion rate of 5.26 mmpy, a much higher degradation rate compared to non-

porous sintered Fe-35Mn alloys (0.7 mmpy) [32]. However, the increased corrosion rate lowers 

the mechanical properties of the alloy. Balancing both the degradation rate and mechanical 

properties of Fe-Mn alloys requires further investigation to optimize a fracture fixation device. 

One can notice that the degradation behavior of Fe-Mn alloys also depends on the solution being 

immersed in. The average corrosion rate of cast Fe-20Mn alloys is 0.9 mmpy when tested in an 

osteogenic cell culture medium [40], while the average corrosion rate of sintered Fe-20Mn alloys 

is 1.3 mmpy when tested in HBSS [24]. The osteogenic media contain 10-vol.% of fetal bovine 

serum (FBS) that hinders the degradation rate of the alloy because the alloy surface is covered by 

the proteins from FBS. Nevertheless, no evaluation of proteins deposition on Fe-Mn alloys has 

been studied so far to the author’s knowledge. 
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Notice that the lowest degradation rate of Fe-Mn alloys is still larger than the degradation rate of 

pure iron in Table 1.2. Adjusting the level of Mn content and the amount of porosity, along with 

plastic deformation of the alloy can optimize the degradation rate of Fe-Mn alloys and allow for a 

desired time frame of mechanical stability. According to their microstructure, mechanical 

properties, and degradation behaviors, Fe-Mn alloys are promising implant candidates for metallic 

biodegradable fixation devices.  

1.5 Biological Interactions between Fe-Mn Alloys and Cells 

In the mid-20th century, biomaterials that elicit zero or little host response after implantation were 

considered biocompatible. Such bioinert materials were selected because they were functionally 

matched with the host tissue and were widely used for industrial applications. However, material 

being bioinert is not sufficient reason for clinical use, since implant failure due to other issues 

unrelated to reactivity has catastrophic results in terms of the eff ect on the host tissues and the 

performance for the intended application. Therefore, the biocompatibility of a material was 

redefined as “the ability to fulfill a proper host response in a specific application,” which has been 

widely accepted since introduced by Dr. Williams in 1987 [41]. 

 

There are several reactions that occur following implantation that proceed according to a sequential 

time-line of events, including thrombus formation, acute and chronic inflammation, immune 

response, foreign body reactions, and fibrous capsule formation [42]. The first host response starts 

from plasma proteins adsorption onto the surface of the implant immediately after the injury. The 

cascade of protein adsorption and desorption, known as the Verman eff ect [43], is the initiator of 

thrombus formation resulting from platelet adhesion and accumulation, and in turn triggering the 

migration of neutrophils and monocytes that portray inflammation. Macrophages, the phagocytic 
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cells derived from monocytes, infiltrate the inflammatory site and fuse into foreign body giant cells 

(FBGCs). These FBGCs are great indicators of the foreign body response because they attack the 

implant surface by releasing reactive oxygen species (ROS), which consist of hydroxyl radicals 

(OH·) and superoxide anions (O2
−·) [44]. Notice that ROS are surplus oxidative agents that 

facilitate the oxidation process upon corrosion. Consequently, metal ions released due to the 

cathodic reaction accelerates, which, once absorbed into cells, alternates cellar behaviors including 

their morphology, proliferation, and diff erentiation. The high level of metal ions may ultimately 

result in necrosis. Cellular activity is strongly aff ected by the physical and chemical characteristics 

of the metal implant. Diff erent compositions of manganese contents as well as processing of Fe-

Mn alloys are of most importance to invoke positive cellular responses. It was found that the 

murine fibroblast cells (NIH3T3) expressed the highest relative metabolic activity when they were 

exposed to Fe-30Mn powders at a concentration of 1 mg/ml, as shown in Figure 1.3 [37]. However, 

the study measured cellular metabolic activities with the presence of alloys in powder forms, which 

may cause discrepancies when practiced in bulk. Standards such as American Society for Testing 

and Materials (ASTM) and International Organization for Standardization (ISO) are necessary to 

conduct cytotoxicity tests for Fe-Mn alloys in vitro and in vivo [45]. 
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Figure 1.3 Relative metabolic activities of 3T3 fibroblasts in the presence of Fe-Mn alloy 

powders with various manganese contents [37] 

 

Chou et al. observed a higher murine calvarial osteoblastic cell (MC3T3-E1) density after 3 days 

of direct culture with 3-D printed Fe-30Mn specimens compared to that of culture with culture 

plastic, as shown in Figure 1.4, indicating good biocompatibility of Fe-30Mn alloys [33]. 

Nevertheless, difficulties in controlling parts shrinkage and open porosity during sintering hindered 

the mechanical properties and manufacturing consistency of 3-D printed Fe-30Mn. It is necessary 

to develop controllable porosity of Fe-Mn alloys to improve cell migration and proliferation 

without mechanical failure, as the interconnected porosity enhances continuous bone in-growth 

vital to tissue regeneration. 
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Figure 1.4 Fluorescent images of MC3T3-E1 cells attached after 1 and 3 days culture on (a,c) 3-

D printed Fe-30Mn and (b,d) tissue culture plastic [33] 

 

Besides porosity, cellular activity such as releasing small molecules like growth factors and 

enzymes, as well as interacting with proteins and the material matrix also influences the 

degradation rate of a biomaterial. Some types of cells such as macrophages and osteoclasts can 

even resorb ions/particles leaching from the bulk matrix, adding complexity of degradation 

parameters in the biological environment. The definition of biocompatibility of a material 

thereafter refers to “the ability to induce proper cellular activity such as cellular adhesion, 

proliferation, migration, and distribution of inter/intra-cellular molecular signaling systems that 

promote tissue ingrowth without eliciting undesirable local or system host responses” from the 

tissue engineering standpoint [46]. A combination of matrix structure, degraded ions/particles, and 
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cellular activities cooperated within the matrix-host environment needs to be well investigated to 

obtain the optimum degradation rate of Fe-Mn alloys. 

 

Currently, there is no cell-based study of Fe-Mn alloys regarding matrix resorption through 

osteoclasts, derived from monocyte/macrophage lineages, and to hard tissue mineralization 

through osteoblasts, derived from bone marrow stem cell lineages. Active osteoclasts prevail as 

the matrix exhibits a rough surface compared to smooth topography [47]. There are two types of 

metal degraded products: particles and soluble (ionic) debris. Metal wear particles typically range 

with size less than 1 um, which can be swallowed by cells (pinocytosis) without phagocytosis and 

hinder the diff erentiation of macrophages into osteoclasts [47–50]. Soluble metal ions with ion 

concentrations expressed in mol per liter (mol L−1) or parts per million (ppm) bind to serum 

proteins and disseminate into local and systemic environments. A high concentration of metal ions 

elicits tissue inflammation, immunologic response, and cell necrosis. It is important to control 

metal ion release below the ion concentration at which cellular activity remains in half, also known 

as TC50, for the design of Fe-Mn alloys. Iron, with TC50 about 100-1000 µM, is an essential 

element in ferritin to transport oxygen in tissue for host metabolism [51]. An excess of iron leads 

to heart and liver failures [52, 53] as well as causing ischemia stroke [54]. However, it is 

manganese that is of most concern because excess of Mn ions in low quantities (TC50 about 10-

100 µM) can result in neurotoxicity linked to Parkinson’s disease [51,55]. In addition, Mn with 

ion concentrations higher than 1 mM strongly decreases the proliferation and viability of MG63 

osteoblasts as an increased amount of pro-inflammatory cytokine, interleukin 6 (IL-6), was found 

[56]. The recommended dietary allowance (RDA) of Mn is 2.3 mg/day for men and 1.8 mg/day 
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for women with the tolerable upper intake level (UL) of 11 mg/day; while the RDA for Fe is 16 

mg/day for men and 12 mg/day for women with the UL of 45 mg/day [57].  

 

Although several metal ions such as titanium, chromium, and cobalt from commercial total joint 

implants activate macrophages to release pro-inflammatory cytokines including interleukin-1β 

(IL-1β), IL-6, and tumor necrosis factor-α (TNF-α) [58] that induce diff erentiation of osteoclast 

lineages into mature osteoclasts to bone resorption [59], there is no study of whether Mn and Fe 

ions released from Fe-Mn alloys can result in gene expression of TNF-α, IL-1β, and IL-6, neither 

the cellular diff erentiation, proliferation, and molecular biological signaling aff ect the degradation 

parameters of temporary Fe-Mn implants have been studied. The biocompatibility of Fe-Mn alloys 

regarding alloy microstructures, numbers of metal particles/ions released as well as their eff ect on 

cellular behaviors in respect to degradation behaviors, need to be explored in the future. 

1.6 Summary of Chapter 1 

Development of bioresorbable metallic implants aims to provide temporary support and induce 

defected tissue regeneration where bone cells (osteoclasts and osteoblasts) repeat the processes of 

resorbing degraded alloy particles and secreting bone layers on the active interface, respectively. 

Due to their suitable microstructures, mechanical properties, and corrosion behavior characteristics, 

Fe-Mn alloys are considered as a new class of promising degradable metallic biomaterials for 

temporary orthopedic fixation devices. Despite the cellular metabolic activities of NIH3T3 and 

proliferation of MC3T3 that have been observed when cells were exposed to Fe-30Mn alloys, 

standardization and controllable porosity are required to optimize the degradation rate in this 

material system. Simultaneously, cell-based investigations of Fe-Mn alloys that focus on cellular 

gene expression and diff erentiation induced by metal degradation products, either ions or particles, 
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must be considered. Thus, designing transient orthopedic materials is an undertaking displaying a 

high level of complexity of the investigations of the proposed material systems.   
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 INVESTIGATION OF POROSITY ON MECHANICAL 

PROPERTIES, DEGRADATION AND IN-VITRO CYTOTOXICITY LIMIT 

OF FE30MN USING SPACE HOLDER TECHNIQUE 

Experimental work and analysis were performed by Sabrina Huang. The writing was performed 

by Sabrina with the editing by Dr. Lia Stanciu. The work was submitted and published in Materials 

& Engineering C.  

2.1 Background 

Biodegradable, or bioresorbable, materials are temporary, nontoxic, and capable of being degraded 

and reabsorbed in human body within a designed period. Criteria for a successful transient implant 

include providing structural support, maintaining desired degradation and resorption rates as well 

as promoting appropriate interactions between cells, the extra-cellular matrix (ECM), and the 

implant itself. Other than mechanical properties, corrosion behavior, and biocompatibility of 

materials, the biological environment such as body temperature, level of pH, and local or systemic 

inclusions also affect the performance of materials after implantation. For orthopedic fixation 

implants such as bone pins, bone screws, and bone plates, etc., that require significant mechanical 

properties, metallic biomaterials are more suitable than polymers and ceramics owing to their 

strong structural support and high fatigue limit. Present biodegradable metals investigated are 

either iron-based or magnesium-based alloys because iron and magnesium already exist in minor 

quantities within the human body, which highlights them as highly biocompatible at low 

concentrations [60].  

 

Pure iron is more attractive than magnesium in terms of its superior mechanical properties and 

stability when contacted with human plasma; magnesium corrodes and reacts with water rapidly, 
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creating undesirable hydrogen gas that prolongs tissue inflammation after implantation [61]. Iron 

also serves as a component of hemoglobin, a complex protein in erythrocytes, which plays a vital 

role in transporting oxygen from plasma to surrounding tissues [18]. Previous in vivo studies of 

stents composed of pure iron displayed no pronounced inflammation or significant toxicity at local 

or systematic tissues, making pure iron a feasible material for a degradable medical implant [14,15]. 

Nevertheless, reports showed that the in vivo degradation rates of pure iron were significantly 

slower than those expected in vitro due to complex surface phenomena [6,7]. Therefore, research 

on iron-based alloys concentrated on developing new methods to speed up their corrosion 

behaviors.  

 

Studies focused on improving the overall degradation rate via alloying with other chemical 

elements such as manganese, palladium, carbon, phosphorus, and silicon, to create intermetallic 

phases, which can enhance galvanic corrosion while preserving mechanical properties compatible 

to host tissues [3,24,37,62–64]. Performing deformation on the alloys also increase their 

degradation rates. Li et. al. improved the degradation rates of Fe-20Mn alloy by introducing slip 

bandings using the accumulative cryo-rolling (ACR) at 77 K, followed by forming Fe5C2 phase 

along slip bandings in subsequently annealing [65]. Heiden et. al. found a 140% increase in 

degradation rate of Fe33Mn alloys when the alloy was subjected to large-strain machining (LSM) 

at a rake angle of α = 0˚ compared to the as cast alloy [66]. Another approach to increase 

degradation rate of Fe-based biomaterials is to create porosity that not only provides a large surface 

area, accelerating electrochemical reactions, but also allows the transport of body fluids, nutrients 

and waste, thus enhancing tissue regeneration [67]. Methods to fabricate porous Fe-based scaffolds 

include solid free-form fabrication processes such as inkjet 3D printing [33] and powder 
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metallurgy, such as space holder technique using ammonium bicarbonate as a porogen material 

[32]. Space-holders, or porogens, include materials like sodium chloride, ammonium bicarbonate, 

and carbamide, which have been successful for the production of porous metallic materials 

including stainless steel [68], titanium [69,70], magnesium-based alloy [71,72], and aluminum 

foams [73]. Vojtěch et. al. demonstrated porous iron scaffolds using ammonium bicarbonate 

(NH4HCO3) as a space-holder material, which exhibited mechanical properties comparable to 

natural bone and significantly higher than those of porous magnesium [74]. We aim to understand 

how inducing porosity in an on iron-based scaffold to increase degradation rate can affect the 

mechanical properties and cellular compatibility for potential use in orthopedic and cardiovascular 

applications. 

 

In this study, we investigated the microstructure, degradation behaviors, metal toxicity, mechanical 

properties, and biocompatibility of the porous Fe-30Mn alloy using ammonium bicarbonate as a 

space-holder material where the porogen particle size was selected between 355 µm and 500 µm 

for the purpose of bone cell penetration and tissue ingrowth [75]. The composition of Fe-30Mn 

was selected because of its remarkable mechanical properties and biocompatibility. From the 

standpoint of mechanical properties, the austenite γ phase is prevalent in alloys having a Mn 

content above 27 wt.% [76] and the ductility of the alloy increases with increasing Mn content. 

Furthermore, when alloyed with more than 29 wt.% Mn, Fe-Mn alloys exhibit antiferromagnetic 

behavior [77]. This can be a great advantage for magnetic resonance imaging in clinical use. From 

the standpoint of biocompatibility, the murine fibroblast cells (NIH3T3) expressed the highest 

relative metabolic activity when they were exposed to Fe-30Mn powders at a concentration of 1 

mg/ml [37]. Four experimental groups, Fe30Mn alloys containing 0 vol.%, 5 vol.%, 10 vol.%, and 
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60 vol.% of ammonium bicarbonate, were conducted in the present work. The experimental design 

of scaffold containing 60 vol.% ammonium bicarbonate was chosen as an extreme case for the 

purpose of showing that whether high levels of transition metal ions especially Mn2+, would result 

in cytotoxic effects even if an extremely large porosity would show a high corrosion rate. The 

tissue culture polystyrene (TCPS) was the reference in the study of indirect and direct cytotoxicity 

tests. Furthermore, the relationship between alloy corrosion behaviors and metallic ion-released 

concentrations was evaluated over a period of 30 days.  
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2.2 Material and Methods 

2.2.1 Sample Fabrication 

Figure 2.1 showed the process flow chart for the sample fabrication. A mixture of iron (IRON325, 

Chemical Store, New Jersey) and manganese powders (MN-101, Atlantic Equipment Engineers, 

New Jersey) in a weight ratio of 7:3 was mixed with designed volume percentage of NH4HCO3 

(Sigma-Aldrich, Missouri), that is, a. Fe-30Mn with -no pores, b. Fe-30Mn with -5 vol.% 

NH4HCO3, c. Fe-30Mn with -10 vol.% NH4HCO3, and d. Fe-30Mn with -60 vol.% NH4HCO3, in 

a high speed mixer (FlackTek, South Carolina) where ethanol with 10 wt.% of the total mixture 

was added for lubrication. Ammonium bicarbonate was sieved to -35+45 mesh (355-500µm) 

before mixing. The mixture was spun at 800 rpm for 15 mins and cold pressed at 600 MPa using 

a hydraulic press (Carver, New Jersey) to obtain cylindrical-shaped compacts with an average size 

of 12.7 mm in diameter and 25 mm in length for compression testing and disc-shaped compacts 

with a green body diameter of 12.7 mm and thickness of 1.3 mm for rest of the tests. The green 

compacts were loaded in a muffle furnace (Lindberg, Wisconsin), heat treated at 120 °C for 2 

hours to decompose the ammonium bicarbonate in the compacts, subsequently heat treated at 

1200 °C for 3 hours, and finally cooled to the room temperature. All samples were sintered with a 

heating rate of 10 °C/min under argon atmosphere. The sintered samples were mechanically 

ground with silicon carbide papers in a grit size of 2000 and stored in a desiccator for further 

examinations.   
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Figure 2.1 Schematic illustration of the sample fabrication using the space holder technique 

 

2.2.2 Material Characterization 

Surface microstructures and alloy compositions of the sintered samples were examined using an 

optical microscope and a scanning electron microscope (SEM; FEI Philips XL-40) coupled with 

energy dispersive x-ray spectroscopy (EDS). Densities and open porosity of the samples were 

obtained through the Archimedes’ principle followed by ASTM standard B962-17 and 

Hrubovčáková, et. al. [78,79]. Phase crystalline structures of the bulk samples were determined 

using an X-ray diffractometer (XRD; Bruker D8 Focus) with a monochromatic Cu-Kα source, 

operating at 40 kV, 40 mA with a scanning rate of 5°/min.  
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2.2.3 Compression Test 

Standard compression test of the non-porous and porous Fe-30Mn alloys (n = 3) were performed 

according to ASTM standard E9-09. Cylindrical sintered specimens with an average size of 12.5 

mm in diameter and 25 mm in length were loaded on an electromechanical compression machine 

(MTS Insight 100) and compressed by a loading cell (100 kN MTS, Minnesota) with a compressive 

speed of 0.25 mm/min. The test came to a halt as the loaded sample broke or when the loaded force 

reached to 100 kN, thereafter the compressive stress, strain, and elastic modulus of the specimens 

were recorded.  

 

2.2.4 Potentiodynamic Polarization Testing 

Reproducible corrosion potentials and corrosion current densities of the polished non-porous and 

porous disk-shaped samples (n = 4) were measured followed by ASTM standard E59-97. A cell 

culture medium, alpha minimum essential medium eagle modification (α-MEM; Sigma-Aldrich, 

Missouri), was chosen as the electrolyte for both potentiodynamic polarization and immersion tests 

because of its replicable standardized preparation [80] and consistency to compare results in in-

vitro cytotoxicity tests. Every sample was mounted with thermoplastic acrylic resins so that only 

one side of the sample area was exposed to the electrolyte at 37 ± 1 °C. All mounted samples were 

cleansed with ethanol prior to the electrochemical polarization test, of which the experimental 

setup consists a saturated calomel electrode (SCE) as the reference electrode, a platinum wire as 

the counter electrode, and the sample as the working electrode. A small potential scan, which 

represented the potential between the sample and the reference electrode, was applied to the sample, 

sweeping linearly from -0.15 V to +0.15 V at a rate of 0.1667 mV/s. Meanwhile, the resulted 

current at the sample was recorded using EC-Lab v-10.19 BioLogic Science Instruments software. 
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The corrosion potential and corrosion current density of each sample were determined on the 

obtained Tafel plot. Consequently, the corrosion rate (CRp) was obtained in millimeter per year 

(mmpy) using the following equation:  

𝐶𝑜𝑟𝑟𝑜𝑠𝑖𝑜𝑛 𝑟𝑎𝑡𝑒 (𝑚𝑚𝑝𝑦)  = 3.27 × 10−3 
𝑖𝑐𝑜𝑟𝑟 × 𝐸𝑊

𝜌
 − − −  𝐸𝑞. 2.1 

, where EW is equivalent weight of the specimen in g, 𝑖𝑐𝑜𝑟𝑟 is corrosion current density in µA/cm2, 

and ρ is density of the specimen in g/cm3.  

The average surface area containing porosity of each group was calculated using ImageJ [81] with 

adjusted binary threshold. The surface area (SA) of each sample was calculated in the following 

equation: 

𝑆𝐴 (𝑚𝑚2)  =
1

2
𝜋𝑑2  + 𝜋𝑑𝑡 +  𝜋𝐼𝑝 − − −  𝐸𝑞. 2.2 

, where 𝑑 is diameter of the specimen in mm, 𝑡 is thickness of the specimen in mm, 𝐼 is average 

pore depth in mm, and 𝑝 is sum of pore feret diameter in mm. 

2.2.5 Static Immersion Test 

Porous and non-porous Fe30Mn specimens (n = 3) were submerged into the α-MEM solution and 

incubated at 37°C for 1 day, 7 days, 15 days, and 30 days, and were removed at each checked 

point. The ion concentrations of the sample extract were examined in ppb using an inductively 

coupled plasma mass spectrometer (ICP-MS; Perkin Elmer Elan DRC II) by diluting the sample 

extract 100-fold with DI water containing 0.5% nitric acid. Average Mn ion release rates in mg/day 

from each sample group was calculated assuming 3L of plasma from a 70kg young adult man. 

Samples were rinsed with PBS followed by ethanol and the surface corrosion products were 

examined under an optical microscope and SEM. Afterwards, corrosion products were 
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mechanically and chemically cleaned according to the ASTM standard G1-03. The corrosion rate 

of each sample was measured according to the ASTM standard G31-12a in the following equation:   

𝐶𝑜𝑟𝑟𝑜𝑠𝑖𝑜𝑛 𝑟𝑎𝑡𝑒 (𝑚𝑚𝑝𝑦)  =
𝐾 × 𝑊

𝐴 × 𝑇 × 𝐷
− − −  𝐸𝑞. 2.3  

, where K is a constant 8.76 × 104, T is time of exposure in hours, A is area in cm2, W is mass loss 

in g, and D is density of the specimen in g/cm3. 

2.2.6 Indirect Cytotoxicity Test 

The indirect cytotoxic effect of porous (5-vol.%, 10-vol.%, and 60-vol.% NH4HCO3) and non-

porous Fe30Mn specimens (n = 3) was examined according to the ISO 10993-5 protocol. 

Degradable samples were immersed in a cell culture media, α-MEM supplemented with 10% fetal 

bovine serum, 5% Penicillin Streptomycin, and 0.5% Fungizone, and placed inside an incubator 

mimicking the physiological environment (pH = 7, 5% CO2, 37.5 ± 0.5°C) for 24 hours. 

Consequently, the test sample extract was collected, diluted into 75%, 50% and 25% of its original 

concentration, and stored in the incubator under the same physiological environment as mentioned 

above. Mouse bone marrow stromal cells (BMSC; ATCC, D1 ORL UVA) were cultured in a 96-

well plate with a density of 104 cells / 100 µl of cell culture media; after 1 day of culturing, the 

culture media was replaced with the 4 concentrations of test sample extract. The BMSC treated 

with test sample extracts were incubated for another 24 hours and their viability were examined 

by conducting an MTS assay (Promega, CellTiter 96 AQueous One Solution Cell Proliferation 

Assay). According to the manufacturer’s protocol, the absorbance reading of formazan product 

reduced from a tetrazolium compound [3-(4,5-dimethylthiazol-2-yl)-5-(3-

carboxymethoxyphenyl)-2-(4-sulfophenyl)-2H-tetrazolium, inner salt; MTS] was measured using 

a VersamaxTM absorbance microplate reader (Molecular Devices). Quantity of the formazan 
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product is proportional to the cell number on absorbance at 490nm. Cellular viability of each group 

is normalized to that of the reference TCPS.  

2.2.7  Direct In-Vitro Cytotoxicity Test 

The direct cytotoxic effect of porous (5-vol.%, 10-vol.%, and 60-vol.% NH4HCO3) and non-

porous Fe30Mn specimens (n = 3) was examined via seeding BMSC directly on samples in a 

density of 10,000/cm2 under the same physiological environment. After 1 and 7 days of incubation, 

cellular viability of each group was observed by labelling cellular membrane with 10 µM 

fluorescent marker CellTracker Green CMFDA Dye (Life Technologies, Grand Island, NY) and 

0.1 ug/ml Hoechst Fluorescent Stain (ThermoFisher Scientific, Waltham, MA). After 30 minutes, 

samples were rinsed with PBS three times to wash the excessive dye. Since Fe ions released from 

the samples interfered strongly with the absorbance reading of the MTS assay, only cellular 

morphology was examined in the direct in-vitro cytotoxicity test.  

2.2.8 Statistical Analysis 

A minimum of three replicates of the sample group (n = 3) were conducted for every experiment 

except the potentiodynamic polarization test (n = 4). Quantitative data from each test were 

collected and evaluated through the analysis of variance (ANOVA) in Microsoft Excel. A 

threshold of p = 0.05 was set to determine statistical significance. 

2.3 Results and Discussion 

2.3.1 Microstructures 

Figure 2.2 shows the morphology of Fe-30Mn mixed with 0-vol%, 5-vol.%, 10-vol.% and 60-vol.% 

ammonium bicarbonate and their corresponding SEM images at higher magnifications. Polygonal 

pores, created from the decomposition of ammonium bicarbonate during sintering, revealed similar 
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microstructures among all porous groups, in which micro-voids formed within the scaffold cell 

walls along grain boundaries. Micro-voids formation along the grain boundaries during the final 

stage of sintering is a well-known phenomenon [82] and these voids significantly enlarge the 

scaffold surface areas to expose the scaffold to the fluid penetration, consequently increasing the 

corrosion rate. Also, pores are distributed homogeneously so that replicable scaffold mechanical 

properties can be obtained.  

 

The density of each group measured from Archimedes’ principle is shown in Table 2.1. As we 

expected, the density of Fe-30Mn alloy decreases as the volume fraction of ammonium bicarbonate 

increases; an average density of 6.6 g/cm3 was obtained for the non-porogen group whereas the 

average density of 5.2 g/cm3 was obtained for the 60-vol.% porogen group. This is because the 

density of ammonium bicarbonate is lower than that of Fe and Mn powders, as a result, the density 

of the green compact decreased with increasing volume fraction of ammonium bicarbonate after 

powder mixing, compaction, and sintering. Similar results of increasing space holder volume 

fraction decreases the scaffold density, or increases total porosity, were found in several studies 

[32,69,83].  
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Figure 2.2 Optical and SEM images of sintered Fe30Mn alloys with no pore (a, e, i), 5-vol% 

pore (b, f, j), 10-vol% pore (c, g, k), and 60-vol% pore (d, h, l) under different magnifications 

 

In Figure 2.2 (f-h), cracks propagated along the pore edge, which phenomenon was caused by the 

fracture of ammonium bicarbonate during the compaction process. Laptev et. al. reported that 

fracture of ammonium bicarbonate was observed when subjected to a compaction pressure of 

350MPa in preparing porous titanium scaffolds [84]. Deformation of ammonium bicarbonate leads 

to anisotropic properties of scaffolds [85] and trapped space holder residues [86], leading the 

sintered scaffolds more vulnerable to impurities. This explains the observation of needle-like 

impurities of C and O on the surface in the samples mixed with 5-vol.%, 10-vol.% and 60-vol.% 

ammonium bicarbonate in Figure 2.2 (j-l). The contamination can be limited through better mixing 

and vacuum sintering. However, the high compaction pressure we used in this study is to increase 

the strength of the scaffold and to reduce the shrinkage after sintering. Further optimization of the 
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compaction pressure that would prevent ammonium bicarbonate distortion while maintaining 

scaffold strength and limited shrinkage is necessary. 

 

Table 2.1 Porosity and mechanical properties of Fe-30Mn 

Group 
Density 

(g/cm3) 

Total 

Porosity  

(%) 

Open 

Porosity  

(%) 

Compressive 

Elastic Modulus 

(GPa) 

Ultimate 

Compressive 

Strength (MPa) 

Ultimate 

Compressive 

Strain (%) 

0% Pore 6.6 ± .1 14.4 ± 1 5.7 ± 1 3.50 ± .3 702 ± 36 54.0 ± 1 

5% Pore 6.5 ± .1 15.8 ± 2 9.1 ± 1 4.01 ± .1 741 ± 5 52.8 ± 2 

10% Pore 6.4 ± .1 17.0 ± 2 8.8 ± 2 3.73 ± .2 737 ± 19* 52.9 ± 3 

60% Pore 5.2 ± .3 32.5 ± 3 13.0 ± 2 1.42 ± .5 381 ± 138 55.8 ± 8 

* Test was stopped because the applied load was close to the machine limit 

 

The porosity is not necessarily homogenous or interconnected by using this processing method, 

which is not ideal for tissue engineering applications. However, fracture fixation devices such as 

bone pins or screws are usually made of stainless steel and are not porous. Sometimes, porosity or 

roughness at the surface is just induced by coating implants with hydroxyapatite. Inducing any 

kind of porosity into the Fe-Mn scaffold is expected to have an effect on surface roughness, 

transition metal leaching rates, as well as on the mechanical properties, thus giving valuable 

information regarding whether or not including porosity is a valid avenue for increasing 

degradation rate of Fe-Mn alloys, while still rendering the material usable for implantation.  

2.3.2 Phase Constituents, Elastic Modulus, and Compressive Strengths 

Figure 2.3 shows the x-ray diffraction patterns and compressive stress-strain curves of Fe-30Mn 

with different volume fractions of ammonium bicarbonate. All studied materials consisted of a 

duplex structure of austenite (γ) and martensite (ε) phases resulting from the sample martensitic 
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transformation (γ → ε) upon cooling [87,88]. This indicates neither additional chemical reactions 

occurred in sintering nor NH4HCO3 had an impact on the phase transformation of the alloy. With 

increasing porosity, lower and broader peaks were observed due to lesser degree of crystallinity.  

 

 

Figure 2.3 XRD diffraction pattern of Fe-30Mn with 0-, 5-, 10- and 60-vol.% pore 

 

Diffraction peaks of studied scaffolds slightly shifted toward higher 2θ angles as the volume 

fraction of ammonium bicarbonate increased. Specifically, the epsilon ε peak at 44.08° in the no 

space holder sample shifted to 44.30° in the sample mixed with 60-vol.% ammonium bicarbonate. 

Similarly, the gamma γ peak at 50.45° in the no porogen sample shifted to 50.71° in the sample 
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mixed with 60-vol% ammonium bicarbonate. The peak shifting phenomenon is considered to be 

a result of the increase of the internal stress in the matrix cell wall due to the formation of macro 

pores. With a larger amount of space holder content, the lattice distortion and plastic deformation 

between matrix powders increased as the mixed powders were subjected to high-pressure 

compaction. These stacking and twin faults in the γ matrix acted as ε phase nucleation sites [89] 

as the scaffold underwent martensitic transformation in the sintering process. Consequently, the 

increasing number of ε phase reduced the lattice parameters of ε phase in the scaffold [90], which 

corresponded to the ε phase peak shifting toward higher 2θ angles. In addition, the austenite γ 

phase adjacent to the ε phase suffered higher tensile stress as the amount of ε phase increased, 

leading to γ phase peak shifting toward higher 2θ angles as well [90].  

 

Compressive stress-strain curves of the studied scaffolds are shown in Figure 2.4. A replicate of 

three samples in each studied group was tested and their average values of compressive elastic 

modulus, ultimate compressive strength as well as compressive strain corresponding  to the 

ultimate compressive strength were presented in Table 2.1. Among the studied materials, scaffolds 

mixed with 60-vol.% ammonium bicarbonate exhibited the lowest average value of compressive 

elastic modulus and ultimate compressive strength at 1.29 GPa and 381 MPa, respectively. 

However, its low ultimate compressive strength, comparing to the other tested groups, is still 

higher than a typical human wet compact bone [91]. Increased porogen contents resulted in 

increased porosity of sintered scaffolds. As indicated in Table 2.1, the highest average value of 

overall porosity among the tested scaffolds was observed in scaffolds mixed with 60-vol.% 

ammonium bicarbonate. These macro-pores in the matrix were the source of stress concentration 

during deformation [92,93], leading micro-cracks formation and propagation fracture failure under 



49 

 

low compressive strength. Furthermore, a 116% increase in pore size from scaffolds mixed with 

5-vol.% porogen to scaffolds mixed with 60-vol.% porogen was observed, as shown in Figure 2.2 

(h), demonstrating the formation of interconnected pores developed in scaffolds mixed with high 

porogen content [92,94]. These irregular polygonal interconnected pores deviated scaffold 

compressive stress-strain behavior significantly, as shown in Figure 2.4 (d). This is due to non-

uniform scaffold relative density [95] and micro-pore formation along grain boundaries in the 

macro-pore cell walls.   

 

Notice in Table 2.1, compared to non-porous scaffolds, scaffolds mixed with 5-vol.% and 10-vol.% 

ammonium bicarbonate showed greater average values of compressive elastic modulus and 

ultimate compressive strength. This can be attributed to the degree of packing efficiency of the 

matrix powders and space holder during compaction. Fine matrix powders tend to agglomerate, 

resulting in poor flowability and low packing density, consequently leaving micro-voids within 

matrix cell walls after sintering, as shown in Figure 2.2 (i). A mixture mixed with both large and 

small particles presented a higher packing density, flowability and sintered density than the 

mixture mixed with mono-sized fine particles [96]. Since ammonium bicarbonate particulates were 

one order of magnitude larger than the matrix powders, an addition of ammonium bicarbonate 

increased the number of inter-particle contacts and enhanced necking growth [97] during sintering, 

which greatly improved the compressive elastic modulus and ultimate compressive strength. As a 

result, scaffolds mixed with 5-vol.% and 10-vol.% ammonium bicarbonate presented stronger 

mechanical properties than those without ammonium bicarbonate. 
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Figure 2.4 Compressive stress-strain curves of the corresponding studied samples 

 

2.3.3 Potentiodynamic Test 

Potentiodynamic polarization curves of the studied materials were shown in Figure 2.5; their 

corresponded average values of corrosion potentials (Ecorr), corrosion current densities (icorr), and 

corrosion rates (CRp) obtained from Tafel extrapolation were indicated in Table 2.2.  
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Figure 2.5 Potentiodynamic polarization curves of the sintered Fe30Mn samples in α-MEM 

solution (pH 7.4) at 37 ± 1 °C 

 

Table 2.2 Average sample corrosion potentials (Ecorr), corrosion current densities (Icorr), 

corrosion rates (CRp) obtained from the potentiodynamic polarization curves and corrosion rates 

obtained from the static immersion test (CRi30) after 30 days of incubation in α-MEM solution 

(pH 7.4) at 37 ± 1 °C with 5% CO2 

Group Ecorr (mV) Icorr (µA/cm2) CRp (mmpy) CRi30 (mmpy) 

0% Pore -663 ± 22 10 ± 5 0.134 ± .07 0.074 ± .03 

5% Pore -720 ± 59 11 ± 5 0.144 ± .07 0.135 ± .03 

10% Pore -730 ± 34 20 ± 7 0.260 ± .09 0.147 ± .05 

60% Pore -869 ± 16 58 ± 12 0.980 ± .20 0.389 ± .05 
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There was a decrease of 206 mV in potential and an increase of 48 µA/cm2 in current density from 

non-porogen scaffolds to scaffolds mixed with 60-vol.% ammonium bicarbonate, indicating 

scaffold corrosion rates increased with increasing amount of ammonium bicarbonate. The 

increased amount of ammonium bicarbonate not only provided large surface areas for 

electrochemical reactions to occur in the presence of electrolyte but also increased the amount of 

martensite phases, as mentioned in section 2.3.2. These martensite phases, along with adjacent 

austenite phases, became micro-galvanic corrosion couples [24,98,99], further facilitating the 

corrosion reaction in the matrix. Notice that the average corrosion rate of non-porous scaffolds ~ 

0.13 mm/year was calculated from Eq. 2.1, and was lower than the majority of literature data, ~ 

0.29-0.7 mm/year [24,99], due to the differences in selected electrolytes. The conventional α-

MEM consists of lower chloride (Cl-) and higher carbonate (CO3
2-) ion concentrations than the 

Kokubo’s simulated body fluid and Hank’s balanced salt solutions [80,100], which significantly 

abated surface dissolution caused by Cl- ions attack and expedited the formation of metal 

carbonates, respectively. As a result, a lower average corrosion rate of non-porous scaffolds was 

obtained. 

2.3.4 Immersion Mass Loss Test 

Average corrosion rates of the studied materials are depicted as a function of incubation time in 

Figure 2.6 and their numerical values after 30 days of incubation (CRi30) are listed in Table 2.2.  
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Figure 2.6 The average sample corrosion rates over a period of 1 day, 7 days, 15 days, and 30 

days of incubation through the immersion static test 

 

The highest average value of CRi30 was observed in scaffolds mixed with 60-vol.% ammonium 

bicarbonate, which is consistent with the trend that high porosity enhances the corrosion rate, 

similar to the results observed in the potentiodynamic polarization test. However, comparing both 

results obtained from potentiodynamic polarization and immersion mass loss tests, much lower 

corrosion rates were observed in the mass loss test because extended exposure time allowed 

scaffolds to interact with the medium, which greatly affected local pH and chemical composition 

at the scaffold-medium interface, leading to both pitting and formation of oxide layers. Also, with 
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the increasing incubation time, the corrosion rates of all studied materials decreased due to the 

formation of corrosion products on scaffold surfaces, as shown in Figure 2.7, preventing bulk metal 

from being exposed to the fluid. 

 

The mass loss corrosion test is more desirable than the potentiodynamic polarization test because 

the mass loss test mimics the physiologic environment due to real-time pitting formation in 

addition to the galvanic corrosion. Furthermore, the electrochemical reaction of Fe involves at 

least 3 steps which may interfere the result of the Tafel curve. However, for the purpose of the 

present study, which is to just compare the effect of porosity on properties, the electrochemical 

test is a time-efficient method to test corrosion rates within the groups (i.e. testing the trend of 

porosity effect on corrosion rates) for the purpose of comparison. 

 

Figure 2.7 Optical and SEM images of corroded sintered Fe-30Mn alloys with no pore (a, e, i), 

5-vol.% pore (b, f, j), 10-vol.% pore (c, g, k), and 60-vol.% pore (d, h, l) after 30 days of 

immersion in α-MEM solution (pH 7.4) at 37°C with 5% CO2 
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After 30 days of incubation, flake-like oxide layers were observed in non-porous scaffolds and 

scaffolds mixed with 5-vol.% ammonium bicarbonate whereas localized pitting and crevice 

corrosion was detected in scaffolds containing higher porosity. These corrosion products were 

composed of metal hydroxides, metal carbonates, and calcium-phosphorus clusters analyzed 

quantitatively from the EDX in Figure 2.8 and Figure 2.9, which were similar to the results found 

in literature [37,101]. Notice that higher oxygen and calcium concentrations were observed in the 

non-porous group (Figure 2.8) compared to the scaffolds mixed with 10-vol.% ammonium 

bicarbonate (Figure 2.9), indicating that the passivating flake-like oxide layers inhibited oxygen 

transport to the scaffold surface, yet broke down with reducing corrosion potential values and 

increasing corrosion densities as a result of increasing amounts of interconnected macro-pores and 

mico-pores within cell wall. Furthermore, preferential release of manganese into the medium was 

observed in Figure 2.9, which corresponded to the review that manganese is more 

thermodynamically favorable in aqueous state than iron within pH range of 6-10 [102]. The 

toxicity effect of manganese ions within the solution was therefore the interest in this study. 
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Figure 2.8 Concentrations of the oxidized surface layer on non-porous scaffolds after 30 days of 

incubation. Data retrieved from Figure 2.6 (i) using the EDS 

 

Figure 2.9 Concentrations of the oxidized surface layer on scaffolds mixed with 10-vol.% 

NH4HCO3 after 30 days of incubation. Data retrieved from Figure 2.7 (k) using the EDS 
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2.3.5 Ion Release Study & Indirect Cytotoxicity Test 

Since Mn has a lower standard reduction potential than Fe, Mn2+ ions release preferentially than 

Fe2+/Fe3+ ions into the cell culture media. The EDS result in the scaffold mixed with 10-vol.% 

ammonium bicarbonate after 30 days of incubation (Figure 2.9) shows a significant reduced 

amount of Mn (~70% reduction from its original 30-wt.%). The amount of Fe after 30 days of 

incubation remained almost the same as that prior to the incubation, which also confirms the 

preferential release of Mn from the sample to the electrolyte (i.e. α-MEM). Therefore, only the 

Mn2+ release concentration was taken into account for the ion release study.  

 

Rates of Mn2+ ions leached out from the studied groups into α-MEM over 30 days were plotted in 

Figure 2.10. With increasing incubation time, the ion-released rates decreased daily due to the 

increasing corrosion products forming on top of the samples; as a result, lower corrosion rates of 

the studied groups were observed, as shown in Figure 2.6. This demonstrates the consistency and 

accountability of both immersion mass loss and ion release tests. Notice that on the incubation of 

Day 30, Mn ions released from the non-porous group was close to that from the 60-vol.% pore 

group. One possible answer is that the oxide layer on non-porous sample became too thick and 

layers of oxide flaked off from the sample (flake-like structure is observed in Figure 2.7), resulting 

in the fresh surface exposed to the media directly and consequently evokes further corrosion. This 

also tells why large deviations of Mn releasing is observed from the non-porous samples. 
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Figure 2.10 Mn ion release of the studied groups over a period of 30 days 

 

Since Mn ions dispersed significantly on the first day of incubation, cell viability resulted from 

acute exposure of the studied groups in 100% extract was also examined, as depicted in Figure 

2.11. According to the standard ISO10993-5 [103], a reduction of cellular viability by more than 

30% of the negative control group is considered a cytotoxic effect. Extract from scaffolds 

contained 0%, 5% and 10% ammonium bicarbonate were not toxic to the cells, while the extract 

from the 60% pore group has a cytotoxicity effect. This cytotoxic effect corresponds to the highest 

Mn released rate observed in scaffolds containing 60-vol.% ammonium bicarbonate at a value of 

7.14 mg/day while the other sample groups presented similar Mn released rates with the values 

around 4 mg/day after 1 day of incubation, as shown in Table 2.3.  
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Figure 2.11 Viability of each sample group normalized to TCPS and released Mn ion 

concentrations corresponding to the group after 1 day of incubation with bone marrow stem cells 

 

A high concentration of Mn ions in low quantities (TC50 about 10-100 µM) can result in 

neurotoxicity linked to Parkinson’s disease [51,104]. The recommended dietary allowance (RDA) 

of Mn is 2.3 mg/day for men and 1.8 mg/day for women [105] with the upper intake level of 5 

mg/day [106]. Mn2+ release concentration in the 60% pore group is higher than those in the other 

three groups, which also exceeds the RDA and upper intake level of Mn. Increasing the porosity 

of the alloy increased the ion release of the alloy and consequently cellular viability decreased. 

This inverse relationship of ion release and cellular viability needs to be considered when 

designing an ideal biodegradable metal implant. Although the 60% pore group exhibited a high 

corrosion rate, leading to a burst release of metal ions leaching into the solution, it caused cellular 
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toxicity, which hindered its biocompatibility to real applications. On the contrary, the other three 

groups showed similar ion release rates without cytotoxicity effect. From the combination of ion 

release rate and cellular viability, scaffolds with 10% porosity presented promising 

biocompatibility to real applications.  

 

Table 2.3 Average Mn ion release immersed in α-MEM for 1 day and 30 days as well as the 

normalized cellular viability exposed to 100% and 25% of extract volume 

Group 

Mn Ion Release (mg/day) Normalized Viability to TCPS (%) 

Day 1 Day 30 100% extract volume 25% extract volume 

No Pore 4.10 ± .2 0.68 ± .28 86.3 ± 2 137.7 ± 5 

5% Pore 3.99 ± .1 0.26 ± .05 75.5 ± 2 93.7 ± 4 

10% Pore 3.96 ± .0 0.21 ± .04 85.5 ± 1 61.5 ± 2 

60% Pore 7.14 ± .2 0.83 ± .03 57.7 ± 1 51.2 ± 0 

 

2.3.6 Direct Cytotoxicity 

Fluorescent cellular morphology after 1 day and 7 days of incubation was shown in Figure 2.12, 

as a result of direct cytotoxicity test where BMSCs were seeded directly on the sample groups.  
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Figure 2.12 Fluorescent images of BMSCs on scaffolds with no pore (a, e), 5-vol% pore (b, f), 

10-vol% pore (c, g) and 60-vol% pore (d, h) after 1 day (a-d) and 7 days (e-h) of incubation 

 

After 1 day of incubation, the cell looked healthy on scaffolds that contained porosity no great than 

10-vol%, as indicated in Figure 2.12 (a-c), by extending their “arms” or dendrites to reach the other 

cells. Furthermore, cells penetrated and laid inside macro-pores in the 5% pore and 10% pore 

group, demonstrating their high affinity to 3D structure than 2D surface like the no-pore group. In 

contrast, the cells exhibited round shapes in scaffolds contained 60-vol% porosity and were only 

found inside the pores; the communication activity of cells in scaffolds with 60% porosity 

appeared to be less than those in scaffolds within 10% porosity.  

 

After 7 days of incubation, 5% pore and 10% pore groups showed higher amounts of cells than the 

no-pore group and 60% pore group. With increasing porosity, cells looked healthier when there 

are pores inside the matrix because there are more contact surface points for cells to attach. 

However, in high porous samples, metal ions and particulates leached out at rates there were too 

high, so cells were negatively affected. It is also noticeable that number of cells seemed to decrease 

after 7 days of incubation. However, we speculate that fluorescent dye labelling was hindered or 
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interfered with calcium-phosphate products depositing on cells and scaffolds. Cellular viability 

observed in the 5% and 10% pore groups showed promising results and both groups suited for 

further investigation. 

2.4 Summary of Chapter 2 

The development of bioresorbable metallic implants aims to provide temporary support and induce 

defected tissue regeneration where bone cells (osteoclasts and osteoblasts) repeat the processes of 

resorbing degraded alloy particles and secreting bone layers on the active interface, respectively. 

We investigated the effect of porosity on properties and biocompatibility of bioresorbable Fe-Mn 

alloys, a new class of biomaterials for the development of transient orthopedic fixation devices. 

Similar diffraction patterns of Fe30Mn with various pore concentrations proved the reliability and 

reproducibility of powder metallurgy techniques. A combination of phase constituents, particle 

packing factors and degree of porosity affected mechanical properties of the sample groups; 

scaffolds that contained 10-vol.% NH4HCO3 showed greater average values of compressive elastic 

modulus and ultimate compressive strength compared to the no porosity and 60-vol% porosity 

groups. Corrosion rates of tested samples increased as the porosity increased and decreased as the 

incubation time increased. The inverse relationship between corrosion rates and time follows the 

results from the ion release concentration study, demonstrating the reliability of the study. No 

cytotoxicity effect appeared to Fe-30%Mn alloys mixed with 5-vol.% and 10-vol.% NH4HCO3 

through cytotoxicity studies. Scaffolds that contained 60-vol.% porosity exhibited the highest 

corrosion rates but lowest cell viability. Due to their suitable microstructure, mechanical properties 

as well as corrosion behavior characteristics, Fe-Mn alloys with 10-vol.% porosity are found to be 

a new class of promising degradable metallic biomaterials for temporary orthopedic fixation 

devices.   
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 ENHANCING OSTEO-INTEGRATION OF FE-30%MN 

ALLOYS COATED WITH TYPE I COLLAGEN 

3.1 Background 

Metals have been used in fields of dental, orthopedic, and cardiovascular systems due to their 

strong mechanical support including high fracture toughness and fatigue limit in tissue anchoring, 

replacement and regeneration. In recent decades, researchers and scientists focused on developing 

bioresorbable or biodegradable metals, especially for orthopedic fixation devices such as bone pins, 

rods, screws, or wires, based on the idea of providing structural support while degrading at a 

desired period to promote healthy native tissue ingrowth after implantation [107–112]. 

Magnesium-based alloys and iron-based alloys are the primary biodegradable metals being 

investigated. Magnesium-based alloys have an elastic moduli and compressive yield strength 

comparable to natural bone [113]. Nevertheless, magnesium-based alloys exhibit high corrosion 

rates and create hydrogen bubbles at local sites before complete regeneration in the physiological 

environment [114]. On the other hand, Fe-based alloys have demonstrated superior mechanical 

properties that are comparable to 316L stainless steel [115,116], yet their slow degradation [63] 

limited clinical applications. 

 

Adding 30-wt.% manganese into an iron matrix enhances the corrosion rate, while maintaining 

mechanical properties of the Fe-30Mn alloy and allows the stabilization of austenitic structure. 

This is beneficial to obtain an antiferromagnetic behavior [117] that is suitable for magnetic 

resonance imaging. Incorporation of porosity into the alloy can further speed up the degradation 

rate of Fe-30Mn alloys. Besides enhancing degradation rates, porosity also helps promoting 

transport of oxygen and fluid nutrients, encouraging osteointegration and vascular invasion 
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[118,119]. In the authors’ previous study, the effect of the degree of porosity on microstructure, 

mechanical properties, and corrosion behaviors of Fe-30Mn alloy was investigated, and Fe-30Mn 

alloys containing 10-vol.% porosity showed suitable mechanical and cytotoxicity compatibility 

characteristics for use into transient orthopedic fixation devices [120]. However, the Fe-30Mn 

alloy is inherently bioinert, which only provides non-specific cell adhesion through van der Waals, 

ionic, and electrostatic forces [110]. Consequently, low osteointegration or cell-alloy interaction is 

still an issue that needs to be addressed. Improving the osteointegration is therefore the focus of 

this section of the work.  

 

Several studies have shown that osteointegration can be stimulated by using osteogenic factors, 

proteins involved in bone healing or components of the extracellular matrix (ECM) [121–123]. 

The ECM provides specific cell adhesion, which promotes a series of biological cellular activities 

[124,125] that result in the formation of focal adhesion plaques. The ECM not only improves the 

cell-alloy adhesion, but it also transduces the chemical signals into the cells [126]. Type I collagen 

is one of the components in ECM and it is the most abundant protein of the human body consisting 

of three polypeptide chains. Each polypeptide chain is composed of at least one Gly–X–Y sequence 

where the X and Y positions are usually proline and hydroxyproline, respectively, in a left-handed 

α-like helices structure [127]. These three α-like helices are organized together to form the 

characteristic structure of collagen, a right-handed triple helix. Coating of Type I collagen on 

titanium- and cobalt-based alloys has been found to accelerate initial adhesion of osteoblasts and 

promote cellular spreading [128–130]. Depending on the effectiveness of collagen coating, it 

promotes cell-implant interactions on permanent titanium- and cobalt-based implants, and the 

hypothesis is that coating of Type I collagen can enhance the osteointegration of Fe-30Mn alloys. 
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In this study, we performed two tests that aim to understand the role of collagen coating on Fe-

30Mn alloys using two different techniques – drop deposition and spin coating. Subsequently, we 

evaluated the quantitative cytotoxicity level of degradable non-porous and porous Fe-30Mn alloys 

with and without collagen coating after one day of incubation. Furthermore, cell adhesion, 

spreading, proliferation and morphology on alloys was also qualitatively investigated for a period 

of 7 days. This study, to the authors’ knowledge, is the first to investigate the effectiveness of 

collagen coating on Fe-30Mn alloys towards understanding of the interactions of bone marrow 

stromal cells (BMSCs) with Fe-Mn alloys. 

3.2 Materials and Methods 

3.2.1 Sample Fabrication 

The fabrication of non-porous and porous Fe-30Mn alloy substrates was demonstrated in the 

authors’ previous paper [120]. A mixture of iron and manganese powders in a weight ratio of 7:3 

was mixed and spun in a high-speed mixer at 800 rpm for 15 mins. To prepare non-porous Fe-

30Mn samples, half of the mixture was aliquoted and cold pressed. To prepare porous Fe-30Mn 

samples, the other half of the mixture was mixed with 10-vol.% of ammonium bicarbonate, spun 

with an addition of 10-wt.% of ethanol, and then aliquoted and followed by cold pressed. In the 

sintering process, the green compacts for porous Fe-30Mn samples were loaded in a muffle furnace, 

heat treated at 120°C for 2 hours, subsequently treated at 1200°C for 3 hours, and finally cooled 

to room temperature. The green compacts for non-porous Fe-30Mn samples were sintered at 

1200°C for 3 hours and cooled to room temperature. All samples were sintered with a heating rate 

of 10°C/min under argon atmosphere. After sintering, all Fe-30Mn samples were mechanically 

ground with silicon carbide paper in a grit size of 2000, ultrasonically cleaned in ethanol for 10 

minutes, and stored in a desiccator for further testing.   
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For the reference Ti6Al4V samples, standard Grade 5 Ti6Al4V (ASM Aerospace Specification 

Metals; Florida) rods were cut and ground to obtain a disk-shaped sample size of 12.7 mm in 

diameter and 1.3 mm in thickness. The Ti6Al4V samples were also mechanically ground to 2000 

grit, ultrasonically cleaned in ethanol, and stored in a desiccator for further testing. 

3.2.2 Collagen Coating Solution Preparation 

The collagen-fibril solution was prepared according to the study of Loo et. al. [131]. In brief, 

monomer Type I collagen solution (Advanced Biomatrix; California) was added to a buffer 

solution containing deionized water, 200 mM sodium phosphate dibasic adjusted to pH 7 with 

hydrochloric acid, and 400 mM potassium chloride, to achieve a concentration of ~0.3 mg/ml 

monomer collagen solution.  

3.2.2.1 Collagen Coating via Physical Drop Deposition 

The solution containing monomer collagen was placed in a heat block maintaining at 37˚C for at 

least 6 hours for the assembly of fibrillar collagen. After collagen fibrils formed in solution, porous 

Fe-30Mn samples were coated by dropping the solution “freely” on top of the alloy surface and 

allowed the solution to dry overnight so that only collagen fibrils remained on the alloy surface. 

We named this technique physical drop deposition (DD). Table 1 the optimization parameters for 

the DD coating of Type I collagen on porous Fe-30Mn substrates. Infrared absorption spectra of 

the coated samples prepared from Table 1 were obtained using a Fourier-transform infrared 

spectroscopy (FTIR; Spectrum 100). Surface microstructures and compositions of the coated 

samples were examined using an optical microscope and a scanning electron microscope (SEM; 

FEI Philips XL-40) coupled with energy dispersive x-ray spectroscopy (EDS). 
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3.2.2.2 Collagen Coating via Spin Coating 

In another set of experiments, porous Fe30Mn samples were coated with Type I collagen using the 

spin coating (SC). These experiments were performed to eliminate the interference of buffer 

solution on samples, which was observed for the physical drop deposition. Table 2 shows the spin 

coating parameters. Every Fe-30Mn porous sample was centered on a spin coater and 100 µl of 

collagen fibrils solution was dispensed on the substrate carefully to achieve a full coverage. After 

spin coating, samples were examined using the SEM. Based on the homogenous collagen coating 

observed in SC2 and SC3 groups, four additional sample groups were spun coated at a spin speed 

of 4000, 4250, 4500, and 5000 rpm, respectively, for 30 seconds. These additional samples were 

examined in a cell culture test after one day of incubation. The spin speed of 4250 rpm for 30 

seconds was selected as final spin coating parameters for both experimental Fe-30Mn and control 

Ti6Al4V samples for electrochemical corrosion and in-vitro cytotoxicity testing.  

3.2.3 Potentiodynamic Polarization Test 

Four experimental groups, non-porous (NP-NC), porous (10P-NC), collagen-coated non-porous 

(NP-C), and collagen-coated porous (10P-C) Fe30Mn samples were prepared by the methods 

described in Sections 2.1 and 2.2. The potentiodynamic corrosion testing was conducted using the 

same method demonstrated in the previous study [120]. In brief, every sample was mounted, 

cleaned with DI water, and exposed to the electrolyte McCoy’s 5A (ATCC, Virginia) at 37 ± 2 °C. 

The current at the sample was recorded when the sample was applied to the potential scan from -

0.15 V to + 0.15 V at a rate of 0.1667 mV/s. Using the Tafel curve, the corrosion potential and 

corrosion current were determined. Consequently, the corrosion rate of each sample was calculated 

using equation Eq. 2.1.  The average surface area containing porosity of each group was calculated 
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using ImageJ [81] with adjusted binary threshold. The surface area (SA) of each sample was 

calculated using equation Eq. 2.2. 

3.2.4 In-Vitro Cell Culture 

Four experimental Fe30Mn groups (NP-NC, 10P-NC, NP-C, 10P-C) and two control Ti6Al4V 

groups (CT-NC, CT-C) were tested in the direct cytotoxicity test. All samples were exposed to UV 

light for 1.5 hours (1 hour for the seeding surface and 0.5 hour for the opposite side) for sterilization. 

Each sample was placed in a 24-well plate and rinsed with cell culture media (McCoy’s 5A 

supplemented with 10% fetal bovine serum, 5% Penicillin Streptomycin, and 0.5% Fungizone) 

prior to cell seeding. Mouse bone marrow stromal cells (BMSC; ATCC, D1 ORL UVA) within 

passage number 10-15 were seeded on each sample in a density of 5×104 cells/well and the cell-

scaffold composite was subsequently placed inside an incubator mimicking the physiological 

environment (pH = 7, 5% CO2, 37.5 ± 0.5°C) for 1, 3, and 7 days. 

3.2.4.1 Direct Cytotoxicity Test 

After one day of incubation, the cytotoxicity level was evaluated by conducting a colorimetric 

cytotoxicity assay kit (Promega, CytoTox96® Non-Radioactive Cytotoxicity Assay). The assay 

measured quantitatively the amount of lactate dehydrogenase (LDH) in the culture supernatants 

by measuring the optical density (OD) reading of a formazan product, which was the reduction 

form of a tetrazolium compound [iodonitro-tetrazolium violet; INT] using a VersamaxTM 

absorbance microplate reader (Molecular Devices; California). The quantity of the formazan 

product was proportional to the number of lysed cells on OD at 490nm. According to the 

manufacturer’s protocol, the toxicity of every sample was calculated by the following equation: 

𝑃𝑒𝑟𝑐𝑒𝑛𝑡 𝐶𝑦𝑡𝑜𝑥𝑖𝑐𝑖𝑡𝑦 = 100 ×
Experimental LDH Release (OD)

Maximum LDH Release (OD)
− − −  𝐸𝑞. 3.1 
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, where maximum LDH release is the absorbance of lysis solution provided from the kit. 

3.2.4.2 Fluorescent Staining 

After 1, 3, and 7 days of incubation, the cellular morphology and viability were observed by 

labelling plasma membrane with 1X of CellMaskTM Plasma Membrane Stain (Life Technologies, 

Grand Island, NY) and nuclei with 0.1 ug/ml of Hoechst Fluorescent Stain (ThermoFisher 

Scientific, Waltham, MA). Samples were stained for 30 minutes and rinsed with Live Cell Imaging 

Solution (ThermoFisher Scientific, Waltham, MA) three times to wash the excessive dye. The 

samples were examined using a fluorescent microscope where the plasma membrane and nuclei 

of cells were observed in fluorescence emission spectra of green and blue, respectively. The cell 

count and size for each group were measured using ImageJ where the image sample size was 20 

(n = 20) and the count was normalized to the number of cells per square millimeter.  

3.2.4.3 Sample Processing for SEM 

On the third day of incubation, the experimental groups were rinsed with PBS three times and 

filled with 2.5% glutaraldehyde for fixation. The samples were then processed into DI water rinse, 

1% osmium tetroxide, DI water rinse, ethanolic dehydration, and critical point drying as the final 

step. Consequently, samples that preserved cellular morphology were sputter coated with platinum 

and examined using a SEM microscope (Nova NanoSEMTM; FEI).  

3.2.5 Statistical Analysis     

A minimum of three replicates of the sample group (n = 3) were conducted for every experiment. 

Quantitative data from each test were collected and compared using Student’s t-test. The 

differences between the studied groups were evaluated through a one-way analysis of variance 
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(ANOVA) in a statistical analysis software (jmp). A threshold of α = 0.05 was set to determine 

statistical significance. 

3.3 Results 

3.3.1 Type I Collagen Coating Characterization 

3.3.1.1 Drop Deposition Coating 

Infrared absorption spectrum of Type 1 collagen on which Fe-30Mn substrates coated was 

displayed in Figure 3.1.  

 

Figure 3.1 FTIR spectrum of collagen-coated samples prepared from Table 3.1: (a) DD1; 6 hours 

of fibril collagen self-assembled time and 90 μl of drop solution drying at 4 ˚C, (b) DD2; 6 hours 

of fibril collagen self-assembled time and 90 μl of drop solution drying at 25 ˚C, (c) DD3; 12 

hours of fibril collagen self-assembled time and 90 μl of drop solution drying at 25 ˚C, and (d) 

DD4; 12 hours of fibril collagen self-assembled time and 200 μl of drop solution drying at 25 ˚C 
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All samples prepared by different coating parameters listed in Table 3.1 showed consistent amide 

I band and amide II band peaks at 1637 cm-1 and 1546 cm-1 wavenumbers, respectively. 

Observation of both amide I and amide II band peaks in this study follows observation of those in 

references [132,133]. 

 

Table 3.1 Collagen coating design for Fe-30Mn substrates using the physical drop deposition 

(DD) technique; all coated Fe-30Mn samples contained 10% pore 

Sample Group 
Self-Assembly Time 

(hours) 

Drying Temperature after 

Coating (˚C) 

Volume of Solution 

Drop (μl) 

DD1 6 4 90 

DD2 6 25 90 

DD3 12 25 90 

DD4 12 25 200 

 

 

Since similar edge morphology of each group was observed using SEM, only the edging surface 

and chemical composition of DD2 (6 hours of fibril collagen self-assembled time and 90 μl of drop 

solution drying at 25 ˚C) was displayed as representative in Figure 3.2. At the top-left corner of 

the SEM image in Figure 3.2, the edge of the sample was iron (Fe) and manganese (Mn) rich, 

representing the original Fe-30Mn substrate. Toward the edge of the sample, cracks or fragments 

of bumps were observed. Those bumps were particularly sodium (Na) and phosphorus (P) rich, 

which were the main elements in the buffer solution that contained the fibrillar collagen. Since 

bumps on Fe-30Mn samples were observed after coating, and those bumps resulted from the 

collagen buffer solution, we concluded that the excess of buffer solution interacted with the surface 

of Fe-30Mn sample during the overnight drying process. 
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Figure 3.2 EDS map analysis of DD2 sample (Fe-30Mn substrate coated with Type I collagen; 6 

hours of fibril collagen self-assembled time and 90 μl of drop solution drying at 25 ˚C). Cracking 

bumps on the surface of the sample were sodium and phosphorus rich. The length of each scale 

bar is 1 mm 
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3.3.1.2 Spin Coating 

Figure 3.3 showed SEM images of collagen-coated Fe-30Mn samples using the spin coating 

technique. Collagen was observed in all samples prepared by different spinning time and speeds 

according to Table 3.2. However, homogeneous collagen bundles were only observed in SC2 (spun 

at a spinning speed of 5000 rpm for 30 seconds) and SC3 (spun at a spinning speed of 4000 rpm 

for 30 seconds) samples. At a high spin speed of 6000 rpm, bundles of fibrillar collagen were 

observed in Figure 3. (a). In Figure 3.3. (d), amorphous “coral” and “mat” structures of collagen 

were observed for the sample spun at a combination of low spin speed of 3000 rpm and high spin 

speed of 6000 rpm. 

 

Table 3.2 Collagen coating design for Fe-30Mn substrates using the spin coating (SC) technique. 

All coated Fe-30Mn samples contained 10-vol.% pore and were spun with 100 μl of solution that 

contained fibril collagen prepared after 12 hours of self-assembled time 

Sample Group Solution Spinning Time (s) Solution Spinning Speed (rpm) 

SC1 30 6000 

SC2 30 5000 

SC3 30 4000 

SC4 20/40 3000/6000 

 

 

To identify the ideal spin coating parameters that are most likely to promote cellular viability, a 

cell culture test for porous Fe-30Mn samples spun coated at 4000, 4250, 4500, and 5000 rpm for 

30 seconds was conducted. In Figure 3.4, fluorescent images of bone marrow stems cells (BMSCs) 

are visible on Fe30Mn samples. Here, the Fe-30Mn samples spun coated at 4250 rpm for 30 

seconds showed the highest cellular activity of the group. For the Fe-30Mn sample spun coated at 
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4250 rpm, BMSCs extended their dendrites (plasma membrane labeled in green) out to 

communicate with the other cells, indicating promising cellular interaction.  

 

 

Figure 3.3 SEM images of collagen-coated Fe-30Mn samples prepared from Table 3.2: (a) SC1; 

spun at a spinning speed of 6000 rpm for 30 seconds, (b) SC2; spun at a spinning speed of 5000 

rpm for 30 seconds, (c) SC3; spun at a spinning speed of 4000 rpm for 30 seconds, and (d) SC4; 

spun at a spinning speed of 3000 rpm for 20 seconds and subsequently spun at a spinning speed 

of 6000 rpm for 40 seconds. The length of each scale bar is 3 µm 
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Figure 3.4 Fluorescent images of bone marrow stem cells (BMSCs) on porous Fe-30Mn samples 

coated with Type I collagen at the spinning speed of (a) 4000 rpm, (b) 4250 rpm, (c) 4500 rpm, 

and (d) 5000 rpm after 1 day of incubation. The length of each scale bar is 100 µm 

 

3.3.2 Potentiodynamic Polarization Test 

Once the coating parameter was determined, the electrochemical corrosion test was conducted to 

examine the effect of collagen coating on the corrosion rate of Fe-30Mn samples. Figure 3.5 

showed the representative Tafel curves of experimental Fe30Mn groups: Fe-30Mn without 

collagen coating (NP-NC), porous Fe30Mn without collagen coating (10P-NC), Fe-30Mn with 

collagen coating (NP-C), and porous Fe30Mn with collagen coating (10P-C).  
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Figure 3.5 Representative potentiodynamic polarization curves of the experimental Fe-30Mn 

groups in McCoy’s 5A medium (pH 7.4) at 37 ± 2 °C. The squares represented Fe30Mn without 

collagen coating (NP-NC), circles represented Fe-30Mn with collagen coating (NP-C), upward 

triangles represented porous Fe-30Mn without collagen coating (10P-NC), and downward 

triangles represented porous Fe-30Mn with collagen coating (10P-C) 

 

The average corrosion potential (Ecorr), corrosion current density (Icorr), and corrosion rate (CR) 

for the experimental Fe30Mn groups were also listed in Table 3.3. Average corrosion rate ranked 

from high to low was 10P-NC > 10P-C > NP-NC > NP-C. Although corrosion rates of collagen-

coated samples were lower than those of non-collagen coated ones, this decrease in corrosion rate 

was not significant at the 0.05 level, indicating coating collagen did not have significant effect on 

corrosion rate for Fe30Mn samples.  
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Table 3.3 Average sample corrosion potentials (Ecorr), corrosion current densities (Icorr), 

corrosion rates (CRp) obtained from the potentiodynamic polarization curves. 

 

3.3.3 Direct In-Vitro Cytotoxicity Test 

For the cytotoxicity test, four experimental Fe30Mn groups (NP-NC, 10P-NC, NP-C, and 10P-C) 

as well as two control Ti6Al4V groups (CT-NC and CT-C) were investigated after one day of 

incubation with BMSCs. 

3.3.3.1 Cytotox96 Cytotoxicity Test 

After 1 day of incubation, the cytotoxicity effect of the four experimental Fe-30Mn groups and 

two control Ti6Al4V groups on BMSCs were evaluated and compared. The numerical average 

and standard deviation values of percent cytotoxicity for each group were listed in Table 3.4 and 

plotted in Figure 3.6.  

  

Sample 

Group 
Description 

Ecorr 

(V) 

Icorr  

(µA/cm2) 

CR  

(mmpy) 

NP-NC Non-porous, no collagen coating Fe-30Mn -0.741 ± .07 1.57 ± 1.1 0.022 ± .02 

10P-NC 10% pore, no collagen coating Fe-30Mn -0.802 ± .06 2.84 ± 1.6 0.040 ± .02 

NP-C Non-porous, collagen coated Fe-30Mn -0.947 ± .47 1.47 ± 0.8 0.020 ± .01 

10P-C 10% pore, collagen coated Fe-30Mn -0.921 ± .19 1.96 ± 0.8 0.028 ± .01 
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Table 3.4 Average sample cytotoxicity levels after 1 day of incubation as well as average cell 

counts and sizes after 1 and 3 days of incubation 

Sample 

Group 

Cytotoxicity Level 

(%) 

Count (# / mm2) Size (µm) 

Day 1 Day 3 Day 1 Day 3 

NP-NC 6.20 ± 2.4 855 ± 277 3622 ± 736 67 ± 16 76 ± 16 

NP-C 1.80 ± 1.8 2599 ± 266 6273 ± 454 82 ± 13 56 ± 9 

10P-NC 14.97 ± 5.3 650 ± 567 1599 ± 663 54 ± 10 72 ± 22 

10P-C 9.08 ± 3.5 2376 ± 401 3984 ± 673 66 ± 10 38 ± 7 

CT-NC 3.56 ± 0.9 703 ± 299 6856 ± 514 57 ± 11 39 ± 8 

CT-C 2.57 ± 2.0 892 ± 180 6712 ± 1098 84 ± 10 40 ± 2.0 

 

 

Figure 3.6 Cytotoxicity level of the studied groups on bone marrow stem cells (BMSCs) after 1 

day of incubation. The experimental groups were Fe-30Mn without collagen coating (NP-NC), 

Fe-30Mn with collagen coating (NP-C), porous Fe-30Mn without collagen coating (10P-NC), 

and porous Fe-30Mn with collagen coating (10P-C). The control groups were Ti6Al4V without 

and with collagen coating (CT-NC and CT-C, respectively). The bracket with the asterisk mark 

indicated the significant difference between the 10P-NC and 10P-C groups (α < 0.05) 
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The average cytotoxicity level was 14.97 % for the non-coated porous group (10P-NC), 

representing the highest level of cytotoxicity effect, and 1.80 % for the coated non-porous group 

(NP-C), representing the lowest level of cytotoxicity effect. A significant decrease in the 

cytotoxicity level from the non-coated porous group (10P-NC) to the coated porous group (10P-

C) was found. There was no significant difference between the non-porous Fe-30Mn groups (NP-

NC and NP-C) in the cytotoxicity level, neither was the significant difference between the control 

Ti6Al4V groups (CT-NC and CT-C). 

3.3.3.2 Cellular Behavior 

Qualitative evaluation of cell morphology, detachment, and membrane integrity for each 

experimental group were examined after 1, 3 and 7 days of incubation, as displayed in Figure 3.7. 

On day 1, cells appeared to be the healthiest on the coated non-porous group (NP-C) and the 

unhealthiest on the non-coated porous group (10P-NC). On day 3, BMSCs seeded on the collagen-

coated Fe-30Mn groups (NP-C and 10P-C) were grown to achieve a higher confluency than those 

seeded on the non-coated groups (NP-NC and 10P-NC), respectively. As the culture time reached 

to day 7, BMSCs were grown to 100% confluency for all Fe30Mn groups except for the 10P-NC 

group. 

 

Figure 3.8 shows the average cell count (a) and size (b) after 1 and 3 days of incubation. The 

corresponding numerical values are listed in Table 3.4. Compared to the non-coated Fe-30Mn 

groups, the collagen-coated Fe-30Mn groups showed significant increases in the average cell count 

and size within 24 hours. After 3 days of incubation, there was no significant difference in the cell 

count between the coated non-porous Fe30Mn group (NP-C) and the control Ti6Al4V groups (CT-

NC and CT-C).  
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Figure 3.7 Fluorescent images of BMSCs on the studied experimental groups: (a-c) NP-NC, (d-f) 

NP-C, (g-i) 10P-NC, and (j-l) 10P-C scaffolds after 1 day (a, d g, j), 3 days (b, e, h, k), and 7 

days (c, f, i, l) of incubation. The length of each scale bar is 100 µm 
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Figure 3.8 Average bone marrow stem cell count (a) and size (b) distributed on the studied 

groups after 1 and 3 days. The bracket with the asterisk mark indicated the significant differences 

among the collagen-coated and non-coated groups (α < 0.05) 
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Figure 3.9 shows qualitative SEM images of cells on each experimental group after 3 days of 

incubation. Cells adhered to the NP-NC, NP-C and 10P-C groups appeared flattened, spreading 

thin extensions to reach out other cells. For the 10P-NC group, cells sat erect on the surface of 

scaffold, indicating loose-attachment.  

 

 

Figure 3.9 SEM images of BMSCs on the experimental groups: (a) NP-NC, (b) NP-C, (c) 10P-

NC, and (d) 10P-C scaffolds after 3 days of incubation. The length of each scale bar is 10 µm 
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Further comparison of cell morphology on the 10P-NC and 10P-C groups is displayed in Figure 

3.10. No cell was observed at the edge of the pore on the 10P-NC sample (Figure 3.10a), while 

flattened cells were observed surrounding and even covering the entire pore (Figure 3.10c). The 

profound difference in cell morphology between the porous non-collagen-coated group (10P-NC) 

and porous collagen-coated group (10P-C) demonstrated that the collagen coating was necessary 

for porous Fe30Mn to make cells show healthy discrete intracytoplasmatic granules. 

 

 

Figure 3.10 SEM images of BMSCs on (a-b) 10P-NC and (c-d) 10P-C scaffolds after 3 days of 

incubation at different magnifications. The dashed white boxes inside (a) and (b) were zoomed to 

(c) and (d), respectively, to show different morphologies of BMSCs 
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3.4 Discussion 

Fe-30Mn samples coated by fibrillar Type I collagen using the drop deposition technique showed 

similar absorption IR spectrum containing both amide I and amide II band peaks. Detection of 

amide I and amide II peaks on all collagen-coated samples using the drop deposition technique 

demonstrated that collagen adsorbed on the alloy substrate successfully. Nevertheless, flaky cracks 

appeared close to the edge of the sample after coating and drying overnight. The authors initially 

suspected the cracks were metal hydroxides [6,36] resulting from the electrochemical reactions 

between the alloy and buffer solution. However, EDS results showed that the cracks were sodium 

and phosphate rich instead of iron and manganese rich, suggesting that the occurrence of cracks 

was merely caused by the buffer solution. The excess of fibrillar collagen buffer solution returned 

salts to their anhydrous forms after allowing the solution to dry naturally, leaving segregated salts 

on the surface of the sample.  

 

Since samples prepared from drop deposition showed inhomogeneous coating due to excess of 

buffer solution, spin coating was used to quickly remove the buffer solution and obtain 

homogenous collagen Type I coverage. Although spin coating prevented salt residues remaining 

on samples, coating uniformity was complex and difficult to achieve. For samples spun at high 

spin speed, the centripetal force pulled collagen solution flow toward the edge of the sample, which 

made few collagen molecules stay in the middle of the sample. Reducing the spin speed can keep 

collagen molecules in the middle, yet the coating may not cover the entire substrate because of 

poor centripetal force and the crystallization of solution that may occur [134]. The authors chose 

spin speed at 4250 rpm as the final coating speed, which offered the most uniform coating and 

high cellular response.  
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The electrochemical corrosion test showed a reduction in corrosion rates for both non-porous and 

porous collagen-coated samples comparing to samples without collagen coating (NP-C < NP-NC; 

10P-NC < 10P-C) in Table 3.3. Collagen coating reduced the corrosion rate of Fe-30Mn because 

it prevented the direct exposure of alloy surface to the electrolyte, hence reducing oxidation. 

Nevertheless, there was no statistically significant difference in corrosion rates between the 

collagen-coated and non-coated groups, demonstrating that collagen coating only minimally 

hindered the overall corrosion rates of Fe-30Mn.  

 

Collagen coating of the Fe-Mn alloys significantly reduced the cytotoxicity level of the porous Fe-

30Mn groups (10P-C < 10P-NC), as shown in Table 3.4 and Figure 3.6. The coating served as an 

intermediate layer between cells and the substrate. It contained high level of amino acids including 

glycine, proline, and hydroxyproline [135] that provided binding sites to cell-surface receptors or 

integrins on the cell membrane, which greatly reduced the occurrence of anoikis or cell-

detachment-apoptosis. Consequently, increasing number of binding sites facilitated cell 

attachment, metabolic activity and mobility which enabled cell-to-cell communication. This was 

demonstrated by the significant increase of the day 1 average cell size, which was proportional to 

the cell adhesion, from the non-coated groups (NP-NC, 10P-NC, and CT-NC) to the collagen-

coated groups (NP-C, 10P-C, and CT-C), respectively (Figure 3.8b and Table 3.4). Furthermore, 

the average cell count values for the collagen-coated Fe-30Mn groups were significantly higher 

than those for the non-coated Fe-30Mn groups, indicating that the collagen coating improved the 

initial cellular viability on Fe-30Mn. The average cell size decreased from day 1 to day 3 for the 

collagen-coated Fe-30Mn groups because the cells nearly reached full confluency, squeezing 

themselves to cover the entire surface. On the other hand, the average cell size for the non-coated 
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Fe-30Mn groups at day 3 increased because the cells still had room to extend their dendrites to 

communicate to the other cells.   

 

The porous Fe-30Mn groups (10P-NC and 10P-C) showed a higher toxicity level than the non-

porous Fe30Mn groups (NP-NC and NP-C) because a higher concentration level of metal ions (i.e. 

Fe2+/3+ and Mn2+) leached into the environment which eventually lead to cell necrosis. Even the 

average cytotoxicity level for the 10P-NC group showed the highest among those for all groups, 

however, it was still within 30% of the average cytotoxicity level for the negative control Ti6Al4V 

group, and according to the standard ISO10993-5 [103], the 10P-NC group was not considered 

severe cytotoxic. Although the coated non-porous group (NP-C) showed higher cell viability and 

adhesion than the coated porous group (10P-C), the coated porous group was more desirable 

because it provided three-dimensional environment for cells to facilitate their phenotypes and cell-

to-cell interactions, mimicking the physiological environment closer to tissues and organs 

[136,137]. Since there was no statistically significant difference between the 10P-C and 10P-NC 

group in the corrosion test, yet the 10P-C group showed a significant lower cytotoxicity level than 

the 10P-NC group in the cytotoxicity test, we can conclude that collagen coating is a valid route 

towards increasing the osteointegration for porous Fe-30Mn without hindering the alloy 

degradation rate. 

3.5 Summary of Chapter 3 

Fe-30Mn is a promising biodegradable material for transient orthopedic fixation devices, but 

further improvements in osteointegration of these materials are necessary. The spin coating 

technique was used to obtain homogeneous coating of fibrillar Type I collagen on the surface of 

Fe-Mn alloys with different porosity levels. According to the potentiodynamic polarization test, 
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there were no significant differences between the collagen-coated groups (NP-C and 10P-C) and 

the non-coated groups (NP-NC and 10P-NC) in terms of corrosion rates. However, after 1 day of 

incubation, the porous collagen-coated group (10P-C) showed a significantly lower level of 

cytotoxicity than the porous non-coated group (10P-NC). The quantitative results of the average 

corrosion rates and cytotoxicity levels, combined with the qualitative results of cell count values, 

sizes, and morphology obtained from the fluorescence microscopy and SEM images, showed that 

the collagen coating improved the initial cell adhesion and viability significantly without hindering 

the degradation behavior of porous Fe-30Mn. 
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 FUTURE DIRECTIONS 

Bioresorbable Fe-30Mn alloys have shown strong mechanical properties that are comparable to 

stainless steel. With the incorporation of porosity and surface coating of Type I collagen, these 

alloys showed enhanced corrosion rates and in-vitro biocompatibility, rendering them as promising 

materials for temporary orthopedic fixation devices.  

 

In Error! Reference source not found. “Error! Reference source not found.,” we investigated 

the Fe-30Mn samples containing 0% to 10% porosity, as well as samples containing 60% porosity 

to explore both the very low and the very high end of the porosity spectrum. The mechanical 

properties, corrosion behavior and cytotoxicity of Fe30Mn alloys with porosities in-between the 

10-vol% and 60-vol% have not been studied. Although the Fe30Mn samples with 60% porosity 

showed the highest average corrosion rate among the studied samples, we found that they caused 

a cytotoxic effect to the cells that makes this group not biocompatible enough for use in 

bioresorbable implants. Both the 10% and 60% porosity samples showed compatible ultimate 

compressive strengths, stronger than a native natural cortical bone, while the former group 

displayed minimal cytotoxic effects.  Thus, it is highly possible that the Fe-Mn alloy with ideal 

porosity in terms of both corrosion rate and low cytotoxicity, will be found in the porosity interval 

laying in between 10% and 60% porosity.  Investigations in this porosity range is recommended 

to evaluate the tradeoff between the biocompatibility and corrosion behavior in Fe30Mn alloys.  

 

In CHAPTER 3 “ENHANCING OSTEO-INTEGRATION of FE-30%MN ALLOYS COATED 

WITH TYPE I COLLAGEN,” we evaluated the effectiveness of collagen coating onto cell 

viability, adhesion and alloy corrosion behavior. Results showed that coating Fe30Mn containing 
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10% porosity with Type I collagen significantly decreased their cytotoxic effect and significantly 

improved the cellular adhesion without significantly reducing the corrosion rate. Future studies for 

coated Fe30Mn should aim to achieve a homogeneous and consistent coating using different 

coating parameters and techniques. The mechanisms of the degradation process between the alloy 

and the coating, as well as the degradation process between the coating and the cells are aspects of 

high interest for future studies. Furthermore, a long term in-vitro study to study the osteogenic 

differentiation of stem cells, and an in-vivo study to evaluate the real-time corrosion behavior 

occurring in the body are proposed for further improvements of Fe30Mn alloys to be used in 

transient implants.   

 

After a long incubation time, irregular corrosion derived particles including metal hydroxides such 

as Fe(OH)3 and Mn(OH)2, as well as phosphates such as Mn3(PO4)2 and FePO4, may occasionally 

break off from the surface to the surrounding media. These particles may cause a non-specific 

foreign body response, resulting in a series of chronic inflammation reactions and stimulating 

infection [138]. Therefore, quantitative and qualitative characterizations of the corrosion products 

break-off over time are also recommended. 

 

Although iron, manganese, and ammonium bicarbonate powders were all well blended in a high-

speed mixer, the powders were distributed unevenly upon filling the cavity of the die during the 

compaction. The porogen ammonium bicarbonate powders were found dominating the bottom of 

the die cavity, whereas the alloy powders were found dominating the top of the cavity. Different 

powder flowing rates of the powders due to powder properties (i.e. powder size and shape) upon 

filling resulted in the graded distribution of ammonium bicarbonate powders along the direction 
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of the compacting force. Consequently, graded porosity in the alloy was observed after sintering. 

The observed graded porosity in the alloy provided no major problems for the studies shown in 

Error! Reference source not found. and CHAPTER 3 because: (1) the purpose of the studies 

was to improve the degradation rate and biocompatibility of the Fe30Mn alloy through 

incorporating the porosity and coating of Type I collagen, and (2) the fabricated samples were 

compacted to the shape of the tablet form where the graded porosity had little influence to the 

corrosion rate and biocompatibility of the alloy. Nevertheless, characterization of the powder 

production, powder properties, as well as powder friction and flow, etc., are suggested in the future. 
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 CONCLUSIONS 

The idea of bioresorbable metals has drawn increasing attention in the fields of orthopedic, 

cardiovascular, and pediatrics. Researchers and scientists have already found that, with the 

addition of manganese as the alloying element, the Fe-30Mn alloy showed great mechanical 

properties comparable to the stainless steel 316L, as well as an improved corrosion rate and high 

relative metabolic activity comparing to pure iron. Powder metallurgy is the most common method 

to prepare the Fe-30Mn alloy due to its flexibility, reliability, and low price, without further 

machining. By using the space holder technique in the powder metallurgy, porous Fe-30Mn alloys 

with various porosity can be obtained. The porous structure of Fe-30Mn alloys is helpful to 

increase the corrosion rate, and it is necessary for the cell microenvironment for nutrients transport, 

extracellular matrix formation, and angiogenesis. However, the biggest challenge is to design a 

porous Fe-30Mn scaffold that shows a desirable corrosion rate at the same time with great 

biocompatibility and osteointegration. The porous Fe-30Mn alloy must show good 

biocompatibility so that the alloy does not cause any severe cytotoxic effect, and the alloy should 

also show good osteointegration to improve the cell-alloy interactions including stem cell adhesion, 

proliferation, and differentiation.  

 

The mechanical properties, corrosion behavior, and cytotoxicity limit of the Fe-30Mn alloys with 

0-, 5-, 10-, and 60-volume percent porosity were studied in CHAPTER 2. The Fe-30Mn alloys 

mixed with 60-vol% ammonium bicarbonate showed good mechanical properties comparable to 

the natural cortical bone and they displayed the highest average value of corrosion rate in the 

potentiodynamic polarization test among the four groups. Nevertheless, the high concentration of 

metal ions, particularly Mn2+, released into the surrounding media caused a negative cytotoxic 
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effect in both the indirect and direct cytotoxicity studies. The Fe-30Mn alloys containing 10-vol% 

porosity showed minimal cytotoxicity effect, demonstrating their good biocompatibility, while 

exhibiting the average corrosion rate 2-fold higher than the non-porous group. Even the porous 

Fe-30Mn alloys with 10-vol% porosity showed suitable biocompatibility, the inherent material 

properties of the Fe-30%Mn alloys provided limited osteointegration that requires further 

improvement for the applications of transient orthopedic fixation devices.  

 

The focus in CHAPTER 3 was to improve the osteo-integration of the Fe-30Mn alloys by coating 

the alloy surface with Type I collagen. The potentiodynamic polarization and direct cytotoxicity 

test were conducted onto four experimental Fe-30Mn groups that contained either 0- or 10-vol% 

porosity with a combination of with or without collagen coating. The porous collagen-coated Fe-

30Mn group showed statistically significant decrease in the cytotoxicity level yet exhibited no 

statistically significant difference in the corrosion rate when it compared to the porous non-coated 

Fe-30Mn group. Furthermore, only cells seeded on the collagen-coated groups displayed focal 

adhesion plaques which played a crucial role in cell adhesion, spreading, migration, proliferation, 

differentiation, and apoptosis through different chemical signal pathways. The study proved that 

coating of collagen greatly enhanced the osteo-integration of the Fe30Mn alloys without inhibiting 

the degradation rate of the alloys. 

 

With the incorporation of porosity and surface coating of Type I collagen, the bioresorbable Fe-

30Mn alloy has shown enhanced degradability, biocompatibility, and osteo-integration which is 

considered as a promising bone biomaterial for fixation medical devices. However, further 

investigations in alloy processing and porosity control to obtain consistent mechanical properties, 
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as well as finding the tradeoff between the biocompatibility and corrosion behaviors for the Fe-

30Mn alloys containing porosities between 10-vol% and 60-vol% are recommended. In addition, 

the uniformity and stability of the Type I collagen surface coating will need to be improved to 

achieve a high level of osteo-integration for the Fe-30Mn alloy. Further developments in long-

term in vitro studies and in vivo studies are also encouraged.
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