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Abstract 

 

 

Titanium and its alloys are known to be widely used for biomedical applications due to their 

biocompatibility, and excellent corrosion resistance. The introduction of porosity into the 

metals may reduce the stiffness to match that of bone and allow the completion of bone 

ingrowth into the porosity of the implant leading to improvement in implant fixation. Porous 

metals are recognised in demonstrating considerable advantages in a wide variety of 

applications due to their low density and novel physical, mechanical, thermal, electrical and 

acoustic properties. These materials have already exhibited potential for lightweight 

structures, thermal management, energy absorption and more recently for biomedical 

applications. The present study was carried out to develop porous titanium alloys from 

elemental powders, i.e. titanium, niobium, tantalum and zirconium using a powder metallurgy 

method based on the argon filled pore expansion technique. This technique utilises highly 

pressurised argon pores created by the hot isostatic pressing of metal powders, in the 

presence of argon gas followed by expansion of the pressurised argon at high temperature. 

The objectives of the research are : (i) to investigate a novel procedure on developing porous 

beta (β) titanium alloys from elemental powders (titanium, niobium, tantalum and zirconium) 

based on the expansion of the pressurised argon bubble technique, (ii) to determine the effect 

of foaming parameters on the microstructure, phase transformation and resulting porosity of 

the porous alloys, (iii) to determine the compressive elastic modulus and compressive 

strength of the porous alloy.  

 

The powder form of starting materials, i.e. titanium, niobium, tantalum and zirconium in 

angular shape with the size and purity of the elemental powders being <44µm and >99.5%, 

respectively, were weighed to attain a nominal composition of Ti-29Nb-13Ta-4.5Zr, and 

were then blended in a roller mixer. Following this, the blended powder was placed into 

stainless steel cans. Each can was subsequently evacuated and then backfilled with 0.34, 0.48, 

0.68 and 0.86 MPa of argon gas and sealed. Afterwards, the pressurised cans were hot 

isostatic pressed (HIP-ed) at 1100oC under 100 MPa of argon pressure for 4 hours followed 

by furnace cooling. Cubic specimens each of approximate nominal dimensions of 10 x 10 x 

10 mm were sectioned from the HIP-ed billet using wire electrical discharge machining 

(WEDM). The cube specimens were then foamed in an argon flushed graphite element 
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vacuum furnace at 1100o, 1225o and 1350oC for 10 hours. Following this, the foamed 

specimens were prepared for microstructural analysis and examined using optical microscopy 

and scanning electron microscopy. The fraction of porosity was determined using digital 

image analysis using open source software (ImageJ). Phase identification within the 

specimens was carried out using X-ray diffraction (XRD) and/or Synchrotron Radiation 

Diffraction (SRD). Hardness values were obtained by using a microvickers hardness tester. 

Open-circuit potential (OCP) and potentiodynamic polarisation measurements were 

performed to evaluate their corrosion behaviour. Compression tests were carried out using 

standard mechanical testing equipment, in which the specimen strain was measured using two 

clip gauges attached to the platen surfaces in contact with the specimen. 

 

The experimental results are summarised as follows. A novel procedure using elemental 

powders in the argon filled pore expansion technique to produce porous β titanium alloy has 

been developed. Hardness, corrosion potential (Ecorr) and corrosion current density (icorr) 

values of the developed titanium alloy were in the range of 340–474 HV, 445 mV to -321 mV 

and 0.322 A/cm2 to 1.51 A/cm2 respectively which is comparable to those of Ti-6Al-4V or 

commercially pure (CP) Ti. Regarding the porous structure, although the resulting porosities 

are comparable with that obtained using existing techniques, the elastic modulus was found to 

be lower and the compressive strength slightly lower than that of alpha-beta (α+β) titanium 

alloys. The porosity level was found to reach approximately 17.8% at a temperature of 

1100oC for 20 hours. Foaming at higher temperatures resulted in the development of α phase. 

At 1225oC the α phase areas became larger and at 1350oC the α phase continued to grow by 

forming α platelets within the β phase matrix. Pore morphology of the samples foamed at 

1225oC remained discrete with few coalesced pores and a porosity level of 37.1% was 

achieved. Foaming at 1350oC resulted in the pores growing considerably larger with multiple 

pores sometimes having become interconnected with porosity levels and pore size reaching 

approximately 40.2% and 200 µm, respectively. The elastic modulus and compressive yield 

strengths of the three sets of foamed samples were all found to decrease with the increase of 

porosity.However, an increase in modulus and yield strength was the trend with increasing 

foaming temperature. The experimental results indicate that porous β titanium alloys can be 

produced using elemental powders in the argon filled pore expansion technique, and these 

materials exhibit properties inclusive of those required for biomedical applications.  
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Chapter 1  

Introduction 

 

 

1.1 Research Background 

The global burden of musculoskeletal disorders, causing severe pain and physical 

disability affecting millions of people around the world, is estimated to have 

increased by 25% over the past decade [1, 2]. In Australia, it has been reported that 

more than 31% of the population (6 million people) experienced musculoskeletal 

problems during the 2004-2005 period [3]. The costs related to arthritis and 

musculoskeletal problems were estimated at $4 billion AUD, which accounted for 

7.5% of the allocated health system expenditure. During 2005-2006, according to the 

Australian Institute for Health and Welfare, 44,446 total knee and hip joint 

replacements were undertaken with a major diagnosis of disease of the 

musculoskeletal system (mainly coming from osteoarthritis) [4] (p.214). 

Unfortunately, the prevalence of musculoskeletal problems is predicted to increase 

year by year due to population growth, particularly in the overweight and elderly age 

groups. Based on those statistical figures, it is considered very important that the 

development of new skeletal tissue engineering materials for bone repair or 

reconstruction be carried out intensively. Accordingly, the research described in this 

thesis explores the development of titanium alloys for biomedical implant material 

applications.   

 

Metallic biomaterials have been used mainly for fabrication of medical devices 

because they are reliable from view point of mechanical performance. This trend is 

expected to continue. Further, stainless steel, cobalt alloys and titanium and its alloys 

are mainly used in the fabrication of metallic biomaterials [5]. Due to their excellent 

biocompatibility, high specific strength and excellent corrosion resistance [6-8] the 

research and development of titanium system biomaterials is being carried out 

intensively in the field of metallic biomaterials. Amongst these Ti-6Al-4V (Grade 5) 

and CP titanium are currently the most widely employed materials for biomedical 

applications [9]. However, a number of concerns associated with the use of titanium 

and its alloys as implant materials still exist. Alloying elements of the titanium alloys 
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are the first concern. Nickel and chromium are well known as metal allergens [10]. 

Vanadium has been confirmed as causing cytotoxic [11] and adverse tissue reactions 

[12] whilst aluminium is associated with potential neurological disorders [13]. 

Hence, aluminium- and vanadium-free titanium alloys are being explored as implant 

materials. The use of β stabilising elements, such as niobium, tantalum and 

zirconium has been reported to result in alloys with excellent biocompatibility [14] 

[15]. Furthermore, these alloying elements would also be expected to enhance 

strength and decrease the elastic modulus of the resulting alloys [16]. In light of the 

above information, titanium alloys containing niobium, tantalum, zirconium, 

molybdenum have been proposed as implant materials.   

 

Although titanium alloys are known as biocompatible materials, they are not fully 

accepted by the human body. Titanium, as with other materials, initiates a foreign 

body reaction, i.e. the body isolates itself from an implant by implant encapsulation 

in a thin collagenous sac [18]. The encapsulation may cause a weak bone implant 

interface leading to loosening of the implant and subsequent fixation failure [19]. In 

the case of titanium, the encapsulation still occurs, albeit with a thinner encapsulation 

layer (100-200 Ǻ) in comparison with other materials (e.g. 50 µm) [18]. The use of 

porous structures which are expected to be osteoconductive, allows the bone cell to 

adhere, proliferate and form an extracellular matrix on its surface and in the pores. It 

should also be able to induce bone formation through biomolecular signaling and 

reducing progenitor cell (osteoinductive). Furthermore, it needs to form blood 

vessels  around the implant within weeks of implantation to support nutrients, 

oxygen and waste transport[17] leading to the generation of a strong bone-implant 

bond. Lincks et al. [20] pointed out that the degree of roughness and the composition 

of implanted titanium alloys may significantly contribute to the properties of 

adherent cells. Yang et al. [21] stated that the regeneration of specific tissues on the 

porous implant materials is affected by the pore size and porosity of the implant. 

Another study suggested that the optimal porosity for implant materials is in the 

range of 20-50% [22]. Interconnected porosity where the pore size diameter should 

be at least 100 µm for successful dissolution of essential nutrients and oxygen for 

survivalibilty has also been reported [23]. According to Murphy et al. [24] pore sizes 

in the range of 200-350 µm are found to be optimum for bone tissue ingrowth. From 
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the literature study, there is still controversy over definite agreement on the pore size 

for bone ingrowth [25-34] This also indicates that metals, with ostensibly low 

bioactivity and containing no calcium and phosphorus, can meet one of the 

requirements, if they have a specific porous structure, they can demonstrate the 

behaviour of an osteoinductive material.  

 

The discrepancy of mechanical properties between human bones and the implant 

titanium alloys is another concern. The Young’s modulus of implanted materials, 

such as CP Ti or Ti-6Al-4V (102-115 GPa) is much higher than that of compact or 

cortical bone (10-40 GPa [8, 35]). When the implants are significanly stiffer than the 

adjacent bone, internal loads will mainly be supported by the implant that now is 

“shielding” the bone from carrying the normal mechanical stress.  This stress 

shielding effect alters the normal stress stimuli for bone growth. In accordance with 

Wolff’s law, the reduction of bone stress relative to the natural situation causes bone 

to adapt itself by its mass in a process of resorption around the implant. Over a long 

period, this may result in micromotion, and could further damage the interfacing 

bone layer and anchorage performances subsequent to possible implant loosening 

and failure of the implantation, leading to inflammation and extreme pain. 

Accordingly, β titanium alloys containing the less potentially harmful elements than 

aluminium and vanadium have been proposed as implant materials due to their 

elastic modulus, which is lower than that of Ti-6Al-4V. Among those, Ti-Zr-Nb-Ta 

alloys have commonly been explored for biomedical applications [36-43].  

 

β titanium alloys containing elements which exhibit good biocompatibility are 

known to have low elastic modulus with the lowest modulus value being reported so 

far of 55 GPa [44]; however, they are still stiffer than cortical bone. Some research 

work aimed at reducing the stiffness has been carried out [35, 45-50]. It is 

established that introducing pores to the materials will decrease the values of 

Young’s modulus [45]. Both porous pure titanium and porous titanium alloys are 

preferred to be fabricated by solid state routes such as sintering of compact powder 

processes, space holder techniques, a pressurised pore expansion process, etc., rather 

than the melting route, due to the high reactivity and high melting point (1670oC) of 

pure titanium.  
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The process of sintering of powder compacts is the simplest technique. The original 

pores in the powder dictate the shape, size and volume fraction of the pores in the 

final titanium foam (this term is used interchangeably herein with porous material). 

However, these processes do not permit easy control of the level of pore connectivity 

to each other and to the surface. This method is based on partial sintering of loose 

titanium powder into a porous body, with porosity in the range of 5-50% and low 

strength at higher porosity. Oh et al. [35] applied sintering to pure titanium under 

variable conditions such as sintering temperature, sintering pressure and powder size 

variations. The results showed that the elastic modulus and bending strength of 

porous CP titanium are similar to those of human cortical bone at a porosity content 

of approximately 30%. However, the yield strength obtained at 0.2% offset of the 

porous CP titanium is lower than the yield strength of the bone. A different approach 

by Queheillalt et al. [51] employed hollow titanium powder or spheres to increase 

porosity. Another approach consisted of generating larger pores around which 

titanium powders were afterwards completely sintered as struts or walls, using gas 

such as carbon dioxide as a blowing agent, a polymer as a binder [52, 53], carbamide 

and ammonium hydrogen carbonate as a particle spacer [45, 52-55] or polyurethane 

foam as a fugitive scaffold [56]. No information was reported on contamination 

levels for titanium porous materials for either the particle spacer foaming or for 

fugitive scaffold foaming, but such contamination was found for gaseous polymer 

foaming [52].  

 

The use of inert gas, such as argon, to promote porosity due to the expansion of 

pressurised argon bubbles within a metal matrix at elevated temperature was first 

introduced by Kearns et al. [57]. The amount and morphology of the porosity can be 

controlled by the foaming parameters such as backfill pressure, foaming temperature 

or foaming time. This technique has led to development of porous pure titanium [58] 

and titanium alloys based on prealloyed starting powder [50, 57, 59]. For instance, 

Kearns et al. [57] reported that porous Ti-6Al-4V containing porosity of up to 40% 

has been developed at a foaming temperature of 1240oC. Another study on porous 

Ti-6Al-4V carried out by Ashworth [59] reported that when the degrees of porosity 

are in the range 25-40%, the material stiffness effectively decreases by up to 50%. 

CP titanium foaming at lower temperatures (960oC) resulted in a porosity of 27% 

with the elastic modulus being 60 GPa [58]. The elastic moduli were still found to be 
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higher to that of compact bone. In addition, the use of prealloyed powder containing 

elements of lower biocompatibility has implications on materials availability and 

production costs, complexity of the manufacturing process and the biocompatibility. 

Alternatively, the use of elemental powder as starting materials is a much simpler 

and more flexible route. Whilst critical concerns have been raised from the use of 

elemental powders regarding whether alloying can be accomplished under the 

conditions required to fabricate highly porous titanium alloys, the use of 

biocompatible elemental powders, i.e. titanium, niobium, tantalum and zirconium, as 

starting materials is expected to enhance the strength and to decrease the elastic 

modulus of the resulting porous titanium alloys. So far, such a study has not been 

found in the literature. Therefore, the current study on the development of a porous 

titanium alloy from the elemental powders as starting materials based on the 

expansion of pressurised argon bubbles technique has been undertaken.  

 

1.2 Research Objectives 

The objectives of the present research are as follows: 

(1) To develop porous β titanium alloys from elemental powders (titanium, niobium, 

tantalum and zirconium) based on the expansion of pressurised argon bubble 

technique.  

(2) To determine the effect of foaming parameters on the microstructure, phase 

transformation and resulting porosity of the porous alloys.  

(3) To determine the compressive elastic modulus and compressive strength of the 

porous alloy.  

 

 

1.3 Significance 

This research is aimed at contributing to the manufacture of porous β titanium alloys 

using biocompatible elemental powders as starting materials which potentially offers 

a much simpler and more flexible route in comparison with the existing technique 

using prealloyed powder. The study also seeks to establish a significant advance in 

the design and understanding of porous β titanium alloys with the prospect of 

developing mechanical properties commensurate with those of bone. Therefore, the 
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stress shielding that can result in the failure of some implants, due to a mismatch of 

stiffness between bone and the implanted materials can be reduced.  

 

 

1.4 Structure of Thesis 

The studies reported in this thesis were focused on the microstructural design, 

characterisation, and the measurement of the physical and mechanical properties of 

the porous titanium alloys fabricated from elemental starting powders using a powder 

metallurgy process. This thesis is separated into 5 chapters as follows: 

 

• Chapter 1. Introduction. This chapter presents the background to the research 

topic, the objectives, the statement of significance and the structure of thesis.  

• Chapter 2. Literature Review. The chapter reviews the literature of the 

theoretical background related to the research topic. This chapter describes 

synthetic biomaterials for biomedical applications, with solid and porous 

structures of titanium and its alloys being reviewed in detail.  

• Chapter 3. In chapter 3 the experimental procedures conducted in this work 

are described. For example, the experimental procedure started with powder 

preparation, powder consolidation and the foaming process, followed by 

characterisation and the evaluation (assessment) of material properties.  

• Chapter 4. The results of the research are presented and discussed in this 

chapter, which is notionally divided into three stages addressing the 

microstructural analysis and characterisation of the HIP-ed materials, foamed 

materials and the mechanical properties of the foamed materials.  

• Chapter 5. Conclusions drawn from this study and the recommended future 

work to be carried out are presented in this chapter. Some selected 

information required during the study can be found in the appendices. 
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Chapter 2  

Literature Review 

 

 

2.1 Introduction 

This chapter describes the theoretical background associated with the research topic 

and involves the use of biomaterials for biomedical applications, including titanium 

and its alloys in porous form and their fabrication. The most common problem that 

restricts the use of implanted metallic materials is their lack of biocompatibility, 

exhibiting characteristics such as low bioactivity and a mismatch of mechanical 

properties with the body tissues. This study presents an overview on both. Both 

powder sintering processes (PSP) and pressurised pore expansion processes (PPEP) 

were employed to manufacture the porous structure of the materials and accordingly 

reviews on these topics were also undertaken. 

 

 

2.2 Biomaterials for biomedical applications  

Biomaterials were first defined as “non-viable materials used in a medical device, 

intended to interact with biological systems” [60]. Black [61] (p.1) broadened the 

definition to materials of natural or man-made origin that are used to direct, 

supplement or replace the function of living tissues in the human body. Biomaterials 

can be broadly classified into two groups, namely biological biomaterials and 

synthetic biomedical materials. Whilst biological materials can be further classified 

into soft tissues and hard tissues, synthetic biomedical materials are further classified 

as (a) metallic, (b) polymeric, (c) ceramic and (d) composite biomedical materials 

[62, 63], as depicted in Figure 2.1. Hereafter, the term “biomaterials” will be used to 

refer to synthetic biomedical materials.  
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Figure 2.1 : Classification of biomaterials. Adapted from [62] and[64] 

 

 

A complementary term, biocompatibility, is defined as the ability of a material to 

perform in a specific application with an appropriate host response [65]. According 

to Ramakrishna et al. [64], the co-author, Wintermatel and Mayer have previously 

proposed that the term biocompatibility can be expanded to include surface and 

structural compatibility. Surface compatibility is linked to the suitability of the 

implant surface into the host tissue, including chemical, biological, physical and 

morphological surface properties of the implant. Structural compatibility is the 

suitability of the mechanical properties of the implant when used with the host tissue, 

e.g. strength, fatigue, elastic modulus, hardness, etc. In line with this, Peters et al. 

[66] described biocompatibility using two aspects. First is the absence of a cytotoxic 

effect, which implies that there is no harmful effect caused by the material. Second is 

Biomaterial
s 

Biological Materials Synthetic Biomedical Materials  

   Soft Tissue 
• Skin 
• Tendon 
• Cornea 
• Pericardium 

Polymeric 
• UHMWPE • PU 
• PMMA • PTFE 
• PEEK 
• SR 
• PS 

• PA 
• HDPE 
• PGA 

Hard Tissue 
• Dentine 
• Bone 
• Cuticle 
 

• Pericardiu

     Metallic 
• SS 
• Co based alloy 
• Ti based alloy 
• Mg based alloy 
• Tantalum 
• Gold 
• Platinum 
 

   Ceramic 
• Alumina  
• Zirconium  
• Carbon 
• HA 
• TCP 
• Bioglass  
• Calcium  

Aluminates  

   Composite 
• CF/PMMA 
• CF/UHMWPE 
• CF/PEEK 
• CF/Epoxy 
• HA/PE 
• KF/PMMA 
• GF/PMMA 
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the aspect of functionality which assumes the absence of impairment of cellular 

function, and the materials can match the mechanical, chemical and physical 

requirements of the host tissue. Today, the term biocompatibility is commonly used 

as a qualitative term describing how the body tissue reacts with the biomaterials and 

the impact of the implant on the body [67-69].   

 

Historically, biomaterials have been used far back into ancient civilizations, as 

summarised from a number of references [70] (p.1), [71], [72] and [73] (pp.2.3-2.4), 

for aesthetic purposes, medical treatment and the improvement of health care. 

Metallic biomaterials were used in orthopaedic procedures for the first time around 

700 BC during the ancient Greek period by the Etruscan (the precursors of the 

Romans) in Etruria. Other examples of early biomaterials include wooden teeth and 

glass eyes that were found in Egyptian mummies. Golden wires were believed to 

have been used for fracture treatment by the Father of Medicine, Hippocrates (460-

377 BC). More than 2000 years ago the Roman, Chinese, Aztec and Egyptian 

civilizations also used gold in dentistry treatment. A copper and wooden leg has been 

found in Cappy, Italy, which has been dated to 300 BC. Following the invention of 

metal production technologies, such as iron casting in 1620, records of gold, iron and 

bronze being used in medical devices for laceration sutures have been found.  

 

In the 19th century, steel materials were employed as bone plates and screws to fix 

fractures. As carbon steel corrodes easily in human the body, subsequently it was 

replaced by nickel-plated steel and vanadium steel. Due to insufficient corrosion 

resistance and also adverse tissue reaction, those metals were then replaced by 

stainless steel for orthopaedic applications. By the early 1930’s stainless steels, 

which were invented and developed in the early 1900’s, were generally available and  

utilised successfully as implant materials in the surgical field, followed by the 

introduction of cobalt-chromium-molybdenum alloys, for example Vitallium®. 

Titanium and titanium alloys were introduced by the 1940’s. Lately titanium alloys 

gradually are getting more attention among the three main metallic biomedical 

materials used in orthopaedic applications [74]. NiTi shape memory alloys were a 

major innovation due to their specific mechanical behaviour, and were introduced in 

the 1960’s [75]. 
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The first report of a bioceramic to fill bone defects was published in 1892 [76]. Of 

the ceramic biomaterials, alumina and zirconia are the most common due to their 

high strength and wear resistance. In the early 1970’s, Hench et al. [77] 

demonstrated a new biomaterial, Bioglass®, which was able to spontaneously bond 

to living bone. During that time, tricalcium phosphate, which shows absorption 

characteristics, was also developed. 

 

Although synthetic polymers were discovered at the end of the 19th century, in 

biomedical applications polymeric materials, e.g. PMMA, were only introduced in 

dentistry in 1937 and in contemporary orthopaedics as bone cement in the 1950’s 

[78]. These types of biomaterials have seen increased applications over the last 

twenty years. For example, medical grade silicone elastomers have been widely used 

in small joint replacements, introduced for the first time in the mid-1960s. Currently, 

a large number of polymers [64], as shown in Figure 2.1 and Table 2.1 are also used in 

biomedical applications. In more recent years, polymer/ceramic composite materials 

reinforced with ceramic particles or fibres such as CF/PMMA, CF/PEEK, 

CF/UHMWPE, etc. have also been developed for biomedical applications.  

 

Currently, biomaterials such as metals, polymers and ceramics are used extensively 

for biomedical applications in a large number of implant forms (sutures, bone plates, 

joint replacements, ligaments, heart valves, dental implants, etc.) and medical device 

forms (pacemakers, biosensors, artificial health, blood tubes, etc.) with the examples 

being shown in Table 2.1.   
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Table 2.1 : Application of biomaterials in medical applications [70] (p.3) 

 
Application Types of Biomaterials 

Skeletal system 
Joint replacement (hip, knee)  
Bone plate for fracture fixation 
Bone cement 
Bony defect repair 
Artificial tendon and ligament 
Dental implant for tooth fixation 

 
Titanium, Ti-Al-V, SS, ceramic, 
UHMWPE, SS, Co-Cr alloy 
PMMA 
HA 
Teflon, Dacron 
Titanium, alumina, calcium phosphate 

Cardiovascular system 
Blood vessel prostheses 
Heart valve 
Catheter 

 
Dacron, Teflon, polyurethane 
Reprocessed tissue, SS, carbon 
Silicone rubber, Teflon, polyurethane 

Organ 
Artificial heart 
Skin repair template 
Artificial kidney (hemodialyzer) 
Heart-Lung machine 
Breast augmentation or reconstruction 
Maxillofacial reconstruction 
Penile implant 

 
Polyurethane 
Silicone-collagen composite 
Cellulose, polyacrylonitrile 
Silicone rubber 
Silicone gel  
Calcium phosphate [76] 
Silicone tubing[79] 

Senses 
Cochlear replacement 
Intraocular lens 
Contact lens 
Corneal Bandage 

 
Platinum electrodes 
PMMA, silicone rubber, hydrogel 
Silicone acrylate 
Collagen, hydrogel 

General surgery [80] 
Sutures 
 
Blood substitutes 

 
Catgut, Silk, Nylon 66, Steel, polyglycol 
acid, polybutyleneterephalate, [81](p.358) 
Fluosol [81](p.295) 
 

 

 

The estimated world market for all devices incorporating biomaterials including 

diagnostic and therapeutic equipment was $115.4 billion in 2008. Within this 

industry, the world market for biomaterials is estimated at around $25.5 billion for 

the same year [82] with the composition of the biomaterials market products as 

shown in Figure 2.2. The figure shows that the orthopaedic biomaterials segment is 

the dominant one for biomaterials with 38% market share, closely followed by 

cardiovascular biomaterials with 37% market share. The ageing population in 

developing and developed countries may contribute to the growth of these markets. 

 



 

Figure 2.2 : Global biomaterials market by product, 2009
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also requiring treatment 

order to overcome these problems, materials are required that meet certain functions 

for orthopaedic applications which can also be safely placed (implanted) into the 

human body. 

 

 

2.3.1 Biomaterials consideration

Since biomaterials are implanted into the human body, they will interact with 

biological entities. Body response to the materials and vice versa becomes a critical 

factor for accomplishing the biomaterial functionality. An extensive research effort 

towards understanding the interaction between the materials and the host tissue has 

been attempted and reported 
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longer in situ without adverse reaction. Biomaterials, therefore, should have specific 

properties that can be tailored to meet the requirement of a particular application 

without causing an unacceptable degree of harm in the body as described below.  

 

2.3.1.1 Biological compatibility 

Biological compatibility, commonly known as biocompatibility, is a descriptive term 

which indicates the ability of materials to interact with living tissue. Biocompatibility 

of a scaffold is described as its ability to support normal cellular activity including 

the molecular signaling system without any local and systematic toxic effect to the 

host tissue [92]. The materials implanted into the body are expected to be highly non-

toxic and non-cytotoxic to avoid damage to cell or alteration of cellular membranes, 

and materials must not inhibit enzymatic metabolic processes [93], and should not 

result in any allergic or inflammation reactions. This performance is determined by 

two factors; the host response induced by the materials; and the materials 

degradation in the living tissue environment. When foreign materials are placed into 

the body, it naturally responds using its defense mechanisms. The foreign materials 

will be digested by cells by means of releasing chemicals and enzymes to dissolve 

and later absorb them. If the materials cannot be digested, the material will be 

isolated from the surrounding tissue by fibrous tissue encapsulation. Tissue reaction 

around a metallic implant can be classified into two categories, according to the 

tissue thickness; a minor reaction (e.g. titanium alloys, stainless steel, Co-Cr alloys) 

and a severe reaction (e.g. Fe, Co, Cr, Ni, Mo, V, Mn, Incoloy®) [8]. Based on the 

body’s response to implanted biomaterials, with the exception of the material being 

non-toxic, biomaterials can be classified into [69] biotolerant, bioinert, bioactive, 

bioresorbable materials and inductive materials as shown in Table 2.2. 
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Table 2.2 : Classification of biomaterials based on their interaction with surrounding tissue. 
Adapted from [69, 94] 

Classification Response Example Effect 

Biotolerant materials 
 

Formation of 
connective tissue 
membran, fibrous 
tissue, 
osteochondroma 
fragments.   
 

316 L steel, Co-Cr 
based alloys, PTFE, 
PMMA ,  
 

Distance 
osteointegration, 
Rejection of 
implant leading to 
implant failure 

Bioinert materials   Formation of 
connective very 
thin tissue.  

Ta, Pt, AuTi, Ti alloys, 
C, Alumina  [95], 
Zirconia [95] 

Contact 
osteointegration, 
Rejection of 
implant leading to 
implant failure 
 

Bioactive materials Formation of 
bony tissue 
around the 
implant materials 
and strongly 
integrated with 
the implant 
surface 
 

Bioglass®, HA, Glass 
Ceravital® [95], 
Ceramic A-W®[95] 

Acceptance of the 
implant leading to 
the success of the 
implantation 

Bioreorbable 
materials 
 
 
 
 
 
 
 
 
Inductive materials 
 
 

Replaced by 
autologous tissue 
 
 
 
 
 
 
 
 
Induce bone 
formation when 
implanted at 
heterotopic sites 

Polylactic acid,  
polyglycolic polymer,  
processed bone graft, 
composites of all tissue 
extract or protein and 
structural support 
system, 
Sintered β-TCP [95], 
Calcite [95] 
 
 
Porous HA 
Porous TiO2, Porous Ti 
chemically treated 
Porous Poly-HEMA 
[96] 
 

Acceptance of the 
implant leading to 
the success of the 
implantation 
 
 
 
 
 
 
Acceptance of the 
implant leading to 
the success of the 
implantation 
 

 

 

A prolonged inflammation or even death of the surrounding tissue may occur if the 

implanted material is toxic. The attachment of biotolerant or bioinert materials into 

living tissue may stimulate dense fibrous tissues with different levels of thickness to 

encapsulate the materials, resulting in a weakness in interfacial strength between the 

material and the tissue [97]. This allows micromotion, and there is evidence that too 
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much relative motion between implant and host tissue leads to thickening of the 

fibrous connective tissue. Burke et al. [98] have shown that micromotion with a 

larger displacement (75 µm) induced fibrous tissue ingrowth instead of woven bone 

tissue, as shown in a smaller displacement (40 µm). This accommodation of larger 

micromotion of implants can lead to associated fretting-fatigue corrosion failure of 

implants. Bioactive materials offer high integration to  host tissue mainly in the hard 

tissue replacement [19, 99, 100]. The materials are able to stimulate tissue 

regeneration by inducing the formation of a carbonated hydroxyapatite (CHA) bone-

like layer on their surface after implantation [97, 101].  

 

Besides the chemical composition of the material, the geometry and macrostructural 

properties have been found to play an important role. In the case of macrostructure, 

the importance of porosity, bone formation has never been observed on a dense 

sintered ceramic, that does not degrade in vivo, whereas a ceramic with the same 

chemical composition, but containing pores, induced bone formation [102, 103]. In 

the case of inductive materials, the importance of pores inside bone graft substitutes 

is related to the invasion of the material by blood vessels, that bring along nutrients 

and oxygen sustaining the metabolism of cells, that may have capacity to 

differentiate into osteoblasts (monomucleate cells that are responsible for bone 

formation), inside the scaffold [104]; the property is known as osteoinduction.   

 

Kulkarni et al. [105, 106] introduced  the concept of bioresobable materials in the 

1960’s. This property is another importance factor for scaffolds in tissue regeneration 

[92].  An ideal scaffold should also be able degrade with time in vivo, preferably at a 

controlled resorption rate and eventually creating space for the new bone tissue to 

grow [95].  The degradation behaviour of the scaffold should vary based on the 

application. These materials have been employed in many orthopaedic applications, 

such as cartilage, bone substitution or repair of bone fracture.  

 

Biomaterials may degrade into ions and debris, since the human body is a very 

aggressive environment, with the pH of body fluids in various tissues being varied in 

the range of 1 to 9, and inducing various applied stresses including static and 

repetitive stresses [64]. In this regard, these degradation products have to be highly 

biocompatible to minimize any adverse tissue reactions. It is well noted that some 
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biomaterials release substances with potentially harmful local and systemic effects. 

Consequently, non-toxic elements should be chosen as alloying elements for 

biomedical applications. For example, when biomedical devices such as artificial 

hips or knee joints are placed in a physiological environment, i.e. the human body, 

they may release metallic, ceramic and polymeric debris into surrounding tissue. The 

toxicity of the released particles can be classified into two types; chemical, caused by 

the release of soluble ions and monomers; and mechanical, such as insoluble 

particles produced by mechanical stimulation.  

 

Ti-6Al-4V is the most extensively used implant metallic material. However, for 

vanadium, which is considered to be an essential element in the body, its high 

solubility can raise its levels in the living body to a toxic range [107, 108]. Ceramic 

biomaterials may release particulate debris instead of soluble metal ions. It has been 

reported that the cytotoxicity levels of ceramic particles (e.g. TiO2, Al2O3, ZrO2, 

Si3N4 and SiC) is lower than that of metal ions [109]. Figure 2.3 shows examples of 

cytotoxicity of the various pure element metals represented by the relative growth 

rate of L-929 cells and their coefficient of fibroblastic outgrowth as shown in Figure 

2.3(a) (toxicity is indicated by lower growth rate of L-929 cell), whereas the data on 

corrosion resistance and biocompatibility of pure metals and alloys and 

representative biocompatibility is shown by Figure 2.3(b).  
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2.3.1.2 Biomechanical compatibility 

Biomechanical compatibility, especially for hard tissue replacement, is an important 

characteristic of biomaterials. This compatibility refers to the appropriate mechanical 

properties of the biomaterials related to the host tissue, mainly as follows; strength, 

elastic modulus and fracture toughness, as shown in Table 2.3.  The resistance of the 

materials to repetitive and fluctuating stresses or strains, known as fatigue strength, 

also determines the long term success of the materials exposed to cyclic load. For 

example, fatigue failure has been reported in dental implants [113] and hip 

prostheses [114-116]. Fatigue may also contribute to the release harmful debris 

through fretting-fatigue. 

 

Table 2.3 : Mechanical properties of various biomaterials. Adapted from [68, 112, 117-120] 
 

Material Density 
(g/cc) 

Compressive 
strength 
(MPa) 

Elastic 
Modulus 

(GPa) 

Toughness 
(MPa m1/2) 

Tensile 
strength 
(MPa)(c) 

Human Bone 
   Cancellous Bone 
   Cortical Bone  

 
 
1.8-2.1 

 
4-12 
130-180 

 
0.02-0.5 
10-40(g) 

 
 
3-6 

 
10-20 
82-114 

Metals      
Ti and Ti Alloys 4.4-4.5 590-1117 55-117 55-115 900-1172 
Co-Cr-Mo Alloys 8.3-9.2 450-1896 200-253 100 400-1030 
Stainless Steel 7.9-8.1 170-310 189-205 50-200 515-620 
Magnesium 3.1 65-100 41-45 15-40  

Polymers      
HDPE 0.94-0.96 25 1-2 - 27(a) 
UHMWPE 0.41-0.49 28 1 20 38-48(d) 
PTFE 2.1-2.2(b) 30-60(b) 0.3-0.7(b)  15-40(b) 
PMMA 1.12-

1.2(e) 
45-107(e) 0.8-1.3(e) 1.8-3.3(e) 38-80(e) 

Ceramics      
Zirconia 6.1 2000 220 9  800-1500 
Alumina 3.98 4000-5000 380-420 3-5 282-551 
Bioglas 2.7 1000 75 -  
HAP 3.1 600 73-117 0.7 38-48 
AW glass Ceramic - 1080 118 1.9-2  

Composites  (f)      
CF/PMMA   55  772 
CF/Polysulfone   76  938 
CF/Epoxy Stycast 
CF/Epoxy Hysol 

  30 
24 

 535 
207 

Noted:  (a) [61] p.252, (b) p.288, (c) [121] p.6-4, (d) [122], (e) [61] p.288-289, (f) [61] p.260, (g) [8] 
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Biomaterials are expected to possess adequate strength and fracture toughness to 

avoid implant fracture due to static or dynamically applied loads. Ceramic materials 

show higher strength but lower toughness. Polymeric materials tend to be too flexible 

and too weak to meet the mechanical properties in orthopaedic applications. Metallic 

and composite materials offer excellent strength and toughness, yet a relatively 

higher elastic modulus than that of bone. In hard tissue replacement, some implanted 

material is expected to have a Young’s modulus commensurate to that of bone. For 

example, in long bones, e.g. the femur, two distinct morphological types of bone are 

present, i.e. cortical (compact) bone and cancellous or trabecular (spongy) bone. As 

shown in Table 2.3, the elastic modulus of the cortical bone is in the range of 10-40 

GPa depending on the type and the measurement direction [8, 61]. Finite element 

simulations also suggest that joint replacements may better simulate the femur in 

distributing stress if a lower modulus material is used [123, 124]. If an implanted 

material has an elastic modulus higher than that of bone, then the implant will bear 

more of the load. Thus, the bone is insufficiently loaded compared to the implant. 

The required stress (25-40 MPa [125] ) that maintains the bone density is inhibited 

from being transferred to the bone. This phenomenon is called stress shielding or the 

stress protection effect. The effect stimulates bone resorption around the implant 

leading to increased bone porosity also known as bone atrophy [126], and further the 

failure of implant fixation occurs. Therefore, materials that typically exhibit 

combinations of high strength, toughness and a low elastic modulus close to that of 

bone are the main candidates for structural biomaterials, in order to avoid loosening 

of the implant and afford reliability for long term service. 

 

2.3.1.3 Corrosion and wear resistance  

Corrosion in biomaterials is a complex phenomenon that depends on the geometric, 

metallurgical, mechanical and solution chemistry paramaters [127]. Common 

electrochemical techniques being used to investigate the corrosion behaviour are; 

open-circuit potential, potentiodynamic polarisation and electrochemical impedance 

spectroscopy measurement. The corrosion resistance of biomaterials under biological 

conditions is assessed using those techniques in order to verify their low impact on 

the physiological medium. As the physiological solution (body fluid) is considered 

corrosive to metallic materials, the corrosion of a metallic implants may occur and 

affect the human body. Metallic implants used as surgical implants achieve passivity 
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by the development of a protective surface passive film. This film inhibits corrosion 

and keeps current flow and the release corrosion products at a very low level.  

 

Investigation of corrosion behaviour of titanium alloy without vanadium, Ti-25Ta-

25Nb alloy, in Ringer’s solution has been carried out. The result shows a corrosion 

resistance higher than that of CP Ti [128]. The electrochemical behaviour of various 

titanium alloys (CP Ti, Ti-15Al, Ti-5Al-2.5Fe, Ti-6Al-4V-Ti-6Al-4Fe, Ti-6Al-4Nb, 

Ti-13.4Al-29Nb and Ti-13Nb-13Zr) have been studied in Hank’s solution[129]. 

Potentiodynamic polarisation measurements indicated stable passive polarisation 

behaviour for all the alloys. Corrosion potential and corrosion current density 

measurements of the alloys were comparable one to another in the range of  -379 mV 

to -606 mV and 0,08 µA/cm2 to 0,48 µA/cm2 respectively. Noble breakdown 

potentials and large passive ranges were also observed for all the alloys. The 

electrochemical behaviour of CP Ti and Ti-6Al-4V in Hank’s solution at 37oC with 

no hysteresis loop and breakdown potential indicating excellent pitting and crevice 

resistance have been reported with Ecorr values of -470 mV and -470 mV  and  icorr 

values of  5,72 µA/cm2  and 2,76 µA/cm2[130].  

 

It has been established that porous metallic scaffolds meet the mechanical 

requirements of bone. In this regard, the corrosion behaviour of porous metal has 

also been investigated intensively. The influence of pore morphology on corrosion 

has been revealed that whilst in highly porous compacts with open, interconnected 

pore morphology the free flow of species resulted in a material with much higher 

resistance to pitting. In porous titanium with small, isolated pore size morphology, 

the Ecorr value reduces with decreasing porosity due to ionic species being trapped 

and the supply of oxygen being exhausted [131]. Metal ion leaching also raises  

concerns in porous metallic scaffolds.  In addition to releasing corrosion products 

(metal ions) which may be non-biocompatible, resulting in toxic or allergic reactions, 

it also may reduce the service period of the implant device [93]. Another factor that 

affects the service life of the device is the wear resistance of its components. Wear 

may shorten the life period of the implant device due to implant loosening, and wear 

debris is noted to cause several adverse reactions to the tissue in which they are 

deposited [132, 133]. Wear is commonly found in orthopaedic applications such as 

knee [133] and hip joint [132] prostheses. Therefore corrosion and wear resistance 
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are considered as important properties for prolonged service life of the materials in 

human body. 

 

 

2.3.1.4 Osseointegration 

Osseointegration is the anchorage of implants in the surrounding bone and, when 

effectively applied, significantly improves the long term behaviour of the implanted 

devices and decreases the risk of loosening and failure of the implant fixation. 

According to Braceras et al. [134], Branermark defined osseointegration as the direct 

connection between living bone and a load-carrying endosesous implant at the light 

microscopic level. Currently, this term can be simply accepted as a general term for 

intimate implant surface-to-bone contact [135]. The intimate attachment mechanism 

of surface implant materials to bone may take place by biomechanical bonding or 

biochemical bonding or a combination of both. Biochemical bonding may take place 

by using bioactive materials for implants or by coating the surface of an implant 

material with a bioactive material. Biomechanical bonding involves the ingrowth of 

bone into surfaces with irregularities, such as porous coatings or fully porous 

materials, which can provide mechanical interlocking between bone and the implant.  

In this regard, implant materials with appropriate surface chemistry, surface 

morphology, surface roughness, and surface topography play a crucial role in 

successful osseointegration [87, 88]. 

 

Additionally, biomaterials should also meet the following requirements; 

sterilisability – materials must be able to be sterilised without any degradation or 

formation of by-products; functionability – the ability of the materials to be shaped 

and applied to suit a specific function; and manufacturability – the ability of the 

materials to be appropriately manufactured for the specific components [62]. 

 

 

2.3.2 Material systems in biomedical applications 

2.3.2.1 Metallic biomedical materials  

Metals are inorganic materials with a very orderly atomic arrangement and bonding 

characteristics leading to wide range of mechanical, thermal and electrical properties. 
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Excellent  mechanical properties of metals allow them to be used in various medical 

applications [136], including hard tissue replacement, fixation devices, dental 

implants and active devices such as catheter guides, wire stents, orthodontic 

archwires and cochlea implants [137]. 

 

Metals such as iron, chromium, cobalt, niobium, nickel, molybdenum, tantalum and 

tungsten that are employed in the composition of alloys for the fabrication of 

implants can mostly be tolerated in limited  amounts (below 0,01 mM [138]). A 

concern arising from most metallic implants is their biocompatibility; that is, metals 

can be corroded in physiological solution. This corrosion leads to deterioration of the 

implant, which will weaken it and release the corrosion products that potentially 

cause harmful effects. Metallic materials that have been used, presented in 

chronological order of introduction, are stainless steel, cobalt based alloys, titanium 

based alloys and shape memory alloys. A summary of the mechanical properties of 

metallic biomaterials including elastic modulus, fatigue strength, and fracture 

toughness can be seen in Figure 2.5, Figure 2.6 and Figure 2.7. 
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Figure 2.5 :  Comparison of elastic moduli of metallic biomedical materials. Redrawn and 
compiled from [69, 139, 140]. Shadings in bars represent ranges (minimum 
and maximum). 

 

 

 

Figure 2.6 : Fracture toughness of biomedical titanium alloys. Redrawn from [139]. 
Shadings in bars represent ranges (minimum and maximum). 
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Figure 2.7 : Fatigue longitudinal strength at 107 cycles of biomedical stainless steel, cobalt 
alloys, titanium and its alloys, and cortical bone. Data without notation of 
rotating bending are those obtained from uniaxial fatigue tests. Redrawn and 
compiled from [39, 139, 141].  Shadings in bars represent ranges (minimum 
and maximum). 
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known as SS 316. The carbon content of this type was then reduced from 0.08%wt to 

0.03%wt for better corrosion resistance to chloride solutions and sensitisation (grain 

boundary precipitation of chromium carbides in a critical temperature range leading 

to reduced corrosion resistance [142]). This stainless steel, known as SS 316L, is an 

austenitic stainless steel commonly used in traumatological temporary devices such 

as fracture plates, screws, hip nails [137] and defibrillator casings [67], due to its 

relatively low cost, availability and ease of processing. The composition of 316L 

stainless steel with austenite stabilising elements such as nickel and manganese, and 

other minor elements is shown in  

 

Table 2.4 while its mechanical properties are shown in Table 2.5. Other grades of 

stainless steel such as type 304, 316 and martensitic stainless steels, e.g. 17-7PH, 420 

and 431 are employed to a lesser extent in other surgical implant applications, such 

as surgical sutures, microvascular clips and for neurosurgical uses [143]. .  

 

Table 2.4 : Composition of 316L (ASTM, F139-86, 1992) 
 

Elements Composition  (%wt) 
Carbon 
Manganese 
Phosphorus  
Sulphur 
Silicon 
Chromium 
Nickel 
Molybdenum 

0.03  max 
2.00  max 
0.03  max 
0.03  max 
0.75  max 
17.00-19.00 
12.00-14.00 
2.00-4.00 

 

 

Table 2.5 : Mechanical properties of SS 316L for implants (ASTM, F139-86, 1992) 
 

Condition 
Ultimate Tensile 

Strength, min 
(MPa) 

Yield 
Strength, min 

(MPa) 

Elongation 
min(%) 

Annealed 
Cold Worked 

485 
860 

175 
690 

40 
12 

 

The wear resistance of austenitic stainless steel is rather poor in comparison to other 

steel alloys. Due to high friction and a large number of wear debris particles that are 

produced, these metals are not used in metal-on-metal applications. 

 



26 
 

Common stainless steels contain significant amounts of nickel that may corrode 

inside the body under certain conditions. In highly stressed and low oxygen regions 

such as the contact under the screws of bone fracture plates [137], corrosion products 

can lead to potentially adverse effects such as allergies [10].  Considering the 

potential danger of nickel and the wide application of stainless steel for medical 

application, the development of nickel-free stainless steel is a great of importance.  

 

At present, a large number of austenitic nickel-free/ultra-low-nickel stainless steels 

are used in medicine. The steels are readily available in the market, such as BioDur 

108 alloy [144], 216 L[145], P588 [146]. The nickel-free/ultra-low-nickel stainless 

steels have a high chromium content (over 20%) where nickel is substituted by 

manganese, carbon and nitrogen [75, 147-149]. The purpose of nitrogen addition is  

to increase the corrosion  resistance and strength. Increasing manganese, while at the 

same time reducing nickel, has been found to be conducive to the resistance to stress 

corrosion cracking in boiling MgCl2 [150]. Although manganese is widely used as a 

substitute for nickel in high-nitrogen nickel-free stainless steel, its use may hinder 

production of fine steel foil and wires. To overcome this problem Niinomi et al.  

[151] and Kuroda et al. [152] developed a nickel and manganese-free austenitic 

stainless steel which used ferritic stainless steel as a starting material. Because of the 

shallow depths that are penetrable by nitrogen atoms, this process allows the 

production of small devices and thin-walled parts with a maximum thickness or 

diameter of 4 mm. The strength of the developed stainless steel is higher than that of 

SS 316L, yet the elongation to fracture is lower. 

 

 

Cobalt alloys 

Cobalt alloys have been used for manufacturing parts of medical devices, for 

example, the heads of artificial hip joints. There are four groups of cobalt alloys in 

the ASTM list that are recommended for medical applications, namely; (1) cast 

CoCrMo alloy (ASTM F75, Vitallium®), (2) wrought CoCrWNi alloy (ASTM F90), 

(3) wrought CoNiCrMo alloy (ASTM F562) and (4) wrought CoNiCrMoWFe alloy 

(ASTM F563) [137]. The composition of each alloy is shown in Table 2.6. However, 

only two groups of the cobalt alloys are employed extensively, i.e. (1) the cast 

CoCrMo alloys and (2) the wrought CoNiCrMo alloys. The former has been used in 
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dentistry for many decades, and in making artificial joint hip prostheses, instead of 

stainless steel due to its better wear resistance [153] [154, 155]. The latter one is used 

for the stems of prostheses for heavily loaded joints such as the knee and hip [156], 

due to its high fatigue and ultimate tensile strength ( see Table 2.7). 

.  

Table 2.6 : Chemical composition of cobalt alloys (ASTM, F75-87; F90-87; F562 -84, F563. 
1992) 

 CoCrMo 

(F75) 

CoCrWNi 

(F90) 

CoNiCrMo 

(F562) 

CoNiCrMoWFe 

(F563) 

Min Max Min Max Min Max Min Max 

Cr 
Mo 
Ni 
Fe 
C 
Si 
Mn 
W 
P 
S 
Ti 
Co 

27.0 
5.0 
 
 
 
 
 
 
 
 
 
Balance 

30.0 
7.0 
2.5 
0.75 
0.35 
1.00 
1.00 
 
 
 
 
Balance 

19.0 
 
9.0 
 
0.05 
 
 
14.0 
 
 
 
Balance 

21.0 
 
11.0 
3.0 
0.15 
1.00 
2.00 
16.0 
 
 
 
Balance 

19.0 
9.0 
33.0 
 
 
 
 
 
 
 
 
Balance 

21.0 
10.5 
37.0 
1.0 
0.0025 
0.15 
0.15 
 
0.015 
0.010 
1.0 
Balance 

18.00 
3.00 
15.00 
4.00 
 
 
 
3.00 
 
 
0.5 
Balance 

22.00 
4.00 
25.00 
6.00 
0.05 
0.50 
1.00 
4.00 
 
0.10 
3.50 
Balance 

 

 

Table 2.7 : Mechanical properties of cobalt alloys (ASTM, F75-87; F90-87; F562 -84, 1992) 

 Property  
CoCrMo 

(F75) 

CoCrWNi 

(F90) 

CoNiCrMo(F562) 

Solution 
Annealed 

Cold worked 
Aged 

Tensile Strength (MPa) 

Yield strength (MPa) 

Elongation (%) 

Reduction area(%)Cr 

Fatigue Strength (MPa) 

 
 
 
 
 

655 

450 

8 

8 

310 

860 

310 

10 

 

 

793-1000 

240-655 

50.0 

65.0 

1793 min 

1585 

8.0 

35.0 

 

 

Cobalt based alloys are highly resistant to corrosion even in a chloride environment 

due to spontaneous formation of passive oxide layer within the human body 

environment [156-160]. These materials have superior mechanical properties such as 
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high resistance to fatigue and cracking caused by corrosion, and good wear 

resistance. They also exhibit a level of toughness with a minimum 8% ductility 

(elongation). The modulus of elasticity of cobalt alloys has been found to be higher 

than those of other implant materials (220-234 GPa) and the elastic modulus does not 

significantly change with the change of tensile strength. This is much higher than 

that of cortical bone, which may imply the occurrence of the stress shielding effect.  

Elements such as  nickel, chrome and cobalt are indicated to be released from the 

stainless steel and cobalt chrome alloys due to corrosion in the human body [43, 

161]. The thermal treatments used to Co-Cr-Mo alloys can modify the microstructure 

of the alloy and develop changes to the electrochemical and mechanical properties of 

the materials [159]. 

 

Titanium alloys 

Pure titanium and titanium alloys, especially Ti-6Al-4V, are widely used for 

biomedical applications due to their excellent properties such as high corrosion 

resistance, low elastic modulus, high strength-weight ratio and high biocompatibility 

with living tissue. The characteristics of titanium and titanium alloys will be 

discussed later in Section 2.4.  

 

Others metals and alloys 

There are several other materials that can be utilised for biomedical applications such 

as the nickel-titanium alloy known as Nitinol®, zirconium alloys, tantalum, 

magnesium, amalgams and the noble metals (the gold, silver and platinum group).  

 

The equiatomic Ni-Ti alloy (Nitinol®) is employed currently in orthopaedic, dental 

and cardiovascular applications [162]. One of the important properties of this 

material is shape memory, allowing the materials to return to the originally preset 

shape after deformation due a thermoelastic martensitic transformation. These 

materials are also reported to have good corrosion resistance due to a passive surface 

layer (TiO2) and have good biocompatibility according to short term in vivo tests 

[163, 164]. However, long term use of these materials, with the consequences of 

even minor nickel ion release as has been discussed earlier, may raise some concern 

related to their application.  
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Zirconium, is a highly reactive metal and will form a dense cohesive surface oxide 

layer (ZrO2) spontaneously on exposure to an oxygen-containing  environment. In 

addition to the resulting corrosion protection, ZrO2 is very hard and can be used to  

produce good wear resistant surfaces. The stability of the oxides is increased by 

aging under potentiostatic conditions and can be decreased by the presence of 

chloride ions in the electrolite during the anodization process [165]. Zr-alloys, for 

example Zr-Nb alloys, are used for making orthopaedic components that are 

primarily intended for compressive loading and resisting wear, such as for femoral 

hip implant and knee implant components [143, 166 ]. 

 
 
Tantalum is inert in bodily fluids, is very biocompatible and exhibits a very high 

resistance to corrosion. In porous structures, porous tantalum is used as a bone 

augmentation template [167]. However, due to its high stiffness (190 GPa) and its 

high density (16.6 g/cm3) it is limited to a number of applications, such as wire 

surgical sutures [168] and as a radioisotope for bladder tumor detection [137].  

 

Magnesium has been investigated as a biomedical material for applications in 

cardiovascular and orthopaedic fields, due to its specific advantages. In addition to 

its light density (1.7g/cm3), the metal has low mechanical properties and relatively 

low corrosion resistance in comparison to other metallic biomaterials. Interestingly, 

the corrosion products of magnesium are non-toxic and are excreted from the body 

quickly, leading to magnesium becoming a potential biodegradable metal [169].  

 

Noble metals and platinum group elements such as platinum, iridium, palladium, 

ruthenium, osmium and rhodium are inert, biocompatible and not subject to 

corrosion reactions, yet their mechanical properties are not suitable for load bearing 

applications. As a result these metals are used in limited numbers of biomedical 

applications, such as in dentistry, as electrodes in stimulation and for sensing 

purposes in pacemaker tips [170]. 

 

Dental amalgams are formed by adding mercury to dental amalgam alloys. The 

alloys contain silver, copper, and tin with some minor element additions through the 
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amalgamation process. Dental amalgam alloys are available in powder form. 

Subsequent mixing of these alloy powders with liquid mercury results in a number of 

intermetallic compounds being formed. During the reaction the partially reacted 

powder can be manipulated to fill the tooth cavity. Its passivation products protect 

against further corrosion and act as a sealant at the amalgam/tooth interface. Easy in 

situ formability to the desired shape is the advantage of this type of material [143].   

 

 

2.3.2.2 Polymeric biomedical materials   

Polymers are long-chain molecules composed of covalently bonded repeating units 

named monomers connecting together to form a common backbone [67]. Chain 

length is commonly determined by molecular weight, which is a product of the 

number of repeat units and the molecular weight of the individual monomer. 

Polymers form the largest category of diverse biomaterials. They can be classified 

into two groups [171] (p.490), i.e. (1) natural polymers such as DNA, enzyme 

starches, cellulose and collagen, and (2) synthetic polymers such as polyvinyl 

chloride (PVC), polyethylene (PE), polyurethane (PU), etc. as shown in Table 2.8. 

Those synthetic polymers are considered “biocompatible” [172]. They are also 

considered “biostable” in the human body and have found widespread applications in 

the medical field, ranging from PTFE vascular grafts to UHMWPE acetabular cups 

[70, 173]. According to their repeating units, the arrangement of polymer chains is 

classified into linear, branched, crosslinked and network structures. Further, when 

crosslinked or in the form of interconnected networks of molecule chains, polymers 

can be classified as (a) crystalline, if they have long range order, and (b) amorphous 

if they lack such order. 
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Table 2.8 : Biomedical application of polymeric biomaterials. Table compiled from [174-
176] 

Synthetic polymer  Applications 

Polyvinylchloride (PVC) 
 
 
 

Blood and solution bags, surgical packaging, IV 
infusion sets, dialysis devices, cardiac catheters, 
bottles, connectors and cannulas, artificial limbs, 
artificial hearts  

Polyethylene (PE) 
 

Pharmaceutical bottles, nonwoven fabric, catheter, 
pouch, flexible containers, orthopaedic implants 

Polypropylene (PP) 
 

Disposable syringe, blood oxygenator membrane, 
suture, nonwoven fabric, artificial vascular grafts 

Polymethylmethacrylate( PMMA) 
 
 
 

Blood pumps and reservoirs, membrane for blood 
dialyzer, implantable ocular lens, bone cement, 
artificial teeth, bone prostheses, cranial bone 
replacement 

Polystyrene (PS)  Tissue culture flasks, roller bottles and water filters 
Polyethylenterephthalate (PET) 
 

Implantable suture, mesh, artificial vascular graft, 
heart valve 

Polytetrafluoroethylene (PTFE) 
 

Catheters, artificial vascular grafts, retinal detachment, 
femoral stem 

Polyurethane (PU) 
 
 

Film, tubing, artificial heart pump materials, balloons, 
heart valve prostheses, coating for blood 
compatibility 

Polyamide (nylon) Packaging film, catheters, suture and mould parts 
Silicone rubber  
 
 
 
 
 

Hydrocephalus shunt, catheter, membrane for 
oxygenator, artificial skin, plastic surgery 
implant, artificial hearts, drug release system, ear 
prostheses, finger joint repair, tracheal 
prostheses, bladder prostheses, intestine patch, 
heart pacemaker leads, tendon 

Polyester * 
polycatic acid,  
polyglicolic acid 
polycaprolactone, 
polyhydroxy butyrate, 
polyhydroxyvalerate 

Vascular graft prostheses, fixation device for tissue, 
hernia repair, patches for heart, bladder, arteries, 
sutures, controlled release and  tissue 
engineering,  

 
 

UHMWPE 
 

Acetabulum in total hip prostheses, artificial knee 
prostheses 

Polycarbonates* 
 

Membrane of oxygenator, hemodialyzer, 
plasmapheresis membrane 

Polyanhydrides* Controlled delivery of anticancer agent 
Hydrogels  
 

Controlled drug release, tissue regeneration scaffolds, 
cell and DNA encapsulation, contact lens, wound 
healing dressing, biosensor 

• Note :  *  Biodegradable polymer  [175] (p.106) 

 

With respect to their mechanical behaviour with rising temperature, polymers can be 

divided into two general categories: thermoplastics and thermosets. Thermoplastic 
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polymers are solid polymers that can be reshaped by increasing the temperature 

above their glass transition temperature (Tg), and include nylon, polyethylene, 

polyurethane, polysulfone, polyacetal, etc. The glass transition temperature is a very 

important factor for polymers, representing the transition temperature of a polymer 

from viscous to solid. The polymer is rubbery above this temperature and gradually 

decreases in viscosity until the melting temperature is reached. In contrast, thermoset 

polymers cannot be reshaped after they are crosslinked, and include examples such 

as vulcanised rubber, used in prostheses and selected cardiovascular catheters. This 

material is relatively hard and is not able to be softened by increasing the 

temperature. Increasing temperatures can cause chemical decomposition of the 

materials without remelting [171] (p.507). Elastomeric materials for biomedical 

application are a special subset belonging to both thermoplastic and thermosets and, 

depending on the conditions, can be classed as either a thermoset or thermoplastic in 

nature. For example polyurethane and thermoplastic vulcanisates are included as 

thermoplastic elastomers, while silicone and natural rubber are categorised as 

crosslinked/thermoset elastomers [177]. The elastomeric materials are commonly 

used in peripheral intravenous and central venous catheters. 

 

Polymers are used in a wide variety of biomedical applications such as in 

cardiovascular devices (e.g. vascular graft), membranes in extracorporeal bioactive 

membranes for controlling release delivery systems, suture and adhesives, 

reconstructive and orthopaedic implants, ophthalmic devices, dental restoratives, 

disposable equipment and degradable plastic products [172] (p.270). 

 

Synthetic polymers can be further sub-divided into biodegradable types and non 

biodegradable types [174] (p.15). The biodegradable polymers are used as implant 

materials, which are gradually replaced by regenerating tissue in vivo, breaking down 

into biocompatible products and subsequently metabolised or eliminated from the 

body by hydrolytic and enzymatic degradation [174] (p.15). For example, poly(lactic 

acid), poly(glycol-acid) poly(lactide-coglycolide), are categorised as synthetic 

biodegradable polymers [175] (p.66), whereas collagen, chitin and starch are 

classified as natural biodegradable polymers [67].  
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Another useful category of polymeric biomaterials is hydrogels. Hydrogels are water 

swollen, cross-linked networks of hydrophilic polymer chain structures produced by 

the simple reaction of one or more monomers or by association bonds such as 

hydrogen bonds and strong Van der Waals interactions between chains [178]. 

Hydrogels have important properties such as in situ formability, responsive swelling 

and biodegradable natural tissue-like properties, and can be crosslinked by heat and 

radiation [174] (p.16). Hydrogels have been developed for medical and 

pharmaceutical applications, such as controlled drug release, tissue regeneration 

scaffolds, cell and DNA encapsulation, contact lenses, wound healing dressing and 

biosensors [174] (p.17). The biomedical applications of polymeric biomaterials are 

summarised in Table 2.8. 

 

The use of polymers has, however, limitations as the mechanical properties of 

polymers (exhibiting low elastic modulus and low strength) do not meet the 

mechanical requirements for load bearing orthopaedic applications. The hydrophilic 

characteristic of some polymers, the absorption of liquids and swelling, and the 

release of undesired products such as monomers, fillers, and plasticisers has 

restricted their use, depending on the application. Another important consideration 

when choosing polymers for medical applications is that sterilisation processes may 

affect the polymer properties [176] (p.66). Common techniques for sterilising 

medical devices such as dry heat, autoclaving, radiation and ethylene oxide gas, may 

potentially deteriorate or oxidise the polymer due to the lower thermal and chemical 

stability of polymers compared to other materials such as metals and ceramics. For 

example, dry heat sterilisation requires temperatures between 160-190oC, which is 

above the transition temperature (Tg) or the melting temperature of many polymers 

such as polyethylene and PMMA. Steam sterilisation (autoclaving) is performed 

under steam pressure at lower temperatures (~130oC), yet there are potential side 

reactions between water vapor and some polymers such as PVC, polyacetals, LDPE 

and polyamides. The use of radiation sterilisation by using the isotope 60Co has the 

potential of changing properties through dissociation or cross-linking of the polymer 

chain. Chemical treatments with such as ethylene and propylene oxide gas or 

phenolic and hypochloride solutions are commonly used for sterilisation, since this 

treatment is performed at low temperatures and most polymers are relatively inert in 

these treatments.  
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2.3.2.3 Ceramic biomedical materials 

Ceramics are inorganic, non-metallic materials which exhibit relatively high level in 

compressive strength, inertness, wear resistance and resistance to degradation in 

corrosive environments, all of which make the ceramic useful for biomedical 

applications[67]. Ceramics include metallic oxides, carbides, silicates and various 

refractory hydrides, sulfides and selenides [179] (p.8). Other characteristics are (1) 

high melting points, (2) a low conductivity of electricity and (3) low thermal 

conductivity [180] (p.22). These properties are due to the chemical bonding within 

the ceramics. The first use of ceramics in biomedical applications was as plaster of 

Paris as a casting material [76]. In recent years, newer types of ceramics have been 

developed and have been increasingly used in biomedical applications due to their 

strength and inertness [181, 182]. According to the tissue response there are three 

types of bioceramic as follows: (1) bioinert, (2) bioactive or surface reactive 

ceramics and (3) biodegradable or reabsorbable bioceramics. 

 

Bioinert ceramics are biocompatible materials that maintain their physical and 

mechanical properties while in the host. The bioinert ceramic does not induce a 

biological response and is non-carcinogenic in the body; the body usually forms a 

thin fibrous tissue to encapsulate the ceramic due to immunoreactions [95]. If the 

bioinert devices are implanted with a very tight mechanical fit and the in-service load 

is compressive, the implantations are very successful. On the other hand, when the 

implants are loaded allowing micromotion between the implant and the tissue, the 

fibrous tissues thicken to several hundred micrometers thick, leading to quick 

implant loosening [183] (p.74). Examples of the bioinert ceramics include aluminium 

oxide (alumina, Al2O3), zirconium oxide (zirconia, ZrO2), silicon nitrides, calcium 

aluminates, and pyrolitic carbon [180] (p.23). In considering ceramics for use in 

orthopaedic applications in which a porous ceramic is employed for promoting bone 

ingrowth, concern has been raised about the effect of aging in the body environment, 

due to a possible decrease in mechanical properties. Frakes et al. [184] evaluated 

porous alumina with a theoretical density of approximately 65% for changes in 

strength by in vivo aging in rabbits and in vitro aging using deionised water and 

bovine blood. The conclusion of this work indicates that porous alumina exhibits a 

decrease in strength, flexure strength and static fatigue strength, depending on the 
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medium employed. A similar finding was also presented by Kerner et al. [185], who 

evaluated the changes in strength of a 72% theoretical density calcia-stabilised 

zirconia for in vitro (Ringer’s solution) and in vivo (rabbits) aging. Using calcium 

aluminates for testing changes in strength due to aging in vitro (Ringer’s solution) 

and in vivo (rabbits), Schnittgrund et al. [186] also found similar decreases in 

strength. On the other hand, fully dense alumina [187] and commercial zirconia 

[188] show no reduction in flexural strength after aging in Ringer’s solution. Bioinert 

ceramics are commonly employed as structural supports and are popular in 

orthopaedic applications such as femoral heads and the components of total and 

partial hips. Non-structural support applications include sterilisation devices, 

ventilation tubes, drug delivery systems and repairing diseased heart valves and 

blood vessels [177] (p.15, p27). 

 

Common techniques to improve the interfacial attachment of implant material 

involve the use of bioactive ceramic materials. Bioactive ceramics have the ability to 

chemically bond with adjacent tissue upon implantation in the host. The bioactive 

ceramics include Bioglass®; bioactive class ceramics such as Ceravita®, A-W glass 

ceramics® or machinable glass ceramics; and dense hydroxyapatites such as 

Durapatite® or Calcitite® [183] (p.75). The bioactive glass ceramics (Bioglass® and 

Ceravital®) are manly composed of SiO2, CaO, Na2O and P2O5. The simultaneous 

formation of calcium phosphate and a SiO2-rich film layer on the surface are 

attributed to the bonding of the ceramic glass to bone/host tissue [180] (p.39). These 

bioactive ceramics are available in bulk or in the form of a coating on other materials 

for interfacial bonding with adjacent tissues [179] (p.8). Examples of the use of this 

bioactive ceramic are as bone plate screws, as replacements of middle ear ossicles, 

for coating of metal prostheses, in reconstruction for dental defects and in replacing 

subperosteal teeth.  

 

Bioabsorbable materials offer gradual degradation over time and potential complete 

replacement by endogenous tissue resulting in normal, functional bone when used in 

orthopaedic applications. Materials classified as bioabsorbable ceramics include 

calcium phosphate, hydroxyapatite, calcium sulphate dehydrate (plaster of Paris), 

Tricalcium Phosphate (TCP), Zinc–Calcium-Phosphorous Oxide (ZCAP) [189], 

Zinc-Sulphate-Calcium Phosphate (ZSCAP) [190], and Ferric-Calcium-Phosphorus 
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Oxide (FECAP) [191]. The rate of degradation and of osteoid formation is variable 

depending on the material type. A typical reduction in the mechanical properties of 

the materials during the absorption process, resulting in a decrease in loading 

capacity over the integration, has been noted [67]. Bioabsorbale ceramics have been 

used in orthopaedic applications such as repairing bone damage, repairing 

maxillofacial and dental defects, repairing spinal and lumbo-sacral vertebrae, filling 

space in bone fixation devices and diseased bone loss, and as a drug delivery device 

[180] (p.29). 

 

Although ceramics have many advantages as discussed above, they also have 

disadvantages due to their brittleness, high elastic modulus and high specific 

modulus, low fracture toughness, lack of resilience, relatively high density and low 

mechanical reliability [192] (pp.177-193) and [171] (pp.451-452). 

 

 

2.3.2.4 Composite biomedical materials 

Composites refer to a material composed of two or more distinct constituent 

biomaterials, namely, the reinforcement (inclusive materials) and matrix, 

macroscopically combined resulting in specific and advanced characteristics and 

properties [193] (p.1) and [194] (p.214). Within the mixture constituents can still be 

identified, with each constituent and interface separating the constituents being an 

important factor for transferring force. The main advantage of the composite 

materials compared with the other homogeneous materials such as metals, ceramics 

and polymers, is that their biological, mechanical and physical properties can be 

tailored to meet the requirements of specific application. The properties of composite 

materials are determined by several factors, i.e. geometry, orientation and the volume 

fraction of the inclusive material, and also the interface between the constituents. 

Composites can be classified according to the matrix materials used such as metal 

matrix composites, ceramic matrix composites and polymer matrix composites. Most 

composites used in biomedical applications are polymer matrix composites [195] 

(p.9.3). There are two main types of composite material based on reinforcement 

shape, namely particulate composites and fibrous composites [196] (p.4) 
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A particulate composite is a composite material in which, the inclusions take the 

form of particles. These composites tend to be more isotropic, i.e. the same 

properties in any directions, rather than anisotropic. Examples of the particulate 

composites are; bone particles impregnated in PMMA cement, used to improve the 

fatigue life and stiffness [197], and the inclusion of silica particles into rubber in 

catheters and gloves to improve their strength [198] (p.83). Cellular solids or porous 

materials are particulate composites using air as the inclusive phase [198] (p.87) and 

constitute a special class of particulate composites. The presence of voids or pores 

will reduce the stiffness of the materials. This porous structure is acceptable and 

desirable for some purposes such as thermal insulation, filtering, lightweight 

structures, shock absorbance and for encouraging tissue ingrowth in biomedical 

applications. This type of material will be discussed in Section 2.5.  

 

Fibrous composites, otherwise known as fibre-reinforced composites, are composite 

materials consisting of fibres embedded into a matrix. A fibre is characterised by its 

length being much greater than its cross sectional dimensions. The main 

reinforcement materials that have been used in biomedical composites are carbon 

fibres, polymer fibres, ceramic fibres and glass fibres [199] (p.94). Mostly, 

composites in biomedical applications are aimed at hard tissue application such as 

bone repairing, joint replacement and dental application. For example, carbon fibre 

(CF) has been incorporated in various non-biodegradable polymer matrices for bone 

plate including CF/epoxy [200, 201], CF/PMMA, CF/PP, CF/PS, CF/PE, CF/PEEK 

[64]. The CF/PEEK composite has shown promise in strength [202] and 

biocompatibility [203], although toxic effects of the monomer in an uncured epoxy 

composite remain a concern [203, 204]. Carbon fibres are also embedded in 

biodegradable polymers for bone plates, in order to improve their mechanical 

properties, resulting in partially absorbable composites such as CF/PLA, although 

rapid loss of mechanical properties due to delamination has been reported [205]. 

Faster bone bonding in composite CF/C stems compared to high stiffness 

conventional implants due to the lower elastic modulus has been reported. It has also 

been found that the stems were stable and exhibited high static and fatigue strength 

[206]. A hip prosthesis fabricated with CF/epoxy by laminating 120 layers of 

unidirectional plies and stacking sequences has been introduced by Chang et al. 

[207]. Composite biomaterials offer an alternative to overcome many drawbacks of 



38 
 

the homogenous biomaterials. However, clinical reports revealed that most clinical 

applications such as hip arthroplasties have failed due to composite failure[208], 

poor implant design [209] or as a result of accumulation of wear debris due to 

increased implant-bone interface stress [210]. Inadequate manufacturing methods 

producing poor quality CF/PEEK bone plates is still a major challenge [211]. 

Although there are many theoretical advantages of less rigid plate fixation of long 

bones, fracture of fixation plates made of carbon fibre–reinforced polymer did not 

result in clinical success. Some issues related to biocompatibility [203, 204] and 

mechanical properties [205] of the composites have been noted.  

 

 

2.4 Titanium and titanium alloys for biomedical applications  

2.4.1 Metallurgical aspects  

Titanium ranks as the fourth of the most plentiful of the structural metals and the 

ninth most abundant element in the earth’s crust, and is found as rutile and ilmenite 

deposits [212]. The largest deposit of rutile is found in Australia (50%)  followed by 

South Africa and India with 18% and 16%, respectively, and major deposits of 

ilmenite are found  in China (30%), Australia (17%), India (13%), Brazil (10%) and 

South Africa (10%) [213]. Titanium was first discovered in 1791 by W. Gregor, an 

English mineralogist, as isolated black sand now known as ilmenite. In 1932, 

significant quantities of pure titanium were produced by W.J. Kroll, whose name is 

given to the means of extracting titanium (Kroll Process). It became commercially 

available and was patented in 1938. However, titanium processing from metal ore is 

an expensive process due to its high reactivity with oxygen, leading to an 

instantaneous formation of an oxide surface layer which is highly passive in nature 

[214]  

 

Titanium is a hard, silvery-grey metallic element with a melting point of 1670oC. At 

room temperature, titanium has a hexagonal unit cell of the α phase, with values of 

the lattice parameters a (0.295 nm) and c (0.468 nm). Pure titanium undergoes an 

allotropic transformation at 882.5oC [215] (p.2), altering from α phase with 

hexagonal close-packed (hcp) crystal structure below the allotropic temperature to 

βphase with body-centered cubic (bcc) crystal structure above the temperature, and 
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this remains stable up to the melting point. The existence of the two phases with 

different crystal structures, i.e. hcp and bcc and the corresponding allotropic 

transformation temperatures are very important for the many varieties of 

microstructure, and further, properties in titanium. Since titanium is a transition 

metal having an incomplete electron shell, it allows the development of solid 

solutions with a number of substitutionally dissolved elements; hence the exact 

allotropic temperature for alloys is determined by the additional alloying elements 

[215]. Based on their influence on the allotropic temperature, alloying elements of 

titanium are classified into α stabilisers, β stabilisers and neutrals (Figure 2.8). The 

alloys possess a high specific strength, with strengths similar to that of steels, whilst 

the densities are approximately 60% of that of steel.  

 

 
Figure 2.8 : Schematic diagram of influence of alloying elements on phase diagram of 

titanium alloys [216] (p.22) 

 

 

Alloying elements leading to an increase in the phase transformation temperature, 

generally non-transition metals such as aluminium, oxygen, nitrogen and carbon, are 

categorised as α stabiliser elements. On the other hand, elements dissolved in 

titanium which decrease the allotropic transformation temperature are known as 

β stabilisers, and generally comprise the transition metals and noble metals [215, 

217]. The β stabiliser elements are divided into β isomorphous elements (e.g. 

vanadium, niobium, molybdenum, and tantalum) and β eutectoid-forming elements 

(e.g. iron, manganese, chromium, nickel, copper, silicon, hydrogen). Neutral 

elements produce no significant change in the transformation temperature (e.g. tin, 
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zirconium) [217]. However, investigations carried out by Geetha et al. [218] and 

Tang et al. [219] have demonstrated that the addition of zirconium stabilises the 

β phase in tertiary Ti-Zr-Nb, systems. In addition, ω phase (simple hexagonal 

titanium phase) formation in high β stabilised alloys is also delayed, leading to a 

decrease in the elastic modulus. Some of the basic physical properties of the 

unalloyed titanium and the alloying elements, e.g. niobium, tantalum and zirconium 

are presented in Table 2.9.  

 

 

Table 2.9 : Summary of physical properties of the unalloyed metals used in this work, i.e. 
titanium, niobium, tantalum and zirconium 

 

Property Titanium 
(Ti)[119] 

Niobium 
(Nb)[220] 

Tantalum 
(Ta)[220] 

Zirconium  
(Zr)[220] 

Atomic number 22 41 73 40 

Atomic weight 47.867 92.906 180.948 91.224 

Allotropic transformation 
temperature  (oC) 

882.5 
 

- 
 

- 
 

863 
 

Lattice structure [221] 
 
 
 
 
 
 
Density (20oC) (g/cm3) 
Coefficient of thermal 
expansion, a , at 20oC(K-1) 

≤ 882oC  
Alpha : hcp,  

 c(Å) : 4.6826 
a (Å) : 2.9505 
≥882oC  
Beta : bcc,  ,  
a(Å) : 3.3065    
4.51 
8.4 X 10-6 

 
Beta : bcc 
a (Å) : 3.3066 
 
 
 
 
8.57 
7.07 x 10-6* 

 
Beta : bcc 
a(Å) : 3.3058 
 
 
 
 
16.65 
6.6 x 10-6 

≤ 863oC 
Alpha : hcp,  
c (Å) :5.1475 

a (Å) : 3.2316 
≥863oC  
Beta : bcc,    
a(Å) : 3.6090 
6.51 
5.7 x 10-6 
 

Thermal conductivity (W/(m.K) 19.2 53.7 57.5 22.7 
Melting temperature (oC) 1668 2468 2996 1857 
Young’s modulus, E, (GPa) 100-145[222] 

3 
104.9[223] 185.7[224] 98[225] 

Yield strength, σys, (MPa) 140[222] 3 1051[223] 1701[224] 276[226] 

Ultimate tensile strength, σu, 
(MPa) 

235[222] 3 1951[223] 
5852[223] 

2851[224] 
6502[224] 

379[226] 

Noted : 1 Annealed ,  2 Cold worked , 3 Reference [222] (p. 20) 
 

 

According to the nature of their microstructure at room temperature titanium alloys 

are generally classified into α alloys, α+β alloys and β alloys as shown in Table 

2.10, with further subdivision into near-α alloys and metastable β alloys [215] (pp. 2-
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4). The α type titanium alloys are mainly fabricated from commercially pure 

titanium, and alloyed with α stabilising elements singly or in combination, resulting 

in microstructures of  α phase at room temperature. The α type titanium alloy is 

characterised by the lack of a heat treatment response, since it consists entirely of α 

phase or only a small amount of the metastable β phase remaining (2-5 vol%) after 

cooling from high temperatures [216] (p.31). The alloys show acceptable strength, 

good toughness, high creep resistance, good weldability due to their heat treatment 

insensitivities, poor forgeability particularly at temperatures below the beta transus, 

and due to the absence of a ductile-brittle transition, they are suitable for cryogenic 

applications [215] (p3). 

 

Table 2.10 :  Mechanical properties of selected titanium and its alloys for biomedical 
application. Adapted from [69, 139, 227] 

 

Materials Standard 
Tensile 

strength 
(MPa) 

Elastic 
Modulus 

(GPa) 

Elongation 
(%) 

α type       
Pure Ti grade 1 
Pure Ti grade 2 
Pure Ti grade 3 
Pure Ti grade 4 

ASTM F67 
ASTM F67 
ASTM F67 
ASTM F67 

240 
345 
450 
550 

102.7 
102.7 
103.4 
104.1 

24 
20 
18 
15 

α+β type     
Ti-6Al-4V ASTM F1472 895-930 110-114 6-10 
Ti-6Al-4V ELI ASTM F136 860-965 101-112 10-15 
Ti-6Al-7Nb ASTM F1295 900-1050 114 8.1-15 
Ti-5Al-2.5Fe  ISO 5832-10 1020 112 15 

β type       
Ti-12Mo-6Zr-2Fe ASTM F1813 1060-1100 74-85 18-22 
Ti-15Mo ASTM F2066 874 78 21 
Ti-15Mo-5Zr-3Al ISO 5832-14 852-1100 80 18-25 
Ti-15Mo-2.8Nb-0.2Si - 979-999 83 16-18 
Ti-15Mo-3Nb-0.3O(21SRx) - 1020 82 N/A 
Ti-13Nb-13Zr ASTM F1713 973-1037 79-84 10-16 
Ti-35.3Nb-5.1Ta-7.1Zr F-04.12.23 547.1 55 19 
Ti-35Nb-5Ta-7Zr-0.4O - 1010 66 N/A 
Ti-29Nb-13Ta-4.6Zr 

WQ 
WQ Aged 
WQ+CW 

Ti-25Ta 
Ti-24Nb-4Zr-7.9Sn [228] 

- 
 
 
 
- 
- 

911 
 
 
 
560 
800-1200 

67-80 
63[74] 
97[74] 
62[74] 
64[228] 
33-42  

13.2 
 
 
 
20 
5 
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The α+β type titanium alloys have compositions with a high enough amount of α 

and β stabiliser to result in a mixture of α and β phases at room temperature. Due to 

the existence of both phases, the alloys exhibit higher strength and toughness than 

the α type alloys. Alloys which contain in equilibrium a volume fraction of β phase 

less than 10% are often known as near-α alloys [216] (p.33), whereas alloys 

containing a higher β phase of about 10-30% are termed α+β alloys [69]. Among the 

α+β alloys, Ti-6Al-4V is the most commonly used and intensively developed and 

tested, especially in the aerospace industry [229] and as a biomaterial, mainly in 

orthopaedic implant devices [218]. The mechanical properties of the α+β alloys are 

tailored by composition, thermal treatment and thermo-mechanical treatment 

conditions to adjust the microstructural and precipitational states of the β component.  

 

 

 

Figure 2.9 : Pseudo-binary schematic phase diagram of α, α+β and β titanium alloy [216] 

 

 

As mentioned in Table 2.10, all alloys in the group of β alloys are classiffied as 

metasable β alloys because the presence of retained β phase is obtained by 

appropriate heat treatments, whereas stable β alloy located in the β single phase field 

(Figure 2.9) does not exist in commercial materials [216] (p33). The term “β type 

titanium alloys” used throughout this work thus refers to metastable β alloys. The β 

type titanium alloys are obtained by the addition of high amounts of β stabilising 
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elements. The additions allow a decrease in the β transus temperature and also enable 

a lowering of the martensite formation temperature (martensite start temperature, 

Ms). Thus, the transformation from the elevated temperature β phase to α phase will 

be constrained, allowing a number of metastable transformations to occur [230]. A 

single microstructure metastable β phase can be microscopically observed from 

elevated temperature β phase under the condition of solution-treatment followed by 

quenching (STQ) into ice water [231]. However, in general, elevated temperature 

β phase partially transforms into ω phase and/or martensitic α during the quenching 

processing, depending on cooling rate and alloy composition [219] as shown by 

Figure 2.10. Metastable ω phase, with a simple hexagonal structure [232], can be 

formed either by quenching from the β field or during isothermal aging at 

intermediate temperatures after quenching [215]. The former is designated as ωath 

phase and the later named as ωiso phase. Martensitic transformations may be found in 

one of two types of martensitic structures, hexagonal α’ martensite or orthorhombic 

α” martensite [219]. The hexagonal α’ martensite is found if a titanium alloy with 

fewer β stabilising elements is rapidly by cooled to room temperature [233]. This 

hexagonal structure will distort and its hexagonal symmetry is lost. Orthorhombic α” 

martensite will form instead with increasing β stabiliser content [234]. The 

martensitic α, known as stress induced martensite, can also be produced from 

metastable β phase in a titanium alloy with low level β stabilising elements by using 

cold work processing at ambient temperature [235, 236].  

 

The advantages of the β type titanium alloys are that they have high hardenability, 

excellent forgeability, can be deformed at low temperatures, exhibit high corrosion 

resistance [74], can be strengthened to high strength levels [237] [212] (p.31) and 

have a lower elastic modulus compared to α titanium  and α+β titanium alloys [110]. 

The disadvantages of the alloys are higher density than that of α+β alloys [238] 

(p.37). In this regard, the properties of titanium alloys are attributed to alloy 

composition, metallurgical processing conditions and the relative proportion of the 

phases/microstructure formed [217, 239-241]. 
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Figure 2.10 : A schematic TTT diagram for β phase transformation in titanium alloy with β 
stabilising elements [219] 

 

 

2.4.2 Biocompatibility, thermomechanical processing and 

mechanical properties of titanium and its alloys 

Titanium and titanium alloys are considered as attractive materials for applications in 

aerospace [229, 242, 243], military [244], biomedical [74, 245], chemical, 

automotive, sports and many other industries [217] (pp.330-356). In biomedical 

applications, the use of titanium and its alloys is significant due to their remarkable 

properties, namely, good corrosion resistance [246], good biocompatibility [102, 

210], high specific strength [102] and good biomechanical properties [112, 247], 

despite α-Ti (CP Ti) and α+β alloy (Ti-6Al-4V and Ti-6Al-4V ELI) alloy originally 

being developed for aerospace applications [229, 243]. CP Ti grade 4 (ASTM F67) 

and Ti-6Al-4V ELI (ASTM F136) are the most utilised and representative titanium 

alloys for implant materials [218]. The mechanical strength of CP Ti is relatively low 

compared to the normal threshold considered for hard tissue replacement. 

Improvement in strength has been achieved by increasing the oxygen content. 

Accordingly, CP Ti is available in four grades with a doubling of oxygen content 

from 0.18% for CP Ti grade 1 to 0.4 % for CP Ti grade 4. The increase in strength is 

accompanied with a decrease in elongation at failure from 24% for CP Ti grade 1 to 

15% for CP Ti grade 4 as shown in Table 2.10 and Table 2.11.  
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Strength enhancement of CP Ti grade 4 increases its use. An alternative method to 

strengthen CP Ti grade 2 using equal channel angular processing (ECAP) has been 

reported [208]. This method develops an ultra-fine grain structure that enhances the 

mechanical properties of the alloy, including hardness, ultimate tensile strength 

(increased by 140%), fatigue strength (increase by 100%) compared to coarse 

grained commercially pure titanium grade 2 [245]. With respect to mechanical 

properties, the α and α+β type titanium alloys exhibit much lower elastic moduli 

than those of conventional stainless steel and cobalt-based alloys. In addition, their 

strengths are very close to that of stainless steel, whereas their densities are ~45% 

less than that of steel  
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Table 2.11 : Specification chemistry limit for commercially pure (CP), α+β and metastable β type titanium alloys. Adapted from [248] and [249] 

 

Materials 
Standard Fe 

max 
O 

max 
N 

max 
C 

max 
H 

max 
Al V Mo Sn Nb Ta Zr Ti 

α type               
Pure Ti grade 1 
Pure Ti grade 2 
Pure Ti grade 3 
Pure Ti grade 4 

ASTM F67 
ASTM F67 
ASTM F67 
ASTM F67 

0.2 
0.3 
0.3 
0.5 

0.18 
0.25 
0.35 
0.4 

0.03 
0.03 
0.05 
0.05 

0.08 
0.08 
0.08 
0.08 

0.015 
0.015 
0.015 
0.015 

       Bal 

α+β type              Bal 
Ti-6Al-4V ASTM F1472 0.3 0.2 0.05 0.08 0.015 5.5-6.75 3.5-4.5      Bal 
Ti-6Al-4V ELI ASTM F136 0.25 0.13 0.05 0.08 0.012 5.5-6.5 3.5-4.5      Bal 
Ti-6Al-7Nb ASTM F1295 0.25 0.2 0.05 0.08 0.009 5.5-6.5    6.5-7.5   Bal 
Ti-5Al-2.5Fe  ISO 5832-10 2.0-3.0 0.2 0.05 0.08 0.015 4.5-5.5       Bal 

β type              Bal 
Ti-12Mo-6Zr-2Fe ASTM F1813 1.5-2.5 0.28 0.05 0.05 0.015   10.0-13.0    5.0-7.0 Bal 
Ti-15Mo ASTM F2066 0.1 0.2 0.05 0.1 0.015   14.0-16.0     Bal 
Ti-15Mo-5Zr-3Ala ISO 5832-14      3.8  15.0    5.0 Bal 
Ti-13Nb-13Zr ASTM F1713 0.25 0.15 0.005 0.008 0.012     12.5-14.0  12.5-14.0 Bal 
Ti-35Nb-7Zr -5Ta F-04.12.23 0.25 0.75 0.02 0.02 0.02     34.0-37.0 4.5-6.5 6.3-8.3 Bal 
Ti-29Nb-13Ta-4.6Zrb 
Ti-25Tac 
Ti-24Nb-4Zr-7.9Sn d 

 0.05 0.16 
0.082 
0.11 

0.02 0.04 
 
0.008 

<0.02 
 
0.006 

    
 
7.85 

29.2-30.2 
 
24.1 

11.6-12.4 
25 

4.3-4.8 
 
3.92 

Bal 

              
Notes :  
Superscripts  a,b,c,d indicate experimental alloys 
 
a  [249], b [231, 250, 251], c [228],  d [140] 
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Titanium and it alloys are also known to be relatively inert and have good corrosion 

resistance because of the surface oxide film. This oxide film is spontaneously formed 

in air as a thin, (5-10 nm thick [252]) titanium dioxide (TiO2) passivation layer, 

which is described as a stable crystalline form that is more closely related to 

ceramics than to metals in its interactions with surrounding tissue behaviour [253] 

(p.168). The surface oxide exhibits positive effects in host response and demonstrates 

an ability to react with mineral ions, water, protein and other constituents of biofluids 

and that these reactions in turn cause a remodeling of the surface [253] (p.86), [254, 

255].  

 

Although titanium and its alloys, principally Ti-6Al-4V, have excellent properties in 

terms of biocompatibility and corrosion resistance, the release of vanadium from the 

alloys raises a concern for long term performance. Vanadium has been noted to be 

toxic in the elemental state and as vanadium oxides [107, 108, 256]. Vanadium oxide 

is formed at the alloy surface due to passivation. This oxide is thermodynamically 

unstable compared to TiO2 and Al2O3, and passes into solution. In response to this 

finding, Ti-6Al-7Nb was developed to obtain an α+β type titanium alloy without 

vanadium [257], and also to enhance the wear resistance [258]. This alloy also shows 

the same α+β structure as Ti-6Al-4V and demonstrates equally good mechanical 

properties (Table 2.10) and corrosion resistance. Another vanadium-free titanium-

based alloy, Ti-5Al-2.5 Fe [259], was also developed. This alloy, which is 

categorised as an α+β alloy, shows a higher β phase content - more than 15%, than 

that of  Ti-6Al-4V, and exhibits good wear resistance and corrosion resistance [259]. 

Ti-6Al-7Nb has been registered in both ASTM and ISO standardisation (F1295-92 

and ISO 5832-11), while Ti-5Al-2.5Fe has been registered in ISO standardisation 

(ISO 5632-10) for biomedical applications.These alloys show that vanadium was 

successfully substituted by niobium and iron in Ti-6Al-4V. These alloys, however,  

contained aluminium of which the effects on the immune function are still a 

controversial. Some research  has shown that aluminium suppressed the immune 

function [260, 261], but other studies observed the opposite results [262, 263].  

 

The α and α+β type titanium alloys are also known to possess low shear strength and 

low wear resistance [8]. These negative properties imply that titanium and its alloys 
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tend to suffer wear when they are rubbed between themselves or with other metals 

[264]. The released wear debris may cause inflammatory reactions and implant 

loosening. Another concern is that the elastic moduli of the α and α+β type titanium 

alloys are still found to be much higher than that of cortical bone. This mismatch in 

the elastic modulus may eventually lead to bone resorption due to the stress shielding 

effect. This limitation has encouraged biomedical reseachers to develop metallic 

implants with mechanical properties more closely matching those of human bone.  

 

Young’s modulus, one of the intrinsic properties of materials, is determined by the 

bonding force between atoms, which is in turn associated with the crystal structure 

and the distance between atoms (represented by the unit cell volume or lattice 

parameter [265]), which can be affected by heat treatment and alloying additions [16, 

266, 267]. A comparison between the slip systems and crystal structures of the 

different phases of titanium has led to the conclusion that the bcc structure has a 

lower elastic modulus and is easier to plastically deform than the hcp structure [268] 

[214] (pp.4-5). In this regard, the Young’s moduli of  β type titanium alloys, which 

predominantly consist of  β phase with bcc crystal structure, are known to be lower 

than those of α or α+ β type titanium alloys. In addition, β type titanium alloys 

exhibit low temperature workability [74] and high strength [237] [212] (p.31). 

Therefore, the reseach and development of low stiffness  β type titanium alloys for 

biomedical applications is attracting a great deal of interest [219, 240, 241, 265, 269] 

.  

 

In the development of titanium alloys for biomedical applications, the heat treatment 

process and the selection of alloying elements, in this case β stabilising  elements, 

are known to be important factors. Not all elements with β stabilising properties in 

titanium alloys are suitable for biomedical applications. Corrosion and wear 

processes cause a release of these elements into the surrounding tissue that may harm 

the living body. In this regard, besides the alloying elements being selected as β 

stabilising elements [270] (p.9), if they are compatible in their pure form they have a 

greater potential to be used in alloy form, with issues such as good interaction with 

the neighbouring cells or tissues, non toxic and non cytotoxic, non allergenic and 

high polarisation resistance (corrosion resistance) [10, 271] being important factors. 
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As a result the elements niobium, tantalum and zirconium, known to possess low 

toxicity and good cell interaction [15] have been identified as the most biocompatible  

alloying elements in titanium, followed by molybdenum and tin [74]. In addition, 

Song et al.[16] who theoretically studied the effect of alloying elements on the 

strength and modulus of binary β type titanium alloys (Ti-M alloy, M = vanadium, 

chromium, manganese, iron, zirconium, molybdenum, tungsten and tantalum) using 

the discrete variational cluster method (DVM) as a fundamental approach, suggested 

that β stabilising elements, e.g. niobium, tantalum, zirconium and molybdenum can 

be added to decrease the elastic modulus of β type titanium alloys without sacrificing 

strength.   

 

Subsequently β type titanium alloys with low elastic modulus values, based on the 

Ti-Mo system, have been developed in the recent past, including Ti-12Mo-6Zr-2Fe 

(TMZF®, Howmedica Osteonic Corp USA, standardized  by ASTM F1813), [272], 

Ti-15Mo-5Zr-3Al (Kobe Steel Ltd, Japan) [42, 273, 274], Ti-15Mo-3Nb-3O 

(TIMETAL 21SRx)[275], and Ti-15Mo (ASTM F2066) [276]. These β type titanium 

alloys, however, still contain elements such as aluminium, iron and molybdenum. As 

previously noted, although it is still controversial, aluminium has been linked to 

suppression of the immune function [260, 261], whereas iron and molybdenum in 

elemental form have been related to severe tissue reactions in animal studies [277]. 

The metals, when implanted in the back muscles of rabbits for 24 weeks, show 

pseudo membrane encapsulation with thicknesses of up to 1.8 mm. It has also been 

reported that in vitro, molybdenum, chromium and nickel in soluble form may 

induce cell transformation[278]. In addition, the minimum values of elastic moduli of 

these alloys (Table 2.10) are still higher than that of bone.  

 

Attempts to develop a lower elastic modulus titanium alloy whilst maintaining high 

strength have been carried out in recent times by nanostructure formation. A 

combination of a high strength nano/ultra fine grain structured matrix and low 

stiffness and good ductility of bcc structured dendrites of titanium-based alloys has 

been demonstrated by He et al. [279]. They developed Ti-Cu-Ni-Sn-Nb system alloy 

and reported that the elastic modulus and tensile strength of 40 GPa and of 1350 

MPa, respectively have been achieved. Hao et al. [140, 280] developed 
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nanostructured metallic materials Ti-24Nb-4Zr-7.9Sn by forging and hot rolling. 

They revealed that the designed β type titanium alloy possesses the lowest elastic 

modulus (33-42 GPa) and tensile strength of 800-1200 MPa. Although a low elastic 

modulus has been attained the alloys still contain elements that are less safe for the 

human body for long term applications. Therefore, biomedical titanium alloys based 

on these β stabilised elements, i.e. titanium, niobium, tantalum and zirconium have 

been under extensive development.   

 

The possible use of titanium binary alloys for biomedical materials such as titanium-

zirconium [281], titanium-niobium [282-285] and titanium-tantalum [265] have been 

investigated. Since zirconium has similar chemical properties to titanium and has as a 

low neutron absorption rate, this material is often used in nuclear reactors [220]. It 

has notable properties with corrosion resistance and biocompatibiliy as good as those 

of titanium alloys. The titanium-zirconium system exhibits a complete solid 

solubility for both low temperature α phase and high temperature β phase [286]. 

Hence it could be possible to design alloys that have biocomaptibility and high 

corrosion resistance comparable to pure titanium, and superior mechanical properties 

to the Ti-6Al-4V. Kobayashi et al. [281] examined the mechanical properties of 

various compositions of titanium-zirconium binary alloys which were fabricated by 

arc melting followed by heat treatment and furnace cooling. The alloy comprising 50 

mol% zirconium with the finest martensitic microstructure observed exhibited the 

highest values for hardness (almost 2.5 times as large as the pure material hardness) 

and strength (more than 900 MPa), whereas the elastic moduli of the other alloys 

were not reported. With this favourable comparison to Ti-6Al-4V, the titanium-

zirconium based alloys could provide a base material for a biomedical alloy.  

 

Niobium is a shiny, silvery metal, soft and ductile in pure form, with a bcc crystal 

structure. It has exceptional corrosion resistance, although slightly inferior to that of 

tantalum. Niobium also has a good interaction with cells, including proliferation, 

mitochondrial activity, cell morphology and the size of MC3T3-E1 cells and 

GM7373 cells after 7 days incubation in direct contact with polished slices of the 

metal, as reported by Eisenbarth et al. [15], yet is less well tolerated when implanted 

in bone than tantalum or pure titanium [287]. The effect of niobium content on the 
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phase constitution of the Ti-Nb alloy has been investigated [282, 284, 285]. Hon et 

al. [282] varied niobium contents between 14 and 40 mass% niobium. The mixture 

was then subsequently arc melted, homogenised, hot rolled and annealead, followed 

by furnace cooling . The experiment results show  that the Ti-Nb alloy with 14% 

niobium reveal α+β phases with α phase being the dominant one. The authors also 

reported that the elastic modulus of the alloy is determined by the phase 

constitutions. The elastic modulus of the Ti-Nb alloy initially decreased with an 

increase of niobium content up 26% due to the decrease of α phase, and then 

increased to a maximum at 34% niobium due to the existence of ω phase. The alloy 

converts completely to β phase when niobium exceeds 34%, from which the elastic 

modulus then decreases with an increase of niobium content. As long as the 

application in implant materials and low stiffness are considered, Ti-Nb alloy with a 

high niobium content (above 36%) is preferable. For example, Ti-40Nb was found to 

possess an elastic modulus of  57 GPa. However, its strength (612 MPa) is not 

sufficiently high compared to that of the Ti-6Al-4V (825-869 MPa). Santos et al. 

[284], who also developed the Ti-Nb alloy, revealed a different microstructural 

result. They employed a powder metallurgy technique using blended elemental 

powders with a niobium composition of 35% as a starting material. The blended 

powder was subsequently prepressed, cold isostatically pressed (CIP) and sintered at 

high temperatures (up 1600oC) for 1 hour, followed by furnace cooling. The 

homogenous microstructure resulting from the slow cooling from the β field 

consisted of fine plate-like α structures dispersed in a β matrix, which indicates that 

the alloy was likely to be an α+β alloy. This indicates that hot working may promote 

the formation of β phase. An investigation on phase constitution of the alloy with 

variations of niobium contents after higher cooling rate through graphite mold 

casting by Lee et al. [285] revealed that only a hexagonal martensite α’ phase was 

observed within the alloys containing 15% or less niobium. When containing 17.5-

25% niobium, the alloys mainly consisted of an orthorombic martensite α” phase. 

Metastable β phase begins to be retained at 27.5% niobium. In the alloys containing 

27.5-30% niobium, small amounts of ω phase were detected. The equiaxed β phase 

is almost entirely retained at niobium contents higher than 30%. Of these niobium 

containing alloys, Ti-10Nb and Ti-27.5Nb were found to have the highest strength, 

the β dominated and the α” dominated alloy exhibited the lowest moduli.  
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Tantalum, which has superior ductility coinciding with superior corrosion resistance 

[220] even in a highly acidic environment [288], has already been used in surgical 

procedures including vascular axes [289] and secretory canals [290].  Research which 

was carried out by Johanson, et al. 1990 [287] proved that tantalum is well tolerated 

in bone structures and encourages the absorption of protein. Tantalum implants have 

also showed good biocompatibility without a surrounding inflammatory response 

supported by histological studies of retrieved specimens [14]. Hacking et al.[291] 

reported that analysis ofa  retrieved subcutaneous tantalum specimen implanted in a 

dog revealed complete tissue ingrowth with concomitant presence of blood vessels at 

the tissue implant interface. In a study of cellular responses of osteoblast-like cells, a 

polished and textured tantalum disc compared to the response on other common 

orthopaedic metals, (titanium and cobalt-chromium alloys), and tissue cultured 

plastic, it was found that the cellular responses with respect to absolute cell number, 

number of cell divisions, or cell proliferation were similar [292].  The effect of 

tantalum content in quenched binary Ti-Ta alloys with tantalum contents varying 

from 10 to 80% in eight increments has been investigated. The dynamic Young’s 

modulus first decreases with an increase in tantalum content, reaches a value of 69 

GPa at 30%, then gradually increases to 88 GPa at 50% tantalum followed by a 

gradual decline to 67 GPa at 70% tantalum [265]. A further increase in tantalum 

content leads to an increase in the elastic modulus [265, 293]. These are due to the 

various formations of metastable phases α', α” and β and their grain size at each 

tantalum content after quenching. Whilst further detailed investigations found that 

Ti-25Ta shows the lowest Young’s modulus (64 GPa) with the highest ratio of 

strength to elastic modulus (7.5 x 10-3), the tensile strength exhibits a value 

(approximately 580 MPa) which does not meet the criteria of ideal metallic 

biomaterials (should be approximately 1000 MPa) [228].    

 

Extensive work has also been carried out to develop titanium alloys in tertiary,  and  

system alloys [8, 139, 219, 294], in order to obtain biomedical alloys with non-toxic 

elements, good interaction with surrounding tissue, low elastic modulus and 

appropriate mechanical properties, i.e. high yield, tensile and fatigue strength, that 

will prolong implant service lives. For example, Davidson and Kovacs [295] 

developed near-β type titanium alloys Ti-13Nb-13Zr to address the issue of 

biocompatibility with the exclusive use of Nb and Zr. This alloy has been registered 
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in ASTM standardisation (F1713). A titanium alloy, Ti-35Nb-7Zr-5Ta, which was 

first developed as a Ti-Nb-Ta-Zr system alloy for biomedical applications, was 

developed in the United States [296, 297]. More recently, Niinomi’s Group in Japan 

developed Ti-29Nb-13Ta-4.6Zr under the guidance of the d-electron alloy design 

method [110].  

 

The effect of thermomechanical processing on the mechanical properties of Ti-13Nb-

13Zr alloy has been reported by Mishra et al. [298]. The alloy was prepared by 

vacuum arc melting, hot rolled and heat treated with different cooling rates. Water 

quenching of Ti-13Nb-13Zr from above the β transus temperature (735oC) resulted 

in the formation of hcp martensite (α’). Air cooling from the β field was found to 

produce α’, α”and β phases indicating that some of the β phase transformed to α’, 

while the rest of the β transformed to α+β phase. Both cooling conditions resulted in 

an alloy with a similar strength (703-798 MPa). The elastic modulus of the air cooled 

alloy was found to be higher than the water quenched one (81 GPa compared to 64-

77 GPa). On subsequent aging, the microstructure of the alloy was observed to 

consist of aged hcp martensite (α’) and sub-microscopic bcc β precipitates. These led 

to an increase in strength (994 MPa) by dispersion strengthening mechanisms. In the 

solution treated followed by water quenched condition the strength of this alloy can 

be increased by cold working or diffusion hardening (Table 2.10). In contrast to the 

diffusion hardening, cold working (using standard rolling and swaging) reduced the 

elastic modulus and its elongation to 44-51 GPa and 10-15% respectively. Further 

study on the development of an equiaxed microstructure, which is recommended due 

to the best combination of mechanical properties in the α+β titanium alloy [299], on 

Ti-13Nb-13Zr and later on two other tertiary alloys, Ti-20Nb-13Zr and Ti-20Nb-

20Zr, was reported by Geetha et al [218] [300]. The alloys were hot rolled in the α+β 

phase field and then subjected to various heat treatments. The selection of 

appropriate processing results in the formation of an equiaxed structure in all of the 

tertiary alloys. The alloys which have been solution treated above the β transus 

followed by water quenching containing a high quantity of β stabilising elements, Ti-

20Nb-13Zr and Ti-20Nb-20Zr, show a number of metastable phases α’,α” and 

β phase while Ti-13Nb-13Zr exhibits α’ phase only due to martensitic 

transformation wherein the β phase completely transformed into the α’ phase [218]. 
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On the other hand, the enrichment of β phase (Ti-20Nb-20Zr), is found to suppress 

the occurance of the martensitic phases resulting in α and β phases formation, when 

solution treatment is carried out in the α+β field. Quite interestingly, the low 

temperature aging of alloy Ti-20Nb-20Zr shows the presence of ω phase in addition 

to α and β phases, leading to an increase in elastic modulus and strength of the alloy. 

 
Phase transformations of the low elastic modulus  metastable β titanium alloys has 

been investigated by Tang et al. [219]. Ti-Nb-Ta-Zr alloys were arc melted, 

homogenised at 900oC for 96 hours and furnace cooled. The homogenised samples 

were then solution treated at 1000oC and cooled at various cooling rates. The 

experimental results revealed that phase transformations in solution treated and rapid 

cooled Ti-(13-35.5)Nb-(5-22)Ta-(4-7.2)Zr (wt%) lead to the formation of three 

phases, namely α”, β and ω. The volume percentage of α” was found to decrease 

with either an increase in the Nb+Ta content or a decrease in the cooling rate. The 

presence of zirconium in the range 4.1-4.6 wt% decreased the martensite start 

temperature. Hence α” phase was suppressed at rapid and intermediate cooling rates 

and only β and ωath phases were observed. When slow cooled, precipitation of ωiso 

occurred. The martensite start temperature was further lowered, β and ωiso phases 

being observed after furnace cooling.  

 

An increase in zirconium content continuously increased the stability of the β phase 

and delayed the formation of ω iso phase, shifting the β→α transformation to longer 

time periods. The β→α transformation was also  avoided at all cooling rates due to a 

lowering of the critical cooling rate. This work revealed that the dynamic elastic 

moduli of the air cooled Ti-Nb-Ta-Zr alloys was sensitive to the composition, a 

minima at a niobium/tantalum ratio of 12 and 5 at% zirconium being observed [219]. 

Of all the developed alloys, the alloy with the nominal composition of Ti-35.3Nb-

5.1Ta-7.1Zr wt% air cooled was found to achieve the lowest elastic modulus of 55 

GPa, with a strength of 547 MPa and a good fatigue strength [296], the alloy being 

denoted as Ti-35Nb-7Zr-5Ta. Based on this composition, Taddei et al. [301] 

developed the β type titanium alloy Ti-35Nb-7Zr-5Ta by a powder metallurgy 

method using elemental powders as starting materials. The blended elemental 

powders were cold isostatically pressed and sintered at various temperatures (900-
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1700oC) followed by furnace cooling. Sintering below 1500oC resulted in α + β 

phase, the microstructures reflecting the presence of α titanium, β titanium and the 

bcc structure of tantalum and niobium, whilst zirconium could not be detected. 

Sintering at 1500oC and above resulted in the complete dissolution of the alloy 

elements in titanium matrix. The homogenous β phase was observed at room 

temperature after furnace cooling due to the high stability of the β phase.   

 

Some studies previously reported that the increase in tensile strength due to oxygen 

content was accompanied by an increase in the elastic modulus (66 GPa) [296] and 

the high-cycle fatigue strength of the alloy when solution treated [302]. More 

recently, investigation to increase the strength of Ti-35Nb-7Zr-5Ta by artificial aging 

(duplex aging) and/or by increasing their oxygen content has been carried out [237] 

[303]. This investigation reported the phase transformations in a Ti-35Nb-7Zr-5Ta-

(0.06-0.68)O alloy solution treated in β field and aged at various temperatures. They 

observed that increasing oxygen content suppresses ω phases by oxygen occupying 

the interstitial sites within the metastable β and hindering the atomic displacement 

that is required for ω formation. In addition, being a strong α stabiliser, the increase 

of oxygen content also promotes faster kinetic fine α phase precipitate formation 

[304]. The high yield strength of the alloy with 0.68% oxygen content was due to the 

existence of the fine α precipitate only. Increasing aging (538-593oC) temperature 

with higher oxygen contents (0.46 or 0.68%), however, resulted in the coarsening of 

α phase precipitates [303] and an increased inhomogeneneity in α phase 

precipitation. Precipitate free zones were observed along the prior β grain boundary. 

These zones served as favoured paths for early crack propagation and decrease in 

tensile ductility [303]. 

  

According to Kuroda et al [110], in the 1990’s Niinomi’s group developed new 

quaternary β type titanium alloys, Ti-Nb-Ta-Zr, Ti-Nb-Ta-Mo and Ti-Nb-Ta-Sn; 

systems based on the d-electron alloy design method. The basic mechanical 

properties of the new alloy designs, button ingot melted by tri-arc furnace and 

thermomechanically processed (homogenised, cold rolled, solution treated and aged 

at 673 K for 10.8 ks), were investigated. After the solution treatment process the 

newly designed alloys exhibited a low elastic modulus range (~45 to ~78 GPa) and 
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low in strength (less than 650 MPa) compared to the solution treated conventional 

α+β type titanium alloys (~80 to ~115 GPa). In contrast to the conventional titanium 

alloys, in general the elastic moduli of the newly designed alloys increased 

considerably after aging (~47 to ~105 GPa). The elastic moduli of solution treated 

(ST) and solution treated followed by aging (STA) Ti-29Nb-13Ta-4.6Zr were found 

to be ~47 GPa and ~80 GPa, respectively; the alloy with the less ‘safe’ element Sn, 

Ti-29Nb-13Ta-2Sn alloy, in these conditions having elastic moduli of ~45 GPa and 

~47 GPa.  

 

More investigations into the details of the phase transformations during heat 

treatment of Ti-29Nb-13Ta-4.6Zr have been conducted [231, 239, 250, 305]. 

Solution treatment and water quenching (STQ) of this alloy from above the β transus 

temperature resulted in a mixture of orthorhombic martensite α” and β phases [250], 

but air or furnace cooling led to a mixture of ω and β phases [305]. The β transus 

temperature of this alloy was found to be of the order of 650οC [250]. Further 

investigation has revealed that the volume fraction of the martensite phase and β 

grain size determine the mechanical properties. For instance, elastic modulus and 

yield strength with values of 65 GPa and  250 MPa respectively were obtained by 

STQ at 850oC for 1 hour, with an average grain size of 50 µm with some of the 

β phase transforming to α” being observed. Reduction in grain size to 25 µm and a 

reduction in volume fraction of the martensite phase was found for STQ at 750oC for 

0.5 hour. These contributed to an increase in yield strength to 400 MPa without 

affecting the elastic modulus [239].  

 

The strength of this particular alloy can be increased by aging, this being 

accompanied by an increase in the elastic modulus. For instance, for 48 hours of 

aging at 450oC, yield strengths as high as 1150 MPa and increases of elastic modulus 

values to 85 GPa have been achieved. The increase in strength and Young’s modulus 

are due to the presence of ω and/or α phase precipitation. Whilst ω phase 

precipitation was found when aging at temperatures below 450oC, a mixture of ω and 

α phases was observed when aging at higher temperatures and/or longer times. The 

upper limit of ωiso precipitation was found to be around 450oC [231]. Thus only 

α phase precipitation was observed when aging at temperatures above 475oC [239]. 
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It is clear that the basic mechanical properties of this alloy are sensitive to the 

microstructures generated by various heat treatments. An increase in strength is 

accompanied by an increase in the elastic modulus and decrease in the ductility for 

the (α+β), (α+β+ω) and (β+ω) microstructures. It has been noted that the (β+ω) 

microstructure is not recommended for biomedical applications due to its high 

Young’s modulus and poor ductility [239]. 

 

Powder metallurgy methods have also been employed to fabricate Ti-Nb-Ta-Zr 

quaternary alloys. In 2004, Sakaguchi et al. [240] systematically investigated the 

effect of alloying elements on the elastic modulus of Ti-X1Nb-X2Ta-X3Zr alloys (Xi: 

mass% composition of i; niobium (1), tantalum (2), zirconium (3)). They 

independently varied the content of each alloying element in the Ti-Nb-Ta-Zr alloys 

and fabricated each alloy by the blended elemental powder metallurgy method. The 

mixed powders were cold isostatically pressed and sintered at 1300oC for 16 hours. 

Subsequently, the sintered alloys were forged, swaged at 950oC and heat treated at 

950oC for 30 minutes followed by air cooling. Niobium content was varied from 0 to 

40% by eight increments, tantalum  was varied from 0 to 20% by five increments and 

zirconium  content was varied from 0 to 10% by five increments. Young’s modulus 

was measured using the free resonance method at room temperature. The 

experimental results showed that, in general, the addition of the alloying elements 

decreases the elastic modulus at certain content percentages, beyond which an 

increase in elastic modulus is observed (Figure 2.11).  

 

This increase is due to ω phase formation and precipitaton of α on aging. The 

tantalum content is very critical and has to be keep within a limited range because 

tantalum tends to increase the elastic modulus when added beyond a certain amount. 

Higher elastic moduli have been observed at 0%, which may be due to the existence 

of ω−phase, and at 20% because of the tendency to behave as pure tantalum rather 

than the titanium alloys [241]. Ti-30Nb-10Ta-5Zr, which is a simplified chemical 

composition of Ti-29Nb-13Ta-4.6Zr, with only the β phase was found to have the 

lowest Young’s modulus (66.9 GPa). They also reported that furnace cooling after 

heat tratment of Ti-Nb-Ta-Zr quaternary alloys (i.e. Ti-20Nb-10Ta-5Zr) induces 

precipitation of α phase in β phase, whereas precipitation of ω phase in β phase was 
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found after the air cooling process. The Young’s modulus of the former is lower than 

that of the latter. It shows that the precipitation of the ω−phase in−β phase has a 

significant role compared to the precipitation of α−phase in raising the Young’s 

modulus in the quaternary alloys.  

 

 

Figure 2.11 : Change in Young’s modulus as a function of Nb, Ta, and Zr content in Ti-
X1Nb-10Ta-5Zr, Ti-30Nb-X2Ta-5Zr, and Ti-30Nb-10Ta-X3Zr respectively. 
Adapted from [240] 

 

Further investigations by the Niinomi’s research group revealed that the deformation 

behaviour of these alloys was determined by the niobium and tantalum content [241, 

306]. The tensile properties of Ti-30Nb-XTa-5Zr alloy were found to change with a 

change of the deformation mechanism. The alloy with a tantalum content less than 

10 mass% consisted of β and ω phase and exhibited a stress-induced martensitic 

deformation mechanism, while above 20 mass% tantalum, the deformation was 

identified as slip. The tensile strength of Ti-XNb-10Ta-5Zr with a 20-35 mass% 

niobium content decreased with an increase in niobium content. The deformation 

mechanism of Ti-25Nb-10Ta-5Zr changed with variations in its microstructure. 

Interestingly, the behaviour of the loading-unloading stress-strain curve of air cooled 

Ti-20Nb-10Ta-5Zr and Ti-25Nb-10Ta-5Zr indicated shape memory effect behaviour, 

whereas the elastic deformation of Ti-30Nb-10Ta-5Zr was found to disobey Hooke’s 

law. 
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2.4.3 Corrosion behaviour of titanium alloys    

Corrosion is destructive attack on metallic materials when in contact with a chemical 

environment. Human body fluid pH in various tissues varies in the range from 1 to 9 

[64] that may be considered an extremely corrosive environment for metallic 

materials, due to the presence of certain amount of NaCl and a series of acids [268]. 

For example, in normal conditions, the  pH of normal blood and interstitial fluid are 

in the range of 7.35–7.45, however, it may decrease due to immune system response 

such as in case of infection or inflammation [307]. The presence of a high 

concentration of chlorides is also considered to accelerate corrosion of metallic 

implants that can lead to metal ion release. In addition, most metallic implants are 

subjected to a static loading or a low frequency cyclic loading. Whilst corrosion 

damage of the metallic biomaterials are found in many forms such as pitting, crevice, 

fatigue, fretting, wear and galvanic corrosion [93], the attack rate of general 

corrosion is very low because of the existence of spontaneous formation of passive 

surface layers on most metallic implants that are employed at the present time.  

An advantage of titanium and its alloys is their superior corrosion resistance, which 

is due to the thermodynamically stable TiO2 film with, possibly, lower valence 

oxides such as Ti2O3 and TiO, especially in the inner layers [6]. TiO2 film is thinner 

but stronger than CrO3 film [308]. In addition, there are many other oxides that can 

form on the surface of various titanium alloys. For example, for  Ti-6Al-4V, Al2O3, 

TiO2 and V2O5 are found in the oxide layer. Compared to Al2O3 and TiO2, V2O5 is 

thermodynamically unstable and dissolves into solution, but is generally eliminated 

from the body within 24 hours [257]. Titanium alloys containing niobium such as Ti-

6Al-7Nb [257, 309] or Ti-Nb alloy [285] exhibited better corrosion resistance than 

Ti-6Al-4V, and this may be due to the existence of the more stable Nb2O5 in the film 

which enhances passivation and also resistance to dissolution compared to V2O5 

formed on Ti-6Al-4V. The addition of niobium and zirconium into titanium also 

increases the corrosion resitance. Ti-13Nb-13Zr has been reported to possess a 

higher corrosion resistance than Ti-6Al-4V and Ti-6Al-7Nb in phosphate buffer 

solutions due to lower solubility of Nb and Zr in titanium than aluminium and 

vanadium and a higher inertness of their oxides (Nb2O5 and  ZrO2) than that of the 

oxides of aluminium and vanadium [310]. However, a change in pH of the phosphate 

buffer by addition of acid resulted in different corrosion behaviour. Ti-6Al-4V has 
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the more favourable corrosion resistance in comparison to Ti-13Nb-13Zr and Ti-6Al-

7Nb for which the corrosion resistance is reduced in the presence of protein [311]. 

Khan et al. [310] also found that corrosion in protein solution reduced the hardness 

of the surface oxides of all the alloys.  

 

Investigations on corrosion behaviour of titanium alloys containing tantalum also 

revealed that corrosion resistance of the binary Ti-Ta alloys increases with increasing 

tantalum content. The occurrence of an increase in the corrosion resistance is due to 

strengthening of the passive layer, TiO2, by the more stable Ta2O5. In addition, 

cytotoxicity level resistance as good as pure titanium and a higher wear resistance of 

the Ti-Ta alloys compared to that of Ti-6Al-4V have also been reported [312]. 

Okazaki and Gotoh [7] reported that the quaternary alloy, Ti-15Zr-4Nb-4Ta has 

better corrosion resistance than Ti-6Al-4V. The quantity of metals released in 

various solutions of the former is lower than that of the latter. The measurement of 

electrochemical activity of the alloy confirmed the potency of titanium, niobium, 

tantalum and zirconium to develop a highly protective passive layer. Okazaki et al. 

[313] also reported that passive films consisted of TiO2, ZrO2,Nb2O5, Ta2O5 and Pd 

or PdO on the alloy Ti-15Zr-4Nb-4Ta-0.2Pd-0.2O-0.05N in calf serum.  

 

The effect of heat treatment on the corrosion resistance on α+β titanium alloy, Ti-

6Al-7Nb, has been studied by Thair et al. [314]. An equiaxed structure resulted from 

solution treatment in α+β field, and this showed better corrosion resitance as 

compared to the Widmansttäten structure (ST in β field). The compositional 

differences within the α−phase in the Widmansttäten structure can lead to increased 

pitting corrosion tendency. They also reported that the alloy solution treated at 950oC 

and air cooled followed by aging at 550oC for 4 hours exhibited superior corrosion 

resistance in Ringer’s solution (9 g/l NaCl, 0,43 g/l KCl, 0,2 g/l NaHCO3, 0,24 g/l 

CaCl2, pH = 7,4) due to the absence of selective dissolution of the phases. Ringer’s 

solution was used due to its ion concentrations which are comparable to human blood 

plasma. In contrast to these, Rosa et al. [315] revealed results showing lower 

corrosion resistance of the alloy after hot working. 
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Though titanium and Ti-6Al-4V alloy possess excellent corrosion resistance, their 

application in sliding surface conditions remains limited due to low wear resistance 

and the possibility of vanadium release from the alloy. Tissue blackening around the 

titanium hip implants indicates the wear of titanium alloys. This may induce aseptic 

loosening during implantation [310, 311]. This has led to the development of 

vanadium free titanium alloys such as Ti-35Nb-7Zr-5Ta and Ti-29Nb-13Ta-4.6Zr. 

The passive surface layer containing Nb2O5 in titanium alloys with a high content of 

niobium exhibits very good lubricating properties due to the ability of niobium to 

repassivate more quickly, and hence the passive film being more resilient than in the 

low niobium alloy [69].  

 

A study on the corrosion behaviour of porous titanium [276] revealed that porous 

titanium shows more susceptibility to corrosion than solid titanium. It was also found 

that the corrosion resistance decreased with decreasing porosity, which was 

attributed to the small, isolated pore morphology that could trap ionic species of 

electrolyte and reduce the concentration of oxygen, resulting in a limitation for 

creating a corrosion resistant passive layer. Conversely, in highly porous compact 

with an open, interconnected pore morphology, resulted in materials with increased 

corrosion resistance to pitting. 

 

 

2.5 Porous materials in biomedical applications  

Porous materials are defined as solids containing pores [316] (p.1). Based on the 

constituent synthetic materials, porous materials can be categorised into two types, 

i.e. porous metallic materials and porous non-metallic materials (e.g. ceramics and 

plastics). Geometrically, porous metals can further be classified into two main 

groups, namely closed-cell and open-cell structures. In an open-cell structure the 

individual cells are interconnected, whilst in a closed-cell structure, each cell is 

completely enclosed by a thin wall or metal matrix [317]. In porous metals, the 

existence of the pores within the metal matrix provides many beneficial properties 

such as low specific weight, high specific surface, high energy absorption, low heat 

conductivity (for closed-cell structures), high heat exchange and radiation ability, 

good permeability (for open-cell structure), good absorption of electromagnetic 
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waves, gas sensitivity, possibility of bone regeneration, resistance to heat, heat shock 

and so on. Porous metals have thus been used as functional and structural materials 

in a wide variety of applications. For example, they have been used to produce 

absorbing buffers, heat exchangers, hard tissue replacements, structures, etc. [318]. 

 

Fabrication of porous metals or metal foams has been commercially established over 

a number of years. In recent times, porous nickel, copper, zinc, bronze, steel, 

titanium and their alloys have become available, with porous aluminium being the 

most common of the porous metals. Porous nickel, INCO®, is applied as the 

electrode matrix in rechargeable batteries [319] (pp. 218-220). Porous stainless steels 

are known to be widely utilised as metallic filter materials and as metallic separator 

materials. For electromagnetic shielding, porous nickel and porous copper are 

available. Porous titanium, due to its superior properties in bulk form, such as high 

corrosion and temperature resistance, high specific strength and good 

biocompatiblity, can be used as a new type of filtration and purification medium, and 

also in biomedical applications. 

 

Although, as mentioned in section 2.4.1, considerable progress has been achieved in 

biomedical metallic implant biomaterials, the fixation of implants into the host bone 

remains a concern. Major problems concerning metallic implant materials in 

orthopaedic surgery are the mismatch of Young’s modulus between the host bone 

and the implant materials, and a relatively low osseointegration. Concerning the 

missmatch of Young’s modulus, once a metallic implant is placed in the intramedular 

canal of bone, two important changes occur in the load transfer mechanism. First, the 

load is no longer transferred through the bone, but now involves the implant-bone 

interface. Second, the load which was earlier carried by the bone alone is now shared 

with the implant. The stress which is normally subjected to the bone is shielded by 

the stem, so that some bone will be lost due to bone resorption. The other problem 

related to low level of osseointegration results in a longer time period for implant 

fixation. The effect of stem stiffness on stress-related bone resorption has been 

investigated by Bobyn et al. [320]. Two modified porous-coated femoral implants 

with different stiffness (cobalt based alloys and titanium alloys) were implanted into 

eight dogs. After death, bone ingrowth and remodeling were quantified and 

compared between stem designs. This result showed that the femora with a lower 
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stiffness stem made of a titanium alloy revealed much less bone loss than that of the 

stiffer one. Numerical studies conducted by Yan, et al.,[321] also confirm that bone 

loss around the implant strongly depends on the value of the elastic modulus of the 

prosthesis. There will be a sharp drop of the volume of the bone with density loss if a 

cobalt–chrome implant is replaced by a porous titanium implant. The numerical 

results showed that both the bone volume with density loss and the bone density loss 

rate decreased linearly with the increase of the porosity. Titanium and its alloys have 

elastic modulus values that are much lower than that of the other types of metallic 

implant materials, but still higher than that of bone, thus resulting in the occurrence 

of stress shielding. A suggestion to overcome this problem may be the use of porous 

materials for the stem.  

 

An early use of porous materials in biomedical applications was recorded in 1963 

when Smith reported the development and use of porous ceramics in animal studies, 

substantial information concerning bone ingrowth being noted [322]. It did stimulate 

interest in further investigation into porous materials involving porous ceramic [25, 

323-325], polymeric [26, 326, 327] and metallic materials [31, 328-330]. Kuboki et 

al. [331] have demonstrated the necessity of porosity in bone regeneration using a rat 

ectopic model and solid and porous particles of HA for bone morphogenetic protein 

(BMP) delivery; no new bone formed on the solid particles, while in the porous 

scaffolds direct osteogenesis occured. The regeneration of specific tissues on the 

porous implant materials has been found to be dependent on the pore size and 

porosity of the implant [21]. Whilst the optimal porosity for implant materials is 

suggested in the range of 20-50% [22], the following studies for bone ingrowth into 

different porous implants suggest undefined pore size required for osseointegration. 

For example, Hulbert et al. [25] reveals that a pore size of 100 µm of ceramic 

implant allows bone ingrowth, but osteon (the basic unit of structure of compact 

bone) formation requires pore sizes greater than 150 µm. Klawiter et al. [326] 

examined bone ingrowth into porous high density polyethylene (PHDPE) with pore 

sizes as small as 40 µm, while Spector et al. [26] showed bone growth with an 

average pore size of 450 µm within similar materials. The effect of pore size on 

osseointegration of ceramic bone substitute in vivo, which were implanted into a 

critical-sized cranial defect in Balb/c mice has been studied by Klenke, et al.  [332]. 
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Twenty eight days after implantation, the volume of newly formed bone deposited 

within the implants increased as the pore size (40-280 µm) increased. The data 

demonstrated pore size to be a critical parameter governing the osseointegration 

process. For metal implant materials, Nilles et al. [27] demonstrated good bone 

attachment to stainless steel-void metal composites with an average pore size of 460 

µm, while Welsh et al. [28] and Cameron et al. [29] observed bone ingrowth into a 

porous surface of a cobalt based alloy consisting of multilayered powder particles 

with pores in the range of 50-100 µm. Healing femoral defects in dogs has been 

demonstrated using implants with 50-60% porosity and 200-400µm pore size coating 

on titanium implants [333]. Itala et al. [30] found the formation of an osteonal bone 

structure in a perforated titanium triangle plate shape with pore sizes in the range of 

50-125 µm implanted in rabbit femurs. Assesment of bone ingrowth into porous 

scaffold using microtomography (micro-CT) showed that a strong enhancement of 

bone ingrowth is observed for pore diameters >100µm [334]. In addition, Bobyn et 

al. [31] showed pore sizes in the range of 50-400 µm provided an optimum strength 

of fixation and bone ingrowth into a porous surface cobalt based alloy implant 

prepared by powder metallurgy techniques. An investigation using three different 

pores sizes in the range of 150-400 µm (353, 218 and 178 µm) did not find 

significant differences in bone ingrowth rate during the cartilaginous period of bone 

ingrowth in Nitinol® implant materials [32]. When pore size was increased beyond 

1mm, the tendency for the formation of fibrous tissue seemed to be increased [33]. 

Besides pore size, using three dimensional micro-CT based structural analyses of 

porous titanium implant pore connectivity also demonstrated an increase in bone and 

tissue growth [335]. Although previously published research works do not have a 

definite agreement on the pore size for bone ingrowth, most reports noted that pores 

size in the range 50-400µm may promote bone ingrowth to enhance osseointegration.  

 

Although attempts to develop porous metals have been carried out since 1943, when 

Sosnik introduced pores by adding mercury to molten aluminium [336], the 

development of porous metals in biomedical applications was only carried out in the 

early 1970’s. The use of porous polymeric materials and porous ceramics in 

biomedical applications has limitations due to their intrinsic properties. For example, 

the polymeric materials possess relatively low elastic moduli and strength properties, 
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whereas ceramic materials are known to possess intrinsic brittleness, making them 

unsuitable for load bearing substitute applications [337] [97]. This led to an increase 

research in porous metals, which have superior fracture and fatigue strengths but 

lower elastic moduli. It is especially interesting that the strength and the Young’s 

modulus of the porous materials can be adjusted to match those of bone by variations 

of the porosity [45], thus reducing the stress shielding effect and avoiding bone 

resorption. Although the interaction between biomaterial implants and surrounding 

tissue is complicated, it can be explained briefly as follows. When an implant is 

surgically placed within bone there are numerous biological, physical, chemical, 

thermal, and other factors functioning that determine whether or not osseointegration 

will occur. The initial surgical procedure causes local tissue trauma and bleeding; 

this stimulates an acute inflammatory response in bone and the surrounding soft 

tissues [338, 339].  This leads to the ingress of proteins and cellular infiltrates 

composed primarily of polymorphonuclear leukocytes, macrophages, fibroblasts, and 

mesenchymal progenitor cells. The porous structure of the implant may facilitate this 

process. Growth factors such as fibroblast growth factor, other bone morphogenic 

proteins, vascular endothelial growth factor, and others stimulate the proliferation, 

differentiation, and maturation of osteoblast precursors [340]. Over subsequent 

weeks and months, the trabecular callus surrounding implants undergoing successful 

osseointegration remodels to form a more consolidated mature structure that can 

transmit load more effectively leading to improvements in implant fixation [341]. 

Vessel formation to facilitate vascularisation in porous ceramic material has been 

reported to occur with pore size more than 140 µm [332]. Considerable progress has 

been obtained recently in the fabrication of porous metallic materials.  

 

 

2.6 Fabrication techniques of porous titanium  

A number of techniques to fabricate porous titanium structures have been developed 

based on solid state techniques due to the relatively high melting point of titanium, 

reactivity at high temperature and its production costs. Recently, powder metallurgy 

(PM) technology has been employed in the various techniques of solid state foaming. 

The advantages of PM technology in biomedical materials fabrication can be 

described as follows [342] : 
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1. The ability to fabricate products by nearly waste-free net shape forming. 

2. Accurate selection of chemical composition through the use of hard to machine 

or high melting point alloys to obtain a higher biocompatibility of implants. 

3. Reduced chemical inhomogenity as typically found in cast or some plastic 

formed materials, this improving the corrosion resistance.  

4. The viability to obtain desirable porosity with the appropriate pore geometry. 

5. The possibility to fabricate various composite materials comprising additions 

that improve biofunctionality.  

 

This section discusses the solid state foaming fabrication techniques for porous 

titanium, with more specific details applied to the techniques used in this research 

project. The following paragraphs are brief illustrations of the processing techniques 

for porous titanium and its alloys.  

 

 

2.6.1 Sintering of powder compact techniques 

This is the simplest technique used to fabricate porous titanium, based on partial 

densification during sintering of titanium powders. This technique generally involves 

the compacting, binding and sintering of the metal powders at high temperatures, 

allowing the powder particles to bond to each other with only small changes in the 

shape. The pore volume fraction is attributed to the particle size and to the extent of 

interconnectivity among the powder particles. Thus, this technique has limitations in 

the pore size and pore shape which can be produced, dictated by the powder size and 

powder shape. Moreover, those aspects have a major impact on the mechanical 

properties of the resulting materials, which are often found to be low in strength, 

brittle and poor in toughness and crack resistance [343]. Powder based on 

commercially pure titanium [35, 343], titanium alloys [47] [344] and nickel-titanium 

alloys [345] have been employed to develop both porous-coated [22] or fully porous 

biomedical materials. From the literature, [346] it can be found that maximum 

porosity achieved by spherical powder particles is 50% with highly non spherical 

pore shape. 
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Oh et al. [35] fabricated porous titanium compacts with porosities ranging from 5.0 

to 37.1% using spherical unalloyed titanium powder as starting material, with and 

without applied pressure during sintering. Young’s modulus and the compressive 

yield strength were found to decrease linearly with increasing porosity. In addition to 

the Young’s modulus of the porous titanium with a porosity range of 32-36% being 

close to that of human cortical bone (20 GPa), the bending strength (115 MPa) was 

also close to the maximum of that of the bone (110-184 MPa). The compressive yield 

strength of Ti (61 MPa) porous compact, however, was found to be lower than that of 

the bone (104-121 MPa) [347].  

 

A higher porosity of porous titanium material has been achieved by using a larger 

powder size (420-500 µm) as demonstrated by Asaoka et al.[343]. Double sintering 

to spherical titanium powder resulted in a porosity of 41.5% and the compressive 

strength of 182 MPa, whereas the elastic modulus was found to be low (5.2-5.5 

GPa). Using coarse spherical commercially pure titanium fractions with powder size 

180-1800µm, porosities between 30 and 60% have been achieved by Thieme et al. 

[22], the highest value being achieved with agglomerated powders. They also 

demonstrated that the addition of a fine-grained silicon powder as an additive 

accelerated sintering and improved the neck geometry. The bending strength and 

Young’s modulus were measured to be from 5-190 MPa and 5-80 GPa respectively.  

 

An attempt to increase the yield strength and porosity of powder compacts has been 

achieved by using titanium alloy powders with angular shapes as a starting material. 

Guden et al. [47] sintered compacted spherical and angular (100-200 µm) α+β type 

titanium prealloyed (Ti-6Al-4V) powder at 1200oC for 2 hours, achieving porosity in 

the range of 34-54%. The angularly shaped powder showed relatively higher porosity 

levels due to the higher probability of pore formation between particles of irregular 

shape. The elastic modulus of the porous titanium alloy was reported in the range of 

0.5-7.0 GPa. Besides the compressive strength of sintered angular powder of ~50% 

porosity (~50 MPa) satisfying that of cancellous bone (3-20 MPa), the yield strength 

of the porous titanium alloy compacts with a porosity of 40-42% were close to that of 

human cortical bone (higher than 100 MPa). Another study carried out prior to this 

finding discovered that the sintering of similar powders of titanium alloy, Ti-6Al-4V, 
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at a lower temperature (1000οC) achieved a maximum compressive strength of 55 

MPa which is lower than that of bone [348], even though it achieved a similar 

porosity range (41-55%). The investigations indicated that sintering at higher 

temperatures improved the mechanical properties of the porous titanium alloy 

without significantly sacrificing the porosity achieved.  

 

Spherical β type titanium prealloyed powder (Ti-15Mo-5Zr-3Al) was subjected to 

sintering by hot pressing (HP) by Nomura et al. [344]. Powder sizes in the range of 

300-500µm were used. The porosity of the sintered compact powder was reported to 

be higher than that of the sintered pure titanium previously reported by Oh et al. [35], 

showing higher creep resistance in the alloy. Some of the HP compacts were then 

solution treated and quenched (STQ). The STQ compact exhibited a slightly lower 

Young’s modulus compared to the HP compact. Microstructural analysis revealed 

the presence of α phase in the β phase within the HP compact, whereas only β phase 

was observed in STQ compact. In addition, the STQ compact having a porosity of 

about 26% showed a Young’s modulus of 20 GPa, comparable to that of human 

bone, and exhibited superior strength (205 MPa) to the bone and the pure titanium 

compact.  

 

 

2.6.2 Space holder techniques 

Another technique used to fabricate porous titanium for structural or biomedical 

applications is to use a space holder approach, consisting of solid materials which 

can be removed during the fabrication process. The fabricated porous metals show 

two types of pores in the form of isolated micropores distributed in the wall of the 

interconnected macropores. This process is initiated by the blending of pure or 

alloyed titanium powder with an appropriate space holder material, followed by 

compaction of the blend into a preform (green body). The preform is then sintered at 

a low temperature (c.a. 200oC) in a vacuum as the initial stage for space holder 

removal and for creating porosity in the titanium. This stage also leads to initial neck 

formation. Further sintering at higher temperature (1200-1400oC) develops neck 

growth leading to densification of the metal matrix structure. Space holder materials 

in powder form employed to fabricate porous titanium or its alloys involve 
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carbamide (CO(NH2)2) [54, 349], magnesium, ammonium hydrogen carbonate 

(NH4HCO3) [45, 335, 350, 351] and polymers such as polypropylene carbonate 

(PPL) [352, 353]. 

 

Bram et al. [54] reported that the production of highly porous parts using a suitable 

space holder material (carbamide) was successfully accomplished with titanium. The 

space holder was moistened with a suitable solvent by mixing on a rolling bench and 

the metal powder was then added to the mixture, allowing the powder particles to 

adhere to the surface of the space holder. The agglomerates were uniaxially pressed 

at 166 MPa into cylindrical compacts. The space holder material was removed using 

a thermal treatment below 200°C, followed by sintering of the compacts between 

1200° and 1400°C in a vacuum furnace for sintering times ranging between 1 and 2 

hours. Porosities of 60-77% with pore sizes in the range 0.1-2.5 mm were achieved. 

The compressive strength and bending strength values were reported as 

approximately 10 MPa and 100 MPa for porosities of 77% and 60% respectively. A 

recent study in which the fabrication of porous titanium using carbamide as a space-

holder, with three steps of heat treatment, i.e. 200oC for 3 hours, 350oC for 3 hours 

and 1250oC for 3 hours, was carried out by Niu et al. [349], achieving porosities in 

the range of 55-75%. The compressive strength, i.e. plateau stress and the Young’s 

modulus were found to be in the range of 10-35 MPa and 3.0-6.4 GPa, respectively. 

 

Magnesium powder has been used as a space-holder to fabricate porous titanium and 

titanium alloy (Ti-6Al-4V) structures by Wheeler et al. [354]. The magnesium spacer 

holder was removed by evaporation at 1000oC followed by sintering at 1400oC, 

which resulted in porosities of 25-82%, strengths from 15-607 MPa and Young’s 

modulus values of 3-9 GPa. One-stage sintering to produce porous titanium foam 

using magnesium powder with sizes of 425-600 µm as a space holder, was reported 

by Esen and Bor [46]. This process involved the mixing of the titanium powder, 

binder and the space holder, mixture compaction at 500 MPa, and heating to 1200oC 

for 1 hour for debinding, sintering and magnesium evaporation. Yield strength 

(plateau stress) values and the elastic modulus values of the porous titanium 

containing porosities in the range 45-70% were found to vary between 15-116 MPa 

and between 0.42-8.8 GPa, respectively  
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A porous titanium structure with a porosity of 78% was fabricated by Wen et al. [45] 

using ammonium hydrogen carbonate as the space holder. Decomposition of the 

space holder was carried out by heat treatment at 200oC, followed by sintering at 

1200oC for 2 hours. The porous structure exhibited a compressive strength of 35 

MPa and Young’s modulus of 5.3 GPa. Further study by the authors [55] produced 

porous titanium with porosity in the range of 35-80%. The plateau stress and 

Young’s modulus of the porous titanium with a porosity of 80% were found to be 

approximately 40 MPa and 2.87 GPa respectively. It was also reported by the authors 

[355] that the porous titanium exhibited a good ability to form a bone-like apatite 

layer throughout the porous structure after thermochemical pretreatment.  

 

The use of polymer as a space-holder to produce porous titanium has also been 

studied. Interconnected pores of porous titanium with 10-60% porosity and pore 

sizes between 50-500 µm was demonstrated by Hong et al. [352] who used 

polypropylene carbonate as space holder. The Young’s modulus and the compressive 

strength were reported  in the range of 1.5-8.0 GPa and 80-400 MPa respectively. It 

can also be found that the cell size and shape can be tailored by the PPC and titanium 

particle size. The authors also reported a thin apatite formation along the porous 

titanium surface after alkali treatment and soaking in SBF. Andersen et al. [353] 

developed titanium hollow sphere porosity by coating an expanded polystyrene 

sphere with titanium powders and a binder suspension in a fluidised bed. The coated 

spheres were then subjected to a controlled compression process to promote powder 

coalescence, applied with a suitable forming process, after which the polymer and 

binder were removed leaving the titanium preforms for subsequent sintering resulting 

spherical titanium hollows with 4 mm diameter and 0.125 mm wall thickness.   

 

With the intention of obtaining a porous scaffold combined with high porosity and 

high strength, some porous titanium alloys were developed under this technique [91, 

356, 357]. In addition, the bioactivities of the porous titanium alloys were also 

evaluated. The space holder technique used to produce porous titanium alloys is 

similar in principle to the previous technique (sintering of powder compacts). 

Mostly, prealloyed powders prepared by mechanical alloying were used as starting 

materials. For examples: Wen et al. [356] heat treated a mixture of prealloyed TiZr 

alloy powder and the space holder at 200oC for 5 hours and at 1300oC for 2 hours 



71 
 

resulting in a porous TiZr alloy with a porosity of approximately 70%. The porous 

TiZr alloy exhibited a compressive plateau stress and Young’s modulus value of 78.4 

MPa and of 15.3 GPa respectively. A porous Ti-10Nb-10Zr alloy with porosities in 

the range 42-74% has been successfully prepared by Wang et al.[357] using a similar 

method. The porous TiNbZr presented a higher strength (27-368 MPa) than the 

unalloyed porous titanium for the same porosity. In addition, cell cultures on the 

porous alloy showed ostoblast-like cells grew throughout the entire porous structure.  

 

A similar finding on bioactivity and the mechanical properties of fabricated porous 

TiNbSn has also been reported by Xiong et al. [91]. Porous TiNbSn products with 

four different relative densities, i.e. 0.7, 0.6, 0.5 and 0.4 were prepared by adjusting 

the initial ratio of the space holder to the ball milled TiNbSn powder. Heat treatment 

at 175oC for 2 hours and sintering at 1200oC for 3 hours was employed for the ball 

milled TiNbSn alloy powder and the space holder to produce the porous alloy. The 

compressive plateau stress and Young’s modulus of the porous TiNbSn alloy were 

found to be in the range of 112-420 MPa and 10.8-33.2 GPa respectively. Using 

alkali heat treatment as a pretreatment, it was observed that a hydroxyapatite layer 

formed in the porous TiNbSn alloy surface after soaking in a SBF. It indicated that 

the porous alloy has the potential to be a bioactive material. 

 

Although porous pure titanium and titanium alloys have been developed, the 

morphology and the porosity level of the resulting porous pure titanium and titanium 

alloys based on the space holder technique are generally determined by the make up 

(pore positioning) of the original pores in the powder preform. This technique does 

not allow the alteration of pore morphology and porosity level after finish sintering at 

high temperature.   

 

2.6.3 Wire space holder  

Elongated pores in titanium are of considerable interest for applications such as 

filters, heat exchanger and biomedical implants. Using wires incorporated into 

titanium powder preforms as an  initial step before being removed by evaporation or 

electrochemical dissolution produces macropores with regular shapes and micropores 

due to partial powder densification. Wheeler et al. [354] used magnesium wires 



72 
 

(0.18-0.45 mm in diameter) as spacers, which were removed by evaporation at 

1000oC followed by sintering at 1400oC, to produce porous structures from titanium 

or Ti-6Al-4V powder, achieving 25-82% porosity. However, the use of magnesium 

wire as a space holder raises concerns due to the unavoidable presence of MgO on its 

surface leading to mixed magnesium/titanium oxide contamination. Additionally, its 

low ductility leads to the difficulty of being shaped into sub-millimetre wires, which 

limits the creation of the meshes. These constraints can be avoided by using steels as 

a space holder. Elongated pores in pure titanium have been successfully fabricated 

using this approach, according to Kwok et al. [358] and in Ti-6Al-4V according to 

Jorgensen et al. [48]. Titanium or titanium alloy preforms containing steel space 

holders were sintered to create composites, followed by electrochemical dissolution 

of the steel under conditions where the titanium was cathodically protected. The 

interdiffusion layer of Ti-Fe can be inhibited by the in situ formation of a Ti-C 

reaction layer, or can be removed by dissolution resulting in increased porosity. 

Porous Ti-6Al-4V with 21-41% porosity showed compressive stiffness (5-40 GPa) 

and strength (176-265 MPa) desirable for biomedical applications. 

 

 

2.6.4 Gel casting methods 

Another approach to make porous complex shapes is to use a gel casting technique. 

In this method, metal powder, dispersant, binder (monomer) and solvent are mixed to 

obtain a slurry. A catalyst and initiator are added to the mixture with appropiate 

concentration to allow pouring of slurry into the mold before subsequent formation 

of the gel due to in situ polymerisation of the binder. The gel holds the metal 

particles. After evaporation of the solvent, the gel retains the desired shape of the 

particles. Subsequent gel removal and sintering of the particles result in the desired 

porous structure. This method has been previously used in ceramics, but is rare in 

metals.  

 

Investigations to fabricate porous titanium  using this method has been carried out; Li 

et al. [359] used gel casting consisting of acrylamide as a monomer, 

methylenebisacrylamide as a cross linker, tetramethylethylenediamine as a catalyst 

and ammonium persulphate as an initiator. The titanium slurry made from the mixing 
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of the gel former and titanium powder was deaerated under vacuum and then the 

initiator and the catalyst were added, followed by casting into a non-porous mould at 

60oC for 2 hours. Finally, the gel casting porous titanium was sintered at a range of 

900-1200oC for 1-2 hours in a vacuum furnace. Using this process porosity ranges 

from 40.5 to 53.8% were obtained. The 46.5% porosity level porous titanium product 

showed values of elastic modulus of 8.5 GPa and compressive strength of 158.6 

MPa, which match those of bone. A different gel casting system used to fabricate 

porous titanium consisting of TiH2 particles suspended in a triblock copolymer gel 

with an addition of space-holder particles (PMMA or PP) in the gel was developed 

by Erk et al [360]. Organic pyrolysis to remove the gel, followed by sintering at 

1000oC, resulted in titanium with controllable porosities ranging from 4 to 44% with 

relatively low contamination. The compression test specimens with a height to 

weight ratio of 2 (typical dimensions: 2.5 x 2.5 x 5 mm) were subsequently cut using 

electrical discharge machining and tested at a strain rate of 10-3s-1. The compressive 

stress-strain curves are typical of metallic foam, displaying good yield strength (171 

MPa) and low stiffness (24 GPa). This study also presented stiffness values 

determined by ultrasonic testing, showing higher and more reliable elastic modulus 

values compared to those derived from compression testing. Local microplasticity at 

very low strain levels in compression testing can result in near linear stress-strain 

slopes that are much lower than the true Young’s modulus [361, 362].  

 

Again using this technique the morphology and the porosity level of the resulting 

porous titanium are generally controlled by the make up (pore positioning) of the 

original pores in the powder preform. Additional polymeric space holder may result 

in contamination on the porous metal. This technique does not allow for the 

alteration of pore morphology and porosity level after finish sintering at high 

temperature.   

 

 

2.6.5 Fugitive scaffold methods 

An approach to fabricate porous titanium that is related to section 2.6.2 is to use a 

fugitive space holder technique. This technique uses a polymer as a scaffold. The 

scaffold  is then coated by a mixture of titanium powder and binder. After the binder 
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and scaffold are thermally removed, sintering of the powder results in a reticulated 

open-cell foam with hollow titanium strut. Li et al. [359] developed a reticulated 

porous titanium alloy using this technique. Titanium alloy slurry consisting of Ti-

6Al-4V powder, H2O and ammonia solution were coated repeatedly into 

polyurethane foam until all the struts of the polyurethane were coated by the slurry. 

After drying, the samples were first heated to burn out the polymer and the binder. 

The samples were then sintered at 1250oC for 2 hours in vacuum furnace. The 

reticulated porous Ti-6Al-4V alloys with high porosities (over 80%), pore ranges of 

400-1300 µm and compressive strengths of 7-13 MPa have been succesfully 

developed. The reological properties of the titanium alloy slurry is found to play a 

critical role in the impregnation process which is influenced by the particle size and 

shape of the raw powder solid/liquid ratio, pH, the type and content of the binder, 

sedimentation behaviour of the slurry and the amount of the air bubbles in the 

mixture. A rapid drying process was also found to be an important factor for 

maintaining a positive replica shape. A later study revealed that the density and the 

compressive strength (up to 35.5 MPa) can be increased by repeating the process, i.e. 

the previously sintered foam is subjected to a second thin powder slurry coating and 

a second sintering process [363]. 

 

 

2.6.6 Freeze casting method 

This method has been used to produce porous ceramics. A ceramic slurry, usually 

using water as the liquid carrier, is frozen. Solidification of the slurry allows 

dendritic growth of the ice (freezing liquid carrier), leaving interconnected pores 

after sublimation of the ice water under vacuum (freeze drying).  Chino and Dunand 

[364] in 2008 introduced this method to produce porous titanium. A titanium slurry 

consisting of < 45 µm particle size titanium powder and deionised-deaerated water 

was directionally solidified, resulting in a powder preform comprising elongated 

aligned dendrites of pure ice separated by interdendritic regions with high powder 

content. After  removal of ice dendrites by freeze drying, the powder was sintered, 

thus resulting in porous titanium with 57-67% aligned pores. Oxygen contamination 

due to the use of water as the liquid carrier raises a concern. Consequently the 

resulting porous titanium exhibited high compressive stress (40-60 MPa for 60%), 
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but showed indication of embrittlement. In order to reduce the comtamination, Yook 

et al. [365] used camphene as an alternative liquid carrier. In addition titanium 

hydride powder was chosen as the source of titanium metal through hydride 

decomposition. The TiH2/camphene slurries were frozen followed by freeze drying 

and sintering, this resulting in porous titanium with porosity and compressive 

strengths ranging from 49 to 63%  and 81 to 253 MPa respectively. 

 

 

2.6.7 Pressurised pore expansion with argon or hydrogen gas 

method 

The fabrication procedure involves pressurised gas infusion, densification using hot 

isostatic pressing (HIP-ing) and pore expansion at elevated temperature; hereafter 

this technique being named as isothermal foaming. Foaming processes based on a 

creep and pressurised pore expansion result in porous titanium exhibiting pore 

morphology independent of that of the original powder preform. The porosity level 

can be obtained by controlling the foaming parameters, such as argon pressure, 

foaming time or foaming temperature. To enhance the porosity (up to 50% [366]) 

and to accelerate the foaming rate, superplasticity in the titanium matrix is induced 

by thermal cycling. However, according to a model developed by Elzey and Wadley 

[367], achievable porosities in solid state foaming under isothermal foaming are 

found to be limited to less than 50%, whereas an upper limit of 65% can be achieved 

under superplastic conditions, but still much less than that of metals in liquid state 

foaming. This limitation is due to a decrease in pore pressure as the driving force 

through a rise in pore volume, and also loss of gas accompanying pore coalescence 

or escaping as the porosity emerges at the specimen surface. Prealloyed powder Ti-

6Al-4V [50, 57, 59, 368], commercially pure titanium [366, 369] and prealloyed 

NiTi [50] powders have been used to create fully porous titanium materials. 

 

This pore expansion technique was first introduced by Kearns et al. [57] for Ti-6Al-

4V foam using prealloyed titanium alloy powder as starting material. The prealloyed 

powder was placed in a stainless steel can which was evacuated and backfilled with 

argon gas. The powder was then densified by HIP-ing at 950oC under external 

pressure of 100 MPa. Under HIP-ing conditions, the gas volume is dramatically 



76 
 

decreased and forced into small isolated developed pores. A densified titanium alloy 

matrix is formed with micronsized and low volume fraction porosity, typically 1%. 

The titanium alloy billet with small isolated high pressure argon pores was then 

exposed to high temperature in a range of 930oC to 1240oC at low pressure to allow 

the growth of pores (foaming process). The pores expand during the exposure by 

creep deformation. Porous titanium with porosity levels of around 30% has been 

obtained with a foaming temperature of 1240oC with 0.1 atmosphere argon 

backfilled pressure after approximately 12 hours. The pore growth rate was found to 

decrease with time. They also reported a porosity level approximately 40% by 

combination of high temperature and relatively high argon backfill pressure. Similar 

results were reported by Ashworth et al. [59] who also developed a porous titanum 

alloy by this technique using Ti-6Al-4V prealloyed powder as a starting material. 

Additionally the tensile strength of the porous titanium alloy with a porosity level of 

approximately 40% was measured as high as 300 MPa.  

 

Investigations of this process for commercially pure titanium were carriedout by 

Dunand and co workers [49, 366, 370, 371] and a faster foaming rate due to the use 

of either a lower creep strength material or a higher argon backfill pressure in 

foaming at lower temperature was demonstrated. Furthermore, the exposure of the 

HIP-ed billets of commercial purity titanium at 960oC with an argon backfill pressure 

of 3.3 atmospheres achieved a porosity of 22% for times around 30 minutes of 

foaming, whereas a porosity of 27% was obtained after 24 hours of the foaming 

process [366]. The Young’s modulus and yield strength of the porous titanium with 

22%  porosity were found to be 60 GPa and 200 MPa respectively. They also 

reported the use of transformation superplasticity to achieve similar total porosity to 

that shown by Kearns et al. [57], but for a much shorter time period of 5 hours, and 

at a lower temperature (thermal cycling in 830 and 980oC) [370, 371]. 

Superplasticity in the titanium matrix effectively decreases its strength leading to less 

resistance to gas expansion and also retards pore wall fracture due to higher ductility. 

The effects of different powder sizes on foaming kinetics and microstructure was 

also investigated [49], whereby the differently classified powder in the range 30 µm 

to 400 µm resulted in HIP-ed titanium billets with different initial porosity ranging 

from 0.06% up to 2.7%. In relation to the foaming process of the billets, it was 

revealed that foaming rate in the early stages of creep and superplastic foaming 
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increased with increasing initial porosity. However at a later stage, the high initial 

porosity billet exhibited earlier foaming termination, since pores more rapidly 

emerged at the surface, allowing the escape of argon gas. The billet with initial 

porosity of 0.4% resulted in a high final porosity (47%) and a low Young’s modulus 

(23 GPa). The research group also developed aligned, elongated pores by either 

applying a directional load during the foaming of titanium powder based foam [366] 

or replacing the titanium powder employed in this method with titanium wires [372].  

 

Martin and Lederich [373] modified the original Kearns process to fabricate an in 

situ sandwich structure and named this method as the low density core (LDC) 

process. Blended elemental Ti-6Al-4V powder consisting of particles of 

commercially pure titanium and master alloy powder 60Al-40V were placed in Ti-

6Al-4V rectangular canisters which were connected in line with a vacuum pump for 

evacuation and argon gas backfilling. The assembly was then HIP-ed and foamed 

with the canister still attached, thus the canister becoming the face sheet of sandwich 

structure. A porosity level of 25% in the foamed core was reported. The expansion 

kinetics and the elastic properties of the rolled Ti-6Al-4V LDC precusor  in situ were 

measured during foaming process by Queheillat et al [374, 375]. The Ti-6Al-4V 

canister was filled with Ti-6Al-4V prealloyed powder obtained by the plasma 

rotating electrode process (PREP), backfilled with argon gas at a pressure of 3 

atmospheres sealed and followed by HIP-ing at 1040oC for 6 hours. The HIP-ed 

canister was then heated at 900oC with several hot working treatments applied. The 

samples were annealed at 800-1150oC with total heating and soaking times of 10 

hours in each cycle. The measurements were carried out by using a combination of 

eddy current and laser ultrasonic sensor testing. The eddy current data showed that 

the expansion reached the maximum expansion rate at around 685oC and stabilised to 

approximately 27% after annealing for 4 hours at 920oC. The Young’s modulus was 

measured at 42 GPa at this porosity. The elastic moduli were shown to decrease with 

increasing volume fraction of porosity and temperature. 

 

Pressurised gas infusion can also be carried out by using hydrogen produced by in 

situ hydride decomposition. Ricceri and Matteazzi [369] blended a mixture of 

titanium powder and TiH2 powders. These blends were then densified using HIP-ing 

resulting in incomplete decomposition of TiH2 due to high pressure. Afterwards the 
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billets were reheated in the HIP chamber to foaming temperature (950-1150oC) under 

isostatic pressure. Decomposition of TiH2 developed when the pressure was released, 

therefore developing expanding gas bubbles to induce creep deformation in the 

porous billet, leading to increased porosity, in the range of 17-24% after one hour.  

 
This gas pressurised pore expansion technique has also been employed to produce 

porous NiTi, where Oppenheimer [376] was able to achieve approximately 17% 

porosity after 16 hours. A mixture of prealloyed equiatomic NiTi powder with pure 

nickel was used as a starting material to obtain a composition of Ni-49 at% Ti, which 

is known to exhibit superplastic properties at room temperature. Foaming parameters 

of argon gas pressure of 2 atmospheres and foaming temperature at 1050oC were 

applied. A new technique to obtain a higher backfill pressure by soaking the canister 

into liquid nitrogen during the backfilling process has also been noted. Lagoudas and 

Vandygrief [377] reported that porous NiTi with 50 % porosity has been achieved by 

a similar process, although their process may not be directly comparable, since the 

canister was not sealed during the HIPing allowing entrapment of the high pressure 

argon gas (200 MPa) in the mixture of nickel and titanium powder. This relied on the 

infusion of argon gas from the HIP-ing process to act as a pore expansion medium. 

The high temperature was maintained, while the pressure was released, thus leading 

to structure expansion.  

 

 

2.7 Synopsis of other methods 

Besides those techniques mentioned earlier, there are several other methods which 

have been reported as viable for the fabrication  porous metal for use in biomedical 

applications, though not directly related to the current work herein. For example; 

combustion synthesis (CS) also named as self propagating high temperature 

synthesis (SHS) [378, 379], metal deposition by using chemical vapour deposition 

(CVD) [380] and rapid prototyping [120, 381]. Rapid prototyping technology is a 

recent manufacturing process in terms of three dimensional printing (3DP). It has 

been used to create porous implants with controlled size, shape and distribution of 

the porosity which cannot be fabricated using techniques that are previously 

described. The basic five-step processes are as follow: (1) create a computer aided 

design (CAD) model of the design, (2) convert the CAD model to a 
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stereolithographic (STL) format, (3) slice the  STL file into thin cross-sectional 

layers, (4) construct the model one layer to another, and (5) clean and finish the 

model. For metal parts, large production or simple objects, conventional 

manufacturing techniques are usually more economical, though this should change in 

the near future.  

 

 

2.8 Mechanical behaviour of porous structures 

The review of literature on mechanical behaviour of porous structures has directed 

the author specifically to micromechanical models established in several bodies of 

work. Furthermore, the primary focus of the mechanical behaviour of porous 

structures within the present work has been on elastic modulus and compressive 

stress-strain response, in light of the need to eventually simulate these specific 

properties of human bone into the material under investigation herein. 

 

Compressive stress-strain curves for elastic-plastic foam (metal foam) reveal three 

regimes: linear elasticity at low stresses, followed by a plateau stage, and then a 

subsequent densification in which the stress increases dramatically. This typical 

behaviour is shown in Figure 2.12. 

 

 

    

 

 

 

 

 

 

 

 

Figure 2.12 : Schematic compressive stress-strain diagram for foams illustrating the three 
regimes of linear elasticity, plateau and densification.  
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The deformation mechanism of the open-cell foam is dictated by cell edge bending. 

For closed-cell type foam, the deformation is controlled by cell edge bending and 

cell face stretching as proposed in the Ashby and Gibson models [362]. This regime 

is illustrated by the initial slope of the stress strain curve which represents Young’s 

modulus. The plateau regime shows a collapse of the wall of the cell by the 

formation of a plastic hinge in the foam which subsequently yields. Following this, 

the opposing cell walls contact one another and further the resulting stress 

compresses the solid itself, leading to an increase of the stress in the final region. 

Increasing porosity of the foam decreases the Young’s modulus, lowers the plateau 

stress and reduces the strain level for the onset of densification. 

 

The elastic modulus and yield strength of metallic foams can be predicted using these 

models, which are simplified and have assumed that the cell structure consists of a 

periodically arranged beam cell for an open-cell as shown in Figure 2.13(a) or a 

periodically arranged cell with membrane cell face for closed-cell, as shown in Figure 

2.13.  

 

 

 

(a) (b)  

Figure 2.13 : A cubic model for (a) open-cell, (b) closed-cell [362] (p.185 and p.194) 

 

 

The relationship between elastic modulus (E) and relative density for open-cell foam 

was first proposed by Ashby and Gibson [362] (pp.175-234) as shown in Equation 

2.1, and subsequently as modified by Wanner [382] (Equation 2.2) where the scaling 

exponent (2) is allowed to change (n) as follows: 
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The relationship between yield, plateau stress, shear and relative density become as 

follows [383] (p.45) : 
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where  : 

C1 is a constant of proportionality and has a value between 0.1 and 4 in which 1 

indicates a rigid polymer, elastomer, 

C2 is a constant of proportionality and has a value ~ 3/8  

C3 is a constant of proportionality and has value typically near 0.3 for metals and 

polymers, but which can range from 0.1-1.0 [362] 

Subscript “s” indicates the properties related to the fully dense materials 

Superscript “*“ indicates the properties related to the porous materials 

n is scaling exponent and has a value between 1.8 and 2.2 with a commonly 

acceptable value of 2 [383] (p.45),  

m is scaling exponent and has a value between 1.5 and 2.0 with common values of 

1.5 for solid materials and foamed materials respectively. 

 

By using the appropriate scaling exponent n, in Equation 2.2, this model is in good 

agreement with a model developed by Zhao et al. [384] for an isolated, spherical 

inclusion within an elastic matrix, as shown in Figure 2.14.  
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Figure 2.14 : Young’s modulus values of porous metals fabricated by various techniques 
vary inversely with pore voleume fraction. The filled symbols represent the 
elastic modulus determined by compression testing, the open symbols denote 
the moduli determined from ultrasonic testing (US) while the lines show the 
model developed by Ashby-Gibson or Zhao et al. (redrawn from [360] and 
[50]) 

 

 

All of the investigations exhibit a similar tendency in that an increasing pore volume 

fraction is accompanied by a decreasing elastic modulus. On the other hand, a 

negligible effect of pore size on the elastic portion of stress-strain diagram has been 

reported by Tuncer and Arslan [385]. They also reported that the strain rate did not 

significantly influence the elastic modulus, yet a slight increase in compressive 

strength was observed when the strain rate was increased at certain values was 

observed. 

 

 

2.9 Summary 

There has been enormous progress in the development of biomedical materials over 

time. A large number of biodegradable polymers, bioactive ceramics, highly 

biocompatible and corrosion resistant metals, and composite materials have been 

developed to be used in medical devices and prostheses. Although ceramics and 
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polymers have advantages due their bioactivity and biodegradability, they also 

exhibit susceptility to high brittleness and high modulus for ceramics, and low 

mechanical strength for polymers. Compared to these materials metallic biomaterials 

can possess a more favourable range of properties in some biomaterial applications. 

In this regard, metallic biomaterials are widely used as structural materials in areas 

with high applied load such as, hip and knee protheses, plates, screws and dental 

implants. The main requirements which must be fulfilled by metallic biomaterials are 

biocompatibility, biomechanical compatibility (compressive strength, and 

appropriate Young’s modulus), osseointegration, viable processing including 

manufacturability, sterilisability, and of course availability. Among the metallic 

biomaterials such as stainless steel and cobalt based alloys, the use of titanium and its 

alloys has been growing due to their enhanced corrosion resistance, superior 

biocompatibility, reduced elastic modulus and  high strength to weight ratio.  

 

Based on their microstructures, titanium alloys may be classified into α, near 

α, α +β, metastable β (hereafter referred to as β alloy) and stable β alloys. Regarding 

this, alloying elements for titanium fall into three groups, i.e. α stabiliser, β stabiliser 

and neutral. The most common titanium alloys, α and α+β, β titanium alloys (Ti 

grades 1-4 and Ti-6Al-4V) are still extensively used for biomedical applications. 

However, in addition to the toxic effect on the human body of aluminium and 

vanadium in Ti-6Al-4V alloy, they have also been found to exhibit much higher 

Young’s modulus values compared to that of bone. This mismatch can lead to bone 

resorption due to the stress shielding effect. In this context, metastable β titanium 

alloys containing β stabiliser elements such as  niobium, tantalum, zirconium, 

molybdenum, tin have been developed due to a good biocompatibility behaviour, an 

excellent corrosion resistance and a lower elastic modulus. The latter two elements 

have been found to exhibit lower biocompatibility in comparison to the others. The 

addition of higher β stabiliser elements allows a number of metastable phases 

(α’, α”, ω and β) to occur during tranformation from the elevated β phase. The 

ω phase is known to possess the highest elastic modulus among α’, α”,α and ω 

phases, whereas the β phase exhibits the lowest elastic modulus. In the 1990’s two 

metastable β titanium alloys were developed namely; Ti-35Nb-7Zr-5Ta (developed 

in US) and Ti-29-13Ta-4.6Zr (developed in Japan); exhibiting favourable properties 
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for use as implant materials. Significantly,  Ti-35Nb-7Zr-5Ta possesses the lowest 

Young’s moduli of 55 GPa, whereas Ti-29-13Ta-4.6Zr shows an elastic modulus of 

67 GPa with a good response to heat treatment. The strength of the β titanium alloy, 

generally can be increased by aging at low temperature, where the martensitic phase 

precipitates within the β phase. More recently, β titanium alloy, Ti-24Nb-4Zr-7.9Sn 

has so far been developed with a minimum Young’s modulus of 33-42 GPa.  

 

The introduction of porosity into these alloys may reduce the elastic modulus to 

match that of bone. In addition to this, the porous structure may have the potential to 

promote osteoblastic cell attachment leading to an increase of osseointegration. A 

solid state foaming process based on a powder metallurgy technique is preferable 

rather than liquid foaming to produce porous titanium alloys due to the high melting 

point of and the high chemical reactivity of titanium. The range of diversity of 

methods of producing porous titanium alloys have been discussed in this section,  

such as the sintering of powder compacts technique, space holder techniques, gel 

casting techniques, fugitive scaffold technique, freeze casting technique and 

pressurised pore expansion technique in which CP titanium powder and/or the 

prealloyed powders being majority utilised as the starting powders. However, in 

addition to the biocompatibility issue and higher than preferred stiffness level for the 

porous structure of the commonly used titanium alloys containing alloying elements 

such as aluminium and vanadium, the use of prealloyed powder adds to the cost and 

the complexity of the manufacturing route. In this regard, the use of the elemental 

powders of the biocompatible elements as starting materials would overcome those 

issues.  

 

The current work has been directed at investigating a production technique for 

β titanium alloys using a solid state procedure; mixing, alloying and foaming process 

using elemental powders of biocompatible elements, i.e. titanium, niobium, tantalum 

and zirconum. Subsequent to the foamed alloy development, materials 

characterisation and testing have been carried out.  
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Chapter 3  

Experimental Procedure 

 

 

3.1 Introduction 

This chapter describes the experimental strategy of the research. The experimental 

procedure related to the objectives is outlined in Figure 3.1 and described in the 

following sections. These procedures were concerned with the fabrication of the 

porous titanium alloy (Ti-Nb-Ta-Zr) from elemental starting powders using solid 

state foaming, i.e. pressurised gas bubble entrapment. In this procedure 

microstructure and mechanical properties can be controlled by varying the 

parameters such as backfill pressure, foaming temperature or foaming time. There 

were three essential constituents of the experimental procedure: alloy fabrication, 

alloy characterisation and alloy assessment. 

 

 

 

Figure 3.1 : Outline of the experimental work 



86 
 

3.2 Alloy fabrication 

A critical goal of the fabrication strategy was to develop the porous Ti-Nb-Ta-Zr 

alloy based on a pressurised gas induced pore expansion technique using elemental 

powders as starting materials. The various stages carried out to produce the materials 

are detailed in these following sections. Briefly, the fabrication procedure involved: 

powder mixing, pressurised argon gas infusion, densification using hot isostatic press 

(HIP) and pore expansion at elevated temperature. Figure 3.2 shows schematically the 

steps of the powder metallurgical process employed to fabricate the porous titanium 

alloy.  

 

 

 

 

 

Figure 3.2 :  Schematic diagram of solid state processing to fabricate porous titanium foam 
based on the expansion of pressurised gas bubbles 

 

 



87 
 

3.2.1 Powder mixing  

A mixed elemental powder metallurgy technique was applied to fabricate the 

titanium alloy. The starting materials, i.e., titanium, niobium, tantalum and zirconium 

(supplied by CERAC Inc., Milwaukee U.S.A.) were received in airtight bottles and 

packaged with argon gas as depicted by Figure 3.3. Pre-weighed cups were prepared 

to weigh each elemental powders. For each batch of experimental alloy produced, the 

elemental powders were placed on the cup and were then weighed out in proportion 

to the composition as shown by Table 3.1 using a digital balance, (series Precisa 8000 

C-6000 D from Precisa Gravimetrics AG Switzerland), with an accuracy of 2 

decimal points. Following this, the elemental powders were then placed into a 

cylindrical glass container which was then sealed. The diameter is approximately 14 

cm and 20 cm in length. There are 3 lifters inside in order to obtain more 

homogenous powder mixture. The glass container was then put on a roller mixer for 

blending. This mixer was set to a speed of 87 RPM for 30 minutes, being interrupted 

every 10 minutes to change the position of the container.  

 

Table 3.1 : Powder composition used for the alloy 

 Nb Ta Zr Ti 

% mass 29.04 13.02 4.51 Bal 

Purity 99.8 99.9 99.7 99.5 
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Figure 3.3 : The elemental powder packaging supplied by CERAC 

 
 
3.2.2 Pressurised argon gas infusion 

After blending, the powders were placed into grade 316 stainless steel canisters. The 

canisters were approximately 31.75 mm outer diameter, 1.6 mm wall thickness and 

30mm in length. A diagram of the canister can be seen in Figure 3.4 :. Each end of the 

canister was sealed with a cap machined from 316 stainless steel.  Whilst the lower 

and the top cap were completely welded to make an airtight seal, the deaeration tube 

was welded onto a hole drilled in the top cap, in order to allow oxygen and argon gas 

out and into the canister during the evacuation and backfilling processes. After the 

canister was machined and the bottom cap was welded, the canister was then washed 

using soapy water, followed by an ultrasonic cleanse with ethanol as a fluid media, to 

remove machining oil and other dirt, then dried in a furnace overnight at 105oC. 
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Figure 3.4 : HIP canister design (a) Shop drawing of HIP canister and (b) assembled 
canister showing weld locations. 

 

 

Afterwards, the blended powder was placed almost completely full into the canister. 

In order to pack the powders more tightly than through pouring, the canister was 

constantly tapped during filling. The top cap was then completely welded on the 

canister. The can was subsequently evacuated equivalent to 10-5 Torr, using a 

(b) 

(a) 
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mechanical vacuum pump type Duoseal® Vacuum Pump 1400 series (from Welch). 

A MicroPirani Transducer series 925C, sitting on a three way manifold gauge set 

through a VCR connector (manufactured by Swagelok), was applied for the vacuum 

measurement. This transducer was connected to a PDR900-1 digital display series 

Controller (supplied by MKS HPS) to display the measurement. An ultra high purity 

Argon gas with a purity of 99.999%, supplied from BOC (British Oxygen Company) 

Australia, was backfilled into the canister at specific pressures, i.e. 0.34, 0.48, 0.68, 

and 0.86 MPa. The evacuating and backfilling processes were controlled using the 

manifold and a regulator gauge set up on top of the argon cylinder tank. The 

canisters were then sealed by crimping and spot welding on the backfilling pipe 

following by cutting and TIG welding. The canisters were then ready for the HIP-ing 

procedure.  

 

 

3.2.3 The HIP-ing process 

HIP-ing involves the simultaneous applications of both high pressure gas (usually 

inert gas) and an elevated temperature in a specially constructed vessel. In most HIP-

ing systems, argon gas is used and is required in high purity due to the material being 

directly exposed to the processing gas. Argon gas is chosen as a pressurising medium 

due to its inertness and insolubility in any materials. Under high temperature and 

high pressure this simultaneous application accelerates the process of densification, 

along with internal pore or defect collapse, resulting in a high densification of 

powders with better mechanical properties [386] (p.1). Typical HIP-ing of titanium is 

conducted at a temperature of 920oC and at a pressure of 100 MPa [386] (p.6). The 

sequence of the HIP-ing process requires approximately 7–12 hours for each total 

cycle time, and involves evacuation, pressurisation, depressurisation and charge 

handling. The HIP-ing cycle is detailed as follows : (1) preparation, (2) loading, (3) 

purging, where the pressure vessel is evacuated and purged with pressurised gas, (4) 

equalisation, high purity Argon is injected to the vessel until the pressure between 

the vessel and the storage system is equal, (5) compression, the compressor pumps 

the gas to the vessel until the prescribed pressure is attained, (6) heating, normally 2-

4 hours are required to achieve the HIP-ing temperature, at which the sample is held 
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at for between 1-4 hours, (7) cooling, the cooling rate (2-10oC/minute) depends on 

the cooling system chosen and (8) charge removal [386] (pp.67-68). 

 

In this study, the HIP-ing procedure was applied to an encapsulated powder (canned 

powder) in order to entrap the pressurised argon gas within titanium alloy matrix in 

addition to facilitate solid state alloying process. Various HIP-ing temperatures for 

the argon entrapment in titanium or its alloys have been reported such as at 890oC for 

2 hours HIP-ing to a pure titanium powder [371, 387], at 950-1000oC for 4 hours for 

a Ti-6Al-4V prealloyed powder [50, 57, 388], and at 1066oC for 4 hours for a mixed 

NiTi prealloyed and elemental Ni powder [50].  

 

 

 

Figure 3.5 : Diagram of typical trial run HIP-ing cycle, with smooth line and jagged line 
showing cycle set up and actual cycle data respectively 

 

 

The HIP-ing procedures were carried out at the Australian Nuclear Science and 

Technology Organisation (ANSTO), Sydney, New South Wales. The canisters were 

loaded into alumina box crucibles in which 8 canisters sat in each box. These were 

then placed into the HIP chamber consisting of a molybdenum furnace, sitting on 

alumina spools. The trial HIP-ing procedure was run at a temperature of 1000oC for 2 

temperature 

pressure 
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hours with a pressure of 100MPa. The typical HIP-ing cycle diagram is shown by 

Figure 3.5, showing temperature and pressure achieved.  

 

In order to obtain a titanium alloy billet with a greater degree of alloying, i.e. more 

dissolved elemental particles and a greater proportion of β phase, the HIP-ing 

parameters were varied. The HIP-ing procedure was undertaken under the conditions 

as described by Table 3.2. 

 

 

Table 3.2 : HIP-ing settings 

Sequence  Setting value Unit 

Ramp up - heating rate 8-10 oC / minute 

HIP-ing temperature 1100 oC 

HIP-ing pressure 100 MPa 

Holding time 4 hour 

Cool-ramp –cooling rate  unassisted (6-10) oC/minute [386](p.68)) 

 

 

Once the HIP was cooled completely from its run, the furnace was opened and the 

HIP-ed canisters were removed. Due to the high temperatures, long process time and 

high pressure, the HIP-ed canisters were often found to be slightly flattened in 

addition to the occurrence of some diffusion between the titanium alloy and the 

stainless steel canister. These conditions resulted in difficulty in removing the HIP-

ed titanium alloy from its canister. Therefore, following the HIP-ing procedure, the 

HIP-ed canisters were cut directly using a Wire cut Electrical Discharge Machine 

(WEDM) in order to obtain specimens for further processing (see Section 3.2.4) 

 

3.2.4 Sectioning samples 

Due to their unique physical and chemical properties, titanium and its alloys are 

classified as difficult to machine materials by conventional machining techniques 

[389]. Some considerations have to be recognised during the machining of titanium. 

Its lower thermal conductivity inhibits quick heat dissipation caused by machining, 

this leading to rapid cutting tool wear, whilst its lower hardness and its higher 

reactivity lead to a tendency for the galling of titanium with the cutting tools [390] 
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(p.245). In addition, both its strength being maintained at elevated temperatures and 

its low elastic modulus impairs its machinability [391]. Therefore, nontraditional 

machining processes are recommended for these materials.  

 

The Wire cut Electrical Discharge Machine (WEDM) is based on material removal 

by using a series of repeating electrical discharges between an electrode and the 

workpiece submerged in a dielectric fluid such as hydrocarbon oils or distilled water 

[392]. It provides the ability to cut materials regardless of the mechanical properties, 

and minimises material waste, thus, titanium can be machined effectively by this 

technique [393]. A water-based dielectric was found to result in a better surface 

finish and was more environmentally safe compared to a hydrocarbon oil dielectric 

fluid, which would also decompose and release harmful vapours (CO and CH4) 

[394]. Finally, due to the lack of direct contact between the workpiece and the 

cutting tool (wire electrode), adverse effects such as chatter, mechanical stress and 

vibration were eliminated [395].  

 

In this study, the cutting process for the HIP-ed canisters and foamed titanium alloy 

specimens was carried out on specific electrical discharge machining equipment: A 

FANUC ROBOCUT α−ΟiD with a FANUC series 310/s-WA controller 

(manufactured by FANUC Japan), as shown inFigure 3.6, was used according to the 

settings as described by Table 3.3 
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Figure 3.6 : A WEDM, a FANUC ROBOCUT α−ΟiD machine used in this work (left), 
basic feature of WEDM process (right) [389] 

 
 
 

Table 3.3 : The WEDM setting conditions for cutting the titanium alloy specimens: 

 
Input setting Setting value unit 

Wire diameter 0.25 mm 

Wire speed 3 m/minute 

Cutting speed 7.63 mm/minute 

Machining voltage 69 volt 

Ignition pulse current 1.5 ampere 

Pulse duration 6 ms 

Time between two pulses 26.3 ms 

Wire tension 1300 gram 

Wire electrode brass  

Dielectric fluid Distilled water  
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Figure 3.7 : Typical WMED-ed specimens of a (a) HIP-ed canister and (b) foamed specimen 

 

 

After the foaming process, each foamed specimen was cut by a WEDM for a 

microstructural and phase identification analysis, and compression testing. To 

produce specimens for microstructural analysis, the HIP-ed canisters were sliced into 

cubic specimens of approximate dimensions 10 x 10 x 10 mm3, depending on the 

extent of their flattened condition after HIP-ing. For phase identification specimens 

(Figure 3.7(a))  a flat plate with a thickness of 2 mm was produced, whilst for the 

compression test specimens, a dimension of 4 x 4 x 8 mm3 (Figure 3.7(b)) was 

produced. 

 

 

3.2.5 Pressurised pore expansion – the foaming process 

Prior to this pore expansion process, the WEDM-damaged layers of the cubic 

specimens (of approximate dimension 10 x 10 x10 mm3) were removed by light 

grinding and polishing by means of 600 grit silicon carbide paper, and followed by 

ultrasonic cleaning in acetone. The cubic HIP-ed billets were then subjected to a 

pressurised pore expansion process by exposing them to high temperatures in a 

vacuum furnace. During this time the pressurised pores were expected to expand due 

to creep of the surrounding metal (foaming process). Previous researchers had 

reported isothermal foaming processes carried out in vacuum furnaces at temperature 

ranges of 900-980oC for a pure titanium [371, 387] and of 1000-1240oC for α+β 

titanium alloys [50, 57, 388]. They also found that pore sizes grew rapidly during the 

initial 10 hours of foaming [50, 57] with no further growth being noted after 

approximately 3 days of foaming [396]. The cubic specimen was seated on an 
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alumina tray and was then rapidly heated to 1150oC in a graphite element vacuum 

furnace (10-2 Pa) and held for 10 hours, followed by unassisted cooling, this process 

being carried out at the Applied Physic Department Laboratory, Curtin University. 

Due to massive failure of the vacuum furnace after conducting one cycle of the 

foaming process, the further foaming processes were carried out in a vacuum furnace 

at the ANSTO facilities, Sydney.  

 

Prior to loading into the graphite element vacuum furnace, the cubic specimens were 

placed on a graphite tray. The following step sequences were scheduled (considering 

the vacuum profiles) to carry out the foaming process as shown in Table 3.4.  

 

Table 3.4 : The schedule of the foaming process in the vacuum furnace 

Step Schedule 

1 Start - ramp 5°/min to 150°C - hold for 5 hours (After specimen 

loading, the vacuum furnace was evacuated to 10-4 Torr and flushed 

once by argon gas followed by evacuating to the required pressure) 

2 Soak - ramp 20°/min to 300°C - hold for 1hour 

3 Ramp 1 - ramp 10°/min to 1000°C - no hold 

4 Ramp 2 - ramp 5°/min to the foaming temperatures (1100oC, 

1225oC or 1350oC) hold for 10 hours 

5 Cooling - ramp 5°/min to 20°C - end sequence 

 

 

This sequence shows that each foaming cycle required approximately 24 hours for 

completion. The specimen tray was unloaded once the vacuum furnace was 

completely cooled. The specimens tended to stick to the tray; however a gentle tap 

was found to easily release them.  

  

 

3.3 Characterisation 

A number of different analysis techniques have been used to characterise the nature 

of the alloys and foams produced with the  aforementioned fabrication technique. 

These are outlined in Figure 3.1 and described in detail in the following sections.  
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3.3.1 X-ray diffraction (XRD) analysis   

The diffraction analyses were applied to determine the phases of the titanium alloys 

developed by the fabrication process. The XRD analyses were initially carried out 

using a Siemens D-500 X-ray machine, available in the Applied Physics Department 

at Curtin University of Technology. Plate specimens of titanium alloy with 

dimensions of 9 mm x 9 mm and a thickness of 1-2 mm were placed in an aluminium 

holder with a diameter of 23 mm using mild adhesive. In order to identify phase 

constituents and the phase development during fabrication, elemental starting 

powders, mixed powder, the HIP-ed specimens and the foamed specimens at the 

various temperatures were examined. Specimen rotation was applied to reduce the 

preferred orientation effect. The details of instrument setting for data collection are 

as follows:  

Instrument    Siemens D-500 

Radiation    Cu-anode tube, type FF Cu4KE 60 kV 1,5 kW 

Operated at 40 kV and 30 mA 

Effective focal spot size 0.004 x 8 mm2 

Unfiltered, Wave length: CuKα = 1.5406 Å 

Optics    Bragg-Brentano, measuring circle diameter = 401 mm 

Incident beam divergence = 0.3o, receiving slit = 0.15o 

Scatter slit divergence = 1o, soller slit divergence = 1o  

Specimen   Holder – circular format, diameter = 23 mm 

Holder was rotated for all measurements 

Detection       Graphite diffracted beam monochromator set for CuKα 

NAI scintillator with pulse height analysis 

Acquisition  : Angular range in 2θ = 30 – 90o 

Step size = 0.04o 

Counting time = 1 s/step  

Recently, the Siemens D-500 was replaced by a new XRD instrument, a Bruker D8 

Advance. Using this machine, a specimen with a thickness up to 5 mm can be placed 

onto the plastic sample holder by mild adhesive (Figure 3.8). 
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Figure 3.8 : The specimen positioned on the sample holder for XRD examination. 

 
 
The instrument setting for data collection by the Bruker D8 Advance is described 

below: 

Generator /Tube operated at Voltage = 40 kV and Current = 40 mA  

Goniometer radii    Primary radius     = 250 mm 

Secondary radius = 250 mm    

LynxEye detector    Primary soller slit = 2.5o 

Secondary soller Slit = 2.5o  

Fixed antiscatter slit of 8 mm 

Ni filter is fitted (0.5 mm) 

The divergence slit    0.3o  

Specimen    Holder – circular format, diameter = 23 mm 

Holder was rotated for all measurements with rotation 

speed = 30 rpm 

Acquisition      Angular range in 2θ = 30 – 90o  

Step size = 0.03891o  

Time/step = 1s 

The collected spectrum data (in RAW format) was analysed using Jade software 

and/or DIFFRACT plus EVA Software from Bruker AXS to determine the phase 

constituents developed within the samples.  
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3.3.2 Synchrotron radiation diffraction (SRD) analysis  

High resolution X-ray diffraction (HR-XRD) obtainable by a synchrotron radiation 

source (SRS) has recently been demonstrated as a very useful method for detailed 

investigation of phase development and structure of materials. The main advantages 

are the inherent high brightness and tunable monochromatic beam, which allow the 

development of a high resolution analysis [397]. In this study, elemental powders, 

mixed powder and flat plates of approximate thickness 2 mm for each specimen 

(HIP-ed and foamed specimens) were investigated using synchrotron radiation 

diffraction (SRD) on the Powder Diffraction beamline at the Australian Synchrotron 

facility in Melbourne, Australia. Prior to analysis, each sample was placed onto an 

aluminium specimen holder (able to accommodate a sample thickness up to 2.34 mm 

and a diameter of ~27 mm) that was rotated during the experiment. The synchrotron 

beam had been passed through a bent Si crystal monochromator with a beam energy 

of 15 keV (equivalent to a wavelength of 0.08263 nm). The beam width and height 

were 2.0 mm and 0.2 mm, respectively, whilst the beam angle incident to the 

specimen was kept constant at 5 degrees. Since the powder diffraction beam line is 

equipped with a microstrip system for time resolved experiments (MYTHEN), a 

detector system consisting of 16 detector modules, there is a gap between each 

module covering approximately 4.8o 2θ  as shown by Figure 3.9. To overcome the 

gap between modules the diffraction pattern is collected as two or more histograms. 

The collection of the second histogram is carried out after shifting the detector an 

arbitrary angle x, such that 0.2o<x<4.8o. The histogram pairs were then joined using 

software that was available at the beamline or MyHIST software which was 

developed by the Centre for Materials Research Group (CMR) at Curtin University.  
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Figure 3.9 :  Powder diffraction data (pure titanium) of a small region 2θ showing the gap in 
the first histogram (ti_p1) 

 

 

In order to allow an easier comparison with standard X-ray diffraction (XRD) data, 

the SRD results for each specimen were converted into angular data equivalent to the 

wavelength of Cu Kα (0.15418 nm) by using Bragg’s law as follows :  

2d.sin θ = λ Equation 3-1 

θ����� = arc	sin	 � �
2. �� Equation 3-2 

 

Where d is the interplanar spacing (nm), λ is the synchrotron wavelength (0.08263 

nm) and θ is the diffraction angle.  

 

 

3.3.3 Microstructural examination and EDS analysis 

Prior to microstructural examination, the surface WEDM-ed damaged layer of the 

specimens was removed by grinding with SiC paper grid 600. The specimens were 

then mounted with epoxy resin for polishing. A clear epoxy resin and an epoxy 

hardener, FR-251 (supplied by Fibreglass & Resin Sales Pty Ltd), were used for this 

purpose. One part hardener was mixed to two part resin by weight. The specimen 

was placed into a sizing container and which was then filled with the resin. Complete 

curing of the resin allowing a better polish and a cleaner view under the 
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metallographic microscope was achieved by leaving the sample to set overnight. 

Following this, the mounted sample was removed from the container and was then 

sequentially polished with silicon carbide paper of grid size 400, 600, 800, 1000 and 

1200. These processes were carried out on a Minitech 263 polishing machine 

(manufactured by PRESI, France), at a rotation speed of 100 rpm for 180 seconds in 

each step. Further polishing was carried out by using cloth and diamond suspensions 

down to 3µm, and finally a water suspension of 1µm grain size alpha alumina 

polishing powder (produced by Leco Corp, St Joseph, Michigan, USA) [398]. 

Afterwards, the specimens were washed in acetone using an ultrasonic cleaner for 10 

minutes and then thermally dried. The specimens were then ready for metallographic 

observation by using optical and/or electron microscopy. For pore size distribution 

analysis, the HIP-ed and the foamed specimens were examined using an optical 

microscope (OM) type Eclipse ME 600 (from Nikon, Japan). The images were 

captured by digital camera, type Spot Insight Colour, model 3.2.0 (from Diagnostic 

Instrument Inc USA), which was attached to the optical microscope. For 

microstructural analysis, those specimens were then etched using modified Kroll’s 

solution (2.5% HF, 5 % HNO3 and 92.5 % H2O). The specimens were immersed into 

the solution for approximately 10 seconds, flushed with water and then dried in a 

fume cupboard. The samples were stacked with a carbon conductive double-sided 

tape and were loaded into the electron microscope specimen chamber. The scanning 

electron microscope (SEM) imaging was undertaken on a Philips XL 30 and Zeiss 

Evo 40XVP with a voltage of 15-20 kV and working distance 8-11 mm. The electron 

microscopes were equipped with two detectors, a secondary electron detector (SE-

SEM) for obtaining surface topography of the specimens, and a backscattered 

electron detector (BE-SEM) for analyzing the elemental composition of the 

specimens.  

 

In order to enable fast identification of the elemental composition of the specimens, 

an Oxford Instrument energy dispersive X-ray detector (EDS) with INCA peak 

matching software installed was used. Quantitative analyses of elemental constitution 

within selected samples were also carried out. Prior to doing this analysis, samples 

had to be prepared and polished to a smooth and flat condition. The system was 

calibrated (optimised) using a standard copper sample. Specific sample standards 

related to the specimens, in this case the titanium standard sample, were also used as 
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a comparison. Spectra were collected under the same settings of kV, working 

distance, magnification, spot size, beam current, scanning speed and live time. The 

setting conditions used during the collection of spectral data is described in Table 3.5. 

 

 

Table 3.5 : Operating conditions for quantitative analysis using EDS on a Zeiss Evo 40XVP 
SEM 

Input setting Setting value unit 

Accelerating voltage  20 kV 

Working distance 8.5 mm 

Magnification 1720x and 68795x   

Spot size 400  

Scanning speed 5  

Live time 100 second 

Beam current  120 pA 

 

 

3.3.4 Porosity and pore size distribution determination 

Digital image analysis was used to determine porosity and pore size distributions 

[399] [46]. For this purpose twenty images for each specimen were analysed using 

open source software, ImageJ version 1.43u (National Institute of Health USA). Prior 

to image analysis, image micrograph calibration was required. Figure 3.10 is an 

optical micrograph of the calibration bar at 10x optical magnification. This figure 

shows that a length of 1368 pixels was equivalent to 1000 µm. Hence, the scaling 

factor can be obtained of the micrographs captured under 10x optical magnification 

by the following equation  

 

Fs,10xm = 1,368 pixel / µm  

 

Equation 3-3 
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Figure 3.10 :  Photo micrograph of the calibration bar captured under 10x optical 
magnification   

  

 

A series of images illustrating this method is shown in Figure 3.11. In this technique, 

each colour micrograph of a polished unetched flat surface specimen was captured 

by an optical microscope. The micrographs were then transferred into an 8-bit 

grayscale image format (Figure 3.11(a). Afterwards, the threshold of the images was 

set to a certain level that produced a two colour image – a binary black and white 

image, with one colour indicating pores and the other colour indicating the titanium 

alloy matrix (Figure 3.11(b)). Next, the binary images were subjected to running 

particle analysis which produced the pore fraction of the image and a list of every 

pore area. (Figure 3.11(c)) As mentioned earlier, the images were calibrated into the 

µm unit, with the area in square µm and the total area fraction thus calculated. In 

accordance with research carried out by Oppenheimer [50], the list of pore was then 

binned into 15 bins with each of the i bins being calculated by the equation Dmax x 

10-0.1(i-1) where D max is the largest pore size measured. The list was then transferred 

to an EXCEL spread sheet for further processesing such as calculation of pore 

diameter and subsequent binning. Next the binned list was presented in a step plot of 

percentage distribution using SIGMA plot.  
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Figure 3.11 :  Series of steps of digital image analysis using the ImageJ software (same 
magnification for (a), (b) and (c)) 

 
 
 
 
3.4 Electrochemical corrosion assesment 

Specimens for electrochemical studies were sectioned from cubic foamed specimens 

using WEDM. The areas to be exposed for electrochemical studies were 

approximately 10mm x 10 mm square. After soldering a wire to the back of the 

specimen, each specimen was cold mounted. The surfaces exposed to the electrolyte 

were prepared by sequential grinding with silicon carbide paper up to 1200 finishing,  

followed by mechanical polishing with diamond paste. The specimens were then 

washed in distilled water followed by ultrasonic cleaning in acetone. The 
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electrochemical studies were conducted using a Gamry G750 potentiostat in 

Research Centre for Metallurgy Indonesian Institute of Science (LIPI), Jakarta, 

Indonesia. The electrolyte used for simulating human body fluid conditions was 

Hank’s solution, prepared using laboratory grade chemicals and double distilled 

water. The pH of the solution was precisely maintained at 7.0. Freshly prepared 

solution was used for each experiment. The composition of the Hank’s solution used 

was (in gm/l) 8 NaCl, 0.4 KCl, 0.14 CaCl2, 0.06 MgSO4.7H2O, 0.06 NaH2PO4.2H2O, 

0.35 NaHCO3, 1.00 Glucose, 0.60 KH2PO4 and 0.10 MgCl2.6H2O. Electrochemical 

polarisation studies were conducted in a round bottom polarisation cell.  The 

potential of the working electrode was measured against a saturated calomel 

electrode (SCE). The luggin capillary was placed close to the working electrode. All 

the potentials mentioned in this thesis are with reference to SCE. A constant 

electrolyte temperature of 37±1oC was maintained. All the potentiodynamic 

polarisation studies were conducted after stabilisation of the free corrosion potential. 

The scan rate used was 1 mV/s in the range from -1,2 to + 2 V. The corrosion 

potential (Ecorr) and corrosion current densitiy (icorr) were determined using the Tafel 

Extrapolation Method.  All the tests were duplicated to ensure reproducibility of the 

electrochemical curves. In the experiment, the evolution of the open circuit potential; 

i.e. corrosion potential, as a function of immersion time was measured for one hour.  

 
 
3.5 Mechanical properties assessment 

3.5.1 Hardness testing  

The indentation hardness was measured using Bueler Micromet 0055 microhardness 

tester with Vickers diamond pyramid indenter. The hardness specimens were 

obtained from the three groups of foaming temperature specimens having been cut 

off using WEDM with the dimensions of approximately 10mm  x 10mm x 2 mm. 

The surface specimens were prepared by sequential grinding with silicon carbide 

paper up to grit of 1200, followed by mechanical polishing with diamond paste. The 

Vickers hardness was measured at the surface of the specimen with a load of 100 gf 

and a holding time of 20 s. An average of 15 readings was taken from each 

specimen. 
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3.5.2 Compressive testing 

 
The compressive test specimens were prepared using WEDM with a height-to-width 

ratio of 2 (typical dimension 4 x 4 x 8 mm3), this being similar to the previous 

investigation carried out by Erk et al. [360]. Both ends of the specimens were lightly 

polished and cleaned with acetone to remove all traces of grease or oil. Prior to the 

compressive test, calibration of the clip gauges used for the specimen strain 

measurement was carried out. The microstrain linear displacement of the clip gauge 

recorded by the P3 strain recorder was calibrated with a Mitutoyo external 

micrometer with ratchet stop (0.001 mm) [from Mitutoyo Japan] (Figure 3.12(a)) and 

plotted (Figure 3.12(b)). All points presented in the curve are average values of 

measurements, this curve showing correlation between both the linear displacements 

with the following equations:  

 

L CG1 = - LP3-1/747,3 + 15.240 Equation 3-4 

L CG2 = - LP3-2/781,9 + 14,805 Equation 3-5 

 

Where LCG1 and LCG2 are the linear displacements of calibrated clip gauge 1 and 2, 

and LP3-1 and LP3-2 are linear displacements measured by the P3 strain recorder on 

channel 1 and 2. 

 
 

Figure 3.12 : Clip gauge calibration, (a) Linear displacement of the clip gauge was 
measured by a Mitutoyo external micrometer, (b) Calibration curves. 

X 
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Compressive tests were carried out using a standard mechanical testing equipment, 

an Instron® 5500R, at a strain rate of 10-3 s-1 [360]. The specimen strain was 

measured using the two clip gauges attached to the tungsten carbide platen surfaces 

in contact with the specimen (Figure 3.13). This strain was recorded using a 4-

channel-strain indicator and recorder, the P3 Strain Indicator and Recorder, 

(manufactured by Vishay Micro Measurement, Inc., Raleigh, North Carolina, USA). 

The Young’s modulus of the porous titanium alloys was calculated from the initial 

linear elastic region of the compressive stress-strain curves after the results were 

analysed using an Excel spreadsheet.  

 

 

Figure 3.13 : Schematic diagram of compressive test set up 

 

 
Every single data point of the tested specimens obtained from an average value of the 

two clip gauge measurements is presented in this work. After being tested up to 

failure, the failure region of the selected specimens was prepared for fracture 

examination.  
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Chapter 4  

Results and Discussion  

 

 

4.1 Introduction 

Ti-Nb-Ta-Zr alloy systems have been intensively developed for biomedical 

applications because of their excellent properties, including biocompatibility, 

corrosion resistance and low elastic modulus. In order to improve the 

osseointregration and compatibility in stiffness to bone, the development of porous 

titanium alloys has been investigated. Recently, it has been demonstrated that it is 

possible to develop the porous alloys by a pressurised bubble entrapment technique 

using elemental powders as starting materials. In this chapter, results on synthesis, 

phase composition and development, and mechanical properties of a porous titanium 

alloy are described. The characteristics and the properties of the porous alloys have 

been studied using room temperature x-ray diffraction, synchrotron radiation 

diffraction, scanning electron microscopy, optical microscopy, image analysis and 

compressive tests.  

 

 

4.2 Raw material evaluation  

The elemental powders, i.e. pure titanium, niobium, tantalum and zirconium powder 

(supplied by CERAC, Inc., Millwauke, USA) were used as starting/raw materials 

(see section 3.2.1). The chemical composition of the titanium alloy is shown in Table 

3.1. Particle size and purity of the angularly shaped elemental powders used in this 

study were less than 44 µm (-325 mesh) and over 99.5%, respectively. The 

morphologies of the elemental powders before the blending procedure are depicted in 

Figure 4.1, with the corresponding energy spectra from EDS measurement shown in 

Figure 4.2. 

 
 



109 
 

 
Figure 4.1 : Backscattered electron image of powder morphologies used for the alloy (a) 

titanium, (b) niobium, (c) tantalum, (d) zirconium.   

 
 

 
Figure 4.2 : EDS spectra of elemental powders (a) titanium, (b) niobium, (c) tantalum, (d) 

zirconium. 
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The elemental powders were mixed in a roller mixer with the morphology of the 

mixed powders being presented in Figure 4.3. The tantalum particles appeared 

brightest due to their high atomic number, followed by niobium, zirconium and 

titanium (Figure 4.3(a)). As expected, the corresponding EDS spectra for the blended 

powder indicated that only peaks related to the individual elemental powders were 

detected (Figure 4.3(b)). Peaks related to other elements, which might indicate the 

existence of hydrides, oxides or intermetallics, were not detected. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 4.3 : Backscattered scanning electron micrograph of the mixed powder (a) and 
corresponding energy spectra from EDS measurement (b). 

 

 

 

a 

 

b 
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Laboratory x-ray diffraction (XRD) and synchrotron radiation diffraction (SRD) 

were used to examine the crystallographic form of the elemental powders and to 

detect the possible presence of other phases after the blending procedure (Figure 4.4). 

The x-ray diffraction patterns of the as-mixed powders are shown in Figure 4.4(a), 

indicating the presence of peaks related to individual elements; the structure of both 

hexagonal close packed (hcp), i.e. α-titanium, α zirconium and isomorphous body 

centered cubic (bcc) structure, i.e., niobium and tantalum. Any additional phases 

formed after the blending procedure were not detected. This result was confirmed by 

the SRD pattern which depicts peaks related to individual elements being more 

pronounced. (Figure 4.4(b)). 

 

 

 

 

Figure 4.4 : Diffraction patterns of samples of the mixed powder obtained from (a) x-ray 
diffractometer, (b) synchrotron radiation source.  

a 

b 
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4.3 As HIP-ed characterisation  

Following powder mixing of approximately 50 g of the alloy, the mixed powder was 

placed into a stainless steel can. Each can was subsequently evacuated to 

approximately 10-2 Pa and then backfilled with argon and sealed. Various argon 

pressures, i.e. 0.34, 0.48, 0.68 and 0.86 MPa were applied to the cans. The 

pressurised cans were then densified using HIP-ing at 1000oC for 2 hours or 1100oC 

for 4 hours under 100 MPa of argon and then furnace cooled. As HIP-ed titanium 

alloy compacts were characterised by determining the phases formed following the 

HIP-ing procedure, the initial pore volume fraction and initial pore size. 

 

  

4.3.1 Microstructure and phase evaluation   

As described in section 3.3 the HIP-ed billets were cut into cubic specimens using 

WEDM, this resulting in surface damage layers being formed on the specimens. 

Prior to characterising the HIP-ed specimens, examination of the layer was carried 

out using SEM and EDS. The surface texture of a damaged surface layer is depicted 

in Figure 4.5.  

 

 

   

Figure 4.5 :  Secondary image SEM micrograph of a typical wire electrical discharge 
machined workpiece surface texture.   

 

 



 

This surface consisted of globules of debris, discharge craters and microcracks. The 

microcracks may be caused by a high cooling rate in a distilled water dielectric fluid 

during cutting [400]. Drops of recast material, which had been heated to the melting

point and then resolidified back on the surface, were observed. Following 

examinations, the specimens 

(EDS). This apparatus determines the constituent elements in 

Figure 4.6 shows the EDS output of 

 

 

 

Figure 4.6 :  Energy Dispersive Spectrometry analysis of the WED
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suggested that some amount of the wire material 

surface during the cutting process as reported by previous research 

 

After surface damage removal by grinding and polishing, the phase alteration of the 

HIP-ed and densified mixed powders was examined by XRD, with typical XRD 

This surface consisted of globules of debris, discharge craters and microcracks. The 

microcracks may be caused by a high cooling rate in a distilled water dielectric fluid 

. Drops of recast material, which had been heated to the melting

point and then resolidified back on the surface, were observed. Following 

specimens were analysed with an energy dispersive spectrometer 

apparatus determines the constituent elements in a specimen’s 

shows the EDS output of a typical WEDM-ed surface. 

Energy Dispersive Spectrometry analysis of the WED

arge percentages of titanium and the alloying elements niobium and tantalum 

the specimen. Surprisingly, noticeable amounts of copper and 

elements are not normally found in this material. 

the WEDM process is a hard brass wire which consists of zinc 

some amount of the wire material was deposited on the 

during the cutting process as reported by previous research 

After surface damage removal by grinding and polishing, the phase alteration of the 

ed and densified mixed powders was examined by XRD, with typical XRD 

113 

This surface consisted of globules of debris, discharge craters and microcracks. The 

microcracks may be caused by a high cooling rate in a distilled water dielectric fluid 

. Drops of recast material, which had been heated to the melting 

point and then resolidified back on the surface, were observed. Following the SEM 

energy dispersive spectrometer 

specimen’s surface. 

 

Energy Dispersive Spectrometry analysis of the WEDM-ed surface 

titanium and the alloying elements niobium and tantalum were 

noticeable amounts of copper and zinc were 

not normally found in this material. The wire used in 

zinc and copper. It is 

deposited on the specimen’s 

during the cutting process as reported by previous research [400].  

After surface damage removal by grinding and polishing, the phase alteration of the 

ed and densified mixed powders was examined by XRD, with typical XRD 
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patterns being shown in Figure 4.7. Following HIP-ing at 1000oC the XRD pattern 

was found to contain peaks related to α and β titanium, niobium and tantalum.  

 

 

 

Figure 4.7 :  X-ray diffraction plots of the densified Ti-Nb-Ta-Zr powder (a) by hot isostatic   
pressing in argon (1100oC/4hrs/100 MPa), (b) by hot isostatic pressing in argon 
(1000oC/2 hrs/100 MPa). 

 

 

As the HIP-ing temperature increased to 1100oC, peaks attributed to α titanium were 

suppressed and unobservable, whereas peaks corresponding to isomorphous bcc 

structures, i.e. β titanium, niobium and tantalum were clearly detected. Interestingly, 

following both the HIP-ing procedures, peaks related to elemental or intermetallic 

zirconium were not detected within the samples. Although this phenomenon has also 

been noted in previous studies [240, 301], further examination was carried out using 

synchrotron radiation diffraction to detect the existence of other phases that may 

have formed after the HIP-ing procedure. The synchrotron radiation diffraction 

patterns are shown in Figure 4.8.  This figure shows that the two sets of examination 

using XRD and SRD results are in good agreement, with the peaks related to the 

each phase in the SRD patterns being depicted more intensely than in the XRD 

patterns.  
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Figure 4.8 :  Synchrotron radiation diffraction plots of the densified Ti-Nb-Ta-Zr powder 
(a) by hot isostatic pressing in argon (1100oC/4hrs/100 MPa), (b) by hot 
isostatic pressing in argon (1000oC/2 hrs/100 MPa). 

 

 

The resultant patterns indicated that following the HIP-ing, the dissolution of 

tantalum, niobium and alpha titanium, together with niobium as a beta nucleating 

agent, was still incomplete. In addition, α titanium particles had been transformed to 

β titanium, which was attributed to the HIP-ing temperature of 1100oC and is higher 

than the β transition temperature (883oC for pure titanium). Furthermore, it is 

suggested that whilst the presence of isostatic stress during the HIP-ing procedure 

had enhanced partial conversion of α phase to β phase within the alloy, it may also 

have induced retention of the β titanium phase during furnace cooling to room 

temperature. As a comparison, Taddei et al in 2004 [301] reported that a 

conventional sintering of β alloy powders at 1100oC followed by furnace cooling 

resulted in peaks related to the α titanium phase being observed, with the 

transformation of α to β titanium phase being completed beyond 1500oC. It was thus 

concluded that the HIP-ing procedure was considered to have noticeably improved β 

phase development.  
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The development of microstructures following HIP-ing in argon at 1000oC/2 hrs/100 

MPa, are shown in Figure 4.9, illustrating the grain structure and degree of reaction 

for the Ti-Nb-Ta-Zr specimens. A typical microstructure of the specimen HIP-ed at 

1000oC was found to contain angular titanium particles (dark), niobium (grey) and 

tantalum (bright), these being similar to the initial particle morphology. The particle 

boundaries were still observable. The formation of a Widmanstatten structure was 

also detected. 

 

 

 

Figure 4.9 : Backscattered scanning electron micrographs of etched titanium alloy 
specimens following HIP-ing in argon : (a) 1000oC/2 hrs/100 MPa  

 

 

In contrast to this, examination of the microstructure of specimens HIP-ed at 1100oC 

revealed the appearance of titanium particles (dark), niobium (grey) and tantalum 

(bright). In addition, the particle boundaries had become diffuse, due to the 

dissolution of niobium and partial dissolution of tantalum particles, indicating that 

for this HIP-ing condition, homogenisation of the alloy was still incomplete, as 

shown by Figure 4.10. The Widmanstatten structure became more clearly observable.  

The structure was formed mainly from the niobium particles, which acts as a β phase 

nucleating agent  
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Figure 4.10 :  Backscattered scanning electron micrographs of etched titanium alloy 
specimens following HIP-ing in argon 1100oC/4 hrs/100 MPa).  

 

 

4.3.2 Initial porosity and pore size distribution  

The specimens HIP-ed at both conditions (1000oC and 1100oC) were found to 

contain pores (black spots) that were associated with incomplete dissolution of the 

elemental powders, with the pore sizes being similar to that of the original inter-

powder spacing [401]. Hereafter the porosity resulting from the HIP-ing procedure is 

named as initial porosity. Average initial porosities of the specimens obtained from 

the image analysis estimation are presented in Figure 4.11.  
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Figure 4.11 : Initial porosity from HIP-ing procedures with various argon backfill pressures. 

 

 

In general, as expected, the initial porosity increases as the argon backfill increases. 

However, according to ideal gas law, the number of gas atoms is linearly 

proportional with the pressure of the gas. In this case, the backfilled pressure 

represents the number of atoms which further determine the amount of porosity. 

Figure 4.11 shows that following the HIP-ing procedures, the majority of initial 

porosity was estimated to be less than 3%, with the exception of the highest argon 

backfill pressure that produced an average porosity of 4.32% (obtained from 4 

specimens with standard deviation of ±1.28%). The initial porosity of the specimens 

HIP-ed at 1000oC was found to be higher than those processed at 1100oC due to their 

higher degree of incomplete dissolution of the elemental particles. Following HIP-

ing at 1100oC, a 1.4 fold increase in argon backfill pressure from 0.34 MPa to 0.48 

MPa resulted in an approximately 1.8 fold increase in initial porosity. A further 

increase of the argon backfill pressure, i.e. 2 and 2.5 fold (0.69 and 0.86 MPa 

respectively) resulted in an increase of the initial porosity of 3.2 and 7.6 fold 

respectively. The tendency of an increase in initial porosity due to an increase of 

argon backfill has also been reported by previous researchers [50, 396]. Davis [396], 
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who used spherical pure titanium powder with a powder size of 30 

increase of argon backfill pressure from 0.33 to 0.71 MPa (a 2.2 fold increase) 

resulted in an approximate 1.7 fold increase in initial porosity (1.3% to 2.1% initial 

porosity). In addition, HIP

powder sizes (30, 75, 165 and 400 

resulted in a broad range of initial porosities (1.3, 0.14, 0.06 and 1.5% respectively).

 

Pore geometry was assumed spherical considering that the applied pressure 

isostatic; hence pores underwent the same magnitude of pressure from different 

directions and the highest entrapped gas generating pores would likely be 

the middle, leading to form

in ‘spherical’ form.  

 

Figure 4.12 : Optical microscope image showing pore section in 

 

The pore size distribution, assuming spherical pores, of HIP

argon backfill pressures, was d

described in detail in section 

 

who used spherical pure titanium powder with a powder size of 30 

increase of argon backfill pressure from 0.33 to 0.71 MPa (a 2.2 fold increase) 

resulted in an approximate 1.7 fold increase in initial porosity (1.3% to 2.1% initial 

porosity). In addition, HIP-ing procedures at 1000oC/2 hrs/100 MPa for various 

sizes (30, 75, 165 and 400 µm) under an argon backfill pressure of 0.33 MPa 

resulted in a broad range of initial porosities (1.3, 0.14, 0.06 and 1.5% respectively).

Pore geometry was assumed spherical considering that the applied pressure 

ence pores underwent the same magnitude of pressure from different 

directions and the highest entrapped gas generating pores would likely be 

leading to formation of spherical pores. Figure 4.12 

Optical microscope image showing pore section in ‘spherical’

The pore size distribution, assuming spherical pores, of HIP-ed specimens at various 

argon backfill pressures, was determined using digital image analysis 

described in detail in section 3.3.4 and plotted in Figure 4.13.  
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who used spherical pure titanium powder with a powder size of 30 µm, found that an 

increase of argon backfill pressure from 0.33 to 0.71 MPa (a 2.2 fold increase) 

resulted in an approximate 1.7 fold increase in initial porosity (1.3% to 2.1% initial 

C/2 hrs/100 MPa for various 

m) under an argon backfill pressure of 0.33 MPa 

resulted in a broad range of initial porosities (1.3, 0.14, 0.06 and 1.5% respectively).  

Pore geometry was assumed spherical considering that the applied pressure was 

ence pores underwent the same magnitude of pressure from different 

directions and the highest entrapped gas generating pores would likely be present in 

4.12 shows pore section 

 

‘spherical’ form 

ed specimens at various 

etermined using digital image analysis [46, 50] as 
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Figure 4.13 : Pore size distribution for each of the four argon backfill pressure groups. 

 

One specimen of each group considered representative was plotted and compared to 

the other groups. The figures show a similarity in the pore size distribution among 

them. In general, the increase of argon backfill pressure (0.34, 0.48, 0.68 and 0.86 

MPa) resulted in a slight increase in the pore diameter range (typically 0.8-18.8, 0.8-

20.6, 1.1-26.6 and 0.9-24.2 µm respectively). However, in most cases, the figures 

reveal that pore diameters were predominantly found in the range of 4.5-6 µm. An 

increasing pore size diameter, with diameter size larger than 6 µm, was found to be 

decreased in number. Similar results for average pore size diameters have been noted 

by the previous study [396], which showed pore size diameters of 6±3 and 7±3 µm 

with an initial porosity of 1.3 and 2.1% respectively.  

 

 

Porosity : 1.691% 
Ar press : 0.48 MPa 

Porosity : 0.825 % 
Ar press : 0.34MPa 

Porosity : 1,91% 
Ar press  : 0.68MPa 

Porosity :3,245 % 
Ar press : 0.86 MPa 
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4.4 As foamed characterisation  

Following the HIP-ing procedure the specimens were loaded into a vacuum furnace 

to undergo the foaming processes at these specific temperatures; 1100oC, 1225oC and 

1350oC. The temperatures, which are above those previously reported β transus 

temperatures, were chosen in accordance with  the properties of β phase  titanium 

alloys that possess lower creep resistance than that of α phase [238](p.37). In 

addition, the foaming procedure at those temperatures is expected to allow more 

alloying. The median temperature, 1225oC, allows an evaluation on how the 

properties have evolved. This section describes the phases and microstructures 

formed, and the resultant pore volume fractions after foaming 

 

 

4.4.1 Microstructure and phase identification  

4.4.1.1 Microstructure and phase identification of specimens foamed at 1100oC  

The typical XRD patterns of the specimens foamed at 1100oC with different argon 

backfill pressure and foaming times are shown in Figure 4.14. Compared to the as 

HIP-ed result, these patterns were found to be comparable (c.f. Figure 4.7). The XRD 

pattern of the foamed specimen for 10 hours under argon backfill pressure of 0.34 

MPa showed the presence of α and β phases. 

 

Figure 4.14: X-ray diffraction patterns of the foamed titanium alloy at 1100oC with an argon 
backfill pressure of (a) 0.34 MPa, (b) 0.86 MPa, both foamed for 10 hrs, and 
(c) 0.68 MPa foamed for 2 x 10 hrs. 
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Peaks related to β phase were clearly detected, with only minor peaks being noted in 

relation to the α titanium phase. Elemental composition, in this case a highly 

stabilised β alloy, affects the phase transformation during heating and cooling. A 

higher content of niobium is found to reduce the martensite formation temperature, 

even possibly down to room temperature, therefore the martensitic α structure 

formation may be suppressed [219]. Furthermore, the addition of zirconium in a 

quaternary alloy may reduce the critical cooling rate, thus allowing β phase to be 

retained during furnace cooling from 1100oC to room temperature [219], with only 

small portions of β phase being transformed to α phase. This explanation is 

consistent with the current observation that the peaks related to the α phase are 

severely suppressed (Figure 4.14(a)). Similar XRD patterns were also observed for the 

foamed specimen with the highest argon backfill pressure, i.e. 0.86 MPa (Figure 

4.14(b)). A foaming procedure lasting 2 x 10 hours was carried out for some of the 

foamed specimens. The typical XRD pattern of refoamed specimens was similar to 

those of the foamed specimen (Figure 4.14(b)). This figure suggests that at a given 

foaming temperature, the amount of argon gas (backfill pressure) and the refoaming 

procedure does not noticeably affect phase transformation during the foaming 

process.  

An example of the microstructure of the foamed specimen at 1100oC for 10 hours is 

shown in Figure 4.15. 
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Figure 4.15: Back scattered electron image of a titanium alloy specimen foamed at 1100oC 
for 10 hours showing a black spot representing a pore, a smaller dark area 
which represents α phase, and light grey area corresponding to β phase. Insert, 
backscattered electron image of an  etched specimen presenting a dark area 
with Widmanstatten structure. 

 

 

The image in Figure 4.15 reveals the dissolution of elemental powders. The niobium 

and tantalum particles have diffused and become indistinguishable (compared to the 

HIP-ed specimen figures). This result suggests that foaming at 1100oC for 10 hours 

may encourage additional alloying, even while the pressurised pores are causing the 

metal matrix to expand due to creep. In the micrograph the presence of three distinct 

regions can be seen, a black spot representing a pore, a smaller dark area which 

represents α phase, and the light grey area corresponding to β phase, with the regions 

being dominated by the light grey area (β phase). The darker area surrounded by the 

light grey area may become an initiation point of two-phase islands resembling the 

Widmanstatten structure. Thus the micrograph is consistent with the XRD pattern, 

showing that foaming at 1100oC for 10 hours resulted in a high dissolution of β 

stabilising elements (niobium, tantalum) with β phase being predominantly 

produced.  
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The typical microstructure of foamed specimen for 2 x 10 hours is shown in Figure 

4.16. The micrograph depicts a similar microstructure to the foamed specimens for 10 

hours, with more pores and the smaller dark areas (α phase) being more obvious.  

 

 

 

Figure 4.16: Backscattered electron image of titanium alloy specimen foamed at 
1100oC/0.68MPa/ 2 x 10 hours. 

 

 

From quantitative analysis of the dark area and the light grey area using EDS (Figure 

4.17), it was found  that β phase (grey area) consisted of a higher composition of β 

stabilising elements, i.e. niobium and tantalum (Figure 4.17(b)) when compared to the 

α phase (dark area) as shown in Figure 4.17(a). Chemical inhomogeneity, as shown 

by grey and darker areas detected by BSE SEM and EDS, has also been reported in 

previous research [250].  
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Figure 4.17: Composition analysis of titanium alloy specimens foamed at 1100
hours using EDS. (a) spectra of small dark area, (b) spectra of light grey area, 
(c) low resolution backscattered image wh
chemical composition of the alloy at different points shown in (c).

 

 
4.4.1.2 Microstructure and phase identification of specimens foamed at 1150

Foaming specimens at 1150

patterns as shown in Figure 

 

 

c 

 

Composition analysis of titanium alloy specimens foamed at 1100
hours using EDS. (a) spectra of small dark area, (b) spectra of light grey area, 

low resolution backscattered image where data were taken, and (d) 
chemical composition of the alloy at different points shown in (c).

Microstructure and phase identification of specimens foamed at 1150

at 1150oC for 10 hours resulted in significantly different XRD 

Figure 4.18.  

 

  
Ti 

% wt 
Zr 

%wt 

Spectrum 1 66,02 5,14 

Spectrum 2 60,23 5,65 

Spectrum 3 63,81 3,87 

Spectrum 4 47,68 3,66 

Spectrum 5 45,91 5,03 

Spectrum 6 48,19 3,64 
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Composition analysis of titanium alloy specimens foamed at 1100oC for 10 
hours using EDS. (a) spectra of small dark area, (b) spectra of light grey area, 

ere data were taken, and (d) 
chemical composition of the alloy at different points shown in (c). 

Microstructure and phase identification of specimens foamed at 1150oC  

C for 10 hours resulted in significantly different XRD 

Nb 
%wt 

Ta 
%wt 

Total 

20,49 8,35 100 

23,58 10,54 100 

22,68 9,64 100 

33,61 15,05 100 

32,19 15,87 100 

33,76 14,41 100 
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Figure 4.18 : X-ray diffraction patterns of a foamed specimen at 1150oC with argon backfill 
pressure of 0.48 MPa.  

 

 

The figure indicates the peaks related to the presence of two phases within the 

specimen, i.e. the β titanium and NbO phases. It is noted that the presence of NbO 

phase in the specimen foamed at 1150oC was attributed to reduced vacuum 

conditions due to leakage of the vacuum furnace during a portion of the treatment 

[401].  

 

Interestingly, a backscattered scanning electron micrograph presented in Figure 4.19 

of the specimen foamed at 1150oC shows the microstructure being reasonably 

uniform across the specimen. Also noted in this micrograph was the presence of 

some bright areas representing regions rich in tantalum particles indicating the 

incomplete dissolution of the tantalum particles.  
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Figure 4.19 :   Backscattered scanning electron micrograph of the titanium alloy specimen 
foamed in vacuum furnace at 1150oC, showing incomplete dissolution of 
tantalum particles (arrow; brighter areas) 

 

 

4.4.1.3 Microstructure and phase identification of specimens foamed at 

1225oC  

When the foaming temperature was increased to 1225oC with a holding time of 10 

hours, the XRD patterns of the foamed specimens showed peaks corresponding to the 

presence of β phase and α phase as shown in Figure 4.20. Patterns similar to the XRD 

spectra of the specimens with different argon backfill pressures (Figure 4.20 a and b) 

were found. The effect of the “refoaming” process (2 x 10 hours at the temperatures) 

was also found to be insignificant with regard to the spectra. It is interesting that 

whilst α phase peaks were found to become more pronounced compared to those of 

the specimens foamed at 1100oC, the β phase peaks were still clearly detected. 
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Figure 4.20: X-ray diffraction patterns of the foamed Ti-Nb-Ta-Zr powder at 1225oC with 

argon backfill pressure of (a) 0.34 MPa, (b) 0.86 MPa (both held for 10 hrs), 
(c) 0.68 MPa foamed for 2 x 10 hrs. 

 

 

The higher foaming temperature, which was much higher than the β transus 

temperature, allowed more grain growth and more alloying. However, a longer time 

to reach room temperature would be required during furnace cooling, thus allowing 

greater intrusion into β+α field. In accordance with the continuous cooling 

transformation (CCT) diagram proposed by Tang et al. [219], a higher volume 

fraction of β phase may transform to α phase. Since β phase may also transform to 

ω phase during slow cooling [219], a very small portion of the remaining β phase 

may transform to ω phase. From XRD analysis of the foamed specimens, the 

presence of ω phase could not be detected, although this may simply be due to the 

ω phase being present below the detection limit of the XRD analysis [231, 402].  

 

The backscattered electron micrographs of the samples foamed at higher temperature 

revealed the development of α phase as shown in Figure 4.21. 
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Figure 4.21: Backscattered electron image of titanium alloy specimen foamed at 1225oC for 
10 hours. 

 

 

Dark areas representing α phase and black spot areas illustrating pores were found to 

be distributed across the specimen. When foamed at 1225oC, the proportion of 

α phase increased compared to that of the specimens foamed at 1100oC. These areas 

appeared as α islands surrounded by β phase (light grey areas). Thus the 

microstructural analysis is in good agreement with XRD analysis.  

 

From EDS analysis, the peak height ratio of the dark and the light areas seems to 

change with increased foaming temperature as shown in Figure 4.22. Whilst the dark 

area expanded, the proportion of titanium content in the grey area decreased (Figure 

4.22(b)). It is suggested that furnace cooling to room temperature from a higher 

foaming temperature may cause the transformation of a portion of the β phase in the 

grey area to α phase (dark area). Thus, the EDS analysis supported the XRD 

analysis. 

 

 

α phase 

β phase 

pore 



 

 

 

 

 

 

 

 

 

 

Figure 4.22: Composition analysis of titanium alloy specimens foamed at 1
hours using EDS
(c) low resolution backscattered image 
chemical composition of the alloy at different points shown in (c).

 

4.4.1.4 Microstructure and phase identification of spec

1350oC  

The development of the 

temperature to 1350o

depicted in Figure 4.23

with the XRD pattern of the specimen foamed at 1350

4.23a) being noticeably 

(Figure 4.23b) or by foa

 
 

c 

Composition analysis of titanium alloy specimens foamed at 1
hours using EDS, (a) spectra of small dark area, (b) spectra of light grey area, 

low resolution backscattered image from where data were taken, and (d) 
chemical composition of the alloy at different points shown in (c).

Microstructure and phase identification of specimens foamed at 

The development of the α phase continued with an increase in the foaming 
oC. The XRD pattern of the specimens foamed at 1350

23. The two phases, i.e. α and β phase were clearly detected, 

with the XRD pattern of the specimen foamed at 1350oC/0.34 MPa/10 hours (

noticeably unchanged by either an increase in argon backfill pressure 

b) or by foaming for 2 x 10 hours (Figure 4.23c). 

  
Ti 

%wt 
Zr 

%wt 

Spectrum 1 47,01 2,60 

Spectrum 2 62,99 7,10 

Spectrum 3 47,48 2,56 

Spectrum 4 63,53 6,28 

Spectrum 5 46,27 3,49 

 

 

d 
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Composition analysis of titanium alloy specimens foamed at 1225oC for 10 
(a) spectra of small dark area, (b) spectra of light grey area, 

where data were taken, and (d) 
chemical composition of the alloy at different points shown in (c). 

imens foamed at 

phase continued with an increase in the foaming 

C. The XRD pattern of the specimens foamed at 1350oC is 

phase were clearly detected, 

C/0.34 MPa/10 hours (Figure 

unchanged by either an increase in argon backfill pressure 

 
Nb 

%wt 
Ta 

%wt 
Total 

 34,26 16,13 100 

 20,50 9,41 100 

 33,46 16,50 100 

 21,12 9,07 100 

 33,40 16,84 100 
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Figure 4.23: X-ray diffraction patterns of the foamed titanium alloy powder at  1350oC with 

argon backfill pressure of (a) 0.34 MPa, (b) 0.86 MPa (foamed for 10 hrs), (c) 
0.48 MPa (foamed for 2 x 10 hrs). 

 
Compared to the specimens foamed at lower temperatures (1100oC and 1225oC), the 

relative intensities of the peaks corresponding to the α phase are the highest, 

indicating that the volume fraction of α phase increased with an increase in foaming 

temperature. As mentioned earlier in Section 4.4.1.3, at the higher foaming 

temperature of 1350oC, a greater intrusion into the α+β phase field may occur during 

furnace cooling to room temperature and a higher volume fraction of β phase may 

transform to α phase. In addition to the presence of β phase, the presence of peaks 

corresponding to α phase due to transformation from β phase during slow cooling 

was also reported by previous research [306]. These previous researchers did apply 

solution treatment to a Ti-20Nb-10-Ta-5Zr alloy into the β field, followed by furnace 

cooling. Conversely, Taddei et al.[301] found that an increase of sintering 

temperature for a Ti-35Nb-7Zr-5Ta alloy followed by furnace cooling decreased the 

peak height of the α−phase. The peaks disappeared and the α phase was completely 

transformed to β phase at a sintering temperature above 1500oC (followed by furnace 

cooling). Higher niobium content (35 wt%) in the titanium alloy was suggested to 

encourage the transformation. 

 

As mentioned earlier that further development of α phase (dark area) is indicated by 

the increase of that dark area, and the portion of titanium content in the grey area 



 

decreased as indicated by

4.24(b).  

 

 

 

 

 

 

 

 

 

 

 

Figure 4.24: Composition analysis of titanium alloy specimens 
hours using EDS. (a) spectra of small dark area, (b) spectra of light grey area, 
(c) low resolution backscattered image 
chemical composition of the alloy at different points shown in (c).

 

In the current research, the development of the 

the specimen foamed at 1350

temperature of 1225o

by β phase, this figure illustrates 

α platelets within the 

platelets were found to be dispersed across the specimen. This result 

agreement with the XRD pattern.

c 

decreased as indicated by the lowering peak height of the titanium shown in 

Composition analysis of titanium alloy specimens foamed at 1
hours using EDS. (a) spectra of small dark area, (b) spectra of light grey area, 

low resolution backscattered image from where data were taken, and (d) 
chemical composition of the alloy at different points shown in (c).

In the current research, the development of the α phase (dark area

the specimen foamed at 1350oC, as shown in Figure 4.25.  Whilst th
oC resulted in α phase being revealed only as islands surrounded 

phase, this figure illustrates that the α phase continued to grow by forming 

platelets within the β phase matrix, along with further pore expansion. These 

platelets were found to be dispersed across the specimen. This result 

agreement with the XRD pattern. 

 

  
Ti 

%wt 
Zr 

%wt 

Spectrum 1 65,84 5,65 

Spectrum 2 66,61 3,97 

Spectrum 3 66,01 3,59 

Spectrum 4 40,62 3,17 

Spectrum 5 41,94 3,67 

Spectrum 6 40,63 4,69 

 

d 
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peak height of the titanium shown in Figure 

 

foamed at 1350oC for 10 
hours using EDS. (a) spectra of small dark area, (b) spectra of light grey area, 

where data were taken, and (d) 
chemical composition of the alloy at different points shown in (c). 

area) continued within 

.  Whilst the foaming 

phase being revealed only as islands surrounded 

phase continued to grow by forming 

phase matrix, along with further pore expansion. These 

platelets were found to be dispersed across the specimen. This result shows a good 

 
Nb 

%wt 
Ta 

%wt 
Total 

21,42 7,09 100 

22,57 6,85 100 

22,24 8,16 100 

34,26 18,95 100 

34,27 18,11 100 

33,46 17,22 100 



133 
 

 

 

 
Figure 4.25 : Backscattered electron image of the titanium alloy specimen foamed at 1350oC 

for 10 hours. 

 

 

4.4.2  Porosity, pore morphology and pore distribution  

Porosity and pore morphology, including pore size and shape, has an important role 

in affecting the mechanical properties and possible technological applications of 

porous materials. This section describes the porosity level, pore morphology and 

pore distribution of the fabricated porous titanium alloy. 

 

Prior to the evaluation, as-foamed specimens and a polished HIP-ed specimen were 

visually compared as shown in Figure 4.26. Figure 4.26(a) shows a foamed specimen 

which was EDM cut and lightly polished on the top, depicting two distinct regions, 

i.e. a larger pore size area – close to the specimen surface (pores are black spots 

indicated by the white arrow) and a smaller pore size area – the deeper area which is 

found to be relatively uniform in pore size. In addition, “metal bubbling” (black 

arrow) was found on the surfaces of some specimens foamed at higher temperatures. 
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Accordingly, the evaluations (porosity, pore size and mechanical properties) were 

confined to the area with smaller pores – the deeper area. 

 

 

 

 

Figure 4.26 : Image of titanium alloy specimen isothermally foamed at 1350oC (a) and (b), 
1225oC (c) and the polished HIP-ed billet (d).   

 

 

As-foamed specimens were often found as depicted in Figure 4.26 (b) and (c), 

showing the pores expanded relatively uniformly, with the extent of pore expansion 

depending on their foaming conditions. The dimensional changes of the specimens 

following the foaming procedure were clearly observed. The middle of the foamed 

specimens appeared to be slightly thicker than on the edge. From the figures it could 

be expected that the porosity of a foamed specimen at 1350oC was higher than that of 

a specimen foamed at 1225oC. 

 

After cutting, surface damage layer removal and polishing, the foamed specimens 

were examined for pore size and pore morphology. The areas examined in this 

section refer to areas close to the specimen centre unless specifically stated 

otherwise. The porosity levels (pore volume fractions) reached for the titanium alloys 

foamed at 1100oC, 1225oC and 1350oC with four set argon backfill pressures applied 

were found to be in the range of 3.5-17.87%, 6.49-37.1% and 10.9-40.21% 

respectively. The detailed porosity levels are presented Table 4.1and Figure 4.27. 
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Table 4.1 : Pore volume fraction of the specimens foamed at various foaming temperatures 
and backfill pressures for 10 hours and for 2 x 10 hours 

 

No 
Foaming 

Temp. 
(oC) 

Pore volume fraction (%) at Argon Backfill Pressure  

Foaming for 1 x 10 hours Foaming for 2 x 10 hours  
0.34 

(MPa) 
0.48 

(MPa) 
0.67 

(MPa) 
0.86 

(MPa) 
0.34 

(MPa) 
0.48 

(MPa) 
0.67 

(MPa) 

1 
1100 

3.4 6.9 10.2 11.3 8.1 7.3 17.9 
2     10.7     1.5   

3           16.0   
4 

1225 

6.5 15.9 21.9 29.8 9.0 17.4 21.6 

5 12.9 19.9 22.9 37.1 14.7 20.8   

6   27.0         
7 

1350 

10.9 20.5 23.4 29.1 22.9 33.0 40.2 
8 14.8 21.1 27.8 30.2   33.2   
9 15.3 21.7 28.2 31.5       

10 19.8 27.8   32.1       
11 25.2     35.3       
12 25.9     35.6       
13       36.8       

14       38.5       

 

 

 

                                     (a)                  (b)             

Figure 4.27 : Porosity levels achieved for the porous titanium alloys; (a) foamed for 10 
hours, and (b) foamed for 2 x 10 hours. 

 

It is noted that porosity levels of the specimens foamed at 1350oC at the same argon 

backfill pressure were found to be the highest, followed by 1225oC and 1100oC, 

whilst the porosity level of the specimens foamed at 1100oC with argon backfill 

pressure of 0.34 MPa were found to be the lowest. The porosity levels of the alloys 
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increased with an increase of argon backfill pressure to 0.48, 0.68 and 0.86 MPa. In 

addition, an increase of the porosity level was also found for the majority of 

specimens isothermally foamed for a longer time period (2 x10 hours). Thus, in 

general, the porosity level of the foamed titanium alloys is clearly affected by the 

foaming temperature, the argon backfill pressure and the foaming holding time as 

expected. 

 

A typical microstructure illustrating pore morphology of a specimen isothermally 

foamed at 1100oC for 10 hours is shown in Figure 4.28.  

 

 

Figure 4.28 : Secondary electron micrograph showing pore morphology of a specimen 
foamed at 1100oC/0.68 MPa/10 hours (Porosity of 10.2%). 

 

 

The micrograph shows that the foaming process resulted in a titanium alloy with a 

low porosity (10.2%). At low porosity, the pore distribution in the specimen was 

varied, with the pores being very discrete and with very limited pore coalescence. 

Pore shape was mainly equiaxed, and presumably spherical in shape in 3 dimensions 

(see the inset). In addition, pore shapes similar to the expanded interpowder-spacings 

(angular) were also observed. A maximum porosity level of 11.3% was obtained 

under an argon backfill pressure of 0.86 MPa. The porosity level is quite similar to a 

previous study on porous Ti-Ni alloy which reported a porosity level of 
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approximately 12% [50]. In that study, the porous Ti-Ni alloy was fabricated using a 

mix of a prealloyed Ti-Ni master powder and an elemental nickel powder 

isothermally foamed at 1200oC for 10 hours.  

 

Pore expansion due to creep of the metal matrix is more obvious in the typical pore 

morphology of the specimens foamed at 1225oC, as shown in Figure 4.29. The figure 

shows a typical specimen with porosity of 21.6% and a small number of pores 

exceeding 44 µm (powder size <44 µm). The pore morphology remained discrete 

with a more frequent coalescence of pores being visible (see the inset) compared to 

the specimen foamed at 1100oC. The increase in pore interconnectivity also becomes 

evident.  

 

 

Figure 4.29 : Secondary electron micrograph showing pore morphology of a specimen 
foamed at 1225oC/0.68 MPa/10 hours with porosity level of 21.6% 

 

 

A maximum porosity level of 37.1% was achieved under foaming conditions of 

1225oC/0.86 MPa/10 hours. It was noted that the surfaces of the specimen were 

found to have bubbled, with the presence of two distinct regions clearly identifiable.  

 

For specimens isothermally foamed at 1350oC, pore sizes and porosity levels were 

found to increase as shown in Figure 4.30. This figure shows the typical 
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microstructure of a specimen foamed at 1350oC/0.86 MPa/10 hours, achieving a 

porosity level of 38.7%. In comparison to the porosity level achieved at lower 

foaming temperatures (1100oC and 1225oC), porosities obtained at a foaming 

temperature of 1350oC indicated that the increase of the porosity level was attributed 

to creep deformation of the metal and was found to increase with higher foaming 

temperatures. Equiaxed pore morphologies and elongated pores due to pore 

interconnection were observed. The pathway from one pore to the next had grown to 

a larger size. The pore walls generally remained thick, with the connectivity often 

being observable. Faceted pores reported to be observed in Ti-6Al-4V alloy [57] or 

foamed CP Ti [371] were not found in this study. An absence of the faceted pores 

has also been reported by previous research [50].  

 

 

 

Figure 4.30 : Secondary electron micrograph showing pore morphology of a specimen 
foamed at 1350oC/0.86 MPa/10 hours (38.7%).  

 

 

An early stage of pore coalescence during isothermal foaming at 1350oC, leaving 

round protrusions of less than 44 µm in diameter, is illustrated in Figure 4.31 (arrows 

highlight protrusion). Rupturing of some pore walls due to pore expansion (foaming) 

was also observed, indicating that many pores had coalesced with multiple pores 

sometimes having become interconnected. The foaming rate is known to decrease 
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and further expansion reduces when pore volume is increased [371]. A rise in pore 

volume decreases pore pressure, which is known to be the driving force for pore 

expansion.  

 

 

 

Figure 4.31 : Optical micrograph of a specimen close to the centre, showing the early stage 
of pore coalescence during isothermal foaming at 1350oC/0.86MPa/10 hours. 
Arrows indicate protrusion. 

 

 

Interestingly, as mentioned earlier (see also Figure 4.26(a)), most specimens 

isothermally foamed, particularly at 1225oC or 1350oC, showed a region near the 

surface having a larger pore size due to noticeable pore expansion. Thicknesses of 

the region were measured in the range of 1-2 mm as shown in Figure 4.32. The 

figures illustrate morphology of the larger pore in the region.  

 



140 
 

 

Figure 4.32 : Optical micrograph of the region close to the surface with larger pore size 
under foaming conditions of 1350oC/0.86MPa/10 hours. 

(a) a cross section of the larger pore region 
(b) a cross section of the metal bubble in the larger pore size region (Porosity level of 67%)  
 

 

The porosity level of the surface region was typically found to be 45-67 vol%, and 

the pore size diameter typically 20-500 µm. The pore walls were found to be thinner 

compared to the pore size. An expansion of pores, a collapse of the interpore walls 

and a coalescence of pores had taken place to a much greater extent than that of the 

interior. Interconnected pores were frequently found, suggesting that the pores may 



 

be classified as open pores (

constraints against expansion being present close to the surface of the specimen 

[401]. Figure 4.32(b) shows the cross section of the specimen and illustrates pore 

coalescence prior to opening at the specimen surface. These large pores appeared as 

bubbles on the specimen surface, with typic

However, the expansion would presumably be inhibited as the pore volume increased 

and/or the pressurised argon escaped 

 

In contrast, specimens with relatively uniform pore expansion w

shown in Figure 4.33

moderately expanded with 

 

Figure 4.33 : Optical micrograph of the region close to the surface of a typical specimen 
foamed at 1225
expansion (

 

The pores were still found to be discrete and 

distinct increase in the amount 

closed pores. However, 

pores to the specimen surface w

arrow in Figure 4.33. 

  

resin

be classified as open pores (Figure 4.32(a)). This phenomenon was attributed to fewer 

constraints against expansion being present close to the surface of the specimen 

(b) shows the cross section of the specimen and illustrates pore 

coalescence prior to opening at the specimen surface. These large pores appeared as 

bubbles on the specimen surface, with typical pore sizes of 1388 

However, the expansion would presumably be inhibited as the pore volume increased 

and/or the pressurised argon escaped into the atmosphere. 

, specimens with relatively uniform pore expansion w

33. The pores in the region close to the specimen surface had only 

expanded with the increase in porosity level.  

Optical micrograph of the region close to the surface of a typical specimen 
foamed at 1225oC/0.68 MPa/10 hours showing a relatively uniform pore 
expansion (porosity level of 26.7%). 

The pores were still found to be discrete and the pore walls remain

the amount of pore coalescence, the pores still being classified as 

. However, some pore coalescence followed by the emergence of the 

the specimen surface was also observed on the edge, as indicated by the 

 

resin 
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phenomenon was attributed to fewer 

constraints against expansion being present close to the surface of the specimen 

(b) shows the cross section of the specimen and illustrates pore 

coalescence prior to opening at the specimen surface. These large pores appeared as 

al pore sizes of 1388 µm being present. 

However, the expansion would presumably be inhibited as the pore volume increased 

, specimens with relatively uniform pore expansion were produced, as 

lose to the specimen surface had only 

 
Optical micrograph of the region close to the surface of a typical specimen 

a relatively uniform pore 

remained thick with no 

still being classified as 

the emergence of the 

, as indicated by the 
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The pore morphology of specimens foamed at the given temperatures and argon 

pressures but with foaming time of 2 x 10 hours was found to be more interconnected 

than that of the single 10 hours foaming period. For comparison, Figure 4.34 shows 

the typical pore morphology of a specimen foamed at 1350oC/0.68 MPa/2 x 10 hours 

with a porosity level of approximately 40.2%. 

 

   

Figure 4.34 : Secondary electron micrograph showing pore morphology of a specimen 
foamed at 1350oC/0.68 MPa/2 x10 hours (porosity level of 40.2%).  

 

 

Based upon the image analysis subjected to foamed sample micrographs using 

ImageJ software, both the number of pores and the area of pores fitting in each 

interval (bin) were counted and step plots of percentage distribution were plotted, as 

depicted in Figure 4.35.  
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Figure 4.35 :  A typical pore size distribution of samples foamed at (a) 1100oC/0.86 MPa/10 
hours with a porosity level of 11.3%, (b) at 1225oC/0.86 MPa/10 hours with a 
porosity level of 37.1%.(c) at 1350oC/0.86 MPa/10 hours with a porosity level 
of 38.7% (d) 1350oC/0.68 MPa/ 2 x 10 hours with a porosity level of 40.2%.  

 

 

The graphs were created from data obtained from the analysed sample images that 

represent the largest porosity in each foaming temperature group. Firstly, Figure 

4.35(a) illustrates a typical pore size distribution of the porous titanium foamed at 

1100oC with a porosity level of 11.3%, and a typical pore size diameter in the range 

of 3-75µm. The highest pore area fraction was found in pores with diameter sizes in 

the range of 18.2-22.9 µm. Secondly, from image analysis of the micrograph of the 

(a) (b) 

(c) (d) 
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sample foamed at 1225oC/0.86 MPa/10 hours, the porous titanium alloy with a 

maximum porosity level achieved of 37.1%, the pore size distribution is shown in 

Figure 4.35(b). The pore size was estimated to be in the range of 6.9-172.6 µm, with 

pore sizes 54.5-68.6 µm being the highest pore area fraction. Thirdly, the pore size 

distribution of the sample foamed at 1350oC/0.86 MPa/10 hours with porosity level 

38.7% revealed that the pore size range and the size diameter of the dominant pore 

area fraction were found with typical pore sizes of 7.5-189 µm and of 59.6-94.5 µm 

respectively as shown in Figure 4.35(c). Lastly, a typical sample foamed at 

1350oC/0.68 MPa/2 x10 hours with porosity level of 40.2%, the pore size distribution 

of the specimen shows the resultant pore size to be in the range of 8-200µm (Figure 

4.35(d)). Pore sizes of 16-20 µm were found to be dominant in terms of frequency, 

whilst the highest pore area fraction was attained by pore sizes of 80.1-110.8 µm. 

This can be seen as confirmation that the dominant pore sizes range, either in terms 

of frequency or pore area fraction, increased with an increase of foaming temperature 

and foaming holding time due to the pore growth.    

 

As mentioned earlier, isothermal foaming shows a specific character in that very 

rapid foaming rates at the early stage of foaming are developed followed by a steady 

decrease in the foaming rate until the terminal porosity is reached. The initial 

foaming rate is attributed to the initial porosity (as HIP-ed porosity) which is affected 

by the HIP-ing pressure and temperature, the gas pressure in the canister and the 

packing density of the powder before densification [49]. In the present study, these 

latter two parameters were suggested to result in a large range of the initial porosities 

in which the initial porosity increased with the increase of gas pressure. A relative 

broad powder size (< 44µm) was used which may pack less effective than monosized 

powder [403]. The fine powder size may result in less packing density due to the 

occurrence of agglomeration and flocculation. Additionally, the powder shape also 

affects packing density, due to the higher probability of pore formation between 

particles of irregular shape [47]. The experimental results show that within the 

foaming period, the foamed sample porosities exhibited similar tendency in that 

samples with the higher initial porosity achieved higher pore fraction as shown in 

Figure 4.36. In the other words, samples with higher initial porosity resulted in a 
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higher foaming rate. Similar findings have previously also been noted by other 

researchers [49, 50].  

 
 

 
Figure 4.36 : Plot of as HIP-ed porosity corresponding to as-foamed porosity at 10 hours 

foaming holding time for various argon backfill pressures and foaming 
temperatures.  

 

 

From the microstructural examination and mechanical evaluation; described in 

Section 4.4.4; in terms of the number of pores, the majority of pores of the foamed 

samples might be classified as closed pore, but interconnected pores can be observed 

to have dominated the outer surface of the micrograph samples (Figure 4.31). In this 

case, the decrease in foaming rate was due possibly to the reduction in pore pressure 

along with a rise in the pore volume during pore growth where occasionally multiple 

pores were coalesced due to the rupturing of interpore walls. The decrease in 

foaming rate was not considered to be due to gas escaping through to the samples 

surfaces due to the robust pore morphology in the surface region. A similar finding 

has previously been noted in other research [371].  On the other hand, in the 

specimens with the two distinct regions where larger pores existed, the decrease in 

foaming rate was mainly caused by a combination of the reduction in pore pressure 

due to pore growth and loss of the driving force due to pore opening at the surface 

(gas escaping).  
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Whilst isothermal foaming studies by Kearns et al.[57] and Davis et al.[366] resulted 

in porosity levels of 32% an 27%, both being lower than the present study (40.2%), 

there are four differences between those studies and the current study that potentially 

explain the variations namely; alloy composition, backfill pressure, foaming 

temperature and foaming time. In terms of alloy composition, those studies used CP 

Ti and Ti-6Al-V which are known to be α and α +β type titanium alloys. Such alloys 

show high creep resistance and are thus suitable for high temperature service, 

whereas β titanium alloys show low creep resistance and are not meant to be applied 

at high temperatures [268]. In isothermal foaming, the pore expansion is affected by 

creep of the matrix, thus foaming materials with a lower creep resistance, in this 

study β titanium alloys, allow a higher degree of pore expansion than that of the 

highly creep resistant materials (α titanium or α+β titanium alloys). Another 

consideration is argon backfill pressure; in the present study, higher argon backfill 

pressures were used (0.68 MPa versus 0.11 and 0.33 MPa). The samples in the 

current study were foamed at a higher temperature (1350oC versus 1240oC and 

960oC) allowing a greater extent of creep and a higher driving force. Although in the 

other studies the samples were foamed at a longer holding times (24 and 46 hours 

versus 20 hours), these foaming holding times may not give any noticeable effect in 

terms of the difference of porosity growth, since in these experiments [50, 57, 366], 

it was found that pore size grew rapidly during the initial 10 hours of foaming and 

subsequently increased very slightly. Comparatively, the first three parameters 

favour higher porosities in this study and the last one in the other studies, it is thus 

suggested that the higher porosities of the specimens in this study were due to the 

three aforementioned parameters. 

 

Although titanium is known to be biocompatible, titanium still initiates a foreign 

body reaction, i.e. an encapsulation process, with the thickness of the capsule (layer 

of collagen) for titanium being around 100-200 Ǻ whereas other metals sit in a 

capsule greater than that (e.g. 50 µm) [18]. Porosity may be critical to 

biocompatibility and avoiding the foreign body reaction. Pore morphology such as 

size and interconnectivity are known to be important factors to initiate bone ingrowth 

into a porous implant.  Previous researchers have noted that optimal porosity and 
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pore size for bone ingrowth into porous coating occurs in the range of 20-60% [404] 

and pore size down to 50 µm [30, 31], while the porosity interconnection should be 

larger than 100µm for generation of mineralized bone [25]. This fabricated porous 

titanium alloy achieved porosity levels greater than 20% and together with the pore 

sizes mentioned earlier, suggests potential for biomedical applications.  

 

4.4.3 Electrochemical corrosion assesment 

In this work, corrosion assesment was performed by open circuit potential (OCP) 

measurement which monitors film formation and passivation of the alloy in a 

solution, and by potentiodynamic polarisation measurement to identify 

electrochemical behaviour of material when exposed to a particular environment. 

The result of OCP measurement is shown in Figure 4.37. 
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Figure 4.37:  The open circuit electrode potential (OCP) as a function of time of the 
specimens foamed at 1100oC, 1225oC and 1350oC in Hank’s solution at 37oC 

  
Figure 4.37 shows the measurement of the open circuit electrode potential (OCP) as 

a function of time for titanium alloy specimens foamed at 1100oC, 1225oC and 

1350oC.  The results were fairly reproducible, and it can be clearly seen that all the 

curves are comparable and run essentially parallel to each other. It is observed that 

there is an initial shift of potential and a very slight increase within the initial few 

minutes followed by a continuous rise in potential towards the noble direction to 
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attain finally the steady state potentials. The initial Ecorr for the specimen foamed at 

1225oC was approximately -533 mV.  It moderately increased in a decreasing rate of 

increment, reaching -406 mV after one hour. Similarly, the initial Ecorr of the 

specimen foamed at 1350oC and 1100oC were approximately -498 mV and -380 mV, 

reaching -370 mV and -232 mV after one hour respectively. The specimen foamed at 

1100oC exhibited a more noble potential compared to the two forementioned 

specimens. A more noble potential was also observed on the specimen foamed at 

1350oC compared to that at 1225oC, which may due to lower porosity.  Increasing 

the potential in the positive direction indicates the formation of a passive film and a 

steady state potential indicates that the film remains intact and protective. These 

results revealed a presence of competition between film dissolution and film 

formation, which ends by a potential indicating thickness and self healing of surface 

film. The potential variation rate, which reflects oxide formation rate, was high after 

few minutes of immersion, and decreased with time to reach a steady state. 
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Figure 4.38: Potentiodynamic polarisation curves for specimens foamed at 1100oC, 1225oC 
and 1350oC in Hank’s solution at 37oC. 

 
 

Figure 4.38 shows the potentiodynamic polarisation curves for the specimen foamed 

at three different temperatures, in Hank’s solution at 37oC. The corrosion potentials 

(Ecorr) ranged from 320 to 445 mV. The discrepancy in corrosion potentials among 
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the specimens may be caused by a tiny difference in the surface condition [405], 

despite the fact that the specimens were prepared using the same procedure. The 

corrosion potentials, corrosion current densities (icorr) and passivation current 

densities (ipass) for the specimen obtained from their polarisation curves are 

summarised in Table 4.2. The corrosion current densities were obtained from the 

polarisation curves using the Tafel extrapolation method. 

 

Corrosion potentials from the polarisation curves are lower compared to those 

obtained from open circuit potential. This may suggest, as the polarisation tests were 

started at a cathodic potential relative to the corrosion potential, that the passive film 

at the surface was at least partially removed due to the highly reducing initial 

potentials [130]. 

 

 

Table 4.2 : Main electrochemical parameters in Hank’s solution at 37oC for 10 hours and for 
2 x 10 hours  

Foaming 
Temperature 

  
(Pore volume 

fraction)  

Breakdown 
Potential,  

Eb  

Passivation Current 
Density, 

 ipass 

Corrosion  
Current 
Density,  

Icorr 

Corrosion 
Potential, 

 Ecorr 
Beta A Beta C 

(mV)  (µA/cm2) (µA) (mV) (V/decade) (V/decade) 
1350oC 
(10.9%) 

899 34.9 0.322 -321 0.191 -0.117 

1225oC 
(12.9%) 

829.3 43.8 1.230 -445 0.444 -0,194 

1100oC 
(6.9%) 

N/A N/A 1.510 -362 0.378 -0.221 

 
 

 

Concerning the corrosion densities, the corrosion resitance of specimen foamed at 

1100oC and 1225oC were comparable while specimen foamed at 1350oC exhibited 

lower corrosion rate (icorr) compared to the two other specimens (Table 4.2). The 

specimen foamed at 1225oC and 1350oC were characterised by a partial stabilisation 

of their current densities of 27 and 40 µA/cm2, respectively. This suggests that a 

protective passsive film is formed within these current densities. The breakdown 

potentials of specimens foamed at 1350oC and 1225oC were in the range of 829-899 
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mV. The higher porosity of specimen foamed at 1225oC may be responsible for 

lower breakdown potential [131]. In contrast, the specimen foamed at 1100oC 

demonstrated no breakdown potential and no hysteresis loop. This indicates that the 

specimen foamed at 1100oC has higher pitting and crevice corrosion resistance [406] 

due to its constitution, which comprised β phase predominantly [112]. The values of 

corrosion current density and corrosion potential of the specimens foamed at the 

three different temperatures in Hank’s solution at 37oC are comparable to those of 

CP Ti, Ti-6Al-4V [406, 407]. 

 

4.4.4 Mechanical properties assessment   

4.4.4.1 Hardness testing 

The indentation hardness was measured using a Buehler Micromet 0055 

microhardness tester with a Vickers diamond pyramid indenter. An average of 15 

readings was taken from each specimen.  The results are shown in Figure 4.39. 

 

  

 

Figure 4.39:   (a) Hardness values of specimens foamed at 1100oC, 1225oC and 1350oC, (b) 
optical image micrograph of the Vickers indentation on the specimen foamed 
at 1100oC. 

 

The Vickers hardness tests were performed randomly on the surface of polished 

specimens, using a load of 100g. Figure 4.39 shows the variation of hardness versus 

foaming temperature. The plot illustrates the hardness markedly increased with 

increasing foaming temperature. This increase in hardness is as expected because the 

proportion of α phase, which is known to possess a higher elastic modulus than that 
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of β phase, is also higher with the increase of foaming temperature. The largest 

scatter in hardness values was shown by the specimens foamed at 1350oC, followed 

by specimens foamed at 1225oC and at 1100oC. The high discrepancy of the hardness 

values for higher foaming temperatures may be caused by the fact that the higher the 

foaming temperature the closer were the proportions for α phase and β phase, 

resulting in higher possibility of obtaining respective hardness values of those 

phases. The lower foaming temperatures, producing higher proportions of β phase, 

resulted in lower values and narrower scatter in hardness values. The result also 

indicates that the specimens foamed at 1100oC are more homogenous in α phase 

compared to the two a forementioned. 

 

The hardness values of the specimen foamed at 1100oC, containing high portion of 

β phase are comparable to the those commonly reported for hot wrought alloys 

(about 350 HV) [27], Ti-6Al-7Nb (200-400 HV), β titanium alloy Ti-35Nb-7Zr-

5Ta(326-356 HV) [408], Ti-13Zr-13Nb (250-350 HV) [409] and various biomedical 

titanium alloys developed by Niinomi et al.(300-400 HV) [251]. However, these 

values are slightly higher than those of titanium alloys fabricated by the conventional 

P/M method; sintered at 1600oC (300 HV) [24].  Hardness values of the specimens 

foamed at 1350oC are comparable to those of specific cast titanium alloys (500 HV) 

[28].  

 

4.4.4.2 Compressive testing 

In this work, mechanical properties of the porous titanium alloy were evaluated by 

using compression tests resulting in stress-strain curves by which the elastic moduli 

and strengths of the alloys were determined. Typical stress-strain curves for the 

specimens foamed at 1100oC, 1225 oC and 1350oC have been presented in Figure 4.40 

with a remarkable difference in stress-strain behaviour being noted.  
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Figure 4.40: Typical compression stress-strain curves for the specimens foamed at different 
temperatures: (a & b) 1100oC, (c & d) 1225oC, and (e & f) 1350oC. 

 

The typical curves for the samples foamed at 1100oC as shown in Figure 4.40 (a and 

b) indicated a large amount of ductility in compression with three stages of 

deformation being apparent; an elastic deformation stage, second elastic (with larger 

strain) deformation stage and densification stage. The samples were able to sustain 

compression strains of more than 35% without collapse. The deformation ability of 

the foamed specimen is illustrated by the 2 photographs in Figure 4.41(a) (up to 60% 

strain). The ductility was found to be improved due to the stabilisation of β phase, 

which is more ductile than the other phases [410]. Figure 4.40(c and d) depicts a 

typical stress-strain response for the samples foamed at 1225oC with this curve being 

typical for ductile porous materials.  
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Figure 4.41: Pictures showing typical deformation of the foamed samples, (a) undeformed 
(upper image) and deformed (lower image) sample foamed at 1100oC, (b) 
deformed sample foamed at 1225oC; bottom and V shape of the compressed 
sample (upper image), (c) deformed sample foamed at 1350oC. 

  

 
According to Guden et al. [411] the curve can also be considered in three distinct 

deformation stages. In the first stage, the specimen is elastically compressed up to the 

proportional limit. In the second stage, inelastic deformation takes place under 

normal and shear forces, this region being observed between the proportion limit to 

maximum stress. In the last stage, at the maximum stress (compressive strength), 

deformation presumably begins to become non-uniform and localised to the shear 

band resulting in a reduction in the load carrying capacity of the deforming 

specimen. Occasionally, complete failure was observed at relatively large strains of 

the local deformation, illustrated by Figure 4.40(a & b) and Figure 4.41(a) -  lower 

image. 

 
Interestingly, the failure of the sample foamed at 1225oC occurred by separation of 

the sample, with a typical rupture section taking the appearance of a V shape or 

a b c 
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conical shape (Figure 4.41(b) - upper image). Similar findings have also been reported 

by previous researchers [47, 349]. In contrast, the curves shown in Figure 4.40(e & f) 

for typical specimens foamed at 1350oC were characteristic of brittle failure. The 

occurrence of an increase in brittleness for titanium alloys has previously been linked 

to the existence of oxygen in the porous metal [23]. The failures were found to be 

due to the separation of the sample (cleavage) starting from the corner as shown in 

Figure 4.41(c). This failure may be due to shear stresses on the shear band occurring 

around 45o to the loading direction [411]. Whilst the strengths of the specimens were 

higher than that of the less porous specimens foamed at 1100oC and 1225oC, the 

strain at maximum stress was significantly lower at generally less than 3%.  Of 

interest, the plateau regions commonly found in porous materials was not observed in 

the present study. A lower porosity [46] and/or a higher brittleness [23] of the 

samples were attributed to the disappearance of the plateau region. The presence of 

closed pore morphology may be linked to the increase in stress after yielding with 

the increase in strain in place of the plateau region (Figure 4.40(a & b)) [46].  

 

The fracture surfaces of foamed specimens were examined further by SEM and are 

shown in Figure 4.42. The samples foamed at 1100oC show a failure mode whereby 

the interpore walls experienced a high degree of deformation and some crack 

formation due to the application of compressive stress (Figure 4.42(a)). Small parts of 

the pore walls were pulled off by the crack after being severely deformed. Typical 

surface fractures of the samples foamed at 1225oC show shear and/ or normal 

stresses resulted in the coalescence of microvoids along the fracture path, dimples, 

and complete separation of the interpore walls. The presence of dimpled rupture on 

the fracture surface indicated the occurrence of ductile failure on the specimen 

(Figure 4.42(b)). A brittle failure on the specimen foamed at 1350oC was expected, 

and was confirmed since the surface fracture displayed interpore wall fracture 

resembling a more faceted mode of failure (Figure 4.42(c)). The fracture path was 

seen to propagate between pores which were in line with the shear band crossing the 

phases (Figure 4.42(d)).  
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Figure 4.42: Secondary electron micrographs showing a typical surface fracture of specimen 
foamed at (a) 1100oC (b) 1225oC (c) 1350oC. A backscattered electron 
micrograph (d) of a cross section of fractured specimen foamed 1350oC shows 
the fracture path propagating between pores crossing the phases. 

 

 

The Young’s moduli of the porous titanium alloys were determined in the initial 

linear elastic region of the compressive stress-strain curves with the results from 

several specimens foamed at 1100 oC, 1225 oC and 1350oC being presented in Figure 

4.43 as a function of pore volume fraction (f). 
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Figure 4.43 : Influence of pore volume fraction on the elastic modulus of foamed samples at 
1350oC, 1225oC and 1100oC.  

 

 

Figure 4.43 shows Young’s moduli and pore volume fraction of the porous titanium 

alloys foamed at 1100oC, 1225 oC and 1350oC. These are summarised in Table 4.3. 

 

 

Table 4.3 :  The elastic modulus of the fabricated porous titanium alloys foamed at 1100oC, 
1225 oC and 1350oC 

Foaming Temperature  

(oC) 

Pore volume fraction 

(%) 

Elastic modulus 

(GPa) 

1100 3.5-17.9 29.0-41.9 

1225 6.5-37.1 22.4-64.7 

1350 10.9-40.2 9.1-72.3 

 

 

In general, the elastic moduli of the porous alloys decreased with increasing pore 

volume fraction, whereas the degree of the elastic modulus reduction varied due to 

specific alloy phase development at the higher temperature. i.e. α phase formation at 

1225oC and 1350oC tended to induce high elastic modulus values. When the presence 

of porosity results in density loss, relative density, ρ*/ρs, then equates to 1-f. The 



157 
 

relationship between the elastic modulus and the pore volume fraction can be 

expressed by Equation 4.1 [382] which is derived from Equation 2.2, as written 

below: 

 

( )n

s

*

f1
E
E

−=  Equation 4.1 

 

Where: f is pore volume fraction 

 

By using Equation 4.3, Figure 4.43 can be redrawn to express either the relationship 

between Young’s Modulus and relative density (as shown in Figure 4.44) or the 

relative Young’s modulus as a function of relative density, as in Figure 4.45. 

 

 

Figure 4.44 : Influence of relative density on Young’s modulus of foamed samples at 
1350oC, 1225oC and 1100oC. R2 is coefficient of determination. 

 

 

Figure 4.44 shows the generation of theoretical curves of the porous alloys foamed at 

1100 oC, 1225 oC and 1350oC. Commonly, the value of the proportionality constant 
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(C1) in Equation 2.2 for a rigid polymer, metal or glass is 1. Thus the models can be 

written as follows: 

 

E* = 40.19 (1-f)1.137 Equation 4.2 

E* = 67.25 (1-f)1.814 Equation 4.3 

E* = 95.09 (1-f)2.152 Equation 4.4 

 

From the generated models, the elastic moduli of the fully dense alloys foamed at the 

specified temperatures can be estimated, giving values of 40.19, 67.25 and 95.09 

GPa, respectively. As expected, due to microstructural variations, the estimated 

Young’s moduli of fully dense titanium alloys were found to be in the range of 33–

117 GPa (based on the elastic modulus of β alloy, 33 GPa [228] and α alloy, 117 

GPa [412]).  

 

The relationship between the relative Young’s modulus and the relative density of 

the porous titanium alloys is presented on a log-log axis in Figure 4.45. 

 

 

Figure 4.45 : Plot of relative Young’s modulus versus relative density of foamed samples at 
1350oC, 1225oC and 1100oC  
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This figure shows the slopes of the straight lines connecting the data points of the 

porous materials with the corresponding fully dense materials, corresponding to the 

scaling exponent n and being regarded as a measure of the reduction of the elastic 

modulus [382]. This exponent reflects the foam parameters such as pore morphology 

and shape and arrangement of the pore walls [46]. Whilst the scaling exponents n of 

the specimens foamed at 1225oC and 1350oC were found to be 1.814 and 2.192 

respectively, they were still in the range  of 1.8-2.2 as indicated in the literature [319] 

with values of coefficient of determination (0.6137 and 0.5836). An n value of 1.149 

was found for samples foamed at 1100oC, indicating that an alteration in the relative 

density of the samples foamed at 1100oC resulted in only a slight change in the 

relative elastic modulus compared to that of the samples foamed at 1225 oC and 

1350oC. Besides the sensitivity of the elastic modulus to the microstructural 

parameters in which the samples contained predominantly β phase, the lower pore 

fraction and the fewer data available compared to those of samples foamed at 1225oC 

and 1350oC was attributed to the low n value attained. In this regards a further study 

for samples foamed at 1100oC is required.  

 

All of the foamed samples exhibited a similar tendency in that the elastic modulus 

increased with increasing relative density; the porous alloys foamed at 1100oC 

showed the lowest values of elastic modulus, with a general increase in modulus as 

the foaming temperature increased. The generally low values of stiffness in the 

samples foamed at 1100oC was attributed to the increased presence of β phase,  

which is known to possess the lowest elastic modulus of the three phases, i.e., β,  α 

and ω [25]. As mentioned earlier, an increase in the foaming temperature increased 

the proportion of α phase, thus leading to an increase in the elastic modulus. Thus 

the mechanical property evaluation was confirmed by the XRD and the 

microstructural analysis.  

 

The elastic moduli of the three sets of porous alloys, containing pore volume 

fractions in the range 3.5-40.2 vol%, were observed to vary between 9.1-76.2 GPa, 

thereby illustrating that a wide range of porosities and stiffnesses in β stabilised 

titanium can be achieved from elemental starting powders. The typical range of 

elastic modulus for natural bone was noted to vary between 10-40 GPa [2] and 
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therefore, the elastic modulus of the porous titanium alloys developed in the present 

investigation (9-76.2 GPa) is comparable with the reported elastic modulus for 

natural bone.  

Whilst the data points followed the general trends in the theory predicted from 

Equation 4.1, a significant amount of scatter was present within each foaming 

condition. This scatter was attributed to the presence of imperfections in the porous 

alloys such as irregular pore shapes, non uniform pore sizes, and random pore size 

and shape distributions [46], whereas the theory applicable to Equation 4.1 is based 

on an idealised microstructure, e.g. uniform cellular or pore shapes arranged in a 

cubic array.    

 

The yield strengths of the porous alloys determined by a strain offset of 0.002 of the 

curves as a function of relative density are presented in Figure 4.46. The figure shows 

similar trend to that of the elastic modulus, i.e. the yield strength increased with an 

increase in relative density whereas an increase in foaming temperature resulted in an 

increase in the yield strengths.   

 

 

 

Figure 4.46 : Plot of yield strength versus relative density of samples foamed at 1350oC, 
1225oC and 1100oC.  
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The yield strength of the porous titanium alloy foamed at 1100oC, 1225oC and 

1350oC was found to vary from 477 to 713 MPa, from 172 to 1124 MPa, and from 

58.67 to 1290 MPa, respectively, depending upon the degrees porosity. The increase 

in yield stress may be attributed to the amount of α phase present which was, during 

furnace cooling to room temperature, observed to increase with the increase in 

foaming temperature. The maximum value of the yield strength of the porous 

titanium alloy (porosity level of 15.3%; the sample foamed at 1350oC) was 

comparable to that of β Ti-Mo alloys developed by Delvat et al. [410]. The Ti-Mo 

alloys were fabricated using sintering of elemental powders at 1350oC for 2 hours 

with their compressive elastic limit observed at approximately 1100-1300 MPa, at 

porosity level of 5-10%. However, the deformation model was found to be different. 

Whilst the β Ti-Mo alloy showed high ductility deformation due to the presence of β 

phase, in the present study, failures were observed to occur by shear in planes 

diagonal to the loading axis which may be caused by the presence of brittleness and 

α phase within the porous Ti-Nb-Ta-Zr alloy. Within the same range of porosity 

level, whilst the failure strains of the porous titanium alloy were found to be 

considerably lower in comparison with those of other methods such as the powder 

compact technique [35, 47], and the space holder techniques [54, 349], the yield 

strengths were found to be relatively higher. In addition, the majority of the porous 

titanium alloys with porosity levels higher than 20% showed a higher yield strength 

in comparison with that of cortical bone (104-121 MPa [413]); therefore, possibly 

able to satisfy the strength requirement for the cortical bone replacement. Since the 

titanium alloy containing such composition is known to be heat treatable to obtain 

different microstructures [304], the lower failure strain could be further optimised by 

controlling the microstructure development through heat treatment.  

 

 

4.5 Summary 

Porous titanium alloys containing β stabilising elements, i.e. niobium, tantalum and 

zirconium have been fabricated by employing a powder metallurgy process based on 

an argon gas pressurised pore expansion method using elemental powders as starting 

materials, and subsequently tested and analysed. This fabrication procedure involved; 
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powder mixing, pressurised gas infusions, densification using HIP-ing and pore 

expansion at elevated temperatures. A nominal composition of the β titanium alloy, 

i.e. Ti-29Nb-13Ta-4.6Zr was used in this study. Following fabrication, the specimens 

were subjected to phase identification and microstructural and pore size examination 

as well as compressive testing for mechanical properties evaluation.  

 

The HIP-ing procedure was carried out at 1100oC for 4 hours in order to promote 

increased alloying due to the high melting temperature of the β stabilising elements. 

After the HIP-ing, the grain boundaries of the particles have been shown to be 

diffused but the dissolution of the particles was still incomplete, especially in the 

case of tantalum. Whilst the stabilisation of homogenous β areas was observed in the 

area with a large amount of dissolved niobium, a two-phase structure (α+β) was also 

observed. Phase identification revealed the presence of predominantly β phase which 

indicating a portion of the titanium alloy to have allotropically transformed from 

α phase to β phase. The presence of the applied stress during the HIP-ing and a 

higher content of niobium which acts as β phase nucleating agent may stabilise 

β phase during furnace cooling. The initial porosities in the HIP-ed alloys were 

estimated to be <5%. The initial porosity which was attributed to incomplete 

dissolution between the elemental powders showed the tendency to increase with the 

increase of argon backfill pressure. In most cases, the pore size diameters were 

predominantly found in the range of 4.5-6 µm.  

 

The microstructure of the specimens foamed at 1100oC showed evidence of alloying 

through particle dissolution. The tantalum and niobium particles became diffused and 

indistinguishable. Microstructural and a chemical inhomogeneities were apparent as 

a prominent light area representing β phase, with higher composition of β stabilising 

elements (i.e. niobium, tantalum, zirconium), and a smaller dark area representing 

α phase with higher composition of titanium were also observed. The porosity level 

of the specimens foamed at 1100oC/0.86 MPa was approximately 17.3%. The pore 

morphology of the samples was found to be very discrete with typical pore sizes in 

the range of 3-75 µm. The development of α phase could be observed at the higher 

foaming temperature (1225oC) indicated by the dark area which became larger. The 

pore morphology still remained discrete with slight coalescence of pores being 
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observed and pore size of typically 7.5-189µm on the specimen with the maximum 

porosity level (37.1 vol %). The α phase was found to increase by forming α 

platelets within β phase matrix when the foaming temperature was increased to 

1350oC. At this temperature, creep deformation of the material increased allowing 

the pores to grow considerably larger with the porosity level reaching 40.2% and 

pores sizes of typically 8–200 µm. Many pores that had coalesced sometimes became 

interconnected due to rupturing pore walls. It was also found that the majority of 

porous titanium alloy samples with a higher initial porosity exhibited a higher 

foaming rate.  

 

The OCP measurements indicated that specimens foamed at 1100oC were more noble 

compared to specimens foamed at the other two temperatures, and the passive film 

formation was continuing during one hour measurement. Steady state potentials were 

not reached but the corrosion potentials steadily increased in a diminishing trend. 

Potentiodynamic polarisation measurements showed similar tendency in that the 

specimen foamed at 1100oC possessed a higher pitting and crevice corrosion 

resistance.  Those values are comparable to those of Ti-6Al-4V or CP Ti.  

 

Hardness values of the specimens increased with increasing of foaming temperature 

of 1100oC, 1225oC and 1350oC  with the values of 340 HV, 414HV and 470 HV 

respectively, due to the development of α phase at the higher foaming temperatures. 

A restricted development of α phase at lower foaming termperatures narrowed the 

scatter of the hardness values. The compressive stress-strain curves of the samples 

foamed at 1100o, 1225o and 1350oC showed clear differences in stress-stain 

behaviour. The typical stress-strain curves for specimens foamed at 1100oC 

demonstrated a high ductility in compression indicated by their ability to be 

deformed (up to 50%) without collapse. The ductility may be due to the presence of 

the prominent β phase. Whilst the stress-strain curves of the specimens foamed at 

1225oC showed a typical pattern for ductile porous materials, specimens foamed at 

1350oC showed behaviour typical of brittle failure which may due to the increase of 

α phase and the brittleness which is linked to the existence of oxygen in the porous 

metal. All the foamed specimens demonstrated a similar trend in which Young’s 

modulus decreased with the increase of porosity. The elastic moduli of the porous 
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titanium alloys foamed at 1100oC were found to be the lowest values with a general 

increase in modulus when the foaming temperature increased to 1225oC and further 

to 1350oC. Whilst the Young’s modulus of  the three sets of fabricated porous alloys 

containing pore volume fractions in the range of 3.5-40.2 vol% were found to vary 

between 9.1-76.2 GPa, the yield strengths varied between 477-713 MPa and 172-

1124 MPa and 58.67–1290 MPa, respectively, with respect to the pore volume 

fractions. Considering the results, a wide range of porosities, stiffnesses and 

strengths in β stabilised titanium can thus be achieved from elemental starting 

powder. The magnitude of the measured elastic modulus can be estimated by the 

model developed by Wanner derived from the Gibson-Ashby model in which the 

relationship between relative Young’s modulus and relative density is determined by 

the scaling exponent, n. This parameter, n, was found to increase with the increase of 

foaming temperature (n: 1.137, 1.814 and 2.152 respectively). 

 

In addition, electron microscopy confirmed that the three sets of porous alloy 

specimens exhibited remarkable differences in failure mode. A high degree 

deformation of the metal matrix was observed on specimens foamed at 1100oC 

indicating the existence of a very ductile failure mode. Specimens foamed at 1225oC 

showed a ductile fracture mode composed of dimples on the separated interpore 

walls, whereas the fracture surface of specimens foamed at 1350oC resembled a more 

faceted mode of failure. Overall, it is clear that pore volume fraction and 

microstructures may play a dominant role in determining the mechanical properties 

of the porous titanium alloys. It should be noted that the range of elastic moduli, pore 

size and pore volume fraction exhibited in this study for the fabrication of porous 

titanium alloys included the typical range of values noted for materials for use in 

biomedical applications. Therefore, this porous titanium alloy is expected to be a 

promising candidate for low stiffness biocompatible implant materials. 
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Chapter 5  

Conclusions and Recommendations 

 

 

5.1 Conclusions 

Porous titanium alloy samples containing β stabilising elements with low toxicity, 

i.e. niobium, tantalum and zirconium developed using a powder metallurgy technique 

incorporating elemental powders as starting materials, and based on the pressurised 

pore expansion argon gas technique have been fabricated and subsequently examined 

for phase composition, microstructure and mechanical properties. The following 

points summarise and conclude this study. 

 

The HIP-ing of blended elemental powders carried out at 1100oC/100MPa/4 hours 

resulted in titanium alloy billets possessing the following characteristics: 

• β phase was predominantly identified.  

• Three distinct areas were observed, i.e.; incomplete dissolution areas mainly 

relating to tantalum particles; the two-phase structure areas - those containing 

titanium and niobium; and homogenous β areas with a large amount of 

dissolved niobium being detected 

• The mean values of initial porosity were at less than 5%.  The initial porosity 

showed a tendency to increase with the increase of argon backfill pressure. 

 

The fabricated porous titanium alloy foamed at 1100o, 1225o and 1350oC with 

various argon backfill pressures (0.34, 0.49, 0.68 and 0.86 MPa) achieved porosity 

levels in the range of 3.5–17.9 %, 6.5-37.1 %, and 14.8-40.2 %, respectively. Pore 

size distribution analysis of the three sets of foamed alloys showed that the highest 

pore area fraction was attained by pore sizes in the range of 18.2-110.8 µm, while 

pore sizes of up to approximately 200 µm were achieved. Each group of the 

fabricated porous titanium alloys exhibited a similar trend where the porosity level 

increased with increased argon backfill pressure.   
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Microstructures of the porous titanium alloys foamed at 1100oC exhibited the 

presence of a prominent β phase with a small amount of α phase. The development 

of α phase could be observed when the foaming temperature was increased to 

1225oC and further to 1350oC indicated by the appearances of larger darker areas 

(representing α phase) and a platelets within the β phase matrix (represented by grey 

areas), respectively.  

 

Electrochemical corrosion measurements showed that specimens foamed at 1100oC 

were more noble compared to specimens foamed at the other two temperatures. To 

reiterate, in the OCP testing, steady state potentials were not reached but the 

corrosion potentials steadily increased in a diminishing trend. Potentiodynamic 

polarisation measurements showed similar tendency in that the specimen foamed at 

1100oC possessed a higher pitting and crevice corrosion resistance.   

 

Hardness values of the specimens were shown to increase with increasing foaming 

temperature of 1100oC, 1225oC and 1350oC  with the values of 340 HV, 414HV and 

470 HV respectively, due to the development of α phase at the higher foaming 

temperatures. A restricted development of α phase at lower foaming termperature 

narrowed  the scatter of hardness values.  

 

A general trend being noted is that all of the porous titanium alloys demonstrated a 

decrease in both the elastic modulus and yield strength with increase of pore volume 

fraction. The porous titanium alloys foamed at 1100oC exhibited the lowest values of 

elastic modulus and yield strength (29-41.9 GPa and 477-713 MPa, respectively) 

with a general increase in modulus as the foaming temperature increased to 1225oC 

(22.3-65,7 GPa and 172-1124 MPa, respectively)  and 1350oC (9.1-76.2 GPa and 

58.7–1290 MPa, respectively). The magnitude of the measured elastic modulus can 

be estimated by Wanner’s model derived from the Gibson-Ashby model in which the 

scaling exponent, n, was found to increase with the increase in foaming temperature 

(n: 1.137, 1.814 and 2.152 respectively). The failure modes of the three sets of 

porous alloys were found to be clearly different. Porous titanium alloys foamed at 

1100oC indicated a very ductile failure mode. Whilst a ductile fracture mode, 

demonstrated by the presence of dimples on the separated interpore surfaces, was 
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found in the porous titanium foamed at 1225oC, the fracture surface of the porous 

alloys foamed at 1350oC resembled a more faceted mode of failure indicating a 

brittle failure mode. 

 

Considering that the current results, in terms of the microstructure, porosity levels 

and pore size, and the mechanical properties of the porous titanium alloy containing 

low toxicity elements, has included the typical range of values noticed for materials 

used in biomedical applications, this porous titanium alloy thus is expected to be a 

promising candidate for low stiffness biocompatible implant materials. 

  

 

5.2 Recommendations for future work 

Based on the outcomes of this study, future work is necessary. The obvious focus 

should be on the improvement of the mechanical properties performance, but 

investigations into other performance and fabrication aspects should be carried out as 

well. 

 

1. Fabrication process variations 

The ability in varying the argon backfill pressure and foaming temperature 

during the foaming procedure combined with variations in either powder size or 

powder shape to affect porosity and other characteristics should be studied. Care 

should be taken during the argon backfilling and sealing process, as this stage is 

a critical process since the pressurised pore gas expansion is a key aspect and a 

driving force for the foaming process. Through a study of this type, a superior 

combination may be revealed which results in higher porosity or better 

mechanical performance or both. For example, an optimum combination of 

powder size and argon backfill pressure for foaming at a certain temperature 

may increase the porosity and the strength of the porous titanium alloys 

incorporating an optimisation of the elastic modulus. The study of near, but 

varied, compositions of the β titanium alloys, should be considered in order to 

further optimise the achievable elastic modulus values in relation to natural 

bone. 
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2. Mechanical properties evaluation 

Further mechanical property tests can be undertaken, e.g. incorporating 

parameter variations, such as strain rate and/or specimen size. The interest in 

strain rate dependent properties of the porous titanium alloys for biomedical 

applications purposes simply arises from the fact that the mechanical properties 

of bone are known to be strain rate sensitive [414].  

 

3. Biocompatible performance 

In vitro assessment, for instance by soaking the porous alloy into simulated body 

fluid, would help to ascertain the effect of porosity on the bioactivity of the 

porous titanium alloys, since titanium and its alloys are bioinert materials which 

commonly exhibit low bioactivity.  
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Appendix A : Series of spreadsheets for pore fraction 

calculation  

 
Specimen   : Foamed at 1350oC/0.86 MPa/10 hrs (F30_125_1350) 

Optical magnification : 10X 

Micrographs   : 20 pieces 

Linear scale factor       :  1.368 

Image size 1605 x 1200  px^2 =  1926000 px^2 = 1029163 µm^2 

 

A1 :  Pore area fraction of specimen foamed at 1350oC/0.86 MPa/10 hrs (F30_125_1350)  
 

No Micrographs Count 
Pore total 

Area  
Pore Area 
Fraction 

1 F30_125_1350-1.tif 479 414072,375 40,2 
2 F30_125_1350-2.tif 295 423539,29 41,1 
3 F30_125_1350-3.tif 338 429816,042 41,7 
4 F30_125_1350-4.tif 267 405628,95 39,4 
5 F30_125_1350-5.tif 292 419240,296 40,7 
6 F30_125_1350-6.tif 438 415746,891 40,3 
7 F30_125_1350-7.tif 330 427467,967 41,5 
8 F30_125_1350-8.tif 364 386205,101 37,5 
9 F30_125_1350-9.tif 387 375679,801 36,5 
10 F30_125_1350-10.tif 556 379805,982 36,9 
11 F30_125_1350-11.tif 561 379905,271 36,9 
12 F30_125_1350-12.tif 504 388308,444 37,7 
13 F30_125_1350-13.tif 567 408021,041 39,6 
14 F30_125_1350-14.tif 453 375781,777 36,5 
15 F30_125_1350-15.tif 340 432458,238 42 
16 F30_125_1350-16.tif 256 441555,368 42,8 
17 F30_125_1350-17.tif 398 396436,822 38,5 
18 F30_125_1350-18.tif 602 336577,708 32,7 
19 F30_125_1350-19.tif 433 383503,874 37,2 
20 F30_125_1350-20.tif 586 363015,203 35,2 
         
  Average 422,45 399138,322 38,7 
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A2 : Pore size diameter list of F30_125_1350-8.tif micrograph 
 
 

No 
Area 
(mm) 

Diameter 
(mm) 

Groups 

1 128,809 12,81 D 
2 6775,886 92,88 L 
3 379,986 22,00 F 
4 75,675 9,82 C 
5 2042,695 51,00 J 
6 57,427 8,55 B 
7 290,357 19,23 F 
8 128,809 12,81 D 
9 27283,876 186,38 P 

10 1871,486 48,81 J 
11 289,82 19,21 F 
12 332,756 20,58 F 
13 3177,823 63,61 K 
14 1063,21 36,79 H 
15 611,306 27,90 G 
16 108,951 11,78 D 
17 137,933 13,25 D 
18 265,668 18,39 E 
19 132,029 12,97 D 
20 92,85 10,87 C 
21 1439,44 42,81 I 
22 1143,716 38,16 I 
23 88,019 10,59 C 
24 266,205 18,41 E 
25 230,783 17,14 E 
26 92,85 10,87 C 
27 88,556 10,62 C 
28 100,364 11,30 C 
29 257,618 18,11 E 
30 876,437 33,41 H 
31 61,721 8,86 B 
32 70,845 9,50 C 
33 307,531 19,79 F 
34 445,464 23,82 G 
35 2123,2 51,99 J 
36 137,933 13,25 D 
37 178,186 15,06 E 
38 88,556 10,62 C 
39 1788,834 47,72 J 
40 1204,9 39,17 I 
41 174,965 14,93 E 
42 8268,459 102,60 M 
43 81,042 10,16 C 
44 283,916 19,01 F 

No 
Area 
(mm) 

Diameter 
(mm) 

Groups 

45 69,235 9,39 C 
46 296,261 19,42 F 
47 62,794 8,94 B 
48 112,171 11,95 D 
49 515,772 25,63 G 
50 137,933 13,25 D 
51 68,698 9,35 C 
52 60,111 8,75 B 
53 72,455 9,60 C 
54 370,862 21,73 F 
55 46,693 7,71 B 
56 2849,361 60,23 K 
57 834,574 32,60 H 
58 472,836 24,54 G 
59 180,869 15,18 E 
60 128,272 12,78 D 
61 817,4 32,26 H 
62 80,506 10,12 C 
63 96,607 11,09 C 
64 58,501 8,63 B 
65 207,704 16,26 E 
66 57,964 8,59 B 
67 1174,845 38,68 I 
68 166,915 14,58 D 
69 151,887 13,91 D 
70 194,287 15,73 E 
71 177,649 15,04 E 
72 1134,055 38,00 I 
73 305,384 19,72 F 
74 48,84 7,89 B 
75 9517,369 110,08 M 
76 1040,669 36,40 H 
77 142,227 13,46 D 
78 1232,272 39,61 I 
79 212,535 16,45 E 
80 826,524 32,44 H 
81 97,143 11,12 C 
82 50,45 8,01 B 
83 52,597 8,18 B 
84 137,933 13,25 D 
85 157,791 14,17 D 
86 49,377 7,93 B 
87 44,01 7,49 B 
88 53,134 8,23 B 
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No 
Area 
(mm) 

Diameter 
(mm) 

Groups 

89 349,931 21,11 F 
90 246,347 17,71 E 
91 870,534 33,29 H 
92 2972,266 61,52 K 
93 150,277 13,83 D 
94 106,267 11,63 C 
95 54,744 8,35 B 
96 302,701 19,63 F 
97 256,008 18,05 E 
98 131,492 12,94 D 
99 70,308 9,46 C 

100 711,669 30,10 H 
101 82,116 10,23 C 
102 7025,453 94,58 M 
103 345,637 20,98 F 
104 160,474 14,29 D 
105 59,037 8,67 B 
106 4000,054 71,37 K 
107 295,724 19,40 F 
108 1600,988 45,15 I 
109 371,936 21,76 F 
110 127,199 12,73 D 
111 254,934 18,02 E 
112 137,396 13,23 D 
113 6603,067 91,69 L 
114 59,037 8,67 B 
115 96,607 11,09 C 
116 15555,824 140,73 N 
117 189,993 15,55 E 
118 1016,517 35,98 H 
119 144,373 13,56 D 
120 601,645 27,68 G 
121 1066,431 36,85 H 
122 107,877 11,72 C 
123 199,117 15,92 E 
124 317,729 20,11 F 
125 50,45 8,01 B 
126 247,957 17,77 E 
127 685,907 29,55 H 
128 112,171 11,95 D 
129 46,157 7,67 B 
130 57,964 8,59 B 
131 528,653 25,94 G 
132 474,983 24,59 G 
133 47,23 7,75 B 
134 48,303 7,84 B 

No 
Area 
(mm) 

Diameter 
(mm) 

Groups 

135 7825,142 99,82 M 
136 390,72 22,30 F 
137 362,812 21,49 F 
138 153,497 13,98 D 
139 791,101 31,74 H 
140 83,189 10,29 C 
141 49,913 7,97 B 
142 52,06 8,14 B 
143 1027,251 36,17 H 
144 240,443 17,50 E 
145 65,478 9,13 B 
146 573,2 27,02 G 
147 5480,283 83,53 L 
148 664,976 29,10 G 
149 3035,597 62,17 K 
150 123,979 12,56 D 
151 237,76 17,40 E 
152 338,66 20,77 F 
153 3992,54 71,30 K 
154 260,301 18,21 E 
155 1539,267 44,27 I 
156 143,837 13,53 D 
157 776,074 31,43 H 
158 2071,677 51,36 J 
159 277,476 18,80 F 
160 1591,327 45,01 I 
161 75,139 9,78 C 
162 103,584 11,48 C 
163 132,029 12,97 D 
164 1743,751 47,12 J 
165 46,157 7,67 B 
166 428,29 23,35 F 
167 421,849 23,18 F 
168 56,354 8,47 B 
169 1855,922 48,61 J 
170 2037,864 50,94 J 
171 45,083 7,58 B 
172 47,767 7,80 B 
173 203,411 16,09 E 
174 883,951 33,55 H 
175 53,134 8,23 B 
176 2657,757 58,17 J 
177 518,993 25,71 G 
178 2626,629 57,83 J 
179 8666,694 105,05 M 
180 146,52 13,66 D 
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No 
Area 
(mm) 

Diameter 
(mm) 

Groups 

181 354,225 21,24 F 
182 221,122 16,78 E 
183 112,171 11,95 D 
184 78,359 9,99 C 
185 96,607 11,09 C 
186 64,404 9,06 B 
187 153,497 13,98 D 
188 6086,758 88,03 L 
189 13178,763 129,54 N 
190 219,512 16,72 E 
191 407,358 22,77 F 
192 179,796 15,13 E 
193 101,437 11,36 C 
194 65,478 9,13 B 
195 88,556 10,62 C 
196 1089,509 37,25 I 
197 1737,31 47,03 J 
198 148,667 13,76 D 
199 44,01 7,49 B 
200 84,799 10,39 C 
201 284,99 19,05 F 
202 95,533 11,03 C 
203 523,286 25,81 G 
204 115,391 12,12 D 
205 492,157 25,03 G 
206 179,796 15,13 E 
207 65,478 9,13 B 
208 1666,465 46,06 I 
209 570,516 26,95 G 
210 454,051 24,04 G 
211 1554,831 44,49 I 
212 50,45 8,01 B 
213 265,132 18,37 E 
214 194,287 15,73 E 
215 472,299 24,52 G 
216 1401,334 42,24 I 
217 451,905 23,99 G 
218 669,27 29,19 G 
219 1016,517 35,98 H 
220 1465,201 43,19 I 
221 52,597 8,18 B 
222 90,703 10,75 C 
223 133,639 13,04 D 
224 6712,555 92,45 L 
225 229,709 17,10 E 
226 3003,395 61,84 K 

No 
Area 
(mm) 

Diameter 
(mm) 

Groups 

227 148,667 13,76 D 
228 62,258 8,90 B 
229 3848,166 70,00 K 
230 171,745 14,79 D 
231 146,52 13,66 D 
232 45,083 7,58 B 
233 577,493 27,12 G 
234 116,465 12,18 D 
235 781,441 31,54 H 
236 242,59 17,57 E 
237 89,093 10,65 C 
238 552,805 26,53 G 
239 25568,034 180,43 O 
240 48,84 7,89 B 
241 378,376 21,95 F 
242 13987,039 133,45 N 
243 165,841 14,53 D 
244 240,443 17,50 E 
245 699,862 29,85 H 
246 2464,544 56,02 J 
247 107,877 11,72 C 
248 98,754 11,21 C 
249 45,62 7,62 B 
250 246,347 17,71 E 
251 100,364 11,30 C 
252 150,814 13,86 D 
253 61,184 8,83 B 
254 193,213 15,68 E 
255 589,838 27,40 G 
256 8081,15 101,44 M 
257 55,28 8,39 B 
258 234,54 17,28 E 
259 60,111 8,75 B 
260 98,217 11,18 C 
261 44,546 7,53 B 
262 3248,668 64,31 K 
263 225,416 16,94 E 
264 1274,672 40,29 I 
265 222,195 16,82 E 
266 2935,233 61,13 K 
267 194,287 15,73 E 
268 328,999 20,47 F 
269 219,512 16,72 E 
270 207,168 16,24 E 
271 4899,033 78,98 L 
272 170,672 14,74 D 
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No 
Area 
(mm) 

Diameter 
(mm) 

Groups 

273 374,619 21,84 F 
274 105,194 11,57 C 
275 596,815 27,57 G 
276 84,263 10,36 C 
277 214,145 16,51 E 
278 9717,023 111,23 M 
279 307,531 19,79 F 
280 718,11 30,24 H 
281 334,903 20,65 F 
282 1126,005 37,86 I 
283 611,842 27,91 G 
284 3633,485 68,02 K 
285 653,169 28,84 G 
286 950,502 34,79 H 
287 132,566 12,99 D 
288 178,186 15,06 E 
289 5291,9 82,08 L 
290 329,536 20,48 F 
291 70,308 9,46 C 
292 232,393 17,20 E 
293 165,841 14,53 D 
294 374,619 21,84 F 
295 15278,348 139,47 N 
296 94,46 10,97 C 
297 220,585 16,76 E 
298 120,758 12,40 D 
299 260,301 18,21 E 
300 817,4 32,26 H 
301 146,52 13,66 D 
302 581,787 27,22 G 
303 203,411 16,09 E 
304 52,597 8,18 B 
305 227,562 17,02 E 
306 516,309 25,64 G 
307 72,992 9,64 C 
308 638,141 28,50 G 
309 75,139 9,78 C 
310 53,134 8,23 B 
311 521,139 25,76 G 
312 178,722 15,08 E 
313 185,7 15,38 E 
314 46,157 7,67 B 
315 109,488 11,81 D 
316 1525,849 44,08 I 
317 89,63 10,68 C 
318 69,771 9,43 C 

No 
Area 
(mm) 

Diameter 
(mm) 

Groups 

319 49,377 7,93 B 
320 187,31 15,44 E 
321 2115,15 51,90 J 
322 260,838 18,22 E 
323 99,827 11,27 C 
324 525,97 25,88 G 
325 77,822 9,95 C 
326 294,65 19,37 F 
327 51,524 8,10 B 
328 783,051 31,58 H 
329 6722,216 92,51 L 
330 841,015 32,72 H 
331 113,245 12,01 D 
332 43,473 7,44 B 
333 133,639 13,04 D 
334 78,895 10,02 C 
335 507,722 25,43 G 
336 50,45 8,01 B 
337 202,874 16,07 E 
338 3789,129 69,46 K 
339 327,389 20,42 F 
340 520,066 25,73 G 
341 67,088 9,24 B 
342 280,159 18,89 F 
343 211,998 16,43 E 
344 288,21 19,16 F 
345 191,603 15,62 E 
346 319,875 20,18 F 
347 125,589 12,65 D 
348 431,51 23,44 F 
349 283,916 19,01 F 
350 311,825 19,93 F 
351 452,441 24,00 G 
352 459,955 24,20 G 
353 150,277 13,83 D 
354 243,127 17,59 E 
355 57,964 8,59 B 
356 50,987 8,06 B 
357 349,931 21,11 F 
358 377,839 21,93 F 
359 153,497 13,98 D 
360 338,66 20,77 F 
361 151,887 13,91 D 
362 117,538 12,23 D 
363 74,602 9,75 C 
364 44,01 7,49 B 
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A3 : A summary of diameter ranges of F30_125_1350-8.tif micrograph 
 

No D Range(um) groups frequency Area 
% 

area 
% 

frequency 
 0 X 0 0 0   

1 7,420072 B 54 2874,59 0,00744 0,14835 
2 9,341317 C 47 4111,69 0,01065 0,12912 
3 11,76002 D 50 6927,77 0,01794 0,13736 
4 14,80499 E 53 11596,6 0,03003 0,1456 
5 18,63838 F 42 14139,5 0,03661 0,11539 
6 23,46433 G 32 17346,8 0,04492 0,08791 
7 29,53984 H 23 19896,2 0,05152 0,06319 
8 37,18845 I 17 23164,7 0,05998 0,0467 
9 46,81749 J 13 27136,8 0,07027 0,03571 

10 58,93972 K 12 40485,7 0,10483 0,03297 
11 74,20072 L 8 48571,7 0,12577 0,02198 
12 93,41317 M 7 59101,3 0,15303 0,01923 
13 117,6002 N 4 58000 0,15018 0,01099 
14 148,0499 O 1 25568 0,0662 0,00275 
15 186,3838 P 1 27283,9 0,07065 0,00275 
             

     364 386205 1 1 
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A3:  A figure of a typical pore size distribution micrograph sample foamed at 1350oC/0.86 
MPa/10 hours particularly for F30_125_1350-8 micrograph (obtained from A3 data) 
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A4 : Average of pore size range of F30_125_1350 specimen calculated from 20 

micrographs 
 

No 
D 

Range(um) 
Stdev 

% 
area 

% 
frequency 

          

1 7,53691 2,22207 0,00768 0,126199 

2 9,4884 2,79742 0,01294 0,136846 

3 11,9452 3,52174 0,02007 0,135947 

4 15,0381 4,43361 0,02942 0,1287 

5 18,9319 5,58158 0,04091 0,115643 

6 23,8338 7,02679 0,05403 0,099041 

7 30,005 8,84621 0,0583 0,067952 

8 37,774 11,1367 0,08034 0,058785 

9 47,5547 14,0203 0,10008 0,047682 

10 59,8678 17,6505 0,11074 0,032961 

11 75,3691 22,2207 0,11458 0,021264 

12 94,884 27,9742 0,12431 0,015142 

13 119,452 35,2174 0,08708 0,00714 

14 150,381 44,3361 0,08396 0,004304 

15 189,319 55,8158 0,07104 0,002393 
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A5 : A figure of a typical pore size distribution micrograph sample foamed at 

1350oC/0.86Mpa/10hours   (F30_125_1350) 
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Appendix B : Calibration data of the Clip Gages  
 

B1 : Calibration data of the clip gage 1 (Chanel 1) 
 

No mm 
P3-Chanel 1-C4 CLIP GAGE 1 

1 2 3 4 5 6 7 Average StDev 

1 16 11 10 37 11 7 11 17 14,8571 10,2050 

2 15 445 447 429 498 447 427 477 452,8571 25,7839 

3 14 1072 1069 1066 1089 1071 1068 1069 1072,0000 7,7460 

4 13 1720 1716 1700 1729 1711 1755 1715 1720,8571 17,4301 

5 12 2369 2367 2354 2361 2343 2366 2337 2356,7143 12,5527 

6 11 3112 3134 3098 3094 3096 3133 3098 3109,2857 17,5377 

7 10 3875 3858 3856 3860 3838 3865 3850 3857,4286 11,6025 

8 9 4640 4628 4615 4619 4636 4636 4620 4627,7143 9,8778 

9 8 5409 5390 5394 5386 5369 5400 5383 5390,1429 12,7988 

10 7 6189 6173 6200 6145 6178 6158 6165 6172,5714 18,6267 

11 6 6970 6944 6956 6941 6921 6947 6928 6943,8571 16,4462 

12 5 7721 7704 7710 7677 7675 7721 7719 7703,8571 20,0369 

13 4 8441 8442 8450 8449 8430 8434 8446 8441,7143 7,4992 

 
B21 : Calibration data of the clip gage 2 (Chanel 2) 

 

No mm 
P3-Chanel 2-C3 CLIP GAGE 2 

1 2 3 4 5 6 7 Average St Dev 

1 16 2 5 1 5 7 8 4 4,5714 2,5071 

2 15 136 138 150 121 139 136 140 137,1429 8,5718 

3 14 754 793 795 803 849 769 790 793,2857 29,8480 

4 13 1468 1476 1459 1463 1493 1488 1483 1475,7143 12,9321 

5 12 2177 2174 2172 2166 2188 2177 2162 2173,7143 8,4205 

6 11 2862 2857 2859 2859 2852 2866 2844 2857,0000 7,1647 

7 10 3700 3654 3646 3656 3636 3650 3635 3653,8571 21,9274 

8 9 4464 4451 4446 4462 4436 4448 4449 4450,8571 9,5991 

9 8 5278 5260 5255 5261 5248 5265 5255 5260,2857 9,5169 

10 7 6085 6070 6082 6082 6071 6083 6076 6078,4286 6,0788 

11 6 6916 6901 6898 6891 6900 6903 6895 6900,5714 7,8921 

12 5 7724 7722 7721 7719 7713 7729 7728 7722,2857 5,4685 

13 4 8546 8552 8558 8540 8551 8545 8574 8552,2857 11,1761 
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B3:  Linier relationship between clip gage measurement and micrometer 
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Appendix C : P3 data acquisitions from the clip gage  

 
 

Specimen  Foamed at 1225oC/0,67 MPa/10 hrs  (F31_100_1225 __1) 
 
 
Vishay Model P3 Strain Indicator and Recorder    
 
Serial No    :  170055  
  
File Created :  12/03/2009 13:41:33 
  
  Ch 1 Ch 2 
  ue ue 
  ---- ---- 
13:41:33 -5365 -5145  
13:41:34 -5371 -5151  
13:41:35 -5378 -5158  
13:41:36 -5384 -5165  
13:41:37 -5390 -5171  
13:41:38 -5397 -5179  
13:41:39 -5402 -5184  
13:41:40 -5406 -5188  
13:41:41 -5412 -5195  
13:41:42 -5416 -5199  
13:41:43 -5422 -5206  
13:41:44 -5426 -5210  
13:41:45 -5431 -5214  
13:41:46 -5435 -5218  
13:41:47 -5440 -5223  
13:41:48 -5445 -5229  
13:41:49 -5449 -5233  
13:41:50 -5455 -5239  
13:41:51 -5459 -5244  
13:42:06 -5529 -5317  
13:42:07 -5535 -5323  
13:42:08 -5539 -5327  
13:42:09 -5543 -5332  
 
 
 
13:46:39 -6896 -6747  
13:46:40 -6902 -6753  
13:46:41 -6906 -6757  
13:46:42 -6912 -6763  
13:46:43 -6916 -6767  
13:46:44 -6922 -6774  
13:46:45 -6927 -6779  
13:46:46 -6933 -6785  
 
------------------------------------------ 
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Appendix D :  Spreadsheet sample for the compressive 
property calculation  

 
NOTES : 
 
A particular cell, C, in the following spreadsheet is identified by its column, i, and its 
row, j. Whilst the capital leter(s) is (are) assigned to identify a column, a number 
used to identify a row, e.g. Cij = cell AB210 is a cell located in column AB at row 
210. And k is asigned as column index number. 
 
Cell formulas : 
 
D6 to I6, m : = SLOPE (i15:i1213, i25:i2213), i1=BG, BH, BI, …,BL, i2 = BA, BB, BC, 

…, BF 

D7 to I7, c : = INTERCEPT (i15:i1213, i25:i2213), i1=BG, BH, BI, …,BL, i2 = BA, BB, 

BC, …, BF 

D8 to I8, r : = CORREL (i15:i1213, i25:i2213), ), i1=BG, BH, BI, …,BL, i2 = BA, BB, 

BC, …, BF 

D9 to I9, ∆D: = -i7/i6, I = D, E, F,…,I 

D10 to I10, Fmax: = MIN(i:i), I = N, N, N, T, T, T 

D11 to I11,D : = VLOOKUP (i110,i2: i3,k, FALSE)*D14, i1=D, E,F, …,I, i2 = N, N, N, T, 

T, T, k = 34,35, 36, 31, 32, 33,  i3=AU, AV, AW,…,AZ 

D15 to I15, σmax: = MAX(i:i), I = R, R, R, X, X, X 

D16 to I16, E : = i6*0.001, i = D,E,F,G,H,I 

D17 to I17, εmax : = VLOOKUP(i115,i2: i3,k, FALSE), ), i1=D,E,F,…,I,  i2 = R,R,R, X,X,X, k 

= 30, 31,32, 27,28,29, i3=AU,AV,AW,…,AZ 

D18 to I18, σys : = VLOOKUP(MIN(i:i), i1$6:i2$320,k,FALSE),  i1= O,P,Q,U,V,W, i2= 

R,R,R, X,X,X, k =4,3,2 ,4,3,2 

D19 to I19, εys : = VLOOKUP(i115,i2: i3,k, FALSE), ), i1=D,E,F,G,H,I,  i2 = U, U, U, AD, 

AD, AD,  k =38,39,40, 33,34,35,  i3=BF, BG, BH, BJ,BK, 

BL 

 

Y4 = 11398/747,35-(-1*Y5/747,35)  

Z4 = 11576/781,95-(-1*Z5/781,95) 

 

Extension (see the spreadsheet on cells AC3,…,AH3) 

ACj = 11398/747,35-(-1*Y5/747,35)-$Y$4, j = 5,6,7… 

ADj = 11576/781,95-(-1*Z5/781,95)-$Z$4, j = 5,6,7… 

AEj = AVERAGE(ACj;ADj), j = 5,6,7… 
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All Srain Curve (see the spreadsheet on cells AI3,…,AN3) 

AIj = -ACj/$D$14, j = 5,6,7… 

AJj = -ADj//$D$14, j = 5,6,7… 

AKj = AVERAGE(AIj:AJj) , j = 5,6,7… 

 

SLOPE FORMULA (see the spreadsheet on cells BA2,…,BL2) 

Strain (see the spreadsheet on cells BA3,…,BF3) 

BAj = IF(AND(AOj>=$D$4;AOj<=$D$5);AOj;""), j = 5,6,7… 

BBj = IF(AND(APj>=$E$4;APj<=$E$5);APj;""), j = 5,6,7… 

BCj = IF(AND(AQj>=$F$4;AQj<=$F$5);AQj;""), j = 5,6,7… 

 

Stress (see the spreadsheet on cells BG3,…,BG3) 

BGj =IF(BAj="";"";Rj), j = 5,6,7… 

BHj=IF(BBj="";"";Rj), j = 5,6,7… 

BJj=IF(BCj="";"";Rj), j = 5,6,7… 

 

Where : 

m   = the gradien of the linear part of the curve  

c    = the constant of the equation of initial linear part of the curve 

r     = the coeficient correlation of the linear part of the curve 

∆D = the displacement correction (mm) 

 Fmax = maximum load (N) 

D  = true displacement at maximum load (mm) 

σmax = compressive strength (MPa) 

E = Young’s modulus (GPa) = m 

εmax  = the strain to compressive strength  

σys = yield strength (MPa) 

εys  = the strain to yield strength
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D1 :  Spreadsheet sample for compressive property calculation  

 
Name    : Aris Widyo Nugroho 
Operator ID   : Dereck Oxley 
Test Date   : 03/12/2009 
Specimen name   Porous Titanium Alloy 
Crosshead speed  : 0.480 mm/mnt 

 A B C D E F G H I 

1      

2  Sample     F31_100_1225_1 F31_100_1225_2 

3    Ch1-1 Ch2-1 Ave-1 Ch1-2 Ch2-2 Ave-2 

4 
Linear Cut-Offs  

(Read From Plot) 

Min 0,0343 0,0343 0,0343 0,0242 0,0244 0,0243 

5 Max 0,0446 0,0447 0,0446 0,0317 0,0317 0,0317 

6 

Toe Correction 
Analysis 

m 35654,5828 35545,6714 35607,0021 33792,6030 33829,7740 33827,1843 

7 c -992,6539 -991,3974 -992,2956 -505,8832 -510,7635 -508,7645 

8 r 0,9992 0,9985 0,9989 0,9990 0,9983 0,9989 

9 toe correction (x-intercept) 0,0278 0,0279 0,0279 0,0150 0,0151 0,0150 

10 
Maximum Point 

Max Load (N) -12,466 -12,466 -12,466 -11,860 -11,860 -11,860 

11 True Displ.at Max Load (mm) 0,318 0,32 0,32 0,2718 0,2726 0,2722 

12 

Sample Dimensions 

width (mm) 4,0183 4,0183 4,0183 4,0167 4,0167 4,0167 

13 thicknes (mm) 4,0330 4,0330 4,0330 4,0337 4,0337 4,0337 

14 Length (mm) 8,0467 8,0467 8,0467 8,0303 8,0303 8,0303 

15 

Results 

Comp Strength (Mpa) 763,73 763,73 763,73 729,60 729,60 729,60 

16 Young's Modulus (GPa) 35,65 35,55 35,61 33,79 33,83 33,83 

17 Strain to Max Stress 0,0395 0,0395 0,0395 0,0339 0,0340 0,0339 

18 Yield Strength (Mpa) 664,5358 664,5358 664,5358 642,2915 636,1472 636,1472 

19 Strain to Yield Strength 0,0205 0,0204 0,0205 0,0212 0,0206 0,0205 

20  0.002*m -71,3092 -71,0913 -71,2140 -67,5852 -67,6595 -67,6544 

21 

Continuous to the column; M (Column J,K,L are blank) 
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  M N O P Q R S T U V W X 

1 Instron data 1 Instron data2 

2                         

3 

Time 
sec 

Load kN Ch1-1 Ch2-1 Ave-1 
Comp. stress 

(MPa) 
Time 
sec 

Load kN Ch1-2 Ch2-2 Ave-2 
Comp. 
stress 
(MPa) 

4 0 -0,00021       0,01312257 0 0,000741       -0,045574 

5 1 0,002401 5084,997 5053,979 5071,434 -0,1471049 1 0,004466 4567,76 4577,814 4577,114 -0,274715 

6 2 -0,00102 5084,997 5053,979 5071,434 0,06260838 2 0,000753 4567,76 4577,814 4577,114 -0,046297 

7 3 -0,00152 5084,997 5053,979 5071,434 0,09287704 3 -0,000188 4567,76 4577,814 4577,114 0,0115907 

8 4 -0,01174 5084,997 5053,979 5071,434 0,7193763 4 -0,002074 4567,76 4577,814 4577,114 0,1276086 

9 5 -0,01765 5084,997 5053,979 5071,434 1,081631 5 -0,004984 4567,76 4577,814 4577,114 0,3065794 

10 6 -0,02792 5084,997 5053,979 5071,434 1,710773 6 -0,007752 4567,76 4577,814 4577,114 0,476867 

11 7 -0,04116 5084,997 5053,979 5071,434 2,521763 7 -0,010748 4567,76 4577,814 4577,114 0,6611444 

12 8 -0,04759 5084,997 5053,979 5071,434 2,915486 8 -0,024628 4567,76 4577,814 4577,114 1,514995 

13 9 -0,06146 5084,997 5053,979 5071,434 3,765633 9 -0,042252 4567,76 4577,814 4577,114 2,599194 

14 10 -0,07361 5084,997 5053,979 5071,434 4,509601 10 -0,076051 4567,76 4577,814 4577,114 4,678344 

15 11 -0,09586 5084,997 5053,979 5071,434 5,873102 11 -0,098126 4567,76 4577,814 4577,114 6,036304 

16 12 -0,1222 5084,997 5053,979 5071,434 7,486673 12 -0,140445 4567,76 4577,814 4577,114 8,639585 

17 13 -0,14423 5084,997 5053,979 5071,434 8,836241 13 -0,177357 4567,76 4577,814 4577,114 10,91025 

18 14 -0,18349 5084,997 5053,979 5071,434 11,24183 14 -0,232823 4567,76 4577,814 4577,114 14,32228 

19 15 -0,2117 5084,997 5053,979 5071,434 12,97022 15 -0,304016 4567,76 4577,814 4577,114 18,70176 

             

             

             

             

91 87 -9,75298 2998,787 2498,345 2739,382 597,5277 87 -10,89353 1617,484 1976,397 1803,834 670,1234 

92 88 -9,94193 2357,161 2526,175 2437,866 609,1038 88 -11,01239 3728,248 4106,496 3933,584 677,4357 

93 89 -10,1413 1847,274 1590,424 1713,24 621,3198 89 -11,11503 5970,461 6291,409 6154,701 683,7493 

94 90 -10,3087 871,2451 1101,238 980,527 631,5723 90 -11,2339 9625,549 8752,698 9216,916 691,0619 

95 91 -10,489 518,7774 744,3994 624,4961 642,6188 91 -11,35595 14102,89 14012,15 14101,41 698,5699 
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96 92 -10,6973 139,8122 304,4965 212,9582 655,3819 92 -11,39609 20863,01 20403,69 20689,76 701,0389 

97 93 -10,8467 10,18532 93,23856 40,66664 664,5358 93 -11,50583 27504,02 26578,25 27108,86 707,7896 

98 94 -10,9756 159,4442 114,3441 137,2502 672,4328 94 -11,54266 36760,96 37282,91 37108,11 710,0552 

99 95 -11,1352 705,8208 552,9428 630,0057 682,2082 95 -11,6619 42815,62 42974,45 42992,68 717,3903 

100 96 -11,2508 1866,15 1523,169 1695,459 689,2921 96 -11,68645 57213,59 56700,03 57076,74 718,9005 

101 97 -11,4517 2981,555 3020,941 3009,013 701,603 97 -11,74404 69592,73 71235,48 70552,37 722,4435 

102 98 -11,4773 6836,359 6665,658 6763,185 703,1688 98 -11,7664 87742,27 88714,16 88394,53 723,8191 

103 99 -11,6335 9375,728 10064,14 9733,501 712,7383 99 -11,81491 99699,7 103557,3 101805,2 726,8027 

104 100 -11,7049 14908,14 15423,77 15186,75 717,1122 100 -11,8604 120227,6 123432,6 122039,6 729,6012 

105 101 -11,8238 19189,89 19460,95 19350,91 724,3991 101 -11,8247 146473,6 148880,6 147923,5 727,4055 

             

             

             

             

             

310 305,91 -5,16366       316,3573 305,97 -3,647415       224,3735 

311 306,91 -5,16724       316,5769 306,97 -3,591392       220,9272 

312 307,91 -5,21168       319,2998 307,97 -3,591592       220,9395 

313 308,91 -5,22756       320,2727 308,97 -3,626693       223,0987 

314 309,91 -5,28062       323,5232 309,97 -3,647572       224,3831 

315 310,91 -5,31008       325,3279 310,97 -3,648991       224,4704 

316 311,91 -5,32534       326,2629 311,97 -3,6581       225,0307 

317 312,91 -5,37342       329,209 312,97 -3,651069       224,5983 

318 313,91 -5,35883       328,3146 313,97 -3,694929       227,2963 

319 314,76 -5,41461       331,7325 314,11 -3,675426       226,0966 

Continuous to the next column; Y 
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  Y Z AA AB AC AD AE AF AG AH 

1 P3 

2 P3-specimen1 P3-specimen2 Extension 

3 8,073 8,224311017 8,060 8,27162862 Ch1-1 Ch2-1 Ave1 Ave2 Ch1-2 Ch2-2 

4 -5365 -5145 -5374 -5108 0,000 0,000 0,000 0,000 0,000 0,000 

5 -5371 -5151 -5379 -5113 -0,008 -0,008 -0,008 -0,007 -0,007 -0,006 

6 -5378 -5158 -5385 -5120 -0,017 -0,017 -0,017 -0,015 -0,015 -0,015 

7 -5384 -5165 -5390 -5125 -0,025 -0,026 -0,026 -0,022 -0,021 -0,022 

8 -5390 -5171 -5396 -5131 -0,033 -0,033 -0,033 -0,029 -0,029 -0,029 

9 -5397 -5179 -5402 -5138 -0,043 -0,043 -0,043 -0,038 -0,037 -0,038 

10 -5402 -5184 -5409 -5145 -0,050 -0,050 -0,050 -0,047 -0,047 -0,047 

11 -5406 -5188 -5415 -5152 -0,055 -0,055 -0,055 -0,056 -0,055 -0,056 

12 -5412 -5195 -5420 -5157 -0,063 -0,064 -0,063 -0,062 -0,062 -0,063 

13 -5416 -5199 -5424 -5162 -0,068 -0,069 -0,069 -0,068 -0,067 -0,069 

14 -5422 -5206 -5428 -5166 -0,076 -0,078 -0,077 -0,073 -0,072 -0,074 

15 -5426 -5210 -5434 -5172 -0,082 -0,083 -0,082 -0,081 -0,080 -0,082 

16 -5431 -5214 -5438 -5175 -0,088 -0,088 -0,088 -0,086 -0,086 -0,086 

17 -5435 -5218 -5443 -5180 -0,094 -0,093 -0,094 -0,092 -0,092 -0,092 

18 -5440 -5223 -5447 -5184 -0,100 -0,100 -0,100 -0,097 -0,098 -0,097 

19 -5445 -5229 -5452 -5190 -0,107 -0,107 -0,107 -0,105 -0,104 -0,105 

           

           

           

           

           

314 -6916 -6767 -6946 -6753 -2,075 -2,074 -2,075 -2,104 -2,103 -2,104 

315 -6922 -6774 -6951 -6758 -2,083 -2,083 -2,083 -2,110 -2,110 -2,110 

316 -6927 -6779 -6957 -6764 -2,090 -2,090 -2,090 -2,118 -2,118 -2,118 

317 -6933 -6785 -6962 -6769 -2,098 -2,097 -2,098 -2,125 -2,125 -2,124 

318 -6851 -6551     -1,988 -1,798 -1,893       

Continuous to the next column; AI 
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  AI AJ AK AL AM AN AO AP AQ AR AS AT 

1 Clip gages' Strain 

2 All Strain Curve Slope 

3 Ch1-1 Ch2-1 Ave1 Ave2 Ch1-2 Ch2-2 Ch1-1 Ch2-1 Ave1 Av2 Ch1-2 Ch2-2 

4 0 0     0 0 0 0 0 0 0 0 

5 0,000998 0,00095 0,00098 0,00081 0,0008 0,0008 0,000998 0,000954 0,000976 0,000815 0,000833 0,0008 

6 0,002162 0,00207 0,00211 0,00187 0,0018 0,0019 0,002162 0,002066 0,002114 0,001872 0,001833 0,0019 

7 0,003159 0,00318 0,00317 0,00269 0,0027 0,0027 0,003159 0,003179 0,003169 0,002687 0,002666 0,0027 

8 0,004157 0,00413 0,00414 0,00366 0,0037 0,0037 0,004157 0,004132 0,004145 0,003664 0,003666 0,0037 

9 0,005321 0,0054 0,00536 0,00472 0,0047 0,0048 0,005321 0,005404 0,005362 0,004722 0,004666 0,0048 

10 0,006153 0,0062 0,00618 0,00586 0,0058 0,0059 0,006153 0,006198 0,006175 0,005862 0,005832 0,0059 

11 0,006818 0,00683 0,00683 0,00692 0,0068 0,007 0,006818 0,006834 0,006826 0,006919 0,006832 0,007 

12 0,007815 0,00795 0,00788 0,00773 0,0077 0,0078 0,007815 0,007946 0,007881 0,007734 0,007665 0,0078 

13 0,008481 0,00858 0,00853 0,00847 0,0083 0,0086 0,008481 0,008582 0,008531 0,008466 0,008331 0,0086 

14 0,009478 0,00969 0,00959 0,00912 0,009 0,0092 0,009478 0,009695 0,009587 0,009117 0,008998 0,0092 

15 0,010144 0,01033 0,01024 0,01009 0,01 0,0102 0,010144 0,01033 0,010237 0,010095 0,009998 0,0102 

16 0,010975 0,01097 0,01097 0,01067 0,0107 0,0107 0,010975 0,010966 0,010971 0,010667 0,010664 0,0107 

17 0,01164 0,0116 0,01162 0,01148 0,0115 0,0115 0,01164 0,011602 0,011621 0,011482 0,011497 0,0115 

18 0,012472 0,0124 0,01243 0,01213 0,0122 0,0121 0,012472 0,012396 0,012434 0,012134 0,012164 0,0121 

19 0,013303 0,01335 0,01333 0,01303 0,013 0,0131 0,013303 0,01335 0,013326 0,013028 0,012997 0,0131 

             
             

             

             

             

313 0,257246 0,25715 0,2572 0,2609 0,2609 0,2609 0,257246 0,257147 0,257197 0,260897 0,260937 0,2609 

314 0,257911 0,25778 0,25785 0,26195 0,2619 0,262 0,257911 0,257783 0,257847 0,261955 0,261937 0,262 

315 0,258909 0,2589 0,2589 0,26277 0,2628 0,2628 0,258909 0,258895 0,258902 0,262769 0,26277 0,2628 

316 0,25974 0,25969 0,25972 0,26375 0,2638 0,2637 0,25974 0,25969 0,259715 0,263747 0,26377 0,2637 

317 0,260738 0,26064 0,26069 0,26456 0,2646 0,2645 0,260738 0,260644 0,260691 0,264562 0,264603 0,2645 

318 0,247102 0,22345 0,23528       0,247102 0,223454 0,235278       

Continuous to the next column; AU 
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  AU AV AW AX AY AZ 

1       

2 Toe Corrected 

3 Ch1 Ch2 Ave1 Ch1-2 Ch2-2 Ave2 

4 0 0         

5 -4,1E-06 -4,138E-06 -4,131E-06 -8,13E-06 -8,1E-06 -8,12113E-06 

6 1,76E-06 1,761E-06 1,758E-06 -1,37E-06 -1,4E-06 -1,36864E-06 

7 2,6E-06 2,613E-06 2,608E-06 3,43E-07 3,43E-07 3,42644E-07 

8 2,02E-05 2,024E-05 2,02E-05 3,78E-06 3,77E-06 3,77237E-06 

9 3,03E-05 3,043E-05 3,038E-05 9,07E-06 9,06E-06 9,06311E-06 

10 4,8E-05 4,813E-05 4,805E-05 1,41E-05 1,41E-05 1,40972E-05 

11 7,07E-05 7,094E-05 7,082E-05 1,96E-05 1,95E-05 1,95448E-05 

12 8,18E-05 8,202E-05 8,188E-05 4,48E-05 4,48E-05 4,47863E-05 

13 0,000106 0,0001059 0,0001058 7,69E-05 7,68E-05 7,68374E-05 

14 0,000126 0,0001269 0,0001266 0,000138 0,000138 0,000138301 

15 0,000165 0,0001652 0,0001649 0,000179 0,000178 0,000178445 

16 0,00021 0,0002106 0,0002103 0,000256 0,000255 0,000255404 

17 0,000248 0,0002486 0,0002482 0,000323 0,000323 0,000322529 

18 0,000315 0,0003163 0,0003157 0,000424 0,000423 0,000423396 

19 0,000364 0,0003649 0,0003643 0,000553 0,000553 0,000552862 

       

       

       

       

       

313 0,229405 0,2292563 0,2293285 0,245967 0,245759 0,245857171 

314 0,23007 0,2298921 0,229979 0,246967 0,246874 0,246914438 

315 0,231068 0,2310046 0,2310341 0,2478 0,24767 0,247729139 

316 0,231899 0,2317992 0,2318471 0,2488 0,248626 0,248706779 

317 0,232897 0,2327528 0,2328228 0,249633 0,249422 0,249521479 

318 0,219262 0,1955634 0,2074103    

Continuous to the next column; BA 
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  BA BB BC BD BE BF BG BH BI BJ BK BL 

1 Slope Formula 

2 Strain Stress 

3 Ch1-1 Ch2-1 Ave1 Ch1-2 Ch2-2 Ave2 Ch1-1 Ch2-1 Ave1 Ch1-2 Ch2-2 Ave2 

4                         

5                         

6                         

7                         

8                         

9                         

10                         

11                         

12                         

                         

                         

                         

56                         

57                         

58                         

59                         

60 0,034 0,034 0,034 0,024 0,024 0,024 224,3 224,3 224,3 307,4 307,4 307,4 

61 0,035 0,035 0,035 0,024 0,025 0,025 234,0 234,0 234,0 319,7 319,7 319,7 

62 0,035 0,035 0,035 0,025 0,025 0,025 243,8 243,8 243,8 330,2 330,2 330,2 

63 0,035 0,035 0,035 0,025 0,025 0,025 256,0 256,0 256,0 339,9 339,9 339,9 

64 0,035 0,035 0,035 0,025 0,025 0,025 264,0 264,0 264,0 352,8 352,8 352,8 

65 0,036 0,036 0,036 0,026 0,026 0,026 275,2 275,2 275,2 361,7 361,7 361,7 

66 0,036 0,036 0,036 0,026 0,026 0,026 285,2 285,2 285,2 375,9 375,9 375,9 

67 0,036 0,036 0,036 0,026 0,026 0,026 296,2 296,2 296,2 383,3 383,3 383,3 

68 0,036 0,036 0,036 0,027 0,027 0,027 308,9 308,9 308,9 397,1 397,1 397,1 

69 0,037 0,037 0,037 0,027 0,027 0,027 316,8 316,8 316,8 408,9 408,9 408,9 

70 0,037 0,037 0,037 0,027 0,027 0,027 330,2 330,2 330,2 421,6 421,6 421,6 

71 0,037 0,038 0,037 0,028 0,028 0,028 339,1 339,1 339,1 436,5 436,5 436,5 
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72 0,038 0,038 0,038 0,028 0,028 0,028 352,2 352,2 352,2 447,4 447,4 447,4 

73 0,038 0,038 0,038 0,028 0,029 0,029 361,8 361,8 361,8 462,3 462,3 462,3 

74 0,038 0,038 0,038 0,029 0,029 0,029 373,6 373,6 373,6 475,4 475,4 475,4 

75 0,039 0,039 0,039 0,029 0,030 0,029 385,8 385,8 385,8 489,1 489,1 489,1 

76 0,039 0,039 0,039 0,030 0,030 0,030 396,0 396,0 396,0 504,2 504,2 504,2 

77 0,039 0,039 0,039 0,030 0,030 0,030 410,5 410,5 410,5 514,6 514,6 514,6 

78 0,040 0,040 0,040 0,031 0,031 0,031 422,4 422,4 422,4 529,6 529,6 529,6 

79 0,040 0,040 0,040 0,031 0,031 0,031 436,1 436,1 436,1 541,2 541,2 541,2 

80 0,040 0,040 0,040 0,032 0,032 0,032 450,9 450,9 450,9 555,8 555,8 555,8 

81 0,041 0,041 0,041       463,3 463,3 463,3       

82 0,041 0,041 0,041       479,6 479,6 479,6       

83 0,042 0,042 0,042       490,3 490,3 490,3       

84 0,042 0,042 0,042       505,4 505,4 505,4       

85 0,042 0,043 0,042       518,4 518,4 518,4       

86 0,043 0,043 0,043       532,5 532,5 532,5       

87 0,043 0,043 0,043       547,6 547,6 547,6       

88 0,044 0,044 0,044       557,3 557,3 557,3       

89 0,044 0,044 0,044       572,4 572,4 572,4       

90 0,045 0,045 0,045       582,6 582,6 582,6       

91                         

92             

93             

             

             

             

316             

317             

318                         

Continuous to the next column, BM 
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  BM BN BO BP BQ BR 

1       

2 Strain* m - 0.002*m 

3 Ch1-1 Ch2-1 Ave-1 Ch1-2 Ch2-2 Ave-2 

4             

5 -71,4563 -71,2384 -71,3611 -67,8599 -67,9343 -67,9291 

6 -71,2466 -71,0287 -71,1514 -67,6315 -67,7058 -67,7007 

7 -71,2163 -70,9985 -71,1211 -67,5736 -67,648 -67,6428 

8 -70,5898 -70,372 -70,4946 -67,4576 -67,5319 -67,5268 

9 -70,2275 -70,0097 -70,1324 -67,2786 -67,353 -67,3478 

10 -69,5984 -69,3806 -69,5032 -67,1083 -67,1827 -67,1775 

11 -68,7874 -68,5696 -68,6922 -66,9241 -66,9984 -66,9932 

12 -68,3937 -68,1759 -68,2985 -66,0702 -66,1446 -66,1394 

13 -67,5435 -67,3257 -67,4484 -64,986 -65,0604 -65,0552 

14 -66,7996 -66,5817 -66,7044 -62,9069 -62,9812 -62,976 

15 -65,4361 -65,2182 -65,3409 -61,5489 -61,6232 -61,6181 

16 -63,8225 -63,6047 -63,7273 -58,9456 -59,02 -59,0148 

17 -62,4729 -62,2551 -62,3778 -56,675 -56,7493 -56,7441 

18 -60,0673 -59,8495 -59,9722 -53,2629 -53,3373 -53,3321 

19 -58,3389 -58,1211 -58,2438 -48,8834 -48,9578 -48,9526 

       
       

       

       

       

239 5772,049 5750,493 5762,304 5935,672 5940,468 5940,678 

240 5801,693 5778,739 5791,254 5975,088 5978,18 5979,261 

241 5837,267 5818,284 5828,823 6003,241 6005,118 6006,82 

242 5866,911 5846,53 5857,773 6037,026 6037,443 6039,89 

243 5896,556 5874,776 5886,723 6070,81 6075,156 6075,655 

244 5932,129 5908,672 5921,463 6098,964 6102,093 6103,214 
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D2: A toe corrected stress strain curve of  the specimens foamed at 1225oC/0.68 MPa/10 hours obtained from the calculation (see 
appendix D:1) 
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D2 : Samples of specimen dimensions for compression test 
 

Name  Aris W Nugroho 

Operator ID Dereck Oxley 

Test date :  17 & 18 /11/2009 

Material    : Titanium alloy 

Strain rate   : 0,001/s / 

 

No 

  Width, w(mm) Length, l(mm) 
Area, 
(mm

2
) 

Gauge length (mm) Crossh
ead 

speed 
(mm/m) 

  1 2 3 Ave 1 2 3 Ave       
Av 

1 F20_100_1225r-1 3,996 4,000 4,001 4,001 3,985 3,985 3,990 3,987 15,951 8,000 8,009 8,014 8,008 0,480 

2 F20_100_1225r-2 4,025 4,030 4,031 4,031 3,989 3,995 3,996 3,993 16,097 7,998 8,000 8,025 8,008 0,480 

3 F11_100_1350r-1 3,982 3,989 4,002 3,991 4,023 4,001 4,011 4,012 16,011 8,014 8,015 8,015 8,015 0,481 

4 F11_100_1350r-2 4,003 4,009 4,012 4,008 3,987 4,014 4,005 4,002 16,040 7,993 8,023 8,025 8,014 0,481 

5 F33-125-1350-1 3,998 4,003 4,005 4,005 4,000 4,000 4,004 4,001 16,025 8,005 8,005 8,005 8,005 0,480 

6 F33-125-1350-2 3,997 3,995 3,999 3,999 4,005 4,005 4,000 4,003 16,009 8,000 8,000 8,004 8,001 0,480 

7 F33_125_1350-3 4,009 4,005 4,010 4,008 4,035 4,040 4,035 4,037 16,179 8,015 8,020 8,020 8,018 0,481 

8 F33_125_1350-4 4,000 4,019 4,000 4,006 4,040 4,035 4,040 4,038 16,179 8,017 8,005 8,019 8,014 0,481 

9 F25_125_1350-1 3,989 3,987 3,995 3,990 4,050 4,060 4,061 4,057 16,189 8,042 8,041 8,062 8,048 0,483 

10 F25_125_1350-2 3,995 3,995 3,999 3,996 4,021 4,014 4,022 4,019 16,061 8,040 8,051 8,054 8,048 0,483 

11 F25_125_1225-1 4,005 4,005 4,008 4,006 4,009 4,015 4,015 4,013 16,076 8,020 8,030 8,030 8,027 0,482 

12 F25_125_1225-2 4,028 4,030 4,030 4,029 4,015 4,008 4,010 4,011 16,162 8,030 8,035 8,030 8,032 0,482 

13 F32_125_1225-1 4,015 4,018 4,025 4,019 4,010 4,030 4,025 4,022 16,164 7,993 7,992 7,990 7,992 0,480 

14 F32_125_1225-2 4,025 4,040 4,035 4,033 3,997 3,995 4,010 4,001 16,136 8,005 8,005 7,989 8,000 0,480 

15 F32_125_1350-1 3,984 3,993 3,990 3,989 4,010 4,019 4,019 4,016 16,020 7,995 7,994 7,995 7,995 0,480 

16 F32_125_1350-2 3,990 3,994 3.995 3,992 4,023 4,023 4,017 4,021 16,052 7,983 7,995 7,995 7,991 0,479 

17 F20_100_1225r-1 4,019 4,019 4,010 4,016 3,991 4,005 3,991 3,996 16,047 7,997 8,019 7,995 8,004 0,480 

18 F20_100_1225r-2 3,982 3,986 3,994 3,987 4,046 4,047 4,032 4,042 16,115 7,993 8,017 8,016 8,009 0,481 

19 F11_100_1350r 4,020 4,025 4,025 4,023 4,030 4,032 4,005 4,022 16,183 8,010 8,012 8,010 8,011 0,481 
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