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ABSTRACT 

  

 Every year, several million people suffer bone fractures caused by accidents or age 

related diseases in the U.S. alone. The annual incidence of bone fractures is expected to escalate 

in the coming years due increased life expectancy. The aggregate cost of treating bone fractures 

is estimated at a staggering $220 billion per year with an annual growth rate of 12%. Many of 

those fractures have to be surgically fixed by orthopedic implants to replace and act as missing 

biological structures. However, some patients require a secondary surgery to revise or often 

remove an implant which has failed. This imposes a heavy burden on the national healthcare 

system. Implants fail because they are designed to be permanent fixtures attached to bone; 

however, current implant materials made from titanium, stainless steel, or cobalt-chromium 

alloys cause stress shielding when left permanently in place. Stress shielding arises when metal 

implants carry the majority of stress because of their much higher Young’s modulus than that of 

bone. As a consequence, bones are in a reduced stress state which allows them to become brittle 

and weak over time. Weakened bones are more susceptible to re-fracture and could potentially 

dislodge an implant causing severe harm and discomfort to a patient. There is a need for a 

biomaterial that is not permanent because it has the capability to degrade. This reduces stress 

shielding over time as well as the need for a second removal surgery. 

 The similar mechanical properties of magnesium (Mg) to bone indicate it is an ideal 

implant material to minimize the damaging effects of stress shielding. Mg alloy implants have 

the ability to gradually dissolve and absorb into the human body after implantation. Mg alloys as 
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a biodegradable implant material have the potential to minimize stress shielding as well as 

eliminate the need for secondary surgery while providing both biocompatibility and adequate 

mechanical properties. The critical issue that hinders the application of a Mg alloy implant is its 

rapid corrosion in human body fluids. Since corrosion occurs too quickly, mechanical properties 

cannot be maintained long enough for bone to properly heal. Therefore, how to control the 

biodegradation rate of Mg-based implants to make them commercially viable for orthopaedic 

applications is a critical technical barrier to realizing its great socioeconomic benefits.  

 Laser shock peening (LSP) is an innovative surface treatment to impart deep compressive 

residual stresses and a surface topography across a broad area on an implant. The high 

compressive residual stress has great potential to slow corrosion rates and improve wear and 

fatigue performance. Also, the peened surface topography has the potential to promote bone 

ingrowth and attachment. The goal of this work is to develop and evaluate LSP as an enabling 

manufacturing process to control the corrosion and fatigue performance of a degradable 

magnesium-calcium (MgCa) implant by imparting a unique surface integrity. 

 Fabricating such a unique surface integrity for various types of orthopedic implants relies 

on the peening process parameters such as laser power and the peening overlap. Unique surface 

integrities were fabricated by changing the laser power from 3 W to 8 W as well as changing the 

dent overlap ratio from 25%, 50%, and 75%. The effects of LSP on surface integrity, corrosion, 

and fatigue were investigated. The surface integrity was characterized by topography, 

microstructure, microhardness, and residual stress. Corrosion rate was assessed by 
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potentiodynamic polarization in Hank’s solution. Fatigue life was measured by rotating bending 

fatigue test in air. 

 LSP reduced the corrosion rate for every tested condition. Also, LSP increased the 

fatigue life for every tested condition. LSP at high peening overlap ratios reduced the tensile 

pile-up region which resulted in lower corrosion rates and the highest fatigue life. Low overlap 

ratios caused more surface area and more pile-up regions which translated to higher corrosion 

rates and reduced the fatigue life. Increasing the laser power increased the surface roughness and 

the size of the pile-up region which caused the corrosion rate to increase.  Also, surface 

topography and corrosion rate models have been established based on finite element analysis 

(FEA) and linear regression analysis, respectively. 

 Therefore, a manufacturing process was developed that controlled the performance of a 

degradable MgCa implant within the ranges needed for orthopedic applications. In addition, this 

research has begun modeling the relationship between surface modification and clinical 

performance in order to be able to develop the next generation of orthopedic implants that can be 

tailored to degrade to meet individual patient’s needs. 
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PREFACE 

 

 There exists a need to develop a manufacturing process that can control the performance 

of a degradable metal implant within the ranges needed for orthopedic applications. The focus of 

this research is to (1) design a surface modification process to control the performance of a 

degradable metal implant within a desired range, (2) measure the resulting surface integrity 

imparted by the process, (3) evaluate performance of the surface, i.e. corrosion and fatigue, and 

(4) understand the relationships between process, surface, and performance. The end result for 

this technology is to develop the next generation of orthopedic implants that can be tailored to 

degrade in a few months or a few years depending on what each patient needs.  

 

Dissertation Rationale 

 The problem with current orthopedic implants is they tend to be permanent which 

increases risks for future complications. This often leads to a second removal or revision surgery. 

Many surgeons opt not for a second surgery because the risks outweigh the benefits. Degradable 

materials eliminate the need for a second surgery; however, there is no degradable material that 

maintains sufficient properties for orthopedic applications throughout the healing process. A 

likely candidate material is magnesium (Mg). The critical issue is Mg rapidly degrades in the 

body. One method to slow the corrosion of Mg is by surface treatments. The advantage of 

surface treatments is the ability to tune corrosion properties by manipulating processing 

parameters. Laser shock peening (LSP) is an ideal surface treatment because it has the ability to 
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precisely impart a custom surface integrity that includes both topography and enhanced 

mechanical properties.    

 

Design Constraints 

 Since the goal of this dissertation is to develop and evaluate a manufacturing process to 

impart a unique surface integrity on a degradable Mg alloy for orthopedic applications, the 

following identifies design constraints for the material to be evaluated: 

1. Maintains mechanical properties after processing. 

2. Maintains mechanical properties throughout the healing process by creating a modified 

layer that takes at least 6 to 8 weeks to degrade. 

3. Can consistently and accurately modify corrosion rate while maintaining fatigue 

performance. 

 

Research Questions 

 To understand the relationships between process, surface, and performance, the following 

are key questions that were examined.  

 Can magnesium corrosion be reduced or perhaps controlled to make it suitable for 

orthopedic implant applications? 

 How does laser shock peening (LSP) affect the surface integrity, such as surface 

topography, microstructure, microhardness, and residual stress, of a MgCa implant? 

 How does this surface integrity affect performance such as corrosion and fatigue? 
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a. Determine if dents produced by LSP act like pits that accelerate corrosion or if the 

compressive residual stress and microhardness act to slow corrosion. 

b. Develop a model to predict corrosion rate based on laser power and dent overlap. 

c. Determine if dents produced by LSP act like notches that shorten fatigue life or if 

the compressive residual stress and microhardness act to prevent crack initiation 

and retard crack propagation. 

 Better understand the dynamic and transient nature of the laser peening process and the 

resulting surface integrity by finite element analysis. What are the process mechanics? 

a. Since the stress generated by laser shock peening occurs on the order of 

nanoseconds, being able to predict the residual stress becomes a challenge. The 

deformation occurs so fast that the strain rates are on the order of 10
6
 s

-1
. There 

are no known plasticity models included in Abaqus that are capable of capturing 

such dynamic effects. 

b. Also, for larger size laser shock peening (LSP), on the order of millimeters in 

diameter, the deformation is presumed to act uniformly across a metal surface. 

However, with smaller size LSP, on the order of microns, the deformation can no 

longer be assumed uniform and predicating the buildup of material around a dent 

becomes a concern for both fatigue and corrosion. Are the pile-up regions tensile 

of just displaced material? 
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Organization of Dissertation  

 The following dissertation is organized by first establishing the need for a degradable 

orthopedic biomaterial as well as a method to modify the surface. This is followed by a 

description of the process used and evaluation of how well it meets the design constraints. 

 Chapter 1 identifies problems associated with orthopedic fractures and the treatment 

thereof. Next, Chapter 2 introduces current clinically used biomaterials and establishes that 

problems from current fracture treatment practices stem from material selection. Therefore, 

magnesium is introduced as a superior biomaterial that eliminates the problems such as stress 

shielding and secondary removal surgeries. The limiting factor for magnesium implants is how to 

slow the rapid degradation in a corrosive environment. Thus, Chapter 3 is dedicated to 

introducing various mechanical and thermal surface treatment techniques, e.g. burnishing, shot 

peening, and laser melting, to slow the corrosion of magnesium. The various pros and cons of 

these treatments are discussed. Chapter 4 presents laser shock peening (LSP) as an ideal 

alternative surface treatment that provides improved mechanical properties without thermal 

damage while concurrently imparting a surface topography favorable for healing bone. The LSP 

experimental procedure is identified. Chapter 5 details the resulting surface integrity produced 

by the LSP experiments. Chapters 6 and 7 discuss the corrosion and fatigue performance of a 

LSP surface, respectively. Chapter 8 presents a finite element analysis (FEA) of laser shock 

peening to better understand the transient and residual stress/strain as well as the deformation 

mechanisms under high strain rates. Chapter 9 summarizes the current work, draws conclusions, 

and presents recommendations. 
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CHAPTER 1 

ORTHOPEDIC FRACTURES 

 

1.1 Musculoskeletal Conditions 

 Musculoskeletal conditions are the leading cause of chronic disability around the 

world [1]. They can broadly be categorized as joint diseases, physical disability, spinal disorders, 

and conditions resulting from trauma. The population affected by musculoskeletal conditions 

reaches into the hundreds of millions around the world and is expected to rise. Currently, one out 

of seven Americans reports a musculoskeletal impairment and every year there are 28.6 million 

new musculoskeletal injuries. The most commonly affected population segment is seniors and 

the most common musculoskeletal conditions are trauma fractures and osteoporosis. Sprains, 

dislocations, and fractures account for nearly 65% of all musculoskeletal injuries. 

 

1.1.1 Trauma Fractures 

 A very common yet serious musculoskeletal condition is trauma fractures. Trauma 

fractures are the breaking of bone due to severe or traumatic loading. These most commonly 

include people is auto accidents, athletes, and patients with osteoporosis. There are more than 

13 million visits annually to emergency rooms and doctors’ offices due to fractures [1-8]. 

Table 1.1 indicates the number of ambulatory care visits for fractures in various years based on 

fracture location. These include visits to emergency departments, outpatient departments, 

primary care offices, surgical specialty offices, and medical specialty offices. 
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Table 1.1  Number of Visits to Medical Facilities for Fractures (1,000’s) 

 

Fracture Site 1995
[a]

 1997
[b]

 1999
[c]

 2001
[d]

 2006
[e]

 2007
[f]

 

Upper Limb 5,524 5,384 5,206 6,275 5,260 5,163 

Lower Limb 5,719 5,284 4,935 5,264 5,870 5,038 

Other 3,955 3,115 3,740 3,723 3,429 3,568 
[a]  Modified from [3] 
[b]  Modified from [4] 

[c]  Modified from [5] 
[d]  Modified from [6] 

[e]  Modified from [7] 
[f]  Modified from [8] 

 

 

 

1.1.2 Osteoporosis 

 Another very common musculoskeletal condition affecting more than 12 million 

Americans is osteoporosis [9, 10]. Furthermore, there is an additional 34 million Americans with 

low bone density and are on the verge of developing osteoporosis [10]. Osteoporosis is a 

pathological disease in which bones lose mass and consequently become more brittle and fragile, 

see Figure 1.1. Osteoporotic bone has a hollow, rod-like structure that has a reduced strength. 

This occurs when there is an imbalance between osteoclast, which are the bone resorbing cells, 

and osteoblast, which are the bone producing cells. More bone is resorbed by osteoclast than is 

being produced by osteoblast. As a result, bone density is decreased allowing relatively minor 

trauma to cause multiple severe fractures. Such fractures are known as pathologic fractures and 

most commonly occur at the hip, spine, and wrist. In fact, there are more than 2 million 

pathologic fractures each year [11]. They pose one of the single greatest threats to senior citizens 

because their quality of life becomes severely jeopardized [10, 12]. After a fracture, physical and 

mental health decline and the risk of mortality drastically increase. With an aging population, the 

volume of osteoporosis-related fracture will increase each year. An astonishing 50% of women 

and 25% of men over 50 will suffer from an osteoporotic fracture [9]. Table 1.2 lists the 

occurrence of various types of fractures due to osteoporosis in the U.S. 
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Fig. 1.1  SEM of biopsies from normal and osteoporotic bone [13]. 

 

 

 

Table 1.2  Number of Fractures Due to Osteoporosis in the U.S. 

 

Fracture Location 
Number of Americans in 

1995
[a]

 

Number of Americans in 

2005
[b]

 

Hip 250 287 

Vertebral 700 554 

Distal Forearm 250 390 

Pelvic  144 

Other 300 677 
[a] Source: [12]  [b] Source: [11] 

 

 

 

1.2 Clinical Problem 

 Many of the patients who suffer from osteoporotic or trauma induced fractures will 

require an orthopedic implant. Orthopedic implants are internal fixation devices used near a bone 

fracture to facilitate healing or to compensate for the lack or loss of bone tissue [1]. However, 

some patients require a secondary surgery to revise or often remove an implant which has failed. 

Implant failures often occur from stress shielding. Stress shielding arises when stiff metal 

implants made of titanium, stainless steel, or cobalt alloys carry the majority of stress leaving 

bones to become brittle and weak over time. Weakened bones are more susceptible to refracture 

and could potentially dislodge an implant causing severe harm and discomfort. Even if a fracture 

Normal Bone Osteoporotic Bone 
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has healed, some patients remain at risk for refracture for several months after removing an 

implant because of the necrosis and subsequent porosis triggered by stress shielding [14-17]. 

Furthermore, second surgeries are cumbersome and expose patients to unnecessary 

complications such as pain, irritation, nerve damage, infection, and wound dehiscence [16]. It is 

a significant threat to patient welfare and has broad socioeconomic impacts. 

 

1.3 Societal Problem 

Another critical problem with secondary surgeries is the increase in healthcare cost and 

spending. As the aged population increases, the number of fracture patients will increase as well. 

This translates to more incidents of stress shielding and secondary surgeries which will 

undoubtedly drive up healthcare spending on behalf of private and public insurance programs. 

The cost associated with increased spending is directly passed back to the insured and taxpayers. 

The best case scenario in order to maintain a reasonable level of cost is to prevent patients from 

having to re-enter the operating rooms.  

 

1.4 Economics of Fracture Treatment 

The world orthopedic market was valued at $25 billion in 2006 [1]. A rapidly aging 

population coupled with longer life expectancies will continue to drive the market in the 

foreseeable future. The prevalence of bone diseases such as osteoporosis and occurrence of 

trauma fractures is expected to continuously rise each year. In the U.S. alone, there are more 12 

million American with osteoporosis with an additional 34 million at risk [9, 10]. In fact, it is 

estimated that by 2020, half of all Americans over age 50 will have or be at risk of 

osteoporosis [10]. They spend between $14 and $20 billion dollars on direct medical cost each 
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year [11, 18]. This translates to individual cost ranging from $3,000 to $30,000 depending on the 

fracture location [19]. 

 

1.5 Causes of Implant Failures 

Implants can fail for a multitude of reasons; the device specifically fails (e.g. broken 

hardware or implant displacement), the device causes an adverse biologic response (e.g. 

infection, porosis, or pain), or the fracture does not heal properly (e.g. malunion or nonunion). 

Failures can occur while the implant is in situ or after being removed. A failure can also occur 

before or after the fracture has healed. For example, a fracture could have healed, but porosis 

initiated by the implant caused the patient to refracture. In some instances, problems with 

implants do not appear until years after implantation, especially in children [16].  

Stress shielding, described in detail in section 1.6, can facilitate implant hardware to 

break or displace [15]. Overloading, fatigue, or corrosion can also facilitate these potential 

failures [20]. It is common for screws, nails, and wire to pullout or loosen [14, 20, 21]; Rods can 

have gross changes in alignment; Pins can even migrate. Such failures pose a critical threat to 

patients because of the potential risks for refracture and the consequential treatments that ensue. 

Also, an implant is considered to have failed when the fracture did not heal properly. A 

fracture is considered to have healed properly if done so in a timely manner and has limited to no 

radiographic evidence. Improper fracture healing is classified as a nonunion or malunion. 

Nonunion is described as a failure for two bone fragments to fuse or heal. Malunion is a fracture 

that heals but in a deformed position. Failure of a fracture to heal can be due to several 

physiological reasons relating to the implant, including: infection, poor blood supply, inadequate 

stabilization, distraction, and patient-related factors such as age, nutrition, general heath, drug 
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use, hormonal balance, etc. [22-25]. Patient-related factors that adversely affect healing can be 

voluntary, such as smoking, alcohol consumption, and poor diet, or involuntary, such as age or 

genetics. In either case, these patients are at increased risk for stress shielding and subsequent 

refracture. 

 

1.6 Stress Shielding 

 Implant failures often occur from stress shielding. Stress shielding occurs when bone is 

shielded by an implant from carrying load as shown in Figure 1.2. The implant and bone act as a 

composite material in which the stiffer material, in this case the implant, carries the majority of 

the load. It commonly occurs with implants made from titanium, stainless steel, and cobalt-

chromium alloys because their modulus is significantly higher than natural bone [26]. In essence, 

they are too stiff [27]. 

 

 

Fig. 1.2  Representation of stress shielding in which stress is being carried by the implant as 

opposed to the bone. 

 

Stress 

distribution Implant 

Bone 

Reduced 

stress  
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Equations 1.1 and 1.2 demonstrate for composite materials how the stress (σ) in a bone 

significantly decreases once it becomes coupled with an implant [28]. P, E, and A represent 

force, Young’s modulus, and cross-sectional area, respectively. In composites, stiffer materials 

carry the majority of the stress. The pre-implant stress in a bone depends only on P and Abone. 

After implantation, the stress in a bone decreases significantly due to the high Young’s modulus 

of the metallic implant, which is often 1 or 2 orders of magnitude greater than that of bone. 

Essentially, Eimplant is so large that σbone is drastically drops. According to Wolff’s law, bones 

adapt over time to their loading environment [28, 29]. With bone receiving a minimal load, it 

will weaken and become more brittle through resorption; the bones decrease in thickness and 

density. Weak and brittle bones are more susceptible to refracture and could potentially dislodge 

an implant causing severe harm and discomfort. 

 

Pre-implant Stress: 

       
       

           
 

 

     
 (1.1) 

  

Post-implant Stress: 

       
       

                             
 (1.2) 

 

An alternative implant is needed whereby patients avoid the harmful effects of stress 

shielding. Such an implant would prevent the need for most second surgeries. Millions in direct 

healthcare expenditures could be potentially saved. Numerous studies have explored ways to 

reduce stress shielding by using less stiff materials, namely via polymers. Some are even 

biodegradable. However, the fact remains that these materials are inadequate and introduce new 

complications for the patient. The next section focuses on shortfalls of commercially available 
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permanent and degradable orthopedic biomaterials. Plus, a new degradable biomaterial is 

proposed as a superior alternative. 
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CHAPTER 2 

BIOMATERIALS 

 

2.1 Biocompatibility 

 In order to evaluate orthopedic biomaterials, it is important to understand the concept and 

evolution of the term biocompatibility. Traditionally, a biocompatible implant was defined as a 

bioinert or biotolerant material [1-3]. This meant there were no long term effects relating to 

toxicity or cancer and any local tissue response was essentially harmless [2]. This definition only 

describes the body’s response to the implant. To account for the implants response to the body, 

the definition evolved to include biointegrated and bioactive implants. This implies the body has 

an active role in the behavior and performance of the implant. Since biocompatibility is 

dependent on the application, location, and time, Feldman et al. suggest the best definition of 

biocompatibility is the study of how the body affects the implant and how the implant affects the 

body [2]. Thus a hierarchy is developed to define biocompatibility for the body and implant as 

shown in Table 2.1. The ideal implant would encourage tissue regeneration while the implant 

degraded.   

 

Table 2.1  Biocompatibility Hierarchy* 

 

Body Implant 

Regeneration Degradable 

Integration Bioactive 

Minimal inflammation Inert 

Inert  
* Reproduced from [2] 
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2.2 Current Orthopedic Biomaterials 

 The materials used in orthopedic implants must fulfill specific mechanical and biological 

roles. Biomaterials replace or supplement the function of hard or soft tissues that have broken for 

either pathological or trauma related reasons [4]. Biomaterials must have adequate 

biocompatibility, corrosion resistance, and mechanical properties [4, 5]. The ideal orthopedic 

biomaterial should not cause any inflammatory or toxic response. It should be easily 

manufactured and processed as well as have an acceptable shelf life and be easily sterilized. 

Also, a biomaterial should be manufactured to have optimal properties geared towards a specific 

application. Some properties include ductility, hardness, tensile strength, elastic modulus, 

elongation, fatigue strength, impact properties, resistance to abrasion and wear, and long-term 

dimensional stability [4, 6]. The mechanical properties of certain orthopedic biomaterials are 

compared to healthy bone in Table 2.2. 

The range of materials used for fracture fixation is broad and the choice of materials 

often depends on the location and severity of the fracture as well as other patient related 

variables. These materials may be natural or synthetic and typically fall under the following 

categories: metals, polymers, ceramics, and tissue grafts, see Figure 2.1. Depending on the 

chosen material, the device can be permanent or temporary. Permanent orthopedic devices are 

designed to remain in the body for life. Temporary devices can be intentionally removed in a 

second surgery or degrade over a predetermined period of time. The following sections discuss 

the pros and cons of the aforementioned biomaterials.  
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Fig. 2.1  Orthopedic screws made from various biomaterials. 

 

 

 

Table 2.2  Mechanical Properties of Orthopedic Biomaterials Compared to Healthy Bone 

 

Material Elastic 

Modulus 

(GPa) 

Compressive 

Strength 

(MPa) 

Tensile 

Strength 

(MPa) 

Density 

 

(g/cm3) 

Hardness Fracture 

Toughness 

MPa(m)1/2 

Metals     (HV)  

Stainless Steel 189-205 170-560 480-1100 7.9-8.1 205-350 50-200 

Co-Cr-Mo 200-230 655 665-1540 7.8-9.2 240-450 100 

Ti-6Al-4V 110-127 758-1117 825-1000 4.4-4.5 310-350 55-115 

Tantalum 186-191  172-480 16.7 80-300  

Mg-Ca0.8 45 153.6 290-300 1.74-2.0  15-40 

Polymers     (Shore D)  

UHMWPE 0.4-2.2 15.2-24.8 27-44 0.9-1 60-66  

PMMA 1.3-3.1 69-125 9.7-46 1.19   

PLA 0.64-5.0  11.4-72    

Ceramics     (HV)  

Al2O3 400-580 4500 550 3.98 2300 5-6 

ZrO2 200  800-1200 6.1 1300  

Bone       

Cortical 11-20 106-224 51-172 1.8-2.1  3-6 

Trabecular 0.005-0.150 0.5-50 7.6    

Sources: [4, 7-10] 

 

 

2.2.1 Permanent Metals 

Metal implants composed of stainless steel, cobalt/chromium or titanium alloys offer 

superior strength compared to other biomaterials. However, they are often too stiff resulting in 

stress shielding which can be damaging to the healing process [7, 11-16]. Stress shielding occurs 

Metal Polymer Ceramic Tissue Graft 
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when bone is shielded by an implant from carrying load. Since the stress on the bone is 

minimized, it becomes less dense and is therefore prone to refracture. The cause of stress 

shielding is due to the elastic modulus of metal being significantly greater than that of bone. For 

stainless steel, cobalt-chromium alloys, titanium, and tantalum, the elastic modulus is an order of 

magnitude higher than the modulus for bone, see Table 2.2. The consequence is significant stress 

shielding and often a secondary surgery to correct or even remove permanent implants either 

because the bone has healed or the patient experiences discomfort post implantation. Hofmann 

reports there are more than 210,000 metal implants removed each year costing 300 million 

Deutsche Mark in in Germany alone [17]. 

 Another serious concern of permanent metal implants is metallosis [18]. Metallosis 

occurs as metals corrode or wear off and cause a foreign body tissue response. A consequence of 

such metal build up can lead to sensitization issues, pain, carcinogenic effects, inflammation, 

implant loosening, etc. Although metallosis is rarely a concern in the short term, the capabilities 

of implants designed to last 10 to 60 years is poorly understood and may pose a serious risk to 

patients in the long term.      

 

2.2.2 Polymers 

Polymer materials are frequently used in orthopedic surgery for fracture fixation [19]. 

There are two main types of orthopedic polymers: non-degradable and degradable. Degradable, 

also known as absorbable, are the most widely used type of orthopedic polymers [6]. Typical 

degradable polymers are polylactic acid (PLA), polyglycolic acid (PGA), and polyether-

etherketone (PEEK). Table 2.3 lists the absorption times for various biodegradable polymer 

implants. Common non-degradable orthopedic polymers include poly-methyl-metha-crylate 
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(PMMA), poly-tetra-fluoro-ethylene (PTFE), and PMMA/poly-hydroxy-ethyl-metha-crylare 

(PHEMA).  

 

Table 2.3  Degradable Polymer Absorption Times 

 

Polymer Beginning of Absorption 
Time to Complete 

Absorption 

PLA 2-3 Months 6-12 months 

PGA After 1 month 6-12 months 

PLLA 6-12 Months 24-48; up to 10 years 

PGLA 
 

3-4 months 

PDLLA 

90% strength loss at 6 months 

to full strength loss at 18 

months 

12-16 Months 

18-36 Months 

Source(s): [6, 20, 21] 

 

 

 

The mechanical properties of polymers allow them to be used where loading is relatively 

low, for example treating small bone fractures in the ankle and elbow [17]. Some key advantages 

of polymers for use in orthopedic surgery include excellent biodegradability, inability to release 

metal ions, compatibility with MRI, and minimal stress shielding [19]. Even though the modulus 

of polymers is significantly lower than metals, their key disadvantage is an unsatisfactory 

mechanical strength for fatigue and wear resistance [7, 19].  

 

2.2.3 Ceramics 

Ceramics are used in a broad number of orthopedic applications such as bone screws, 

spinal spacing systems, and synthetic bone graft materials [6]. Commonly used ceramic 

biomaterials include hydroxyapatite (HA), alumina (Al2O3), and zirconia (ZrO2). Bone graft 

substitutes that involve ceramics include calcium sulfate, beta-tricalcium phosphate, tricalcium 

phosphate and coralline hydroxyapatite. The most common procedures which use ceramic-based 
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bone substitutes are hand and foot surgery, fracture repair, joint reconstruction, spinal fusion, 

sports medicine, etc. 

A key benefit of ceramic implants are the fact that the low wear rate makes them good 

candidates for young, active, or overweight patients in need of joint replacements. This translates 

into a longer product life estimated at 30 years compared to conventional plastic and metal hip 

implants which typically last only 10 to 15 years. Furthermore, ceramics tend to be more 

corrosion resistant than metals and do not generate metal ions. 

 The key disadvantage of ceramic implants that limits wide scale use is their brittle nature. 

Ceramic implants are capable of brittle fractures. Since ceramics are generally permanent 

implants, long terms use is questionable. This often results in the need for a second surgery to 

remove a ceramic implant after it has achieved its objectives. Plus, ceramic implants have 

historically had a negative reputation among doctors in the United States. Thus, development of 

such implants poses a huge risk if practitioners are unwilling to use ceramic devices.    

 

2.2.4 Tissue Grafts 

Tissue grafts made of bone come from a variety of sources and serve many orthopedic 

applications. Bone grafts are easily processed and can have excellent biocompatibility. They are 

processed as a powder, chips, wedges, pegs, dowels, or struts and are capable of being machined 

into shapes such as a screw. Types of tissue grafts include autografts, allografts, and 

xenographs [6].  

An autograft is bone harvested from one site and transplanted to another within the same 

individual. Autografts represent the gold standard in biocompatibility and are relatively 

inexpensive. However, the use of autografts has some considerable disadvantages. For example, 
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autografts are not always plausible and the graft must be harvested from a patient already 

suffering. Furthermore, excessive intraoperative bleeding, postoperative hematoma, wound 

drainage, ongoing pain, pelvic instability, and donor site infection have been reported. 

An allograft is bone tissue donated from one individual and transplanted to another [6]. 

Both cortical and cancellous bones are available. Although more compatible than a metal, 

polymer, or ceramic implant, serious risks in terms of disease transmission and tissue viability 

pose as potential problems when evaluating the use of allografts. Although disease transmission 

is unlikely, the cleaning process required to insure that also removes useful growth cells and 

proteins that can improve the effectiveness of an allograft. 

The third type of tissue graft is a xenograft. A xenograft is bone derived from an animal. 

Again, it may be more compatible than traditional implants, severe concerns regarding host 

rejection and contamination by viral proteins limit the potential of xengrafts. Also like allografts, 

xenografts lack useful cells that were purged during the cleaning process. Although these 

biomaterials appear promising, serious concerns over their effectiveness and safety will hamper 

the use and development of such technology.  

 

2.3 Degradable Biomaterials 

 Degradable biomaterials are a relatively new and emerging form of treatment for 

common bone ailments. They are useful to the healing process due to the ability to gradually 

dissolve and absorb into the human body after implantation. Degradable biomaterials prevent the 

need for secondary surgery and have the potential to encourage bone healing with minimal stress 

shielding. Examples in orthopedics where biodegradable implants are commonly used include: 
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(1) fracture fixation screws, pins, or plates, (2) tacks for soft tissue to bone fixation, (3) 

interference screws for ligament repair, and (4) meniscal repair tacks [6]. 

Degradable implants must have exceptional biocompatibility and sufficient mechanical 

properties to provide the initial and intermediate stability required for bone healing before 

metabolizing in the body leaving no trace [5]. Degradation rates strongly depend on material 

type, impurities, manufacturing process, sterilization, device size, and the local environment into 

which the implant is placed. The general criterion for selecting a degradable biomaterial is to 

match the mechanical properties and the time of degradation to a patient’s rate of healing. An 

ideal degradable biomaterial would: (1) safely degrade at a controlled rate regulated by the 

healing process [2], (2) initiate and stimulate the healing process [2], (3) not cause any toxic or 

systemic reactions induced by the corrosion by-products [5], and (4) provide the necessary 

mechanical strength to adequately recover. 

There are currently no commercially available biodegradable metals. Biotronik from 

Germany is the closest and has reached clinical trials for a degradable magnesium alloy used in 

cardiovascular applications. At this point, the only biodegradable implants commercially 

available are made from polymers. Unfortunately, polymers lack sufficient mechanical properties 

which severely limit their usefulness. Therefore, an alternative is needed that provides sufficient 

mechanical properties but avoids the complications such as stress shielding. It should also allow 

a patient to heal at the same rate the implant degrades.  

In the literature, there were two degradable metals being studied for future implant 

applications. One metal is iron alloys for use in cardiovascular devices [22, 23]. Another is 

magnesium alloys for potential use in orthopedic and cardiovascular devices. In this study, a 

magnesium alloy was investigated for possible orthopedic implant applications. The critical 
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technical barrier addressed in this research is how to control the degradation of an implant so that 

is matches a patient’s rate for bone to heal. 

 

2.4 Magnesium (Mg) Alloys 

 To minimize the effects of stress shielding on the human body while still retaining 

strength, a soft lightweight metal with a similar modulus to bone is required. The properties of 

Mg are more comparable to that of bone. Therefore, Mg is proposed as an ideal biodegradable 

implant material due to its biocompatibility and superior strength to weight ratio compared to 

that of other biomaterials. 

 

2.4.1 Magnesium Biocompatibility 

Mg is an element essential to the human body. Intake of a certain amount of Mg 

(300 mg/day to 400 mg/day) is normally required for regular metabolic activities [8, 24]. The 

first documented application of Mg as a biomaterial was by Lambotte in 1907 which used a plate 

of pure Mg with gold plated steel nails to secure a bone fracture [8]. However, the corrosive 

nature of Mg allowed the plate to disintegrate in only 8 days as well as generate a hydrogen cyst 

under the skin. Preliminary trials proved the corrosive nature of Mg in the human body is an 

important technical barrier to its use for orthopedic implants. 

The direct corrosion product of magnesium, Mg
2+

, is easily absorbed or consumed by the 

human body [8, 25]. However, the rapidly generated by-products of magnesium corrosion, such 

as hydrogen gas and hydroxides, are not biologically favorable. Hydrogen evolution and 

alkalinization resulting from corrosion of Mg are the most critical obstacles in using magnesium 

as an implant material. 
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2.4.2 Alloying to Improve Biocompatibility 

A straightforward strategy to tackle these difficulties is to control the corrosion rates of a 

biodegradable magnesium implants. Alloying is a possible solution to control the corrosion rate 

of Mg in human body. A concern with the alloying approach is biocompatibility of the alloying 

element. Alloying elements must not generate toxic, carcinogenic, or mutagenic products.  

In 1944, Troitskii and Tsitrin reported Mg-Cd plates and screws used for fractured bone 

did not observe any inflammatory reactions [8]. The mechanical integrity of the implants was 

maintained for 6-8 weeks with complete absorption within the body after 10-12 months. The 

hydrogen gas given off from corrosion was removed with a subcutaneous needle. In 1945, 

Znamenski used a Mg-Al alloy to treat gunshot wounds and observed the fractures fused in only 

6 weeks at which time the plates were not detectable either [8]. Also, McBride reported the use 

of a Mg-Al-Mn alloy bone screw did not result in systemic or inflammatory reactions and was 

completely absorbed in 120 days [26]. More recently, Biotronik has developed a WE43 stent that 

has proven successful in clinical applications [27-29]. 

The previously mentioned cases were in vivo and indicated that Mg-based alloys are 

non-toxic and may even stimulate bone tissue healing. It should be mentioned that the most 

suitable Mg alloy for orthopedic applications still remains controversial. Others have shown via 

in vitro studies that the use of Al, Zr, RE elements, Ag, In, Mn, Si, Sn, etc. may still prove toxic 

and reduce cellular viability [30, 31]. Ca and Zn remain as viable options to alloy with Mg while 

still maintaining biocompatibility [30]. WE43 has proven successful for cardiovascular 

applications [27-29]. Other methods for controlling the corrosion rate include coatings, heat 

treatments, surface treatments, or increasing the porosity [8, 32, 33]. 
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2.4.3 Animal Testing of Mg Alloys 

 Several studies have explored the use of magnesium alloys in animal models [34-41]. To 

date, the majority of evidence suggests Mg alloys are potential degradable biomaterials. 

Erdmann et al. compared bone screws of MgCa0.8 to surgical steel in the tibiae of rabbits and 

found comparable initial inflammatory responses and further suggested Mg may be feasible as an 

implantable material [35]. Heublein et al. found the use of Mg alloy AE21 as a stent in pigs 

caused no major problems and suggested use in humans was feasible [36]. Witte et al. studied the 

inflammatory host response of porous Mg alloy AZ91D in the distal femur condyle of rabbits 

[40]. After 3 months, most of the alloy had degraded and resulted in fibrous encapsulation. They 

reported the implant caused no significant harm to neighboring tissue and proved promising for 

replacing subchondral bone. Li et al. studied osteo-activity around MgCa1.0 pins in rabbit 

femoral shafts [39]. They reported highly active osteoblasts and osteocytes and that the pins 

degraded in 90 days, at which time newly formed bone was clearly visible. Similarly, Witte et al. 

showed a degradable Mg alloy AZ91D was capable of promoting bone formation and resorption 

[41]. According to Janning et al., the enhanced bone growth from using Mg alloys is due to the 

corrosion product Mg(OH)2 [42]. Futhermore, it has been shown that the Mg alloys AZ31, AZ91, 

WE43, and LAE442 have no skin sensitizing potential [43].  

 Although biocompatibility is important, maintaining sufficient strength while degrading 

is as equally important and often problematic. Krause et al. studied the initial mechanical 

strength and degradation behavior of MgCa0.8, LAE442, and WE43 cylindrical pins in rabbit 

tibiae [38]. Their results show MgCa0.8 corroded the most after 6 months, had the lowest 

strength, and showed signs of heavy pitting. LAE442 was the strongest metal and exhibited 

steady corrosion. However, its use of rare earth elements poses unknown risks that have yet to be 
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explored. WE43 exhibited unpredictable corrosion behavior and a diverse range of strengths. 

Castellani et al. studied the bone-implant interface strength and osseointegration of a WE43 alloy 

pin in rats [34]. WE43 outperformed the Ti alloy in both interface strength and osseointegration. 

They found that the Mg alloy showed more bone-implant contact and a higher trabecular bone 

volume compared to a Ti-6Al-7Nb pin as well as a higher pushout force, ultimate shear strength, 

and higher energy absorption to failure, see Figure 2.2.  

 

 

 

Fig. 2.2  Post implantation results at 0, 3, and 6 months for (a) implant volume and (b) max 

applied force at fracture for a cylindrical pin in rabbit tibiae [38]. 

 

 

 

(a) 

(b) 
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 Huehnerschulte et al. explored the use of Mg alloys with reduced (ZEK100) or no 

(AX30) rare earth elements in rabbit tibiae [44]. They showed ZEK100 had a faster initial 

degradation that leveled off after 6 months and that both materials induced adverse host reactions 

and high numbers of osteoclast which resorb bone.  

 

2.5 MgCa0.8 Alloy 

In this study, calcium (Ca) was alloyed with Mg to form a binary MgCa alloy. It is well 

known that Ca is a major component in human bone and is also essential in chemical signaling 

with cells [7, 45]. Ca has a low density (1.55 g/cm
3
) such that when alloyed with Mg, the density 

is similar to that of bone. Wu et al. have demonstrated the addition of Ca less than 1 wt% to a 

Mg-Al-Zn alloy has a beneficial effect on the strength and corrosion performance [46]. The Ca in 

MgCa alloys produces hydroxyapatite (HA) as a byproduct on the surface of the implant. HA is a 

favorable biocompatible mineral which stimulates bone cells to attach to the implant surface to 

form proper bonding [7]. The proper bond between implant surface and surrounding bone allows 

for fractured segments to realign in correct anatomical position which is critical to recovery. 

 

2.5.1 Coupon Manufacturing Process 

In the following study, Mg was alloyed with 0.8 weight percent Ca. The alloy MgCa0.8 

(referred to as MgCa) was prepared using pure Mg of ASTM grade 9980A and Mg-30%Ca 

master alloy. The pure Mg was melted down at 650°C. Next, the melt was heated to 710°C and 

Mg-30%Ca was added until the target composition (Mg-8%Ca) was obtained. After the alloy 

settled for ½ hour, it was cast into ingots. The ingots were turned at 900 RPM without coolant 

into a 38.1 mm diameter round stock. 
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2.5.2 Microstructure 

 Figure 2.3 shows the microstructure of untreated MgCa in the axial and radial directions. 

Figure 3.1(a) is at 5x magnification. The b and c planes are in the axial direction. Plane d is in 

the radial direction. Figures 2.3 (b), (c), and (d) depict the microstructure on each of the x, y, 

and z planes at 20x magnification. The grain size ranges from 100 µm to 700 µm. There are no 

observable variations of the grains between the axial and planar directions. 

 MgCa0.8 is composed of Mg and Mg2Ca as indicated on its phase diagram in Figure 2.4 

[47]. The visible pits on the surfaces and within the grain boundaries are Mg2Ca precipitates 

formed during the cooling process. For every 1 kg of MgCa0.8, the alloy contains approximately 

2 g of Mg2Ca [47, 48].  

 
 

Fig. 2.3  3-axis microstructure of unpeened MgCa0.8 at (a) 5× magnification and (b), (c), and (d) 

are at 20× magnification in the axial and planar directions. 

 

(b) 

100 µm 

(c) 

100 µm 

(d) 

100 µm 

Axial 

direction 

(a) 
1 mm 

x y 

z 

Planar 

direction 
Planar 

direction 



 

26 

 

 
 

Fig. 2.4  Phase diagram for binary Mg-Ca alloys [47]. 

 

 

 

2.5.3 Mechanical Properties 

The mechanical properties of MgCa were determined at several strain rates using a quasi-

static compression test and Split Hopkins Pressure Bar (SHPB) tests [9]. The MgCa samples 

used for quasi-static testing were machined to a 7.62 mm length and 7.62 mm diameter. For 

dynamic testing, the sample length was reduced to 3.3 mm. The sample length was reduced so 

that the length/diameter ratio was between 0.5 and 1.0. Gama has shown that a length/diameter 

ratio in this range reduces inertial and frictional effects [49]. All material compression tests were 

conducted at room temperature. The quasi-static compression tests were performed at a strain 

rate of 0.001 s
-1

. For the SHPB test, samples underwent strain rates from 720 s
-1

 to 5100 s
-1

. 

 The true stress - true strain responses of MgCa at various strain rates are shown in 

Figure 2.5. The mechanical properties were determined by Guo et al. and are presented in 
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Table 2.4 [9]. MgCa exhibited considerable strain rate sensitivity. The ultimate strength and 

yield stress increased at higher strain rates. For a process such as laser shock peening (LSP), the 

strain rates are on the order of 10
6
 s

-1
. Other mechanical process such as machining, shot 

peening, and high speed rolling only experience strain rates in the range of 10
2
 s

-1
 to 10

5
 s

-1
 [50]. 

Because LSP is a high strain rate deformation process, it is suggested that the compressed 

surface layer formed from laser peening will have an increased mechanical strength that is 

beneficial for controlling corrosion. 

 

Table 2.4  Experimentally Determined Mechanical Properties of MgCa0.8 via Compression and 

SHPB Tests [9] 

 

Strain 

Rate 

Modulus of 

Elasticity 

Ultimate 

Strength 

Yield 

Stress 

(s-1) (GPa) (MPa) (MPa) 

0.001 44.9 153.6 95.0 

2690 11.8 213 201 

5100 14.72 260 253 

 

 

 

Fig. 2.5   Quasi-static and dynamic true stress-strain response of MgCa0.8 alloy from SHPB test 

(a) elastic response and (b) elastic-plastic response. Modified from [9]. 
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CHAPTER 3 

SURFACE TREATMENTS 

 

3.1 Surface Treatments 

 Traditionally, a material that did not elicit a harmful biological response and maintained 

structural integrity was considered biocompatible. Essentially, the bulk properties of a 

biomaterial defined its biocompatibility and effectiveness. This approach led researchers to seek 

out the holy grail of biomaterials with perfect bulk properties. Unfortunately, no such material 

exists, and today’s efforts have shifted to exploring the best techniques to influence the 

performance of the best choice biomaterials.  

 One method of influencing a material’s biocompatibility is by surface treatments. Surface 

treatments effectively alter the surface integrity and can produce a plethora of mechanical, 

thermal, electrical, chemical, and biological responses. This chapter will focus exclusively on 

mechanical and thermal surface treatments and set the stage as to why laser shock peening (LSP) 

is an ideal surface treatment process for degradable MgCa implants. Other surface treatments, 

such as coating techniques by physical, chemical, and electrochemical methods have been 

reviewed extensively in literature and will not be discussed here; For more information, see 

Wang et al., Yang et al., and Mändl [1-4]. 

 Mechanical surface treatments include processes that alter the surface integrity mainly 

through mechanical mechanism such as forming or material removal. Thermal surface treatments 

include process whereby significant heat alters the surface integrity. Mechanical and thermal 
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surface treatments are not mutually exclusive. Some mechanical processes involve heat, such as 

machining, as well as some thermal processes involve forming mechanisms, such as laser 

ablation. In order to evaluate numerous surface treatments, it is important to understand the 

meaning of surface integrity and how it relates to process parameters and part performance. 

 

3.2 Surface Integrity 

 The phrase surface integrity first appeared in 1964 by Michael Field and John Kahles [5]. 

They studied the effects of machining and grinding of high strength steels on surface integrity 

and consequent stress-corrosion performance. They were not the first to relate process 

parameters to performance, but they first coined the phrase and began establishing surface 

integrity as an engineering discipline [6]. After appearing in the 21
st
 General Assembly of CIRP 

in 1971, surface integrity became standardized terminology to describe the influence of 

manufacturing methods on mechanical properties and service performance. Their influence has 

shaped and guided this field of engineering for nearly five decades.  

 Groover best defines surface integrity as “the study and control of the surface and 

subsurface layer and the changes in it that that occur during processing that may influence the 

performance of the finished part or product [7].” Essentially, it relates the surface properties of a 

part to its performance in areas such as fatigue, corrosion, or strength. Surface properties 

comprise a wide array of changes or alterations that are possible by surface treatments. Some 

examples of surface changes via surface treatments include:  

 material absorption 

 conductivity changes 

 cracks 

 craters 

 grain size changes 

 hardness changes 

 heat affected zones  

 inclusions 

 intergranular attack 

 laps, folds, seams  

 phase changes  

 pits 

 plastic 

deformation 

 recrystallization  

 redeposited 

metal 

 residual stress 

 resolidified 

metal 

 roughness 

 texture 

 topography 
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By adjusting these surface properties, the goal is to be able to select manufacturing process 

parameters that can favorably enhance performance.  

 Since each surface treatment affects the surface integrity uniquely, it is important to 

understand the positive or negative effects a surface treatment can have on the resulting surface 

integrity. Techniques to assess surface integrity both quantitatively and qualitatively include: 

surface texture, visual examination, microstructural examination, microhardness profile, and a 

residual stress profile [7]. 

 

 3.3 Biocompatibility 

 Surface treatments are capable of improving the biocompatibility of a medical device by 

producing surface integrity enhancements in the form of structural surface modifications. 

Structural surface modifications are an effective way to alter the implant/tissue interface in order 

to improve biocompatibility [8-11]. Breme et al. have compiled the work of several researchers 

who have investigated the effects of surface topography modifications by polishing, etching, 

machining, peening, and ablating on biocompatibility and corrosion [8]. Collectively, the work 

suggests rougher implant surfaces are more favorable for biocompatibility and corrosion 

resistance. Although the materials investigated were titanium alloys, the work provides valuable 

insight as to the capabilities degradable surfaces can have in a biological environment.   

 

3.4 Mechanical Surface Treatments 

 Some mechanical surface treatments to alter the corrosive properties of Mg include 

burnishing, machining, micro-indenting, shot peening (SP), ultrasonic impact peening (UIP), and 

laser shock peening (LSP). Each process alters the surface integrity uniquely. For example, 
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burnishing and UIP are capable of work hardening a surface with minimal effect on surface 

topography, while micro-indenting is used mainly for producing surface dents without significant 

work hardening. Other processes are capable of accomplishing both work hardening and surface 

topography, such as machining and LSP. The effect of these processes on surface integrity is 

discussed below. 

 

3.4.1 Burnishing 

 Burnishing is a surface treatment that results in a deep, highly compressed layer with 

minimal plastic deformation on the surface [12, 13]. Traditionally, the objective is to enhance 

corrosion resistance, prolong fatigue life, and minimize wear by imparting compressive residual 

stresses while maintaining a smooth surface finish. The burnishing process is accomplished by 

rolling a ball or cylindrical roller across a component’s surface while simultaneously applying a 

normal force. A schematic of ball burnishing is shown in Figure 3.1. The ball is suspended in a 

fluid that prevents contact with the tool and allows the ball to rotate as freely as possible. 

 

 
 

Fig. 3.1  Schematic of low plasticity ball burnishing [13]. 
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 Several groups have explored the effects of burnishing on the surface integrity of Mg 

alloys [14-19]. Process parameters such as speed and feed affect the roughness but cause 

negligible changes to the microhardness [14, 18]. Other process parameters such as burnishing 

pressure (or force) were capable of drastically increasing the top surface microhardness. 

Furthermore, higher burnishing pressures tended to produce lower residual stress while higher 

feeds were found to increase the residual stress [14]. For microstructure, burnishing forces less 

than 1500 N were capable of refining grains of AZ31 [16, 19]. Yang et al. reported the grain size 

reduced by more than 20 times after burnishing and was nearly twice as hard as the bulk 

material. On the other hand, Salahshoor and Guo burnished a MgCa0.8 alloy at forces up to 1 kN 

and did not observe any grain refinement [14]. Denkena et al. and Tönshoff et al. used roller 

burnishing on AZ91 and reported that the residual stresses extended deeper in the subsurface as 

the rolling force increased from 1 kN to 5 kN, see Figure 3.2 [17, 18]. However, increasing the 

burnishing force beyond 3 kN was damaging to the surface and subsurface layers. Both reported 

a higher surface roughness and the formation of cracks at a rolling force of 5 kN.  

 
 

Fig. 3.2  Residual stress profile after roller burnishing AZ91 at a force of 1 kN and 5 kN [18]. 
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 Although burnishing can produce favorable residual stresses deep below the surface, it is 

limited to producing relatively smooth surface finishes. Since bone cells favor attaching to 

rougher surfaces, a smooth surface finish severely limits burnishing’s usefulness in promoting 

bone ingrowth and attachment. An alternative surface treatment that provides both surface 

topography and mechanical property benefits to the surface layer is desired. 

 

3.4.2 Mechanical Cutting 

   Mechanical cutting processes are an attractive technique to influence the surface 

integrity. It is capable of imparting residual stresses as well as imparting a surface topography. 

Mechanical cutting includes single point cutting operations such as turning or milling and 

multiple point cutting operations such as grinding or polishing.  

 In each process, material is removed from the surface through a cutting mechanism. A 

schematic of a single point cutting operation is shown in Figure 3.3. As the cutting tool moves 

across workpiece surface, material is removed in the form of chips. According to Guo et al., the 

subsequent surface integrity after machining is determined by a plowing effect, shown 

schematically in Figure 3.4 [20]. As the tool passes laterally across the workpiece, the material 

above the stagnation point is removed and forms a chip while the material below the stagnation 

point is plowed over by the cutting tool. The plowed material is exposed to high transient 

stresses, strains, and strain rates at high temperatures and, therefore directly contributes to the 

resulting surface integrity. 
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Fig. 3.3  Schematic of orthogonal cutting [7]. 

 

 

 

 
 

Fig. 3.4  Schematic of plowing effect that causes the resulting surface integrity [20]. 

 

 

 The effects of process parameters such as speed, feed, and depth of cut (DoC) on the 

surface integrity have been studied [10, 21-23]. For a turning operation on MgCa3.0, Denkena et 

al. showed that increasing the cutting speed from 10 m/min to 100 m/min or decreasing the feed 

from 0.1 m to 0.05 m was capable or reducing the surface roughness by 15% or 42%, 

respectively [21]. However, there was no significant impact on the residual stress at the given 

turning conditions [10, 21]. Guo and Salahshoor reported the effects high speed dry milling 

process parameters had on the surface integrity of MgCa0.8 [22, 23]. The speed and DoC had no 

Point P: stagnation point 



 

40 

distinguishable effect on surface roughness. However, increasing the feed from 0.05 mm/rev to 

0.4 mm/rev caused the surface roughness to dramatically increase from 0.2 μm to 0.75 μm. At 

each machining condition, the microhardness was increased. Interestingly, changes to the cutting 

speed and feed tended to increase the microhardness parallel to the cutting marks, while changes 

to the DoC tended to increase the microhardness perpendicular to the cutting marks. They also 

reported no distinguishable differences in residual stress and microstructure from adjusting 

process parameters. 

 Mechanical cutting is not ideally suited to fabricate a predesigned surface integrity. The 

key disadvantages of mechanical cutting are severe heat generation, flank build up, and surface 

contamination. Poorly chosen process parameters can cause severe amounts of heat generation 

that negatively affect the residual stress. Also, flank build on the cutting tool can occur which 

would undermine any efforts at controlling the surface integrity [24]. Finally, wear particles from 

the implant or cutting tool can contaminate the surface by imbedding into the implant during 

machining. This can result in unpredictable degradation and biocompatibility. An alternative 

surface treatment that does not cause thermal damage, flank build up, or contamination is needed 

to process degradable Mg implants.    

 

3.4.3 Shot Peening (SP) 

 Shot peening is a surface treatment process that uses glass or steel beads fired at high 

velocities at a workpiece in order to produce a surface integrity, see Figure 3.5. The impact of the 

balls on the workpiece produces severe plastic deformation at random locations on the surface. 

AZ80 surfaces processed by shot peening at various intensities is shown in Figure 3.6. Process 

variables from SP include ball type, ball size, peening intensity, and coverage. Coverage 
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describes the amount of a surface indented and is usually expressed as a percentage. Each 

process variable is capable of having a profound impact on performance criterion such as fatigue 

and corrosion. 

 

 
 

Fig. 3.5  Schematic of air blast shot peening [25]. 

 

 

 

Fig. 3.6  Surface of shot peened AZ80 with different Almen intensities: (a) 0.04 mmN, 

(b) 0.15 mmN, (c) 0.30 mmN, and (d) 0.40 mmN [26]. 
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 The effect of shot peening process parameters on the surface integrity of Mg alloys can 

be found in literature. Increasing the intensity during shot peening has proven to increase the 

surface roughness, see Figure 3.7(a) [26-28]. It has also proven capable of doubling the 

microhardness from the base material [26, 28, 29].  Zhang and Lindemann reported increasing 

the intensity increased the magnitude of the microhardness but had little effect on the depthto 

which it extended [26]. The resulting residual stress from shot peening is typically 

between -80 to -120 MPa and extends 200 to 400 μm below the surface [26-28, 30]. Zhang et al. 

were able to show that different peening media had an effect on the roughness, microhardness, 

and residual stress [28]. Apart from shot peening parameters, Liu et al. investigated the effects of 

shot peening Mg-10Gd-3Y alloys that were as-cast, cast-T6, as-extruded, and extruded-T5, see 

Figure 3.7. They showed the surface integrity was influenced by shot peening and the original 

bulk processing.  

 

 

Fig. 3.7  Surface integrity of shot peened Mg-10Gd-3Y: (a) surface roughness, 

(b) microhardness, and (c) residual stress [27]. 

 

 

 Although shot peening is capable of imparting compressive residual stress and surface 

topography without the imposing a heat affected zone, it is not the ideal surface treatment for 

degradable implants. One reason is that the bead used to peen the surface can contaminate a 

(a) (b) (c) 
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medical device. Also, shot peening is not a precision process. Since the beads impact random 

locations, it is impossible to know the exact surface integrity and applied coverage.  Thus, a 

different surface treatment that provides residual stress and topography but is capable of being 

precisely controlled is desired. 

  

3.5 Thermal Surface Treatments 

 Thermal surface treatments alter the surface integrity by applying heat in order to elicit a 

chemical, physical or microstructural change. Thermal techniques to alter the surface integrity 

include but are not limited to flame hardening, solution heat treatments, thermal oxidation, 

electric discharge machining (EDM), and laser treatments. This section will focus on the effects 

of EDM and laser surface treatments such as laser melting, hardening, and ablation on the 

surface integrity of Mg alloys. 

 

3.5.1 Electric Discharge Machining (EDM) 

 Electric discharge machining is a material removal process that uses electrical discharge 

(sparks) between two electrodes to rapidly heat the workpiece so that material is melted and/or 

vaporized. One electrode is the workpiece, while the other electrode is tool. The tool electrode 

can take any shape but is often simply as a wire, see Figure 3.8. Traditionally, EDM is used as a 

cutting process with little regard given to surface integrity.   

 The process parameters used in EDM, such as wire size, energy, speed, etc. can influence 

the resulting surface integrity. For example, the spark that jumps from the tool to the workpiece 

creates craters on the machined surface. These craters give rise to the resulting surface 

topography. The energy, speed, and spark duration affect the size and depth of these craters. 
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Also, it is well known that EDM will generate a heat affected zone (HAZ). The size of the HAZ 

is directly dependent on these process parameters as well. 

 

 

Fig. 3.8  Process schematic of wire EDM [31]. 

 

 Klocke et al. have proposed that sequential EDM on a Mg alloy WE54 is an excellent 

method to minimize the HAZ and surface roughness [32]. Sequential EDM involves stepping the 

discharge energy down with each subsequent wire cut. They showed that the surface roughness 

reduced from 85 μm after the first cut to less than 10 μm on the fifth cut. Also, multiple EDM 

cuts appeared to minimize or even prevent cracks and pores from forming in the subsurface.  

 Although Klocke et al. were able to show a reduced heat affected zone after sequential 

EDM cuts, the uncertainty in surface integrity still remains the limiting step to this process’ 

usefulness. Furthermore, multiple passes raises concerns over the efficiency of the process. The 

inability to eliminate the heat affected zone and uncertain cost associated with multiple cuts 

prevent wire EDM from being a practical solution to impart a predesigned surface integrity to a 

degradable Mg device. 
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3.5.2 Laser Surface Melting (LSM) 

 Laser surface melting (LSM) involves melting a localized region of a metal followed by 

rapid solidification, see Figure 3.9. LSM affects the surface integrity because the process can 

refine grains and redistribute intermetallic phases [33]. An advantage of LSM is the ability to 

precisely control the spatial and temporal processing by the laser. There is a wide range of 

process parameters that can influence the surface integrity, some include: laser type, frequency, 

wavelength, pulse duration, laser spot size, laser intensity, feed, etc.  The newly formed surface 

integrity includes a melted zone and a heat affected zone (HAZ). Both cause variations in 

microstructure and microhardness. In the melt zone, material rises above the melting temperature 

of the alloy and is recast after cooling. In the HAZ, the material does not reach the melting 

temperature but is still capable of microstructural changes. The subsurface of a MEZ alloy 

processed by LSM is shown in Figure 3.10. 

 

 

 
 

 

Fig. 3.9  Schematic of laser surface melting (LSM) and the subsurface of a MEZ alloy after 

LSM [34]. 
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Fig. 3.10  SEM of the top surface of a MEZ alloy (a) as-received and (b) processed by laser 

surface melting (LSM) [34]. 

 

 

 Dutta Majumar et al. showed that higher laser powers or slower scan speeds increased the 

thickness of the melt zone [34]. The effect on microhardness is not as straight forward. They 

showed that increasing the scan speed from 200 to 300 mm/min tended to increase the magnitude 

of the microhardness but decreased the depth it extended. A similar result was reported by Jun et 

al. [35]. Also, decreasing the laser power resulted in an increase in the magnitude of the 

microhardness and had no effect on the depth. Again, Jun et al. reported similar findings [35]. 

The authors attributed the increase in microhardness when the laser power was lowered to a finer 

microstructure and solid solution hardening. The microstructure was finer due to faster cooling 

and less heat from overlapping tracks. Mondal et al. reported a 125% increases in hardness that 

extended over 600 μm deep, see Figure 3.11 [36]. Similar results from Liu et al. also confirm that 

the microhardness after LSM increases [33].  

 One disadvantage of LSM is that surface topography and residual stress are not possible 

without additional processing. Plus, any topography or residual stress imparted before LSM 

would be removed by the intense heat. Another disadvantage of LSM is the emergence of a heat 

affected zone (HAZ). These zones generally have poor fatigue performance and can lead to 
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severe stress corrosion cracking. Furthermore, the resulting surface integrity is often not uniform 

after LSM. This can pose as a potential risk to patients. An alternative surface treatment that 

avoids thermal damage, creates a topography, and is capable of the high spatial and temporal 

precision is needed. 

 
 

Fig. 3.11  Microhardness ACM720 as-cast and after LSM [36]. 

 

  

3.5.3 Laser Ablation (LA) 

 Laser ablation (also laser etching) is capable of imparting a more complex surface 

integrity than LSM. In ablation, material is vaporized and therefore removed from the surface. A 

schematic of laser ablating a track is shown in Figure 3.12. This technique can also be used to 

create pits on a scale similar to biological cells [37]. With the ability to create pits, more complex 

patterns or structures could be incorporated into the implant’s design for biocompatibility. 

Structures that promote cell-implant adhesion and attachment can be fabricated. Similar to LSM, 

a heat affected zone is created by laser ablation. Although widely studied for other implantable 

materials, little is known about the effects of laser ablation on the surface integrity of Mg alloys. 

Li et al. have shown the ablating AZ31 with a high-intensity pulsed ion beam (HIPIB) is capable 
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of imparting a microhardness and is dependent on the pulse power density and repetition of 

shots, see Figure 3.13 [38]. 

 
 

 

Fig. 3.12  Schematic of laser ablating a track and the subsequent top surface and subsurface. 

 

 

 

 
 

Fig. 3.13  Microhardness after HIPIB ablation of AZ31 [38]. 
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 Although laser ablation provides a spatial and temporal precision when imparting a 

surface integrity and is capable of producing topography, this surface treatment creates a heat 

affected zone that has unpredictable fatigue performance. Plus, this process is similar to laser 

surface melting in that it is not able to impart compressive residual stresses that could be used to 

control the corrosion rate. Furthermore, the strength of HAZ regions in Mg alloys is not well 

understood and could pose a risk if implanted in vivo. Therefore, an alternative surface treatment 

that creates a topography, residual stress and microhardness without a HAZ is desired. 

 

3.6 Summary 

  In this chapter, mechanical and thermal surface treatments that are capable of influencing 

the surface integrity were discussed. Table 3.1 summarizes the advantages and disadvantages of 

each process. Laser shock peening (LSP) is proposed as a suitable alternative that avoids the 

disadvantages of the previously mentioned surface treatments. Therefore, the next chapter 

describes the process parameters used to improve the surface integrity of a MgCa0.8 alloy. 
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Table 3.1  Advantages and Disadvantages of Surface Treatments to Influence the Corrosion and 

Fatigue Performance of Mg Alloys 

 
Process: Advantage(s) Disadvantage(s) 

Burnishing  Deep compressive residual 

stresses 

 No topography 

 Limited to simple geometries 

Mechanical Cutting  Spatial precision 

 Compressive residual stress 

 Capable of imparting 

topography  

 Treat complex geometries 

 Heat generation 

 Flank build up 

 Possible contamination 

Shot Peening (SP)  Compressive residual stress 

 Capable of imparting 

topography 

 No spatial precision 

 Possible contamination 

 Non-uniform surface integrity 

Electric Discharge Machining 

(EDM) 

 High aspect ratio possible 

 Complex geometries 

 Heat affected zone 

 Inefficient (multi-pass) 

 Non-uniform surface integrity 

 No residual stress 

Laser Surface Melting (LSM)  Solid solution hardening 

 Spatial and temporal precision 

 

 Heat affected zone 

 No compressive residual stress 

or topography 

 Non-uniform microstructure 

Laser Ablation (LA)  Solid solution hardening 

 Spatial and temporal precision 

 Capable of imparting 

topography 

 Heat affected zone 

 No compressive residual stress 

 Non-uniform microstructure 

 

Laser Shock Peening (LSP)  Hardening 

 Spatial and temporal precision 

 Capable of imparting 

topography and compressive 

residual stress 

 No heat affected zone 

 High cost 
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CHAPTER 4 

LASER SHOCK PEENING 

 

4.1 Research Objectives 

 The focus of this research is to explore how laser shock peening (LSP) process 

parameters can influence part performance via influencing the surface integrity. A schematic 

revealing the relationships between process parameters, surface integrity, and performance 

criterion is shown in Figure 4.1. By understanding these relationships, medical care and spending 

can be improved.  Patients would benefit by preventing the need for a second surgery as well as 

being able to exploit the capabilities for customizable implants. In the following research, two of 

the most promising LSP process parameters to influence surface integrity and consequent 

implant performance were selected, laser power and dent overlap. This chapter will introduce the 

process mechanics behind LSP as well as establish the experimental peening conditions used 

throughout the remainder of this research. 

 

Fig. 4.1  Schematic showing the relationship between some process parameters, surface integrity, 

and performance criterion for laser shock peening a degradable implant. 
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4.2 LSP Advantages 

 Laser shock peening (LSP), used in conjunction with alloying, is a promising surface 

treatment technique to improve surface integrity of MgCa implants. Surface integrity is 

improved by imparting compressive residual stresses that are beneficial for controlling corrosion 

while minimizing wear and fatigue. Also, LSP produces a unique surface topography that may be 

favorable for biocompatibility in terms of attachment and ingrowth. Therefore, a laser shock 

peened MgCa alloy is proposed as an ideal biocompatible implant material since it 

(1) promotes bone growth via Ca addition, 

(2) encourages integration between bone and implant via topography modifications, and 

(3) gradually biodegrades in a controlled manner via surface integrity enhancements. 

 

4.3 Process Mechanics 

 LSP is a mechanical process where pressure waves caused by expanding plasma 

plastically deform the surface of a material. The plastic deformation from LSP induces deep 

compressive residual stresses well below the surface. The residual stresses can penetrate as deep 

as 1 mm below the surface [1]. As a result, compressive residual stresses can inhibit the 

corrosion rate of MgCa [2-4]. Furthermore, the compressive residual stresses greatly improve 

against fatigue crack formation and propagation induced by cyclic loading [5-7]. LSP also 

produces surface dents which act as a geometric benefit. Surface dents provide a porous structure 

that is favorable for cell adhesion and growth to an implant surface [8]. 

 LSP uses a thin layer of ablative material that is opaque to the laser as shown in 

Figure 4.2. The opaque ablative material, typically black spray paint or tape, is a sacrificial layer 

[9]. The sacrificial layer minimizes undesirable thermal effects on the surface caused by the 
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laser. The laser vaporizes the ablative layer to form high pressure plasma [10]. The plasma, 

confined by a thin layer of water film, expands rapidly resulting in a recoiling pressure wave on 

the order of several gigapascals [11-15]. The resulting pressure in confined ablation mode is 

much larger than the dynamic yield strength. Once the pressure exceeds the dynamic yield stress, 

plastic deformation occurs and forms a dent. The pressure wave is the mechanical process that 

plastically deforms the surface. 

 

 
 

 

Fig. 4.2  Schematic of micro dent fabrication using LSP. 

 

 

4.4 Micro Dent Fabrication 
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 For LSP experiments, samples were sectioned 15 mm thick from a 38.1 mm diameter 

round stock. In order to remove any surface residual stress induced by machining, each sample 

was turned and later polished to a mirror finish. The polishing process began with 1200 grit 
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sandpaper followed by a Lecloth™ pad. In order to prevent and remove any micron sized pits or 

scratches induced by polishing, 1 μm diamond liquid in conjunction with lapping oil and/or 

water was used at low polishing speeds (≈ 150 RPM) to final polish to a mirror finish as shown 

in Figure 4.3. 

 

Fig. 4.3  Polished surface of MgCa coupon sample. 

 

4.4.2 Experimental Peening Conditions 

 Figure 4.4 depicts the experimental setup to fabricate micro dents on the surface of a 

MgCa alloy. A Continuum Surelite I30 Nd:YAG laser (wavelength (λ) = 1064 nm, pulse width 

(τ) = 5 - 7 ns, frequency (q) = 30 Hz) with an average power range of 0.1 W to 10 W was used in 

the experiments. For lower powers, beam splitters were used to discard some of the energy into a 

beam dump. The estimated spot diameter was approximately 300 µm using a 100 mm focal 

length lens. The cross-sectional area of the laser spot (A) was 0.071 mm
2
. The corresponding 

power density (I) was calculated based on Equation 4.1. PAVG is the average laser power. Each 

experiment was performed in vertical water confined regime (WCR) at a depth of 2 mm. The 

water is allowed to flow over the peened surface as opposed to being stationary. Flowing water is 

favorable due to the decreased possibility of particulate interfering with the laser/plasma 

interface. A 3M
TM

 polyester black tape with an acrylic adhesive was used as the ablative 

medium. The tape had a thickness of 50 µm. A series of single peen tests were performed to 

develop a geometric peening model followed by a series of sequential peening tests. 
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Fig. 4.4  Experimental setup for vertical LSP. 
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4.5 LSP Topography Model 

4.5.1 Single Peening 

 Preliminary LSP tests were performed to measure dent size produced by single peening 

in a range of laser power settings. The data was used to develop a model for predicting dent size 

based on laser power. The purpose of developing such a model is so that appropriate feeds ( f ) 

can be determined for sequential peening experiments. 

  The average experimental laser powers (PAVG) during the single peening tests were 1, 5, 

and 8 W. The corresponding power densities were 6.7, 33.7, and 53.9 GW/cm
2
, respectively. For 

each peening condition, dent depth (∆) and diameter were measured with a Dektak 2D profiler. 

A sample size of 8 dents was considered for statistical analysis and fitted to a Student’s t 

distribution (p < 0.5). Figure 4.5 is a plot of average dent depth and diameter versus laser power. 
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1.768 ± 0.069 mm and had a depth of 5.7 ± 0.5 μm, 26.6 ± 1.1 μm, and 38.8 ± 4.4 μm, 

respectively. At low power, the dents were wide and shallow. As the power increased, the depth 

increased non-uniformly. The data closely approximated a linear curve within a laser power 

range from 1 W to 8 W. The linear model for estimating dent depth and diameter is given by 

Equations 4.2 and 4.3. It is important to note the linear curves presented by Equations 4.2 and 4.3 

do not represent trends below 1 W or above 8 W. The linear curves are unique to laser peening 

MgCa with a 50 µm thick ablative tape in the specified laser power range. 

 

                (    )       (4.2) 

 

 

              (    )       (4.3) 

 

 

 
 

Fig. 4.5  Diameter and depth of a single dent produced by LSP on MgCa at various laser powers. 
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corresponding power densities were 20.2 GW/cm
2
 and 53.9 GW/cm

2
, respectively. An overlap 

ratio is the percentage of spatial overlap between dents. The time between neighboring peens 

was approximately 1 to 2 seconds. Varying power level in conjunction with multiple overlap 

ratios produced unique patterns on the surface of MgCa.  

 The predicted dent diameter (D) from the single peen model was used to calculate feed 

( f ) for sequential peening. The predicted diameter for 3 W and 8 W was 1390 µm and 1800 µm, 

respectively. The definition of feed and overlap distance are depicted in Figure 4.6. The feed is 

the center-to-center spacing between dents. It was determined by subtracting the diameter of the 

dent from the overlap distance (δ) as shown in Equation 4.4. The overlap distance is the length 

that one dent overlaps the next in a row or matrix and is based on the desired overlap ratio and 

dent diameter as shown in Equation 4.5. 
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   (         )    (4.5) 

 

 

 
 

Fig. 4.6  Schematic of feed ( f ) and overlap distance (δ) for an array of dents. 
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 Each peened region measured a length (L) of 8 mm x 8 mm. As previously shown in 

single peening, the dent diameter and depth increased linearly with laser power. Therefore with a 

fixed peened region, the number of dents (n) that fit in an 8 mm square is finite. Equation 4.6 

was used to determine n. Note that the square root of n was rounded to the nearest whole number 

before squaring in Equation 4.6. It was dependent on sample length, dent diameter, and feed. The 

predicted peening patterns at specified overlap ratios are shown in Figure 4.7. 
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(b) 8 W 
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Fig. 4.7  Theoretical LSP patterns and feeds with different peening overlap ratios for (a) 3 W and 

(b) 8 W. 
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three times in order to provide a sufficient number of samples to characterize the surface 

integrity and corrosion rate. The schematic shown in Figure 4.9(a) represents the geometric 

organization of peening conditions on a typical MgCa coupon. It corresponds to Figure 4.9(b) 

which depicts 25%, 50%, and 75% overlap in rows A, B and C, respectively. 

 

 
 

Fig. 4.8  Dell laptop programmed the xy table to move in a 2D raster scan. 

 

 

 
 

Fig. 4.9  Geometric organization of peening conditions on a MgCa coupon: (a) schematic 

representation and (b) experimentally peened surface. 

  

 Peening at high overlap ratios was a challenging task. The ablative material limited the 

spatial resolution for peening because of its inability to withstand the thermal loads caused by the 

laser. Evidence of the ablative layer fully vaporizing resulting in thermal damage to the surface 

can be seen in Figure 4.9(b) region C1. Row C corresponded to 75% overlap. At such high 
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overlap ratios, the spacing between sequential peens was insufficient to prevent thermal damage. 

The solution for achieving high overlap ratios was to peen every 2
nd

 or 3
rd

 location. By spacing 

out neighboring peens, thermal damage to the ablative layer was minimized. In order to maintain 

the desired overlap ratio, the samples were re-taped and then peened in the previously skipped 

locations. The re-taping method allowed for 75% overlap without thermally damaging the MgCa 

surface. 

 Re-taping proved to be a daunting task as well. With very small feeds on the order 100’s 

of microns, precise placement after re-taping the sample was crucial for achieving the proper 

peening pattern. In order to prevent any misalignment caused by re-taping, the sample and 

sample holder were faced-off such that the two formed a locking interference fit. The altered 

geometry of the samples can be seen in Figure 4.9 and the sample holder in Figure 4.10. 

 

 
 

Fig. 4.10  (a) Sample locked in position in the sample holder and (b) the geometry of the sample 

holder used to lock and orient the sample. 
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CHAPTER 5 

SURFACE INTEGRITY BY LSP 

 

 

5.1 Surface Integrity 

 Laser shock peening (LSP) is well documented as a viable surface treatment to impart 

compressive residual stress. However, there has been little research to investigate the effects on 

surface integrity from bulk surface peening at various overlap ratios and power densities. The 

majority of literature on surface integrity characterization (experimental and simulation) induced 

by LSP examines individual or even multiple peenings at a single specified location or fatigue 

for only one particular overlap ratio [1-6]. Therefore, more research is needed to quantitatively 

describe the surface integrity induced by sequential peening. Sequential peening examines the 

spatial and temporal effect of neighboring peens. When investigating the use of LSP as a surface 

treatment, the spatial and temporal effects of sequential peening significantly influences surface 

integrity. Previous work observed that neighboring dents do influence the tensile pile region 

formed in LSP [5, 7].  A tensile region on the surface can drastically affect the wear, fatigue, and 

corrosion performance of a component. Single peening neglects the effects of neighboring dents 

on topography, hardness, and residual stress. LSP has already been initiated to fabricate an array 

of dents on component surfaces [7-9]. The purpose of this study is to employ sequential laser 

shock peening on the surface of a MgCa alloy to determine the effect of various powers and 

overlap ratios on the resultant surface integrity. Surface integrity was characterized by 
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topography, microstructure, microhardness, and residual stress. The peened surfaces are shown 

in Figure 5.1. 

 

 
 

Fig. 5.1  Surfaces produced by laser shock peening a MgCa alloy at various laser powers and 

dent overlap ratios. 
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5.2 Topography 

 The surface topography of an orthopedic implant is critical for in vivo performance 

[10, 11]. Every implant requires a specific surface structure which is favorable to the healing 

process. The surface structure can alter bone’s response and fixation. Depending on an implant’s 

application, a unique surface structure can be fabricated using LSP that proactively supports 

healing. By varying the laser power and feed, the surface parameters such as roughness, peak 

height, and depth are controllable. 

 

5.2.1 Measurement Procedure 

 2D surface topography was measured using an Olympus LEXT OLS4000 Laser 

Profilometer and a Veeco DekTak IIA Profilometer shown in Figure 5.2. The LEXT laser 

profilometer used a non-contact method to measure surface topography while the DekTak 

profilometer implemented a stylus. The surface scans were 8 mm to 10 mm in length. The 

surface roughness parameters Ra, Rp, Rv, and Rc were analyzed as well as the peening pattern, 

dent aspect ratio, and 2D profile. 

 
 

Fig. 5.2  (a) Olympus LEXT OLS4000 Laser Profilometer and (b) Veeco DekTak IIA Stylus 

Profilometer. 
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5.2.2 Pattern Recognition 

 Figure 5.3 shows the theoretical and experimental LSP patterns produced by 3 W and 

8 W with 25%, 50%, and 75% overlap. The feed ( f ) for each peening condition is also listed in 

Figure 5.3. The predicted sequential peening pattern closely approximated the experimental 

pattern. At 25% overlap, the experimental peening pattern was distinct and clearly visible. At 

higher overlap ratios, the surface became more uniformly peened and therefore did not exhibit a 

clear pattern. 

 

 

Laser Power: 3 W 

 

 

Laser Power: 8 W 

 

 
 

Fig. 5.3  Theoretical and experimental LSP patterns with different peening overlap ratios and 

laser powers. 

 

 

 

5.2.3 Aspect Ratio 

 The aspect ratio is the ratio of dent height versus depth. The aspect ratio for an LSP dent 

on MgCa at 3 W and 8 W was approximately 10 mm/m and 20 mm/m, respectively. It is useful 

to reiterate the true physical size of LSP dents since most optical pictures and topography scans 

can be misleading because of the scale or focus. An illustration of the true aspect ratio for a 3 W 
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and 8 W dent is shown in Figure 5.4. They are included to give the reader a better grasp of the 

surface topography modifications caused by LSP. 

 

 

 

 
 

Fig. 5.4  True aspect ratio for a dent produced by LSP on MgCa at a laser power of (a) 3 W and 

(b) 8 W. 

 

 

 

5.2.4 2D Topography Profile 

 Figure 5.5 plots the surface topography of an unpeened sample as well as laser peened 

samples processed at 3 W and 8 W laser power with 25%, 50%, and 75% overlap ratios. The 

unpeened surface was considerably smoother than the peened surfaces. A general trend observed 

by the topography scans was that 8 W always produced deeper, more compressed surfaces 

compared to 3 W. Alternatively, changing the overlap ratio did not significantly affect the depth 

for either power level. The maximum observed depth from LSP with the given conditions was 

between 40 to 50 μm. 

 For each peening condition, regions of peaks and valleys were discernible. At 25% 

overlap, the topography exhibited a sinusoidal profile for both power levels. As the overlap ratio 

increased to 50% and 75%, the surface was less likely to resemble a sinusoid. High overlap ratios 

caused the frequency of peaks and valleys to increase but their location was more random.  
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Fig. 5.5  2D surface topography of laser peened MgCa. 

 

 

 

5.2.5 Surface Roughness (Ra) 

 Ra, also known as the arithmetic mean, is the most common roughness measurement to 

characterize surface topography. It is an important parameter for characterizing the surface of 

orthopedic implants because bone cells favor attaching to rougher surfaces. Therefore to some 

degree, Ra is indicative of bone’s ability to attach to the surface of an implant. Ra was calculated 

based on Equation 5.1 and is graphically defined in Figure 5.6. 
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Fig. 5.6  Graphical interpretation of surface 

roughness Ra. 

 

Fig. 5.7  Surface roughness (Ra) of laser peened 

MgCa. 

 

  

 The measured surface roughness (Ra) is given in Figure 5.7. Deviations (or error) were 

based on a Student’s t distribution with a 95% confidence level. The degrees of freedom varied 

from 3 for 75% overlap up to 15 for 25% overlap. More measurements were required for 25% 

overlap due to extreme variations in surface topography. The surface scans were oriented 

randomly so that the reported Ra represented an unbiased roughness. 

 The unpeened surface had a roughness of 0.153 ± 0.070 μm. As the laser power and 

overlap ratio increased, the Ra increased nonlinearly. For 25% overlap, the roughness compared 

to an unpeened surface increased nearly 17x for 3 W and 43x for 8 W. At 50% overlap, the 

roughness was over 20x higher compared to the unpeened surface for 3 W and nearly 52x higher 

for 8 W. Similar observations were reported for 75% overlap. The roughness increased nearly 

40x the unpeened surface for 3 W and over 68x for 8 W. For both power levels, 75% exhibited 

the most drastic increase in Ra when compared to 25% and 50%. This is representative of the 

surface becoming more compressed due to extensive peening in a localized region. The higher 

overlap allows sequential peens to effectively compress the peaks. As a result, the most likely 
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regions that would negatively affect corrosion rates or promote fatigue crack growth were 

minimized. 

 

5.2.6 Peak/Valley Analysis 

 A quantitative analysis of the peaks and valleys was investigated. A peak/valley analysis 

provides a more comprehensive understanding of the deformation characteristics caused by 

sequential LSP. Peening with different laser power levels and overlap ratios produces unique 

peak and valley structures. The fabrication of such unique structures may prove beneficial to a 

multitude of implant applications. The mean peak height, valley depth, and amplitude were 

investigated. Deviations (or error) were based on a Student’s t distribution with a 95% 

confidence level. The degrees of freedom varied from 5 to 10 depending on the number of peaks 

or valleys discernible in Figure 5.5. 

 

Mean Peak Height (Rp) 

 A pile-up zone on the surface of an orthopedic implant would have a negative effect on 

fatigue life and corrosion resistance. Therefore, it is important for an orthopedic device 

manufacturer to understand how LSP process mechanisms could be tailored to minimize pile-up 

zones. A pile-up zone is the positive displacement of a surface in the normal direction. It 

commonly occurs in micro LSP because the laser spot size is on the order of microns. At this 

scale, the expansions of pressure waves occur in both the radial and depth directions. The radial 

pressure creates surface tension that raises the displaced material upward resulting in a pile-up 

zone. In macro LSP, which uses millimeter laser spot sizes, the pressure waves act one 

dimensionally and therefore do not create pile-up zones.   
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 The pile-up zone on a laser shock peened surface can be measured by the mean peak 

height (Rp). The mean peak height of a surface is the average height of recurring peaks measured 

from the base surface. It is graphically defined in Figure 5.8 and calculated using Equation 5.2. If 

the laser power is too high, pile-up zones would be created because the magnitude of the radial 

pressure would be too high. Also, surfaces with little to no overlap ratio would create pile-up 

zones because the edges of a dent are not consecutively re-peened. Thus, in this study the Rp was 

analyzed to indicate if higher laser powers and overlap ratios could minimize pile-up zones. 

 

 

 

 

 

 

 

 The average peak height (Rp) is given in Figure 5.9. Increasing the laser power generally 

decreased the peak height. A decrease in Rp indicates the pile-up zone is more compressed. For 

both 3 W and 8 W with a 25% overlap ratio, the surface exhibited substantial pile-up zones. The 

pile-up for 3 W and 8 W was approximately 1.4 ± 1.1 µm and 4.4 ± 4.5 µm, respectively. The 
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Fig. 5.8  Graphical interpretation of peak 

height Rp. 

 

Fig. 5.9  Average peak height (Rp) of a laser 

peened MgCa surface. 
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average peak height for 3 W with 50% and 75% overlap was approximately 0 µm. This indicated 

that the peaks reached a maximum compressible limit at 3 W with the specified peening pattern. 

A different trend was observed for 8 W. The mean peak height decreased nearly 2x for 50% 

overlap and 4x with 75% overlap. Higher overlap ratios and laser powers effectively compressed 

pile-up zones. 

 

 

Mean Valley Depth (Rv) 

 Rv is the mean valley depth and is graphically defined in Figure 5.10. The valley depth is 

reflective of the maximum surface compression induced by LSP. The amount of compression is 

directly related to residual stress. A compressive residual stress is essential for improving fatigue 

and corrosion performance. Rv was calculated based on Equation 5.3. 
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Fig. 5.10  Graphical interpretation of valley 

depth Rv. 

 

Fig. 5.11  Average valley depth (Rv) of a laser 

peened MgCa surface. 
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 Rv is reported in Figure 5.11. As expected, 8 W created significantly deeper surfaces 

compared to 3 W. The increase in power provided more energy for the pressure wave to cause 

deeper penetration. The average depth for 3 W and 8 W was 12.6 ± 1.6 µm and 28.5 ± 3.4 µm, 

respectively. The average depth was not significantly influenced by increasing the overlap ratio. 

For both laser power levels, 50% overlap produced the shallowest surfaces. They were 

approximately 26% shallower than surfaces with 25% and 75% overlap ratios. The results 

suggested that laser power was the predominate factor that influenced the valley depth. 

 

 

Mean Amplitude (Rc) 

 Rc is the mean amplitude of a roughness profile and is graphically defined in Figure 5.12. 

It is an average measure of the peak to valley distance. It is an effective parameter for describing 

the capacity of the surface. Rc is reflective of a dent’s volume and surface area. Surfaces that 

exhibit a higher Rc can potentially act as bio-fluid reservoirs that assist the biological healing 

process. Also, a higher Rc indicates a greater surface area available for adhesion between a bone 

and implant. Even though a larger surface area may be favorable for cell adhesion, the tradeoff is 

remaining tensile zones created at low overlap ratios. Higher overlap ratios result in lower Rc 

values indicating a reduced pile-up zone. Reducing pile-up zones is critical for improving fatigue 

life and corrosion resistance. Rc was calculated based on Equation 5.4. 

 Rc is given in Figure 5.13. The average Rc for 3 W and 8 W was 12.9 ± 1.9 µm and 

24.4 ± 4.2 µm, respectively. As the laser power increased, Rc increased on average 90%. There 

was no observable trend for Rc at 3 W. For 25% and 75% overlap, Rc was approximately 15 µm. 

Rc decreased approximately 40% for 50% overlap. On the contrary, 8 W exhibited a clear trend 

for the mean amplitude. 8W-25% reported the highest Rc at 32.4 ± 6.9 µm. When the overlap 
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ratio increased further, the amplitude decreased up to 40% indicating the pile-up zone was 

minimized. The results suggested that increasing laser power increases the Rc and increasing 

overlap ratio generally decreases Rc. 
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Fig. 5.12  Graphical interpretation of mean 

amplitude Rc. 

 

Fig. 5.13  Mean amplitude (Rc) of a laser 

peened MgCa surface. 

  

 

 

5.3 Microstructure 

 The representative subsurface microstructure of peened MgCa is shown in Figure 5.14. 

Grain sizes ranged from 100 µm to 700 μm. For unpeened vs. peened samples, there were no 

distinguishable differences in the microstructure. The visible pits in the subsurface are Mg2Ca 

precipitates formed during the material fabrication process. 
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Fig. 5.14  Cross-section microstructure of MgCa before and after peening. 

 

 

 

5.4 Microhardness 

 Hardness is a material’s resistance to deformation by indentation [12, 13]. It is a 

quantitative approach to compare strengths of different materials by measuring the size of an 

indent. When hardness increases from surface treatments such as LSP, a thin layer of compressed 

grains is formed. When grains are compressed, surface properties such as strength, fatigue life, 

wear resistance, and corrosion resistance are enhanced significantly [12-14]. 

 

5.4.1 Measurement Procedure 

 Microhardness was measured with a Buehler 1600-6100 High Quality Hardness Tester. A 

Vickers indenter was preferred for measuring microhardness on curved surfaces. Vickers is more 

reliable on curved surfaces since both diagonals are measured and then averaged. Table 5.1 in 

the appendix shows the conversion from indentation width (μm) to VHN (kg/mm
2
). 

 Microhardness was measured and compared on the surface and subsurface of a laser 

shock peened MgCa alloy. By measuring the microhardness, localized regions within and 

beneath dents could be accurately investigated. The load was 25 gf with a 15 sec dwell time.  

Unpeened Peened 

Pits 

Peening 

location 
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 By using a low load of 25 gf, highly curved or textured surfaces which are normally 

difficult to measure becomes possible. The width of an indentation must be on a scale such that 

the topography seems relatively flat. In micro LSP, there are two length scales that provide this 

necessary flat criterion. One is measuring hardness across multiple dents. The other is measuring 

hardness within a dent. Since the focus of this research implements micro LSP for use on 

biomedical implants, hardness was investigated on the smaller length scale, or within the dent as 

shown in Figure 5.15. Indentation on the larger length scale would negate the effect of 

micro-LSP all together since the compressed depth of the indenter would exceed the plastically 

affected depth from micro LSP. 

 Another reason for using a lower load is so that the microhardness could be measured in 

the immediate subsurface (approximately 100 µm) with minimal edge effect. Edge effect occurs 

when the indentation is too close to an edge causing bulging in the plane perpendicular to the 

indented plane. As a consequence, the material would deform more readily indicating a lower 

hardness. Therefore, care was taken to ensure the location of the first subsurface indentation was 

at least 3 to 4 times the width of the indent as shown in Figure 5.16. 

 

  
 

Fig. 5.15  Top surface hardness measurement 

of a laser peened MgCa alloy. 

 

Fig. 5.16   Subsurface hardness measurement 

of a laser peened MgCa alloy. 
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 For measuring subsurface hardness, samples at each peening condition were 

cross-sectioned using a diamond saw. The subsurface was further refined by polishing at low 

speeds with 1 µm diamond liquid in order to minimize residual effects induced by post-peen 

processing. 

 

5.4.2 Results 

 The top surface and subsurface microhardness profiles are presented in Figure 5.17 and 

Figure 5.18, respectively. Data reported at a depth of 0 µm was measured on the top surface. 

Deviations (or error) were based on a Student’s t distribution with a 95% confidence level. The 

degrees of freedom were 8 on the surface and 9 in the subsurface. 

 

  
 

Fig. 5.17  Vickers microhardness on the top 

surface of a laser peened MgCa alloy. 

 

Fig. 5.18  Vickers microhardness in the 

subsurface of a laser peened MgCa alloy. 

 

  

 Every peening condition exhibited an increased hardness relative to the unpeened sample. 

As the overlap ratio increased, microhardness increased on and below the surface. This indicated 

that with more overlapping peens, the tensile region was considerably reduced. As expected, 8 W 

had a higher hardness than 3 W for the same overlap ratio. With more energy, the magnitude of 
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the pressure wave was much higher allowing for more severe plastic deformation. For 3 W at 

25% and 50% overlap, the maximum VHN was approximately 100 µm in the subsurface. On the 

contrary, for 8 W at 25% and 50% overlap, the maximum VHN was on the top surface and 

remained relatively stable for the first 100 µm. For both laser powers at 75% overlap, the VHN 

was significantly higher on the top surface. This suggests that sequential peening at high overlap 

ratios may be a favorable technique to improve fatigue life and corrosion resistance. Depending 

on the peening conditions, the effect of LSP on the microhardness extended 350 µm to 650 µm 

deep. 

 

5.4.3 Statistical Analysis 

 Since the surface is the most critical region for corrosion and fatigue crack initiation, 

enhancing the microhardness of an implant significantly affects the performance and thus has 

immediate commercial value. For that reason, justifying the results by statistical analysis verifies 

laser peening at different powers and overlap ratios produces a statistically different surface 

hardness that could potentially be customized for an individual and implant application. A 

Two-Factor ANOVA analysis followed by a Tukey’s Test were performed to validate if the 

observed trends shown in Figure 5.17 accurately predict the effects of laser peening at various 

powers and overlap ratios on the top surface microhardness. 

 

Two-Factor ANOVA 

 Two-Factor ANOVA was useful for determining if various peening conditions generate 

statistically different outcomes. The objective was to conclude if there is sufficient evidence to 

suggest that power and overlap ratio affect microhardness at a 95% confidence level (p < 0.05). 
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Two-Factor implies that 2 factors (power and overlap ratio) were compared at different levels. 

3 W and 8 W correspond to the different levels of power while 25%, 50% and 75% represent the 

levels of overlap ratio. An additional level was added to the overlap ratio for comparing the 

unpeened microhardness. The number of replicated observations was 9. For statistical purposes, 

the measured indentation width (units of microns) was analyzed as opposed to the Vickers 

microhardness (units of kg/mm
2
). Using Vickers hardness for statistical analysis would introduce 

a scale factor error since the conversion between indentation width and microhardness is not a 

linear function. The surface hardness data and ANOVA statistics are presented in Tables 5.2 and 

5.3 in the appendix. 

 

Tukey’s Test 

 Based on the ANOVA analysis, there was significant evidence to suggest that increasing 

the overlap ratio or laser power produced a statistically different microhardness. Since 

microhardness was conclusively affected by both laser power and overlap ratio, a Tukey’s test 

was conducted to verify which levels of overlap ratio produced statistically different results. 

Tukey’s test uses a Studentized range distribution to compare the test statistic (w) against the 

difference between two overlap ratio levels [15]. If the difference between the mean hardness for 

two levels is greater than w, then statistically, there is a sizeable difference between the two 

levels. 

  According to Equation 5.5 from Devore, w was 1.94 and 1.04 for the overlap ratio and 

laser power, respectively. Table 5.4 and Table 5.5 in the appendix lists the differences between 

mean indentation widths for each overlap ratio and laser power, respectively. Since each value in 

Table A5.4 was greater than test statistice (w = 1.94) for overlap ratio, the Tukey’s test 
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concludes that each overlap ratio (25%, 50%, and 75%) produced a unique surface hardness. 

Also, since each value in Table 6.5 was greater than w = 1.04 for laser power, the Tukey’s test 

concludes that each laser power (3 W and 8 W) produced a unique surface hardness. 

 

 

               √
   

  
 (5.5) 

 

 where w = test statistic 

  Q = critical value at  , I, and IJ(K-1) on a Studentized range distribution 

  α = confidence level 

  I = number of levels for overlap ratio 

  J = number of levels for laser power 

  K = number of replicated observations 

  MSE = mean square of the error 

 

 

5.5 Residual Stress 

 Mg has a hexagonal close-packed (HCP) structure with a c/a ratio of 1.624 [13]. The c/a 

ratio relates the unit-cell size to the atomic radius. HCP metals with a high c/a ratio slip readily 

along the basal planes. For hcp metals with a low c/a ratio, slip occurs in the prismatic or 

pyramidal planes. Magnesium’s c/a ratio (1.624) is close to ideal indicating it cannot readily slip 

in the basal, prismatic, or pyramidal planes. This is evidenced by Mg ability to withstand only a 

small amount of strain at room temperature until brittle fracture suddenly occurs. 

 Residual stress from laser shock peening MgCa was approximated using the finite 

element method described in Chp. 9. An attempt to experimentally measure residual stress after 

LSP was made using a Bruker XRD; however, accurate measurements were not achieved due to 

the rough topography of the surface after peening. The resulting simulated residual stress on the 

top surface and along the depth is presented in Figure 5.19. An 8 W average laser power 

corresponded to 5 GPa of applied pressure using the focal conditions described in Chp. 9. For 
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comparison, experimentally measured residual stress from turning, shot peening, and burnishing 

magnesium alloys are shown in Figure 5.20.  

 

  
 

Fig. 5.19  Simulated residual stress profiles from laser shock peening MgCa along the (a) radial 

and (b) depth directions. The radial distance is measured from the center of a dent. 

 

 

 

 
 

 

Fig. 5.20  Experimentally measured residual stress from turning, shot peening, and burnishing 

magnesium alloys. 
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5.6 Conclusions 

 Sequential laser shock peening of a biodegradable MgCa alloy has been initiated to create 

a superior surface integrity that improves implant performance. MgCa was processed with 

sequential peening at different laser powers and dent overlap ratios to determine the effects on 

topography, microhardness, microstructure, and residual stress. The results are summarized as 

follows: 

 There were two key phenomena occurring during sequential LSP which affected the 

surface topography. First, the peened surface was further compressed at higher laser powers and 

overlap ratios as evidenced by a steady increase in Ra. Ra is indicative of how much the surface 

was compressed because it was measured with reference to the unpeened area. As a result, the 

entire peened surface area was lowered 18x to 70x relative to the unpeened surface. Second, the 

pile-up zones formed from the radial expansion of plasma were compressed an additional 4.5 μm 

to 7 μm at higher laser powers and overlap ratios as evidenced by Rp. The higher laser powers 

produced deeper valleys and more compressed peeks. Higher overlap ratios did not form deeper 

valleys but did further compress peaks. Compressing the overall surface was indicative of higher 

surface hardness. 

 A Two-factor ANOVA analysis (p < 0.05) was conducted to test if power and overlap 

ratio significantly affect the surface microhardness. It was concluded, that surface hardness 

increased for higher powers and higher overlap ratios. On average, 25% overlap exhibited a 37% 

increase while 75% overlap exhibited a 125% increase in the surface hardness.  An 8 W surface 

averaged a 16% increase in surface hardness compared to 3 W. The increase in hardness 

extended 350 μm to 650 μm deep. 
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5.8 Appendix 

Table 5.1  Vickers Hardness Conversion Chart 
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Table 5.2  Top Surface Microhardness* Measurements in Microns  

 

Overlap 

Ratio 

Power 

  3W 8W Sum Average 

Unpeened 
32.25,32,30.25, 

38.25,34,33.5, 

31,36.5,40 

29,32.25,31.25, 

32.75,38.75,36, 

31.25,29.5,32.25 
600.8 33.4 

25% 
28.25,29,28,37.5, 

28.25,31.75, 

31.75,29.5,29.5 

26,25.5,28.25, 

27.75,28,26.75, 

27.25,28,23.75 
514.8 28.6 

50% 
26,27.25,26.5, 

27.25,27,28,27.5, 

27.75,29.25 

23.7,27.5,25.75, 

25.75,25.25,23.5, 

25.25,27,25.25 
475.5 26.4 

75% 
23.25,22.5,21.5, 

21.25,22.25,21.5, 

22.75,24.5,22.5 

22.75,24,20.25, 

19.25,21.5,21, 

21.5,22.25,24.75 
399.3 22.2 

Sum 1029.8 960.5 1990.2 
 Average 28.6 26.7   27.6 

 Measurements are in units of microns. Data was not converted to 

Vickers hardness units (kg/mm2) for statistical analysis. 
 Load was 25 gf and dwell time was 15 sec. 

 

 

Table 5.3  Two Factor ANOVA for the Top Surface Microhardness at a 95% Confidence Level 

 

Source of Variation 
Sum of 

Squares 

Degrees 

of 

Freedom 

Mean 

Square 
F 

Fcritical 

(α=0.05) 

% Overlap (25, 50, 75%) 1172.1 3 390.69 80.74 2.75 

Power Level (3 & 8W) 66.7 1 66.70 13.78 3.99 

Interaction 21.5 3 7.18 1.48 2.75 

Error 309.7 64 4.84   

Total 1570.0 71    
 Since F > Fcritical (80.74 > 2.75) then the overlap ratio's are statistically different 

 Since F > Fcritical (13.78 > 3.99) then the laser powers are statistically different 

 Since F < Fcritical (1.48 < 2.75) then there is no interaction between levels of the factors 
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Table 5.4  Tukey’s Test of Mean Microhardness* Difference Among Overlap Ratios 

 
Level 

 

Unpeened 25% 50% 75% 

 

Mean micro-

hardness* 
33.4 28.6 26.4 22.2 

Unpeened 33.4 0 4.8 7.0 11.2 
25% 28.6   0 2.2 6.4 
50% 26.4   

 
0 4.2 

75% 22.2   
  

0 
 Results are in units of microns. Data was not converted to Vickers hardness 

units (kg/mm2) for statistical analysis. 
 Q = 3.74,   = 0.05, I = 4, J = 2, K = 9, MSE = 4.84 
 Since 4.8, 2.2, and 4.2 are greater than w = 1.94, the different overlap ratios 

cause the hardness to be statistically different. 
 

 

Table 5.5  Tukey’s Test of Mean Microhardness* Among Laser Powers 

 
Level 

 

3 W 8 W 

 

Mean micro-

hardness* 
28.6 26.7 

3 W 28.6 0 1.9 
8 W 26.7 

 
0 

 Results are in units of microns. Data was not 

converted to Vickers hardness units (kg/mm2) for 

statistical analysis. 
 Q = 2.83,   = 0.05, I = 4, J = 2, K = 9, MSE = 

4.84 
 Since 1.9 is greater than w = 1.0, the different 

laser powers cause the hardness to be statistically 

different 
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CHAPTER 6 

CORROSION 

 

 

6.1 Corrosion of Magnesium 

 Magnesium (Mg) is a highly active metal. A Pourbaix diagram depicting regions of 

corrosion, passivation, and immunity of Mg in water at 25°C is shown in Figure 6.1 [1]. The 

diagram shows Mg is only passive in extremely alkaline solutions with a pH of 12 or higher. 

Most working environments, especially biological, do not have a pH that high and thus Mg will 

inevitably corrode. Typically, the pH in orthopedic environments is approximately 7. 

 

   
 

Fig. 6.1  Pourbaix diagram of Mg in water at 25°C [1]. 
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 When exposed to oxygen or water, Mg surfaces have a thermodynamic tendency to 

rapidly oxidize. In aqueous environments, such as body fluids, Mg will oxidize and consequently 

give off hydrogen gas according to Equation 6.1 [2, 3]. Typically, oxide layers protect against 

degradation of a metal. However with Mg, the oxide layer Mg(OH)2 is unstable in acidic, 

neutral, or weak alkaline aqueous solutions [3]. Furthermore, Mg(OH)2 reacts with chlorine (Cl) 

ions and increases the corrosion kinetics according to Equations 6.2 and 6.3 [4-9]. The result is 

severe pitting corrosion on a Mg surface. 

 

            (  )     (6.1) 

 

 

                 (6.2) 

 

 

   (  )     
           

  (6.3) 

 

 

 Severe corrosion is highly undesirable and extremely harmful with today’s metal 

implants. However, for the next generation of orthopedic implants, a corrosive surface that 

degrades within the body is highly desirable. Mg is biologically compatible with our body. In 

fact, the majority of Mg in the body is stored in bones. The critical technical barrier is how to 

control a Mg implant’s degradation. 

 The objective for a Mg medical device is to have the implant fully degrade in vivo over a 

predetermined amount of time. By altering a surface layer via a surface treatment process, the 

corrosion rate for the modified surface layer can be different that the bulk corrosion rate. 

Furthermore, the corrosion rate in the modified layer can vary with processing parameters. 

Changing the process parameters can influence the thickness of the modified layer as well as the 

magnitude of the compressive residual stress and microhardness imparted within it. 
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 The focus of this research is not to understand the corrosion mechanism of Mg but rather 

influence the corrosion rate by mechanically altering the surface topography and subsurface 

properties. By influencing the corrosion, an implant could be manufactured to match a patient’s 

healing rate, see Figure 6.2. For example, a 10 year old who’s bones heal rapidly would need an 

implant that degrades fast (point A in Figure 6.2), while a 70 year old with osteoporosis needs 

their implant to degrade much slower (point B in Figure 6.2).  

 

   

Fig. 6.2  Schematic showing the multiple implant degradation profiles and a bone healing curve. 

Modified from [10]. 

 

 

 

 There are several methods found in literature capable of influencing the corrosion of Mg 

alloys. Some are controlled by manufacturing, such as alloy composition, metallurgical 

treatments, and surface treatments while others are more environmental such as electrolyte 

composition, pH, in situ forces, and biological environments [8]. By influencing corrosion, 

properties such as corrosion rate, location, direction, and initialization (shown schematically in 

Figure 6.3) can become designable parameters related to the performance of an implant. 
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Fig. 6.3  Schematics showing the capabilities to tune degradation rate, location, initiation, and 

direction. 

 

 

 

 

Fig. 6.4  Micro computed tomography (μCT) scans measuring implant thickness of ZEK100 post 

implantation in rabbit tibiae. Modified from [11]. 
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 An example from Huehnerschulte et al. showed that environmental factors caused the 

non-uniform, directional corrosion of ZEK100 pins in rabbit tibiae, see Figure 6.4 [11]. The pins 

degraded at the proximal end of the tibiae and continued in a downward direction. This is 

common with degradable implants can result in severe problems related to fatigue, strength, and 

stability. This research aims at preventing such a problem by employing a surface treatment 

where the implant would have a preprogrammed plan for corrosion that was tailored to the 

patient as opposed to random degradation based on uncontrollable environmental factors. 

 In this study, Mg was alloyed with calcium (Ca) and the surface was laser shock peened 

(LSP) with various laser powers and overlap ratios to determine its effect on corrosion. Alloying 

was used to control bulk corrosion while LSP was implemented to control initial corrosion. 

Corrosion tests to measure potentials, kinetics, and corrosion products were conducted. Future 

implant designs could incorporate the capability to fine tune degradation for individualized 

patient care as well as for specific applications across multiple healthcare sectors, e.g. pediatrics, 

orthopedics, cardio, wound care, etc. 

 

6.1.1 Effect of Alloying on Corrosion Rate 

 Alloying is one of the most promising methods to influence the corrosion behavior of a 

Mg alloy. Numerous studies have shown the effects of alloying elements such as Al, Zn, Ca, Mn, 

In, Ag, rare earth alloys, etc [8, 12-14]. Kirkland et al. tested the corrosion rate via mass loss in 

MEM solution of the most popular Mg alloys for implant applications, see Figure 6.5 [12]. The 

effects from various alloys composition can be discerned. For example, low amounts of Ca and 

Zn tend to decrease the corrosion rate below that of pure Mg, while high levels of rare earth (RE) 

alloys we found to increase the corrosion rate above that of pure Mg. Also, another interesting 
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schematic from Kirkland shows the effects of alloying elements have on a polarization curve of 

pure Mg, Figure 6.6.  

 The critical issue of most of these elements is toxicity. Although Al increases the strength 

of Mg alloys, concerns over toxicity limits its usefulness [14]. It should be mentioned that the 

toxicity of Al is still controversial. Gu reports no significant cytotoxicity and good cell viability 

at concentrations less than 1 mM [13]. Brar also mentions that Zr has been linked to cancer and 

other RE elements like Ce, Lu, and Pr are too toxic [14]. Gu also reports that Ag, In, Mn, Si, Sn, 

Y, and Zr either significantly reduced cell viability or exhibited toxic effects [13].  

  

 

 

Fig. 6.5  Corrosion rates for Mg alloys measured by mass loss where G, P, and X indicate 

general corrosion, pitting corrosion, and localized corrosion, respectively [12]. 
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Fig. 6.6  Schematic showing the effects of certain alloys on the polarization curve of pure 

Mg [12].  

 

  

 Calcium has been proposed as an ideal alloying element since calcium is biocompatible 

and capable of improving mechanical properties. Calcium can strengthen the alloy and assist in 

refining grains [14, 15]. Furthermore, using MgCa1.0 has shown not to induce toxicity into cells 

and even improve cell viability [16]. Although biocompatible, excessive amounts of calcium can 

result in insoluble corrosion products that can be problematic in the body [12]. Kirkland et al. 

showed that Ca content below 1.34 wt% (the solubility limit) in a binary Mg-Ca alloy was able 

to decrease the corrosion rate; Anything above 1.34 wt% showed an increased corrosion rate 

with increasing Ca content [17]. Also, Hassel et al. showed that a Ca content less than 1.5 wt% in 

binary Mg-Ca had a lower corrosion rate [18]. In a more complex alloy such as AZ91, Ca 

addition up to 1% has shown to decrease the corrosion rate as well as increase the strength, see 

Figure 6.7 [19, 20]. When used in a small amount, Ca addition may be a suitable element to 

control the bulk corrosion of a Mg implant. 

 



 

99 

 

Fig. 6.7  Influence of Ca addition on the strength of AZ91 [20]. 

 

 

 

6.1.2 Effect of Surface Treatments on Corrosion Rate 

 Surface treatments are an effective way to alter the surface integrity of an implant and the 

consequent corrosion properties. This section will focus exclusively on mechanical and thermal 

surface treatments and provide a clear comparison to laser shock peening (LSP). Mechanical 

surface treatments include processes that alter the surface integrity mainly through mechanical 

mechanism such as forming or material removal. Thermal surface treatments include process 

whereby significant heat alters the surface integrity. Mechanical and thermal surface treatments 

are not mutually exclusive. Some mechanical processes involve heat, such as machining, as well 

as some thermal processes involve forming mechanism, such as laser ablation. Other surface 

treatments, such as coating techniques by physical, chemical, electrochemical methods, have 

been reviewed extensively in literature and will not be discussed below. See Wang et al., Yang et 

al., and Mändl for more information [21-23]. 
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Mechanical Surface Treatments 

 Some mechanical surface treatments to alter the corrosive properties of Mg include 

burnishing, machining, micro-indenting, shot peening (SP), ultrasonic impact peening (UIP), and 

laser shock peening (LSP). Each process alters the surface integrity uniquely. For example, 

burnishing and UIP are capable of work hardening a surface with minimal effect on surface 

topography, while micro-indenting is used mainly for producing surface dents without significant 

work hardening. Other processes are capable of accomplishing both work hardening and surface 

topography, such as machining and LSP. The effect of these processes on corrosion is discussed 

below. 

 Burnishing is an interesting process because it is capable of imparting deep compressive 

residual stresses without drastically affecting the surface topography.  It has shown to improve 

the corrosion resistance of Mg alloys [24-26]. For example, Pu et al. showed that an AZ31B 

roller burnished surface immersed 7 hours in a 5wt% NaCl solution corroded 55% less than the 

as-ground surface, see Figure 6.8 [24].  

 Hilpert and Wagner investigated corrosion fatigue behavior of AZ80 from three types of 

processed surfaces using rotating-bending fatigue test in a 3.5% NaCl solution [26]. They found 

roller burnishing had a better corrosion fatigue life compared to shot peening and attributed it to 

the smoother surface finish in roller burnishing. 

 Since burnishing has proven capable of reducing the corrosion rate, it is much more 

compelling to explore if and how individual process parameters influence corrosion. Salahshoor 

and Guo reported on the effects ball burnishing process parameters have on the corrosion rate of 

MgCa0.8 in Hank’s solution [25, 27]. They found higher burnishing forces increased the 

corrosion rate while higher feeds decreased the corrosion rate.  
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 Another interesting study from Denkena et al. showed that turning followed by 

burnishing had little effect on the corrosion behavior of MgCa0.8 in a 0.9 wt% NaCl 

solution [28]. However, when the alloy changed to include more calcium (MgCa3.0), turning and 

subsequent burnishing profoundly decreased the corrosion rate. The authors attributed this to the 

fact that the calcium in MgCa0.8 was interstially disolved and the calcium in MgCa3.0 

precipitated second phase Mg2Ca particles that were better protected by subsequent burnishing.  

 

 

Fig. 6.8  H2 evolution test of AZ31B processed by roller burnishing [24]. 

 

 

 

   Machining processes are an attractive technique to influence the corrosion behavior. In 

each process, material is removed from the surface in order to achieve a specific surface 

integrity. Machining includes single point cuting operations such at turning or milling and 

multiple point cutting operations such as grinding and polishing. Salahshoor and Guo reported 

that high speed face milling MgCa0.8 at higher cutting speeds was capable of reducing the 

corrosion rate [25]. There results suggested milling process parameters were capable of 

influencing the corrosion behavior.  

 Another material removal process is mechanical polishing. Although it is not as 

aggressive as other machining processes, mechanical polishing is capable of profoundly 
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influencing corrosion because of the surface chemistry involved in polishing. Hilpert and 

Wagner showed that mechanically polishing AZ80 drastically decreased the corrosion fatigue 

performance [26]. The authors attributed the loss in performance to a lack of work hardening and 

an aggressive corrosive environment. Further research is needed to explore the effects process 

parameters from grinding and polishing on the corrosion rate. 

 The effect of shot peening on the corrosion rate of a Mg surface has been studied [26, 

29]. Although shot peening is capable of inducing compressive residual stresses and improving 

fatigue performance, it has negative effects on corrosion [30]. Furthermore, the improvements on 

fatigue are negated when the component is placed in a corrosive environment [26, 29]. There are 

many theories as to why shot peening is detrimental to corrosion resistance. One theory is that 

contaminents from the peening media pose a corrosion problem. If particulate from a metal bead 

becomes embedded in the surface, a microgalvanic cell is established which can facilitate 

corrosion mechanisms. Also, shot peening drastically affects the surface roughness which can 

affect corrosion rate. A rough surface has a higher surface area. With more surface area exposed 

to a corrosive media, the corrosion rate will be higher. The issues concerning shot peening 

suggest its effect on surface integrity is not ideal for controlling corrosion.  

  

Thermal Surface Treatments 

 Thermal surface treatments alter the surface integrity by applying heat in order to elicit a 

chemical, physical or microstructural change. Thermal techniques to alter the surface integrity 

and consequently corrosion include but are not limited to flame hardening, solution heat 

treatments, thermal oxidation, and laser treatments. This section will focus on the effects of laser 
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surface treatments such as laser melting, hardening, and ablation on the corrosion behavior of 

Mg alloys. 

 Laser surface melting (LSM) involves melting a localized region of a metal followed by 

rapid solidification to alter the corrosion properties of a metal. LSM is capable of increasing 

corrosion resistance because the process can refine grains and redistribute intermetallic phases 

[31]. Abbas et al. have shown that LSM can increase the corrosion resistance of Mg alloys from 

30% to 87% depending on the alloy and even promote more uniform corrosion [32]. The 

disadvantage of LSM is that surface topography and residual stress are not possible without 

additional processing. Plus, any topography or residual stress imparted before LSM would be 

removed by the intense thermal treatment. Interestingly, Mondal et al. reported an increased 

microhardness extending 700 μm after LSM an ACM720 Mg alloy [33]. An increased hardness 

can be introduced by quenching the recast layer which may assist in increasing the corrosion 

resistance. Another disadvantage of LSM is the emergence of a heat affected zone (HAZ). HAZ 

are generally poor at fatigue performance and can lead to severe stress corrosion cracking. 

 Laser ablation (also laser etching) is capable of imparting a more complex surface 

integrity than LSM. In ablation, material is vaporized and therefore removed from the surface. 

This technique can be used to create pits on a scale similar to biological cells [34]. With the 

ability to create pits, more complex patterns or structures could be incorporated into the 

implant’s design for biocompatibility. Structures that promote cell-implant adhesion and 

attachment can be fabricated. Similar to LSM, a heat affected zone is created by laser ablation. 

Although widely studied for other implantable materials, little is known about the effects of laser 

ablation on the corrosion properties of Mg alloys. Li et al. have shown the ablating AZ31 with a 

high-intensity pulsed ion beam (HIPIB) is capable of increasing the corrosion resistance [35, 36]. 
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Like LSM, the authors showed an increase in the microhardness and attributed the higher 

corrosion resistance to grain refinement and a more uniform composition.  

 

6.1.3 Effect of Solution on Corrosion Rate 

 The degradation of Mg is highly dependent on the environment. When testing the in vitro 

corrosion rates of a medical device, it is important to accurately model biology environments. 

One of the most critical aspects is simulating the type of body fluid exposed to a device. 

Numerous saline solutions are used throughout literature on Mg devices. Altun and Sen showed 

how higher concentrations of NaCl increased the corrosion rate of AZ63 [37].  

 A common solution for orthopedic applications is Hank’s solution. Hank’s balanced salt 

solution (HBSS) is effective at simulating human blood plasma because it mimics ion 

concentrations of real body fluid. Therefore, the corrosion mechanisms that take place in and 

around bone can be replicated in an in vitro environment. Ion concentrations of Lonza™ HBSS 

10-527F are compared to real body fluid in Table 6.1. 

 

Table 6.1  Ion Concentrations (mmol/L) of HBSS and Human Blood Plasma 

 
HBSS [38] 

Blood 

Plasma [39],[40] 

Na
+
 141.06 142.0 

K
+
 5.37 5.0 

Ca
2+

 1.27 2.5 

Mg
2+

 0.80 1.5 

Clˉ 142.26 103.0 

CO2³ˉ 4.17 27.0 

SO4²ˉ 0.81 0.5 

PO4³ˉ 0.78 1.0 

 

 



 

105 

 Simulated body fluids, such as HBSS, are preferred to basic saline solutions because the 

other constituents, i.e. carbonates, sulfates, and phosphates, have a pronounced effect on the 

corrosion behavior [3, 41, 42]. Also, the use of a high Cl‾ concentrations in some saline solutions 

can considerably increases the corrosion rate [43-45]. Others have adopted the use of proteins in 

mimicking natural physiological environments [45-48]. Their effect on corrosion rate remains 

unclear. Liu, Yamamoto, and Eliezer have shown that the addition of proteins increases 

corrosion resistance while Mueller reports decreased corrosion resistance [45-48].  

 To date, there is no widely agreed upon solution best for testing in vitro corrosion rates of 

Mg alloys. Other common solutions include 0.9% NaCl, PBS, DMEM, and c-SBF [15]. 

Unfortunately, this can make comparing studies a rather difficult challenge. Therefore, the use of 

a general, widely accepted simulated body fluid such as HBSS is the best approach to 

characterize Mg corrosion at this time.  

 

6.2 Corrosion Tests 

 To determine the effect of laser shock peening (LSP) on the corrosion rate of MgCa, 

potentiodynamic tests using a three electrode cell were conducted on the peened surfaces in 

Lonza™ Hank’s balanced salt solution (HBSS) 10 527F shown schematically in Figure 6.9. 

When Mg is exposed to a solution for long periods of time, the pH is capable of rising. However, 

since the exposure time for each sample was short enough to not elicit a significant pH change, a 

buffer solution was not used. The average pH among all corrosion tests was 7.55 ± 0.27 and is 

plotted versus time in Figure 6.10. Also, the solution was stirred in order to prevent localized pH 

or temperature imbalances. The Hank’s solution was kept at 37 ± 2°C to mimic human body 

temperature. 
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Fig. 6.9  Three-electrode potentiodynamic corrosion test. 

 

 

 
 

Fig. 6.10  pH of Hank’s solution before and during corrosion tests. 

 

 

 

 Corrosion rates were measured using an EG&G Potentiostat Model 273A. The reference 

electrode was silver-silver chloride (AgCl). The auxiliary electrode was platinum. The exposed 

area was 0.25 in by 0.25 in (or 0.4032 cm
2
). The scan increment and scan rate were 1 mV and 

2-5 mV/s, respectively. Multiple concurrent potentiodynamic scans were performed for each 

peening condition since the damage from polarization tests was initially nondestructive. The 
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initial and final voltages ranged from -2.5 to -1.7 VAgCl and -1.1 to -0.1 VAgCl, respectively. Each 

scan was approximately 10 to 15 minutes and allowed time for the open circuit potential (OCP) 

to stabilize. The OCP was stabilized for approximately 10 to 15 mins before initiating the 

corrosion test. The average measured open circuit potential before each polarization under the 

tested peening conditions is given in Figure 6.11(a). 

 The corrosion rate was determined using the polarization resistance method. The 

measured polarization resistance in kΩ is given in Figure 6.11(b). In this method, corrosion rate 

is inversely proportional to the polarization resistance. The resistance is defined as the slope of 

the polarization curve with zero overvoltage. The resistance is assumed linear for ± 20 mV. The 

software SoftCorr II was used to analyze the corrosion data. 

 

  
Fig. 6.11  (a) Open circuit potential and (b) polarization resistance of laser peened MgCa 

surfaces. 

 

 

6.3 Results 

6.3.1 Corrosion Rate 

 Laser shock peening (LSP) was capable of creating a unique surface integrity to control 

corrosion kinetics. The corrosion rate (CR) was calculated using Equation 6.4 [49]. For an alloy, 
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the equivalent weight (Weq) was the inverse of the weighted averages and calculated using 

Equation 6.5. The mass fraction (f), number of equivalents (n), and atomic weight (a) for 

magnesium (Mg) were 99.2%, 2, and 24.305, respectively. For calcium (Ca) they were 0.8%, 2, 

and 40.078, respectively. Therefore, the equivalent weight for MgCa0.8 was 12.19 g. The 

corrosion rate of peened MgCa surfaces is presented in Figure 6.12. The unpeened surface had a 

corrosion rate of 17 ± 1.2 mm/yr. The corrosion rate of a peened surface drastically reduced by at 

least 100 fold and depended heavily on the laser power and peening overlap ratio. The results 

proved LSP was an enabling process to significantly reduce the degradation rate of MgCa 

implants. 

 

 

           
     
 

 (6.4) 

 

 where CR = corrosion rate [mm/yr] 

  Weq = equivalent weight [g] 

  ic = current density [μA/cm
2
] 

  ρ = density [g/cm
3
] 

 

 

     [∑
    
  
]
  

 (6.5) 

 

 where f = mass fraction (or weight fraction) 

  n = number of equivalents 

  a = atomic weight 
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Fig. 6.12  Effect of laser peening process parameters on the corrosion rate. 

 

 

 

 Furthermore, the objectives of this research were to not only reduce the corrosion rate, 

but rather control the corrosion rate. By changing the laser peening parameters, i.e. laser power 

and peening overlap ratio, distinguishable differences in the corrosion rate were observed. 

Surfaces peened at 8 W had higher corrosion rates compared to surfaces peened at 3 W. Also, the 

corrosion rate significantly reduced when peening at 75% overlap compared to 25% overlap. 

This suggests that peening patterns can produce a unique surface integrity to control corrosion 

behavior.  

 

 

6.3.2 Corrosion Potential 

 Laser shock peening (LSP) was capable of creating a unique surface integrity to control 

corrosion initialization. For reference, the standard electromotive force (EMF) potential for pure 

Mg is -2.594 V vs. AgCl [49].  Figure 6.13 illustrates that a peened surface had less potential to 

initiate corrosion. The potential to corrode generally decreased by more than 50% compared to 

the unpeened surface. Only for 8W-50%, the corrosion potential decreased approximately 25% 

compared to the unpeened surface. 
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Fig. 6.13  Corrosion potential (i = 0) of laser peened MgCa surfaces. 

 

 

 

6.3.3 Corrosion Products 

 An energy dispersive spectroscopy (EDS) analysis on representative peened and corroded 

surfaces is shown in Figure 6.14. Numerical data is included in the appendix. SEM images of the 

corresponding surfaces are shown in Figure 6.15. Naturally, the unpeened non-corroded surface 

was composed of 99.1 Wt % magnesium and 0.09% calcium. The unpeened corroded sample 

exhibited a thick uniform layer of corrosion products consisting mainly of oxygen, calcium, and 

phosphorus. It is believed the corrosion products were capable of such a thick uniform layer due 

to the lack of surface topography. The peened corroded samples had a thinner layer of corrosion 

products but still retained several localized deposits of oxygen shown in Figure 6.15(c).  

 

 
 Fig. 6.14  EDS measurement of element wt% on the surface of MgCa0.8. 
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Fig. 6.15  SEM images of a MgCa surface that was (a) unpeened non-corroded, (b) unpeened 

corroded, and (c) peened corroded. 

  

 

 

6.4 Model for Corrosion Rate 

 A linear regression analysis was performed to develop a basic model to predict the 

corrosion rate based on laser power and dent overlap ratio. The model assumes the form 

presented in Equation 6.6 where CR is corrosion rate, x1 is average laser power, x2 is dent overlap 

ratio, and b0, b1, and b2 are constants. Equation 6.6 was linearized for the regression analysis as 

shown in Equation 6.7.  

 

 

       
          (6.6) 

 

 

   (  )    (  )           (6.7) 

 

 

 

 The results of the regression are given in Equation 6.8 and plotted in Figure 6.16. The 

model captured that laser shock peening decreases the corrosion rate. Also, the model captured 

the fact that increasing the laser power increases the corrosion rate while increasing overlap ratio 

decreases corrosion rate. The model was more accurate at the higher 8 W laser power. The 

average percent difference for 3 W and 8 W was 770% and 40%, respectively. The percent 

(a) (b) (c) 
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difference for unpeened was 92%. The R
2
 was 0.72 without including interactions. Including an 

interaction term increases the R
2
 to 0.82. 

 

                           (6.8) 

 

 

 

 
 

Fig. 6.16  Experimental and predicted corrosion rate after LSP on MgCa. 

 

 

 

6.5 Effect of Surface Integrity on Corrosion Rate 

 By correlating individual surface integrity factors with corrosion data, a certain 

relationship can be established. In the future, this relationship can be used to determine the 

proper surface integrity parameters needed to control the degradation of a patient’s implant. It is 

expected that these surface integrity factors have a compound effect on the corrosion 

performance and cannot be individually isolated. 
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6.5.1 Topography 

 The surface roughness (Ra) and mean surface amplitude (Rc) are plotted in 

Figures 6.17(a) and 6.17(b), respectively. The corrosion rate is plotted in Figure 6.17(c). The 

data is presented such that the effects on corrosion rate from increasing the laser power or dent 

overlap ratio is clearly identifiable. 

  

 
 

Fig. 6.17  Comparison of surface integrity parameters (a) surface roughness and (b) mean surface 

amplitude with (c) corrosion rate. 

 

 

 For surface topography, the corrosion rate was directly proportional to Ra and Rc when 

increasing the laser power. When the laser power increased from 3W to 8W, the surface 

roughness and mean surface amplitude increased which corresponded to an increased corrosion 

rate. The corrosion rate increased most likely due to the increased surface area created by using 

more laser power. With more laser power, the magnitude of the pressure wave was higher which 

allowed for deeper, more elongated dents. The schematic shown in Figure 6.18(a) shows how the 

surface area exposed to corrosion increased with increasing Ra and Rc. The overall surface 

became more compressed (Ra) and the peak-to-valley distance (Rc) increased.  

 On the other hand, the corrosion rate was directly proportional to Ra and inversely 
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0

5

10

15

R
 a
 (

µ
m

) 

(a) 

0

10

20

30

R
 c
 (

µ
m

) 

(b) 

0.0001 

0.001 

0.01 

0.1 

1 

10 

100 

C
o
rr

o
si

o
n
 R

at
e 

(m
m

/y
r)

 

(c) 



 

114 

from 25% to 75%, Ra increased and Rc decreased which corresponded to a decreased corrosion 

rate. The corrosion rate decreased most likely due to the decreased surface area created by using 

higher overlap ratios. The schematic shown in Figure 6.18(b) shows how the surface area 

decreased when the overlap ratio increased. The higher overlap ratio caused the peak-to-valley 

distance to shorten. With less exposed area available for corrosion, the corrosion rate decreased. 

 

 

 
 

Fig. 6.18  Schematic of the surface topography showing the effect of (a) increasing laser power 

and (b) increasing dent overlap ratio while laser shock peening a MgCa surface. 

 

 

 

6.5.2 Microhardness 

 The microhardness on and below the surface is plotted in Figures 6.19(a) and 6.19(b), 

respectively. The corrosion rate is plotted in Figure 6.19(c). The data is presented such that the 

effects on corrosion rate from increasing the laser power or dent overlap ratio is clearly 

identifiable. The results showed that LSP induced a microhardness on and below the surface of a 

MgCa coupon that was capable of decreasing the corrosion rate. 

 On and below the surface, the corrosion rate was directly proportional to microhardness 

when increasing the laser power. In other words, a higher laser power created a harder surface 

that corroded faster. Often a hard surface can decrease the corrosion rate [28]. However, the 
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results here suggest increasing laser power to increase the hardness is not suitable for improving 

corrosion resistance. 

 On the other hand, the corrosion rate was inversely proportional to the microhardness 

when increasing the dent overlap ratio. Thus, a higher overlap ratio caused a harder surface 

which decreased the corrosion rate. This suggests incorporating dent overlap ratio and not laser 

power into the design of an orthopedic implant’s microhardness can help control the corrosion 

rate.  

   

  
 

Fig. 6.19  Comparison of microhardness on (a) top surface and (b) subsurface with (c) corrosion 

rate. 
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6.7 Appendix 

Table 6.2  Experimental Test Conditions and Test Matrix for Corrosion Measurements 

 
Setup 

Name 

Initial 

Delay 

Initial 

Potential 

Final 

Potential 

Scan 

Increment 

Scan 

Time 

Scan 

Rate 

# of 

Points 

 (s) (V vs. AgCl) (V vs. AgCl) (mV) (s) (mV/s)  

A 1200 -2.0 -0.75 1 0.2 5 1251 

B 900 -2.4 -0.9 1 0.2 5 1501 

C 900 -2.2 -1.0 1 0.5 2 1201 

D 900 -2.0 -0.7 1 0.5 2 1301 

E 900 -1.7 -0.3 1 0.5 2 1401 

F 900 -1.7 -0.4 1 0.5 2 1301 

G 900 -1.7 -0.2 1 0.5 2 1501 

H 900 -1.7 -0.1 1 0.5 2 1601 

I 900 -2.0 -0.2 1 0.5 2 1801 

J 900 -2.2 -0.7 1 0.5 2 1501 

K 900 -2.5 -1.1 1 0.5 2 1401 

 
Test # Unpeened 3W-25% 3W-50% 3W-75% 8W-25% 8W-50% 8W-75% 

        

1 A D E G I J G 

2 B E G H G K G 

3 C E G H G K E 

4 D F G H G K E 

5 D E G G G K E 

6 D E G G G K E 

7 D E G G G K E 

8 D E G G I K E 

9 D E G G I K E 

10 D E G G I K E 

*  Only data from Tests 1-3 were used in determining corrosion rate and potential.  

** Hank’s solution was changed for each laser peening condition 

 
Repeat 

Test # 

Unpeened 8W-50% 

   

1 G C 

2 C G 

3 C G 

4 B F 

5 B C 

6  I 

7  I 

*  Only data from Tests 1-3 were used in 

determining corrosion rate and potential. 

** Hank’s solution was changed for each laser 

peening condition 
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Table 6.3  Measured Corrosion Data 

 
Test # Open Circuit 

Potential 

Polarization 

Resistance 

Potential 

(i = 0) 

Current 

 (V vs AgCl) (kΩ) (V vs AgCl) (Amps) 

Unpeened -1.559 

-1.553 

-1.177 

-1.511 

-1.526 

-1.516 

0.2589 

0.1342 

0.1061 

0.1064 

0.0417 

0.0350 

-1.465 

-1.424 

-1.285 

-1.454 

-1.436 

-1.410 

8.39E-05 

1.62E-04 

2.05E-04 

2.04E-04 

5.22E-04 

6.21E-04 

3W-25% -0.564 

-0.595 

-0.674 

126 

168 

230 

-0.664 

-0.663 

-0.696 

1.72E-07 

1.30E-07 

9.44E-08 

3W-50% -0.526 

-0.560 

-0.567 

2332 

2099 

2309 

-0.619 

-0.653 

-0.651 

9.31E-09 

1.03E-08 

9.40E-09 

3W-75% -0.828 

-0.835 

-0.809 

1577 

1770 

1142 

-0.771 

-0.804 

-0.780 

1.38E-08 

1.23E-08 

1.90E-08 

8W-25% -0.603 

-0.605 

-0.662 

2.67 

317 

353 

-0.651 

-0.656 

-0.678 

8.13E-06 

6.84E-08 

6.15E-08 

8W-50% -0.568 

-0.711 

-1.038 

356.1 

79.35 

48.96 

-0.678 

-1.121 

-1.293 

6.10E-08 

2.74E-07 

4.44E-07 

8W-75% -0.659 

-0.629 

-0.614 

797 

534 

683 

-0.643 

-0.675 

-0.697 

2.72E-08 

4.07E-08 

3.18E-08 
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Table 6.4  Mean Composition (Weight % and Atomic %) and Standard Deviation of MgCa0.8 

using EDS Analysis 

 

  

Unpeened Non-

Corroded 

Unpeened 

Corroded 
Peened Corroded 

  Wt % At % Wt % At % Wt % At % 

Mg 99.1 99.5 11.7 9.9 37.4 29.6 

O 

  

46.5 59.9 33.8 40.5 

Ca 0.9 0.5 21.5 11.1 9.3 4.7 

P 

  

14.9 9.9 5.9 3.8 

C 

  

5.4 9.3 13.4 21.3 

S 

    

0.3 0.2 

  

STD DEVIATION 

(n=3) 

STD DEVIATION 

(n=3) 

STD DEVIATION 

(n=4) 

Mg 0.2 0.2 4.9 3.9 9.71 7.34 

O 

  

3.1 2.6 6.59 6.44 

Ca 0.2 0.2 4.1 2.5 7.60 4.06 

P 

  

3.1 2.3 3.86 2.70 

C 

  

0.7 1.0 3.45 4.60 

S 

    

0.21 0.12 
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CHAPTER 7 

FATIGUE 

 

 

7.1 Introduction 

 Fatigue is a damage process by which irreversible changes are made to a material by 

repeated application of load [1]. Fatigue damage typically initiates in the form of cracks on the 

external surface of a part [2]. Corrosion and wear can accelerate fatigue damage mechanisms. 

Therefore, the surface integrity of a part is of critical importance for high cycle fatigue 

applications as it can directly influence a part’s fatigue life. Aspects of surface integrity that are 

important to fatigue life include but are not limited to surface roughness, microhardness, and 

residual stress.   

 Mechanical surface treatments such as burnishing and shot peening are effective methods 

to improve the fatigue life. Surface treatments alter the mechanical properties of the surface in a 

way that prevents crack initiation and retards crack propagation. Determining the correct surface 

treatment depends on the material being processed [2]. For magnesium, there is a delicate 

balance between imparting sufficient compressive residual stress while maintaining a surface 

free of micro-cracks which would ultimately shorten fatigue life. While a rough surface is 

generally favorable for promoting bone ingrowth and healing, that same surface may serve as a 

crack initiator that would detrimentally affect fatigue performance. 

 For shot peening, the fatigue life of magnesium alloys has shown to be either enhanced or 

diminished depending on the peening pressure, bead type, alloy, etc. On the other hand, laser 
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shock peeing (LSP) with a large spot size, on the order of mm, is well known to improve the 

fatigue life of aluminum and titanium alloys [13-17]. In these cases, there is a negligible effect 

on the surface topography. For micro laser shock peening, where the spot size is on the order of 

10’s and 100’s of microns, the shock wave produced by the ablation process is no longer a planar 

front but rather a spherical wave that results in a sizable surface topography in the form of 

micro-dents. It is unknown if these dents act as notches (or crack initiators) or if the compressive 

residual stress will prevent crack formation and slow propagation. The purpose of this study is to 

determine if (1) the small dents produced by laser shock peening act to shorten fatigue life or (2) 

does the enhanced strength and hardness imparted by laser shock peening increase the fatigue 

life. 

  

7.2 Literature Review   

 In processes like shot peening or laser shock peening (LSP), the resulting surface 

topography takes the form of micro-dents or notches. Notches are well known for acting as stress 

concentrators that reduce fatigue life [3]. In fact, notches are often intentionally added to fatigue 

test samples in order to concentrate stress at a specific location so that failure occurs there. 

Notches can have many different shapes, e.g. v-shaped grooves such as those on a screw or dents 

like the ones observed on a golf ball. The typical aspect ratio of dents produced by low plasticity 

burnishing, laser shock peening, and shot peening are shown in Figure 7.1. This figure is 

intended to provide a more accurate representation of notches created by common mechanical 

surface treatments.  

 The effect of notches on fatigue life is typically detrimental [3]. Kannan et al. showed 

that the mechanical integrity of AZ91 in simulated body fluid (SBF) decreased by approximately 
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50% when the samples contained a notch [4]. The authors quantified mechanical integrity as the 

ratio of the failure stress in SBF to the failure stress in air. A smooth (un-notched) sample had 

mechanical integrity of 0.83 while a v-shaped notched sample was approximately 0.44. In order 

to overcome the effect of notches, highly compressive residual stress is desired that prevents 

crack forming and inhibit propagation. Therefore it is important to find the right surface 

treatment that slows degradation without sacrificing mechanical integrity and fatigue life.  

 

 

Fig. 7.1  Typical dent aspect ratio produced by low plasticity burnishing, laser shock peening, 

and shot peening.  

 

 

 Von der Höh et al. investigated the effects of different surface treatments of MgCa0.8 on 

the degradation behavior in rabbits [5]. The authors claim all implants were well tolerated. The 

surfaces were as-turned, sand blasted, and threaded. The threaded and sand blasted implants 

exhibited emphysema, or abnormal air cavities within tissue, while the smooth implants showed 

no signs of emphysema. Interestingly, the threaded implants produced the strongest bone 

formation indicating that the rougher surface provided bone more area to adhere to, thus 

 

Shot Peening 

Laser Shock Peening 

Low Plasticity Burnishing 
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increasing its healing rate. However, the sand blasted and treaded implants observed faster 

structural loss which could pose problems for fatigue loading applications.  

 Fouad et al. showed that ball burnishing AZ31 increased the endurance limit in rotating 

bending to 100 MPa compared to the electropolished surface at 40 MPa [6]. Analogous to 

fatigue, Fouad and Batanouny showed the wear rate (0.3 bar) of surfaces treated by shot peening, 

swaging, and ball burnishing was reduced more than half in some cases over the wrought and 

as-cast part [7].    

 Hilpert and Wagner investigated the effect of mechanical polishing, shot peening, and 

roller burnishing on the corrosion fatigue behavior of high strength AZ80 in rolling fatigue 

tests [8]. They showed that mechanical polishing and shot peening improved the fatigue 

performance in air; however, no improvement was observed in a NaCl solution (Figure 7.2). The 

roller burnished surface exhibited the best fatigue performance in the NaCl solution, and the 

authors attributed this observation to the smooth surface and compressive residual stress that 

accompanies burnishing. For shot peening, the steel beads had better fatigue performance 

compared to glass beads. 

  

 

 
(a) 

 
(b) 

 

Fig. 7.2  Rotating bending (R = -1) S-N curves of AZ80 processed by roller burnishing (RB), 

shot peening (SP), and electropolishing (EP) in (a) air and (b) 3.5% NaCl solution [8]. 
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 Bhuiyan et al. studied the effect of shot peening, micro-peening, and barrel processing on 

fatigue life of AZ61 [9]. Micro-peening was defined as shot peening with 20 µm to 30 µm size 

beads; for comparison, regular shot peening uses 0.425 mm size beads in this study. Barrel 

processing involves using a rotating drum filled with steel beads that alter the surface of a 

component.  

 Shot peened samples had the worst fatigue performance, see Figure 7.3. The fatigue 

strength decreased by approximately 30% compared to the as-polished samples. The authors 

attribute this to the poor surface quality caused by the peening process and further state that the 

induced compressive residual stress was not sufficient enough to offset crack propagation. 

Micro-peened and barrel processed samples exhibited a 15% higher fatigue strength than 

as-polished samples. The authors claim the effect of compressive residual stress was capable of 

outweighing the detrimental effect of micro-cracks produced during the surface treatment 

process; however, the authors fail to report any residual stress measurements and present 

microhardness data instead. 

   

 

Fig. 7.3  Rotating bending S-N curves of AZ61 processed by shot peening, micro-peening, and 

barrel processing. Modified from [9]. 

Micro-peened or 
Barrel processed 

As polished 

Shot peening 
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 Secondary peening has been suggested as a way to induce more compressive residual 

stress while concurrently minimizing the surface roughness. Dindorf and Müller also studied the 

fatigue behavior of AZ91 after shot peening with a focus on additional secondary shot peening 

with glass beads [10]. Their results show that secondary peening did not significantly influence 

the endurance limit.   

 Liu et al. explored the effect of varying the Almen peening intensity on the fatigue 

performance of Mg-10Gd-3Y [11]. Results showed that the fatigue life reached a saturation point 

whereby an increase in the Almen intensity up to 0.2 mmN would not further increase the fatigue 

life, see Figure 7.4. Beyond this critical value for Almen intensity, 0.2 mmN in this study, the 

fatigue life decreased. This indicates there are optimum peening conditions that maximize 

benefits for fatigue life. Results also showed that shot peening was more beneficial for 

as-extruded parts compared to as-cast parts. 

  

 

 

Fig. 7.4  Fatigue life versus Almen intensity for as-extruded Mg-10Gd-3Y [11]. 
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 Zhang et al. investigated the effect of different shot peening media, such as glass beads, 

Zirblast B30, and Ce-ZrO2, on the fatigue performance of AZ80. Improvements up to 75% in 

fatigue strength were observed; see Figure 7.5(a). Ce-ZrO2 shots had the highest improvement 

on fatigue strength as well as the lowest roughness and the highest maximum compressive 

residual stress. The glass and Zirblast B30 beads exhibited a well define Almen pressure range in 

which the benefit to fatigue was maximized, between 0.1 mmN and 0.2 mmN in this study; see 

Figure 7.5(b). Outside of this region, fatigue life drop more than 1 order of magnitude.  

 

 

 
(a) 

 
(b) 

 

Fig. 7.5  Rotating bending fatigue performance of AZ80 shot peened by various peening media 

(a) S-N curve (b) fatigue life versus Almen intensity [11]. 

 

 

 

 In contrast, Zinn and Scholtes showed that shot peening AZ31 reduced the fatigue 

strength, see Figure 7.6 [12]. Small cracks on the surface induced by shot peening were said to 

have caused the reduction. This indicates appropriately choosing the right peening conditions for 

each Mg alloy can determine if fatigue properties will be enhanced or diminished. 
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Fig. 7.6  Rotating bending S-N curve of as-milled and shot peened AZ31 [12]. 

 

 

 

7.3 Fatigue Sample Preparation 

 Cylindrical bars of magnesium with 0.8 wt % calcium (MgCa0.8) with a 12.7 mm 

diameter and 254 mm length were turned to 9.5 mm and section into thirds. The center of each 

sample was further turned giving it a notch with diameter at the center of 7.6 mm, see Figure 7.7. 

The notch ensures that the sample will break in the laser shock peened region.  

  

 

Fig. 7.7  Fatigue sample geometry. 

 

 

 Figure 7.8 depicts the experimental setup to fabricate micro dents via laser shock peening 

(LSP) on the cylindrical surface of MgCa. An Nd:YAG laser (wavelength (λ) 1064 nm, pulse 
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width (τ) 5-7 ns, frequency (q) 30 Hz) with an average power of 3 W was used in the 

experiments. A beam splitter was used to discard some of the energy into a beam dump. The 

estimated spot diameter was approximately 600 µm using a 100 mm focal length lens. The actual 

distance between the lens and sample was approximately 90 mm. The cross-sectional area of the 

laser spot (A) was 0.283 mm
2
. The corresponding power density (I) was calculated based on 

Equation 4.1 and was approximately 5 GW/cm
2
. At this power density, the resulting individual 

dent diameter was 1.390 mm. 

 

 

Fig. 7.8  Experimental setup for laser shock peening cylindrical fatigue samples. 

 

 

 

 To achieve an overlap ratio of 25% and 75% on a curved surface, the angular feed (γ) in 

degrees was calculated based on Equation 7.1 to precisely rotate the sample. C is the 

circumference of the fatigue sample which was approximately 24 mm in the center. The axial 

feed (f) was determined based on the procedure described in Chp. 4 and was 1.067 mm and 
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0.356 mm. For 25% and 75% overlap, the angular feed was 15.14° and 5.35°, respectively. For 

simplicity, the angular feeds were rounded to the nearest degree, which was 15° and 5°. The 

radial dial shown in Figure 7.9 was used to rotate the sample to the appropriate angle. 

 

   
 

 
     (7.1) 

 

 Each experiment was performed in vertical water confined regime (WCR) at a depth of 

approximately 2 mm. The water is allowed to flow over the peened surface as opposed to being 

static. Flowing water is favorable due to the decreased possibility of particulate interfering with 

the laser/plasma interface. Black tape was used as the ablative medium. 

 

 

Fig. 7.9  Radial dial used to rotate the fatigue sample during radial LSP. 

 

 

 

Sample Nozzle   

Rotation 

dial 



 

134 

 The resulting surfaces after laser shock peening cylindrical fatigue samples as well as an 

unpeened (as-turned) sample are presented in Figure 7.10.  The surface roughness (Ra) of a flat 

unpeened sample was 0.15 ± 0.07 μm. The roughness of flat samples processed by the same laser 

peening conditions were 2.74 ± 0.56 μm for 3W-25% and 6.26 ± 1.50 μm for 3W-75%. A more 

detailed analysis of the surface topography can be found in Chp. 5. 

 

 
Unpeened 

 
3W – 25% 

 
3W – 75% 

 

Fig. 7.10  Unpeened and laser peened surfaces of MgCa0.8. The average laser power was 3W 

and the dent overlap was 25% and 75%. 

 

 

 

7.4 Tensile Test 

 A tensile test of and unpeened MgCa0.8 sample was conducted to determine a suitable 

load to apply during the fatigue test. The stress strain response is presented in Figure 7.11. The 

displacement rate was 3.81 mm/min (0.15 in/min). The geometry of the sample is shown in 

Figure 7.7. The ultimate tensile strength was approximately 85 MPa. The 0.2% offset yield 

strength was approximately 22 MPa assuming an elastic modulus of 45 GPa. 
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Fig. 7.11  Stress-strain response of MgCa0.8 in a tension test. 

 

 

7.5 Fatigue Test 

 With a limited number of samples, the aim of this study was to determine if there is a 

measurable difference between the fatigue life of an unpeened and laser peened sample. An R.R. 

Moore rotating bending fatigue test was conducted on unpeened and laser shock peened 

MgCa0.8 cylindrical samples in air.  Rotating bending is ideally suited to test the effect of 

surface treatments on fatigue performance since the maximum stress from bending occurs on the 

outer surface. The fatigue test equipment is shown in Figure 7.12(a).  

 There were 4 unpeened samples and 4 laser peened samples; two were laser peened and 

3W-25% and the other 2 at 3W-75%. A tachometer was used to monitor rotation speed and count 

cycles. The frequency was approximately 30 Hz. The applied weight was approximately 0.9 kg 

(2 lbs) which corresponded to a bending stress of 10 MPa. The bending stress was calculated 

based on Equation 7.2, where M is the bending moment in N·m, y is the distance between the 

neutral axis and the point of interest, and INA is the moment of inertia with respect to the neutral 

axis. In rotating bending fatigue tests, the load is fully reversed (R = -1), the shear force is zero, 
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and the bending moment across the sample is constant as shown in Figure 7.12(b). The 

dimensions of rotating bending fatigue test equipment are shown in Figure 7.12(c). 

 

   
  

   
 (7.2) 

 

 

 

 
 

 
 

 
 

Fig. 7.12  R.R. Moore rotating bending fatigue test: (a) testing equipment, (b) load diagrams, and 

(c) equipment dimensions. 
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Assumptions regarding the fatigue test are as follows: 

1. Samples were uniformly laser shock peened. 

2. The grain size has a negligible effect on fatigue life compared to the effect from the LSP 

surface treatment. 

3. The chucks are aligned such that there is no pre-stress from misalignment. 

4. The weight of the chucks affected all samples consistently. 

5. Samples were uniformly tightened in the chucks. 

 

7.6 Fatigue Life and Characterization 

 The fatigue life of unpeened and laser shock peened MgCa is presented in Figure 7.13. 

The error bars represent the range of the measured data. Laser shock peening was found to 

increase the fatigue life by at least 1 order of magnitude. The average fatigue life of an unpeened 

and laser peened sample was 5,325 cycles and 122,620 cycles, respectively. The results show 

75% overlap produced a longer fatigue life than 25% overlap; however, the sample size was too 

small to be conclusive.  

 Interestingly, both samples at 75% overlap failed just outside the peened region, see 

Figure 7.14. The unpeened and 3W-25% samples failed at the center. The results indicated the 

compressive residual stress and the increase in hardness were able to overcome any notch 

sensitivity effect cause by the peening process.  
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Fig. 7.13  Rotating bending fatigue life of unpeened and laser shock peened MgCa. 

 

 

 

Fig. 7.14  Fatigue samples after fracture.  

 

 

 The fractured surfaces are presented in Figure 7.15. The unpeened samples exhibited fast 

granular fracture. No striation patterns were observed. On the other hand, the peened samples did 

exhibit striation patterns. Samples with longer fatigue lives, i.e. 3W-75%, exhibited more 

pronounced patterns. The demarcation between the crack growth region and fast fracture region 

was clearly distinguishable for 3W-75%. A higher resolution image of the crack propagation 

region is presented in Figure. 7.16. 
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Fig. 7.15  Optical image at 100× of a fractured MgCa surface after rotating bending fatigue test. 

 

 

 

 

Fig. 7.16  Optical image at 200× of fractured surface’s crack growth region on 3W-75% after 

rotating bending fatigue test. 

 

 

 

7.7 Conclusions 

 Sequential laser shock peening of a biodegradable MgCa alloy was initiated to create a 

functional surface pattern that improves the performance of orthopedic implants. MgCa0.8 was 

processed with sequential peening at different overlap ratios to determine the effects on fatigue 

performance. Key conclusions are summarized below. 

Unpeened 3W-25% 3W-75% 

200 µm 



 

140 

1. Laser shock peening can improve the fatigue life of MgCa implants. 

2. Micro-dents produced during the peening process did not act like notches that concentrate 

the stress and cause premature failure. Thus, it was concluded that the compressive 

residual stress and increased microhardness were able to overcome any notch sensitivity 

effects.   

3. Peening at 75% overlap improved the fatigue performance such that fracture occurred 

outside the peened region. 

4. The unpeened samples underwent brittle “fast” fracture and exhibited little or no 

plasticity. The peened samples exhibited a region of crack propagation (striation pattern) 

and was more pronounced at higher overlap ratios.  
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CHAPTER 8 

FINITE ELEMENT ANALYSIS 

 

8.1 Abstract 

 Current permanent metallic biomaterials of orthopedic implants, such as titanium, 

stainless steel, and cobalt-chromium alloys, have excellent corrosive properties and superior 

strengths. However, their strengths are often too high resulting in a stress shielding effect that is 

detrimental to the bone healing process. Without proper healing, costly and painful revision 

surgeries may be required. The close Young’s modulus between magnesium-based implants and 

cancellous bones has the potential to minimize stress shielding while providing both 

biocompatibility and adequate mechanical properties. The problem with Mg implants is how to 

control corrosion rates so that the degradation of Mg implants matches that of bone growth. 

Laser shock peening (LSP) is an innovative surface treatment method to impart compressive 

residual stress to a novel Mg-Ca implant. The high compressive residual stress has great 

potential to slow corrosion rates. Therefore, LSP was initiated in this study to investigate surface 

topography and integrity produced by sequential peening a Mg-Ca alloy. Also, a 3D 

semi-infinite simulation was developed to predict the topography and residual stress fields 

produced by sequential peening. The dynamic mechanical behavior of the biomaterial was 

modeled using a user material subroutine from the internal state variable plasticity model. The 

temporal and spatial peening pressure was modeled using a user load subroutine. The simulated 

dent agrees with the measured dent topography in terms of profile and depth. Sequential peening 
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was found to increase the tensile pile-up region which is critical to orthopedic applications. The 

predicted residual stress profiles are also presented. 

 

8.2 Introduction 

  Biodegradable implants are a relatively new and emerging form of treatment for common 

bone ailments. Biodegradable implants are useful to the healing process due to the ability to 

gradually dissolve and absorb into the human body after implantation. The development of 

biodegradable implants has had a beneficial effect on in vivo treatment of patients with various 

bone ailments. 

 Currently, biodegradable implants are mainly made of polymers, such as poly-L-Lactic 

acid. However, these polymer based implants usually have an unsatisfactory mechanical 

strength.  An alternative to biodegradable polymer implants is permanent metallic implants 

composed of steel or titanium alloys. Permanent metal implants have superior strength compared 

to polymers. As a consequence, metal implants are often too stiff resulting in a stress shielding 

effect that can be damaging to the healing process [1-7]. Stress shielding occurs when bone is 

shielded by an implant from carrying load. As a result, the bone tends to weaken over time 

resulting in more damage. To minimize the effects of stress shielding on the human body while 

still retaining strength, a soft lightweight metal is required.  Therefore, Mg alloys are proposed as 

an ideal biodegradable implant material due to its biocompatibility and superior strength to 

weight ratio compared to that of other biomaterials. 

 Magnesium is an element essential to the human body. Intake of a certain amount of 

magnesium (300 ~ 400 mg/day) is normally required for regular metabolic activities [8]. The 

direct corrosion product of magnesium (Mg
2+

) is easily absorbed or consumed by the human 
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body [9]. However, the rapidly generated by-products of magnesium corrosion such as hydrogen 

gas and hydroxides are not physiologically favorable. Hydrogen evolution and alkalization 

resulting from corrosion of Mg are the most critical obstacles in using magnesium as an implant 

material. 

 A straightforward strategy to overcome these difficulties is to control the corrosion rate 

of a biodegradable magnesium implant. Alloying is one of the possible solutions to control the 

corrosion rate of Mg in the human body. A concern with the alloying approach is 

biocompatibility of the alloying element(s). Alloying elements must not generate toxic, 

carcinogenic, or mutagenic products. 

 In this study, calcium (Ca) was alloyed with Mg to form a MgCa alloy. It is well known 

that Ca is a major component in human bone and is also essential in chemical signaling with 

cells [10]. Ca has a low density (1.55 g/cm
3
) such that when alloyed with Mg, the density is 

similar to that of bone. The Ca in MgCa alloys produces hydroxyapatite (HA) as a corrosion 

product on the surface of the implant. HA is a favorable biocompatible mineral which stimulates 

bone cells to attack the implant surface to form proper bonding [11]. The proper bond between 

implant surface and surrounding bone allows for fractured segments to realign in correct 

anatomical position which is critical to recovery. 

 Laser shock peening (LSP), used in conjunction with alloying, is a promising surface 

treatment technique to improve the surface integrity by imparting compressive residual stresses 

that are beneficial for controlling corrosion of MgCa implants. LSP has been initiated to 

fabricate an array of dents on component surfaces [12-15]. The influence of laser shock peening 

process parameters, such as laser power and pulse width, on the resulting topography and 

residual stress profiles were previously investigated [15]. Increasing pressure is known to 
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increase the depth of dents and magnitude of residual stress. Increasing the pulse time can 

increase the depth of a dent up to a saturation point before reversing and increase the depth at 

which the residual stress extends. However, previous finite element analyses (FEA) of LSP 

investigate individual peening of a metal substrate. FEA of single peens neglects the effect of 

neighboring dents on topography, hardness and residual stress. The topography, hardness, and 

residual stress are critical for the corrosion and fatigue performance of a biomedical implant. The 

purpose of this study is to determine the effects of sequential peening of MgCa alloy on surface 

topography as well as predict the residual stress profile. Sequential peening experiments and 

simulations were performed and compared to single peening experiments and simulations. 

 

8.3 Micro-dent Fabrication 

 LSP is a mechanical process where pressure waves caused by expanding plasma 

plastically deform the surface of a material. The plastic deformation from LSP induces deep 

compressive residual stress well below the surface. The residual stress can penetrate as deep as 

1 mm below the surface [16]. As a result, compressive residual stress can inhibit the corrosion 

rate of a MgCa implant [17, 18]. Furthermore, the compressive residual stress greatly improves 

against fatigue crack formation and propagation induced by cyclic loading [19, 20]. LSP also 

produces surface dents which act as a geometric benefit. Surface dents provide a porous structure 

that is favorable for cell adhesion and growth to an implant surface. 

 LSP uses a thin layer of ablative material that is opaque to the laser as shown in 

Figure 4.2. The opaque ablative material, typically black spray paint or tape, is a sacrificial layer 

[21]. The sacrificial layer minimizes undesirable thermal effects on the surface caused by the 

laser. The laser vaporizes the ablative layer to form high pressure plasma [22]. The plasma, 
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confined by a thin layer of water film, expands rapidly resulting in a recoiling pressure wave on 

the order of gigapascals [23-27]. The resulting pressure in confined ablation mode is much larger 

than the dynamic yield strength. Once the pressure exceeds the dynamic yield stress, plastic 

deformation occurs and forms a dent. The pressure wave is the mechanical process that 

plastically deforms the surface. 

 In the following study, MgCa samples were sectioned 15 mm thick from a 38.1 mm 

diameter round stock. In order to remove the effects of surface residual stress induced by 

machining, each sample was turned and later polished to a mirror finish. The MgCa samples 

were polished using a Lecloth™ pad. In order to prevent and remove any micron sized pits and 

scratches induced by polishing, 1 μm diamond liquid in conjunction with lapping oil and/or 

water was used at low polishing speeds to final polish to a mirror finish as seen in Figure 4.3. 

 Figure 4.4 shows the experimental setup to fabricate surface micro dents on polished 

MgCa surfaces. An Nd:YAG laser (wavelength (λ) 1064 nm, pulse width (τ) 5-7 ns, frequency 

(q) 30 Hz) with a power range from 0.1W to 10W was used in the experiments. The estimated 

spot diameter was approximately 250 µm using a 100 mm focal length lens. The actual distance 

between the lens and the sample was approximately 95 mm. The sample was oriented vertically 

so particulate could not accumulate in the laser’s path. Each experiment was performed in water 

confined regime (WCR) at a depth of 1-2 mm. Black tape with a thickness of 0.05 mm was used 

as the ablative medium. The average power (PAVG) measured 8 W. The corresponding power 

density (I) was approximately 76 GW/cm
2
 as calculated by Equation 4.1. To study the effect of 

sequential peening on dent topography, a matrix of dents were produced on the MgCa surface 

and later compared to individual peens. For sequential peening, the center to center spacing 

between dents was approximately 800 µm. 
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8.4 FEA of Dent Fabrication 

8.4.1 Analysis Technique 

 A 3D semi-infinite model was used to simulate micro scale laser shock peening (LSP) of 

MgCa. LSP is a highly transient dynamic process that induces severe plastic deformation via 

pressure waves. Therefore, ABAQUS/Explicit was chosen because it is an ideal tool for 

simulating processes involving wave propagation [28]. 

 ABAQUS/Explicit solves for displacements and velocities using the central difference 

method [28]. For a given time increment, this approach is computationally less expensive 

compared to ABAQUS/Standard. However, the drawbacks are assuring the time increment is 

stable. An unstable time increment can result in a non-converged solution. Therefore, 

nano-second time increments were implemented to ensure temporal convergence. 

 A series of four simulations were performed in order to simulate sequential LSP. The 

MgCa surface was peened once per simulation. Each simulation was composed of two steps. In 

the first step, the shock pressure was applied on the top surface. Next, the stress and strains were 

allowed sufficient time to relax so that the solution could stabilize. The results from the first 

simulation were imported to the second simulation and so on until the surface was peened four 

times. 

 

8.4.2 Mesh 

 The 3D model in Figure 8.1 contains a quarter cylinder of 70,818 C3D8R finite elements 

and 3,575 CIN3D8 infinite elements. The quarter cylinder mesh allows for a comprehensive 

analysis of the three dimensional stress and strain behavior below the surface while minimizing 
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the computation time. Infinite elements along the back and bottom surfaces were implemented to 

allow for stress waves to pass through a non-reflective boundary. 

 

 

Fig. 8.1  Three-dimensional FEA simulation of laser shock peening (LSP). 

 

 The mesh had two regions with different mesh densities. As expected, the area where the 

pressure was applied contains a higher mesh density than the outer regions of the model. The 

dense mesh region consisted of 30 µm wide cubic elements. Micron level elements provided a 

suitable spatial resolution of the output variables to ensure spatial convergence. 

 

8.4.3 Modeling Spatial and Temporal Shock Pressure 

 The pressure induced by LSP is a function of elapsed time and radial position. A model 
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spatially non-uniform pressure, P(r,t). Since the pressure obeys a Gaussian distribution, P(r,t) is 

given by 

 

  (   )   ( )   ( 
  

   
) (8.1) 

 

 

where r represents the radial distance away from the center and R is the radius of the plasma 

(125 µm). The Gaussian distribution rises to a maximum pressure at a certain peening time. Once 

the maximum is obtained, the pressure rapidly decreases with increased time. 

 Typically P(t) is approximated as a ramp function. A more useful approximation for P(t) 

is to assume it follows a 6
th

 order polynomial as shown in Figure 8.2. The generic profile is 

based on numerous researchers [25, 26, 31-33] who have measured the P(t) as a function of time 

via VISAR or alternative methods. The critical components of P(t) are the pulse time and the 

peak pressure.  The precise magnitude and duration of transient peak pressure during peening 

was estimated without explicitly measuring the pressure. The pressure pulse time typically last 

2 to 3 times longer than the laser pulse [32, 34]. For the purpose of these simulations, the 

pressure pulse was assumed to be 3 times longer than the 7 ns laser pulse. A commonly used 

estimate of the peak pressure for P(t) in water confined regime is given by 

 

  (   )      √
 

    
√ (      )√ (      ) (8.2) 

 

 

where P is the peak pressure, Z is combined shock impedance defined by Equation 8.3, I is the 

power density given by Equation 4.1, and α is a correction factor for the efficiency of the 

interaction [26, 29]. The ablative material used in these experiments was relatively thick and 

absorbent compared to other materials found in literature. Therefore, α was initially estimated to 
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be low (0.1) such that the majority of the energy was absorbed by the ablative material. ZMgCa is 

defined as the product of the density and shock velocity (ZMgCa = ρMgCa · UMgCa). The density of 

MgCa is 1750 kg/m
3
 and the shock velocity is approximated based on the wave speed of sound 

through MgCa (approximately 5000 m/s). ZMgCa and Zwater are 8.75x10
5 
g/cm

2
 and 

1.65x10
5
 g/cm

2
, respectively. The peak pressure predicated by Equation 8.2 was approximately 

8 GPa (α = 0.1 and τ = 7 ns).  
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Fig. 8.2  (a) Spatially uniform shock pressure, P(t) and (b) non-uniform Gaussian distributed 

pressure as a function of radius r. 

 

 

 Since the absorption properties and pressure pulse duration were not measured, there 

exist uncertainties in α and τ which could influence the peak pressure by several GPa. Without 

explicitly measuring, estimates must be made that are consistent with experimental data. A peak 

pressure of 5 GPa best corresponded to the experimental results for surface morphology. For 
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simulations at 8 GPa, the surface deformation was more severe and thus did not correspond to 

experimental results [15]. This infers either one of two problems: (1) the ISV plasticity model 

did not accurately capture the rate dependent effects of LSP, or (2) the model for peak pressure 

proposed by Equation 8.2 does not correspond to experimental observations. Since the 

experimental setup described above has an energy density of 540 J/cm
2
, it is suggested that 

Equation 8.2 is not an accurate predictor of peak pressure because its’ accuracy range is limited 

to between 10 and 100 J/cm
2
 [26]. Thus, it is reiterated that the pressure predicted by 

Equation 8.2 serves as a reference but has little experimental value without first measuring the 

pressure and absorption characteristics with a 5 ns to 7 ns Nd:YAG laser pulse with black tape as 

the ablative medium. 

 In these studies, the radial expansion of plasma was taken into account for the following 

reasons. First, the experimental laser spot size was on the order 100’s of microns. With such a 

small spot size, the expansion of plasma may not be neglected in the radial direction [31]. 

Furthermore, the experimental ablative layer was not fully vaporized because of its thickness and 

ability to absorb energy. As a consequence, the pressure wave generated by the plasma had time 

and space to expand in all directions before entering the metal substrate. Radial expansion of 

plasma was modeled by allowing the applied pressure to act perpendicular to the deformed 

surface. Initially, the pressure was one dimensional. As deformation occurred, the pressure 

followed the deformed surface resulting in a spherical shape pressure that expands in the radial 

direction. 

 Implementing the temporal and spatial shock pressure was very challenging and a user 

load subroutine was required. The user subroutine VDLOAD [12] of shock pressure has been 

programmed to apply a non-uniform shock pressure across the top surface. It worked by 
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assigning local origins at the peening center and then calculated the radial distance to each node 

surrounding this new origin from the equation of a circle as 

 

   √(        (   ))
 
 (        (   ))

 
 (8.4) 

 

where curcoord(i,x) and curcoord(i,y) are coordinates of the current node at each time increment 

in a simulation. The circular shaped pressure pulse was applied in four locations. Figure 8.3 

shows the peening distribution along the top surface. The spacing between simulated peens was 

800 µm. 

 

 

Fig. 8.3  Sequence of peening simulations. 
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for the dynamic yield stress. Current material models are inadequate when describing strain rates 

greater than 10
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the amount of pressure needed for plastic deformation. Therefore, an internal state variable (ISV) 

plasticity model developed by Bammann et al. was used to account for the dynamic mechanical 

behavior [36]. A material user subroutine VUMAT was coded to incorporate the model into 

ABAQUS. The corresponding ISV constitutive equations are given by 

 

 σ
 
 𝜆tr(D )I   𝜇D  (8.5) 

 

 

 D  D  D  (8.6) 
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 ‖    (𝑇)]  
  (8.9) 

 

  

 The evolution equations for the internal state variables α and R are derived from 

dislocation mechanics and are in a hardening-minus-recovery format. The kinematic hardening 

internal state variable α, representing directional hardening, is related to the dislocations in the 

cell interior. The variable captures the softening effect due to unloading, also termed as 

Bauschinger’s effect. The isotropic hardening internal state variable R is related to the 

dislocations in walls and it captures the continued hardening at large strains. The use of internal 

state variables and the evolution equations enable the prediction of strain rate history and 

temperature history effects. 
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 There are nine temperature dependent functions to describe the inelastic response. They 

can be classified into three basic types: those associated with the initial yield, the hardening 

functions, and the recovery functions. The rate-independent yield stress Y(T), the 

rate-dependence of initial yield stress f (T), and the magnitude of rate-dependence of yield stress 

V(T) are assumed to be of the forms 

 

 𝑌(𝑇)       (   𝑇)([  (t nh(   (    𝑇)))]  ) (8.10) 

 

 

 𝑓(𝑇)       (    𝑇) (8.11) 

 

 

 𝑉(𝑇)       (    𝑇) (8.12) 

 

 

 The three functions of rd(T), h(T) , rs(T) describe the kinematic hardening and recovery, 

which can be thought of as the center of yield surface. The functions of Rd(T), H(T), Rs(T) 

describe the scalar or isotropic hardening and recovery, which can be thought of as the radius of 

the yield surface. 
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   (𝑇)        (     𝑇) (8.18) 

 

 The material constants (C1 – C20) were determined by fitting the ISV model to the 

baseline test data using a non-linear square fitting method [37].  The fitted material constants are 

listed in Table 1 [38]. The modulus of elasticity for MgCa is 45 GPa. Poisson’s ratio is 0.33 at 

room temperature. The density is 1750 kg/m
3
. 

 

Table 8.1  ISV Material Constants for MgCa0.8 

ISV 

parameter 

Material 

constants 

 ISV 

parameter 

Material 

constants 

C1 (MPa)  1.0  C11 (s/MPa)  1E-4 

C2 (K)  600  C12 (K)  0 

C3 (MPa)  850  C13 (1/MPa)  0.7 

C4 (K)  20  C14 (K)  100 

C5 (1/s)  1.0E-7  C15 (MPa)  3E4 

C6 (K)  0  C16 (MPa/K)  39 

C7 (1/MPa)  0.1  C17 (s/MPa)  380 

C8 (K)  -300  C18 (K)  -900 

C9 (MPa)  2500  C19  0.2 

C10 (MPa/K)  0  C20 (K)  312.8 

 

 

8.5 Results 

 Material behavior is characterized by stress/strain graphs along the peening or depth 

direction (axis-3 in Figure 8.1) and radial directions (axis 1 and 2). Each stress/strain profile 

represents the stabilized residual stress/strain. Residual stress/strain was achieved 30 µs after the 

pressure pulse. 
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8.5.1 Dent Topography 

 Figure 8.4(a) and Figure 8.4(c) depict the experimental and simulated 2D dent profiles 

for single point and sequential laser shock peening, respectively. The experimental and simulated 

top surface is shown in Figure 8.4(b) and Figure 8.4(d). For both single point and sequential 

LSP, the finite element model closely approximated the surface topography. Results from the 

experiments confirm the validity of the simulation.  

 

 

  
(a) (c) 

 

  
(b) (d) 

 

Fig. 8.4  Experimental and FEA of single point laser shock peening (a) 2D topography and 

(b) top surface. Also, experimental and FEA of sequential laser shock peening (c) 2D topography 

and (d) top surface. 
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 The diameter of the dents was between 700 µm and 800 µm and had a depth of 

approximately 10 µm to 11 µm. There was a negligible effect of neighboring dents on the overall 

dent depth. However, it was observed that neighboring dents do influence the tensile pile-up 

region. The magnitude of the pile-up increased approximately 50%. It is believed to be due to the 

radial expansion of neighboring peens. A tensile region on the surface can drastically affect the 

wear and fatigue performance of a surface, especially in a corrosive environment. 

 

 

8.5.2 Residual Stress Profiles 

 The predicted residual stress of S11 and S33 from single and sequential LSP along the 

depth direction is shown in Figure 8.5. A 3D stress profile of S33 for single and sequential LSP 

is shown in Figure 8.6. Compressive residual stresses extended up to 500 µm in the subsurface. 

For S11, the maximum stress occurred at 25 µm and was -51 MPa for single LSP and -42 MPa 

for sequential LSP. For S33, the maximum stress for both single and sequential LSP occurred 

60 µm in the subsurface and was -22 MPa. 

  

 

  
(a) (b) 

 

Fig. 8.5  Simulated 2D residual stress profiles for single and sequential LSP along the depth 

direction for (a) S11 and (b) S33. 
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Fig. 8.6  A 3D stress profile of S33 for single and sequential LSP. 

 

 

 

 The predicted residual stress of S11 and S33 from single and sequential LSP along the 

radial direction is shown in Figure 8.7. A tensile region was observed around the rim of both 

single and sequential LSP dents. The magnitude of the tensile stress was between 20 MPa and 

50 MPa.  The compressive residual stress S11 at the center of the dent was between 50 MPa to 

60 MPa. S33 along the radial direction was negligible. 

 

  

(a) (b) 

 

Fig. 8.7  Simulated 2D residual stress profiles for single and sequential LSP along the radial 

direction for (a) S11 and (b) S33. 
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 The von Mises stress along the depth and radial directions is shown Figure 8.8. The von 

Mises stress penetrated deeper into the surface for sequential peening. As expected, sequential 

peening had a greater effect on the surface residual stress since a larger area was exposed to 

peening. Single peening neglects the effects from neighboring stress fields on the surface 

residual stress. In both cases, there was a significant stress along the rim of each dent. 

 

 

  
(a) (b) 

 

Fig. 8.8  Simulated 2D von Mises residual stress profiles for single and sequential LSP along the 

(a) depth and (b) radial direction. 

 

 

 

8.5.3 Strain and Strain Rate Profiles 

 The equivalent plastic strain in the depth and radial directions is shown in Figure 8.9. The 

plastic strain extended 500 µm below the surface. The residual stress from previous peens had a 

negligible effect on the plastic strain. The maximum plastic strain occurred on the top surface 

and in the center of the dent. The diameter of the plastic zone is directly related to the 

topography of the dent. The peak strain rate in peening direction for the simulations was 

19×10
6
 s

-1
 and is shown in Figure 8.10. 
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(a) (b) 

 

Fig. 8.9  Simulated 2D equivalent plastic strain (PEEQ) profiles for single and sequential LSP 

along the (a) depth and (b) radial direction. 

 

 

 

Fig. 8.10  Strain rate (ER33) on the top surface. 

 

 

 

8.6  Conclusions 

 Laser shock peening of a biodegradable MgCa alloy has been initiated in this study to 

create superior surface integrity for improving corrosion and fatigue performance of orthopedic 
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determine the effect of sequential peening on the material behavior of MgCa. A few key results 

may be summarized as follows: 

 The thickness of the modified layer was approximately 500 µm and closely approximated 

experiment work presented in previous chapters. 

 Sequential peening affected the dent topography by increasing the size of the tensile 

pile-up region by approximately 50%. The pile-up region forms from the radial 

expansion of plasma. It is believed to significantly affect corrosion and fatigue aspects of 

a biodegradable implant material. 

 There was no observed effect on the depth of dents when sequential peening was used as 

opposed to individual peening. 

 The simulated dent geometry was similar to the measured dent geometry. This suggests 

the pressure model used successfully characterized the formation and propagation of the 

pressure wave. 

 An internal state variable plasticity model accurately simulated the transient effects on 

material properties for high strain rate deformation. 

 The predicted compressive residual stress from LSP in the subsurface is approximately 

23 MPa. Single LSP neglected the effects from the neighboring peens on the surface 

residual stress field. 

  



 

163 

8.7 References 

[1] Benli, S., Aksoy, S., Havıtcıoğlu, H., Kucuk, M., 2008, "Evaluation of Bone Plate with 

Low-Stiffness Material in Terms of Stress Distribution," Journal of Biomechanics, 41(15) 

pp. 3229-3235. 

[2] Completo, A., Fonseca, F., Simões, J.A., 2008, "Strain Shielding in Proximal Tibia of 

Stemmed Knee Prosthesis: Experimental Study," Journal of Biomechanics, 41(3) 

pp. 560-566. 

[3] Au, A.G., James Raso, V., Liggins, A.B., Amirfazli, A., 2007, "Contribution of Loading 

Conditions and Material Properties to Stress Shielding Near the Tibial Component of 

Total Knee Replacements," Journal of Biomechanics, 40(6) pp. 1410-1416. 

[4] Shi, J.F., Wang, C.J., Laoui, T., Hart, W., Hall, R., 2007, "A Dynamic Model of 

Simulating Stress Distribution in the Distal Femur after Total Knee Replacement," 

Proceedings of the Institution of Mechanical Engineers, Professional Engineering 

Publishing LTD, Westminister, England, 221, pp. 903-912.  

[5] Isaksson, H., Lerner, A.L., 2003, "Mathematical Modeling of Stress Shielding with 

Bioresorbable Materials for Internal Fracture Fixation," Proceeding from the 2003 

Summer Bioengineering Conference, ASME, pp. 1041.  

[6] Nagels, J., Stokdijk, M., Rozing, P.M., 2003, "Stress Shielding and Bone Resorption in 

Shoulder Arthroplasty," Journal of Shoulder and Elbow Surgery, 12(1) pp. 35-39. 

[7] Gefen, A., 2002, "Computational Simulations of Stress Shielding and Bone Resorption 

Around Existing and Computer-Designed Orthopaedic Screws," Medical & Biological 

Engineering & Computing, 40(3) pp. 311-322. 

[8] Seiler, H.G., 1987, "Handbook on Toxicity of Inorganic Compounds," CRC Press, 

pp. 1024.  

[9] Song, G., 2007, "Control of Biodegradation of Biocompatable Magnesium Alloys," 

Corrosion Science, 49(4) pp. 1696-1701. 

[10] Ilich, J.Z., Kerstetter, J.E., 2000, "Nutrition in Bone Health Revisited: A Story Beyond 

Calcium," Journal of the American College of Nutrition, 19(6) pp. 715-737. 

[11] Aksakal, B., Hanyaloglu, C., 2008, "Bioceramic Dip-Coating on Ti–6Al–4V and 316L 

SS Implant Materials," Journal of Materials Science: Materials in Medicine, 19(5) 

pp. 2097-2104. 

[12] Warren, A.W., Guo, Y.B., Chen, S.C., 2008, "Massive Parallel Laser Shock Peening: 

Simulation, Analysis, and Validation," International Journal of Fatigue, 30(1) pp. 188-

197. 



 

164 

[13] Warren, A.W., Guo, Y.B., 2007, "FE Modeling and Analysis of 3D Pressure and 

Mechanical Behavior at High Strain Rate in Micro Laser Peening," Transactions of the 

North American Manufacturing Research Institution of SME, 35, pp. 409-416.  

[14] Caslaru, R., Sealy, M.P., Guo, Y.B., Chen, S.C., 2009, "Fabrication and Characterization 

of Micro Dent Array Produced by Laser Shock Peening on Aluminum Surfaces," 

Transactions of the North American Manufacturing Research Institution of SME, 37, 

pp. 159-166.  

[15] Sealy, M.P., Guo, Y.B., 2009, "Fabrication and Finite Element Simulation of Micro-

Laser Shock Peening for Micro Dents," International Journal for Computational Methods 

in Engineering Science and Mechanics, 10(2) pp. 134-142. 

[16] Clauer, A., 1996, "Laser Shock Peening for Fatigue Resistance," Surface Performance of 

Titanium, J.K. Gregory, H.J. Rack and D. Eylon, eds. The Metal Society of AIME, 

pp. 217-230.  

[17] Abbas, G., Liu, Z., Skeldon, P., 2005, "Corrosion Behaviour of Laser-Melted Magnesium 

Alloys," Applied Surface Science, 247(1–4) pp. 347-353. 

[18] Mondal, A.K., Kumar, S., Blawert, C., Dahotre, N.B., 2008, "Effect of Laser Surface 

Treatment on Corrosion and Wear Resistance of ACM720 Mg Alloy," Surface and 

Coatings Technology, 202(14) pp. 3187-3198. 

[19] Dane, C.B., Hackel, L.A., Daly, J., Harrisson, J., 1998, "High Laser Power for Peening of 

Metals Enabling Production Technology," Advanced Aerospace Materials and Processes 

Conference, ASM International, Norfolk VA, pp. 24.  

[20] Mannava, S., and Cowie, W.D., 1996, "Technique to Prevent Or Divert Cracks," 

(5569018). 

[21] Fairand, B.P., Clauer, A.H., 1976, "Effect of Water and Paint Coatings on the Magnitude 

of Laser-Generated Shock Waves," Optics Communications, 18(3) pp. 588-591. 

[22] Fan, Y., Wang, Y., Vukelic, S., Yao, Y.L., 2005, "Wave-Solid Interactions in Laser-

Shock-Induced Deformation Processes," Journal of Applied Physics, 98(10) 

pp. 104904:1-11. 

[23] Masse, J., Barreau, G., 1995, "Laser Generation of Stress Waves in Metal," Surface and 

Coatings Technology, 70(2–3) pp. 231-234. 

[24] Montross, C.S., Wei, T., Ye, L., Clark, G., Mai, Y., 2002, "Laser Shock Processing and 

its Effects on Microstructure and Properties of Metal Alloys: A Review," International 

Journal of Fatigue, 24(10) pp. 1021-1036. 



 

165 

[25] Berthe, L., Fabbro, R., Peyre, P., Tollier, L., Bartnicki, E., 1997, "Shock Waves from a 

Water-Confined Laser-Generated Plasma," Journal of Applied Physics, 82(6) pp. 2826-

2832. 

[26] Fabbro, R., Fournier, J., Ballard, P., Devaux, D., Virmont, J., 1990, "Physical Study of 

Laser-Produced Plasma in Confined Geometry," Journal of Applied Physics, 68(2) 

pp. 775-784. 

[27] Fairand, B.P., Wilcox, B.A., Gallagher, W.J., Williams, D.N., 1972, "Laser Shock-

Induced Microstructural and Mechanical Property Changes in 7075 Aluminum," Journal 

of Applied Physics, 43(9) pp. 3893-3895. 

[28] Dassault Systèmes, 2012, "Explicit Dynamic Analysis," Chap. III: Analysis, Procedures, 

Solution, and Control, Abaqus Analysis User's Manual, Providence, RI, pp. 6.3.3-1-6.3.3-

19. 

[29] Peyre, P., Fabbro, R., Merrien, P., Lieurade, H.P., 1996, "Laser Shock Processing of 

Aluminium Alloys. Application to High Cycle Fatigue Behaviour," Materials Science 

and Engineering: A, 210(1–2) pp. 102-113. 

[30] Zhang, W., Yao, Y.L., 2002, "Micro Scale Laser Shock Processing of Metallic 

Components," Journal of Manufacturing Science and Engineering, 124(2) pp. 369-378. 

[31] Zhang, W., Noyan, I.C., Yao, Y.L., 2004, "Microscale Laser Shock Peening of Thin 

Films, Part 1: Experiment, Modeling and Simulation," Journal of Manufacturing Science 

and Engineering, 126(1) pp. 10-17. 

[32] Devaux, D., Fabbro, R., Tollier, L., Bartnicki, E., 1993, "Generation of Shock Waves by 

Laser‐induced Plasma in Confined Geometry," Journal of Applied Physics, 74(4) 

pp. 2268-2273. 

[33] Wu, B., Shin, Y.C., 2005, "A Self-Closed Thermal Model for Laser Shock Peening 

Under the Water Confinement Regime Configuration and Comparisons to Experiments," 

Journal of Applied Physics, 97(11) pp. 1-11. 

[34] Berthe, L., Fabbro, R., Peyre, P., Bartnicki, E., 1999, "Wavelength Dependent of Laser 

Shock-Wave Generation in the Water-Confinement Regime," Journal of Applied Physics, 

85(11) pp. 7552-7555. 

[35] Braisted, W., Brockman, R., 1999, "Finite Element Simulation of Laser Shock Peening," 

International Journal of Fatigue, 21(7) pp. 719-724. 

[36] Bammann, D.J., Chiesa, M.L., Johnson, G.C., 1996, "Modeling Large Deformation and 

Failure in Manufacturing Processes," 19th International Congress on Theoretical and 

Applied Mechanics, Elsevier, Amsterdam, pp. 359-375. 



 

166 

[37] Guo, Y.B., Wen, Q., Horstemeyer, M.F., 2005, "An Internal State Variable Plasticity-

Based Approach to Determine Dynamic Loading History Effects on Material Property in 

Manufacturing Processes," International Journal of Mechanical Sciences, 47(9) pp. 1423-

1441. 

[38] Salahshoor, M., 2013, "Process Mechanics in Ball Burnishing Biomedical Magnesium-

Calcium Alloy," International Journal of Advanced Manufacturing Technology, 64(1-4) 

pp. 133-144. 

  

 

 



 

167 

CHAPTER 9 

SUMMARY, CONCLUSIONS, AND RECOMMENDATIONS 

 

9.1 Summary and Conclusions 

 There exists a need to develop a manufacturing process that can control the performance 

of a degradable metal implant within the ranges needed for orthopedic implants. The focus of 

this research is to (1) design a surface modification process to control the performance of a 

degradable metal implant within a desired range, (2) measure the resulting surface integrity 

imparted by the process, (3) evaluate performance of the surface, i.e. corrosion and fatigue, and 

(4) understand the relationships between process, surface integrity, and performance. The 

specific performance requirements were: 

1. Maintains mechanical properties after processing. 

2. Maintains mechanical properties throughout the healing process by creating a modified 

layer that takes at least 6 to 8 weeks to degrade. 

3. Can consistently and accurately modify corrosion rate while maintaining fatigue 

performance. 

 This research showed a magnesium-calcium alloy (MgCa0.8) was able to maintain 

mechanical properties after processing as evidenced by an improvement to the surface integrity. 

It was also shown that the modified layer could last 6 to 8 weeks during in vitro corrosion. 

 Laser shock peening (LSP) was the chosen surface modification process implemented on 

the MgCa alloy. LSP is an innovative surface treatment to impart deep compressive residual 



 

 168 

stresses and a surface topography across a broad area on an implant. The high compressive 

residual stress has great potential to slow corrosion rates and improve fatigue performance. Also, 

the peened surface topography has the potential to promote bone ingrowth and attachment.  

 Fabricating such a unique surface integrity was achieved by varying the LSP process 

parameters (1) average laser power and (2) peening overlap ratio. Unique surface integrities were 

fabricated by changing the laser power from 3 W to 8 W as well as changing the dent overlap 

ratio from 25%, 50%, and 75%. The effects of LSP on surface integrity, corrosion, and fatigue 

were investigated. The surface integrity was characterized by topography, microstructure, 

microhardness, and residual stress. Corrosion rate was measured by potentiodynamic 

polarization in Hank’s solution. Fatigue life was measured by rotating bending fatigue test in air. 

 The surface integrity from LSP was improved as evidenced by (1) a rough surface 

topography, which is good for bone growth and implant attachment, (2) an increased 

microhardness, and (3) imparting a compressive residual stress. Therefore, an implant processed 

by LSP is capable of improving the surface strength after processing.  

 LSP reduced the corrosion rate for every tested condition. Therefore, the dents produced 

by LSP did not act like pits that accelerated corrosion. Instead, the compressive residual stress 

and microhardness were able to slow corrosion. Based on hardness and residual stress, the 

modified layer tended to be approximately 500 μm. Assuming a uniform corrosion rate, this 

layer would require a corrosion rate less than 3 mm/yr to last the required 6 to 8 weeks. Surfaces 

produced by LSP were capable of corrosion rates significantly less than 3 mm/yr. 

 Also, LSP increased the fatigue life for every tested condition by at least one order of 

magnitude. Therefore, any notch sensitivity induced by the peening process can be overcome by 
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the beneficial compressive residual stress and the increased microhardness. Essentially, dents did 

not act as crack initiators. 

  Implants were shown to have tunable corrosion and fatigue performance. Increasing the 

laser power from 3 W to 8 W produced larger dents with more surface area. This resulted in an 

increased corrosion rate. LSP at higher overlap ratios (75%) was found to reduce the tensile 

pile-up region by over 40% as well as compress the overall surface by as much as 35 μm. This 

translated into lower corrosion rates and a higher fatigue life. Low overlap ratios caused more 

surface area and more pile-up regions which translated into higher corrosion rates and a shorter 

fatigue life. The surface roughness and microhardness were found to increase with increasing 

laser power and overlap ratio; however, it could not be concluded that harder surfaces have 

slower corrosion rates. Increasing the dent overlap ratio created a harder surface but caused a 

drop in the corrosion rate. The subsurface microhardness extended 350 μm to 650 μm deep. The 

results suggest LSP is a promising surface treatment technique to control the degradation and 

improve the fatigue life of a MgCa implant within the body. Within this study, the corrosion rate 

was controlled over a range of 2 orders of magnitude while maintaining fatigue strength. 

 Also, the surface topography and corrosion rate could be accurately predicted by 

modelling, establishing the relationship between processing, property, performance. A 

multiphysics finite element (FE) model of LSP was developed to better understand the dynamic 

and transient nature of the laser peening process and the resulting surface integrity. An internal 

state variable plasticity model was used via a VUMAT subroutine to capture the high strain rate 

deformation. Also, another user subroutine VDLOAD was developed to model the spatial and 

temporal profile of a plasma induced pressure pulse. The FE model accurately predicted the 

surface topography and revealed the effects neighboring peens have on residual stress and 
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topography. According to the model, the pile-up regions were tensile as opposed to just displaced 

material.  

 Corrosion was modeled using an exponential function determined by a linear regression 

analysis. The model accurately captured the trends exhibited in the experimental data. The model 

was more accurate at the higher laser power of 8 W. The R
2
 value was improved by including 

interactions in the model. 

 

9.2 Recommendations 

 The resulting surface integrity and performance after laser shock peening a MgCa alloy 

was studied for the purpose of improving orthopedic implants. In general, there is a need to more 

accurately test and model the clinical situation before applying this technology to orthopedic 

implants. The current study can be expanded on in several areas. Some recommendations are 

listed below. 

1. Improving controllability of the process as well as accuracy of the evaluation 

a. The accuracy of LSP can be improved by using a self-focusing laser. 

b. Alternative ablative materials that can withstand high overlap ratios and do not 

completely disintegrate may be better suited for microscale LSP.  

c. The accuracy of the corrosion model can be improved by analyzing the surface 

integrity and performance at higher laser powers. 

d. The effect of other LSP process parameters such as ablative medium, transparent 

overlay, laser wavelength, laser type, laser shape, and peening pattern should be 

investigated. 
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e. Since etching a non-flat surface would affect subsurface residual stress 

measurements, a diamond saw should be used followed by electropolishing on the 

top surface to remove the surface topography of a thin layer in order to improve 

the accuracy of measuring subsurface residual stress  

f. The number of fatigue test specimens should be increased to improve 

repeatability. 

2. More realistic testing environment 

a. Four point bending fatigue tests on peened Mg plates may be more comparable to 

bone plate applications than cylindrical fatigue specimens subjected to rotating 

bending. 

b. Fatigue test should be conducted in Hank’s solution to understand the coupling 

effect between corrosion and fatigue. 

c. Functional in vivo testing to determine a more realistic corrosion rate and 

mechanical properties as well as the interactions over time. 

3.  Improved model accuracy in a clinical situation 

a. Obtain data that is closer to the actual clinical condition. 

b. Expand on the current finite element model to investigate the effects of various 

laser powers and overlap ratios on residual stress and surface topography. 

c. Test the robustness of the model in order to evaluate predictive capabilities of the 

model. 




