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Abstract 

 

The implantation of stents is an effective procedure to unblock the arteries 

of patients with serious heart problems. Traditionally, stents are made of inert 

materials such as stainless steel and titanium alloys. It has been shown that 

the traditional stents can cause restenosis or thrombosis. In recent years the 

proposal of biodegradable stents is attracting the interest of the industry and 

the research, since the stent is mechanically needed only in the first year, 

eliminating the problems caused by the long duration of the implant. 

Magnesium (Mg) alloys are of increasing interest because of their 

engineering properties, including the high strength to density ratio. Recently, 

they have been also proposed as biomaterials for the production of 

bioabsorbable stents and for other medical devices due to its harmless effect 

to human body when compared with other structural materials.  

In this work, the possibility to produce biodegradable stents made of 

magnesium starting from the powder is investigated. Pure Mg and the AZ91 

Mg powders were used in the present study. Pure Mg powder was sintered by 

Spark Plasma Sintering at 400 and 470 °C, and the AZ91 powder was 

sintered at 400 °C without homogenization and at 470 °C after 

homogenization. 

The preforms produced by sintering were then submitted to hot 

compression, rod extrusion and tube extrusion at 330 and 380 °C with 

different strain rates. During all the process was not possible to obtain 

recrystallization or grain refinement on pure Mg, and after the tube extrusion it 

has shown a high brittleness and sever defects, which led to the decision of 

proceed only with AZ91 alloy. 

The AZ91 presented good recrystallization in al process, always following 

the Zener-Hollomon relation. The grain size obtained was as small as 1.5 ɛm. 

The AZ91 tube was then submitted to manual machining and laser cutting and 

it was possible to obtain the stent precursors. 



 

The results of the present investigation have demonstrated the suitability of 

the proposed route for producing Mg-based stents. It is clear, however, that 

the process has to be further optimized, investigating also the possibility of 

using different types of powder with a tailored composition. 
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Chapter I 

Introduction 

 

 

Mg alloys are of increasing interest because of their engineering properties, 

including the high strength to density ratio. Recently, they have been also 

proposed as biomaterials for the production of bioabsorbable stents [1], [2] 

and for other medical devices due to its harmless effect to human body when 

compared with other structural materials [1ï3]. 

Usually, these alloys are produced by casting technologies and then 

submitted to hot working processes. The Powder Metallurgy (PM) route is not 

largely used for Mg alloys because the powders display a high reactivity to 

oxygen and thus, easily form oxides on their surfaces, which render quite 

difficult the sintering process [3]. However, for biodegradable stents, very 

small grain size is required, in first place because it enhance the mechanical 

properties [4ï6], and also to improve corrosion behaviour [1], [7], thus, the 

goal of selecting powder metallurgy (PM) technique is to start with a small 

grain and try to reduce it even more through extrusion. The possibility of using 

PM is possible to produce reliable stents, open a wide field of research to 

develop new alloys that can improve the final product. The proposed 

fabrication route of the stents would be as follows: 

 

Within PM techniques, the spark plasma sintering (SPS) showed to be 

highly effective on breaking the oxide layers of the particle and giving good 

densification of sintered Mg alloys [3], [8]. The possibility of producing 

cylindrical powder preforms made by pure Mg and AZ91 alloy (with nominal 

SPS 
preforms

Tube 
Extrusion

Machining
Laser 

Cutting
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chemical composition: 90Mg-9Al-1Zn-Mn, in wt %), using Spark Plasma 

Sintering (SPS) has been investigated. 

Pure Mg was sintered at 400 and 470 °C and further submitted to hot 

compression and hot extrusion. However, under tube extrusion presented 

serious problems on the integrity of the material and the investigation 

continued only with the AZ91 alloy 

On AZ91, the sintering was also performed at 400 and 470 °C. The 

presence of a eutectic reaction between the Mg rich Ŭ-phase and the ɔ-phase 

(with nominal composition Mg17Al12), that produces a liquid at about 440 °C is 

proved to be harmful for SPS. To avoid the formation of such phase and be 

able to achieve the temperature of 470 °C, a solubilisation treatment was 

introduced into the sintering cycle.  

The behaviour of the AZ91 under hot compression and rod extrusion was 

also investigated. Both the hot compression and rod extrusion were 

performed at 330 °C and 380 °C at strain rates of 0.056 s-1 and 0.002 s-1. The 

material has shown a good consolidation after SPS, grain refinement after 

extrusion and decrease of ɔ-phase during the SPS process and on the 

extrusions performed at 380 °C. The extrusion of tubes can improve even 

more the results obtained before, since it promotes a higher strain, allowing 

the dynamic recrystallization to occur and as result obtaining a more refined 

and homogenized microstructure.  

In order to prepare the tubes to the laser cutting, the wall thickness must be 

reduced from 2 mm to about 0.35 mm; such reduction will be achieved by 

turning. It is very important that the tolerances are followed, to ensure a good 

laser cut. 

Laser cutting is a widely used technique used to produce metallic stents [9ï

15]. The main advantage is to be a noncontact cutting method and to be 

capable of cut very precise and complex shapes [16]. Lasers can cut stents of 

a wide range of materials, such as stainless steel, Nitinol and also magnesium 

alloys [1]. Many aspects can influence on the final quality of the laser cutting, 

the tube geometry, surface roughness and large precipitates on the 

microstructure for example.  
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Chapter II 

Literature Review 

2.1. Biodegradable Stents 

 
 

2.1.1. Cardiovascular diseases 

Cardiovascular diseases are disorders of the blood vessels and/or the 

heart, which results in a decreased supply of blood to certain physiological 

body areas. The insufficient blood supply to the heart, for example, result in 

the rapid shortage of oxygen to the cardiac cells, due to ischemia, which, if 

prolonged, can lead to necrosis of a part of the cardiac tissue, with relative 

circulatory problems in other districts [17]. 

Vascular diseases are the leading cause of death in industrialized countries 

(48% for a total of 2 million deaths per year) [18]. Most of these diseases are 

linked to atherosclerosis, a chronic inflammatory disease of the arteries that 

occurs because of cardiovascular risk factors, such as: smoking, air pollution, 

high cholesterol, diabetes, hypertension and obesity [18]. 

Atherosclerosis is an extremely frequent arterial disease characterized by 

the formation of fibroadipose plaques, known as atheroma or atherosclerotic 

plaques in the thickness of the inner layers of the arteries wall. This alteration 

of the vessel wall occurs, preferentially, in the arteries of large and medium 

size, such as the aorta, the coronary arteries, kidney and brain, in particular in 

correspondence of bifurcations. Anatomically, the atheroma makes the 

storage of lipids in the artery, mainly represented by the cholesterol carried by 

lipoproteins. Monocytes present in the blood are recruited from the vessel wall 

and are transformed into macrophages that phagocytose these substances 

causing, locally, inflammatory events, which determine the migration and 

proliferation of smooth muscle cells and the formation of a fibrotic capsule that 

can calcify. These events culminate in the destruction of the elastic tissue, 
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muscle and in the formation of a scar-like fibrous tissue. The artery also 

tends, in part because of calcification, to stiffen and become clogged, not 

allowing an adequate passage of blood flow (Fig. 2.1) [17]. 

 

Fig.  2.1 - Formation of atheroma. The deposit of lipids in the tunica intima of the artery due to the 
recruitment of monocytes that transform into macrophages engulfing these substances and causing the 

migration of smooth muscle cell proliferation and the formation of a scar-like fibrous tissue. 

Gradually the lumen of the artery tends to narrow (called stenosis). The 

reduction of the vascular lumen, caused by stenosis, decreases the irrigation 

of the tissues, and if the vessel is completely closed, can lead to cell death 

and consequent necrosis [17]. 

Other diseases resulting from atherosclerosis are acute coronary syndrome 

and thrombosis. Clinical symptoms of acute coronary syndrome are 

manifested by the formation of a thrombus large enough to obstruct the lumen 

of the coronary artery and slow the flow of blood. Thrombosis is the rupture of 

atherosclerotic plaque due to the higher speeds that are consequence of the 

narrowed lumen. The rupture of the capsule fibro-adipose puts in contact the 

contents of the plaque with the blood and induces the adhesion, aggregation, 

and platelet activation with consequent formation of thrombi [17]. 
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2.1.2. Surgical solutions 

Over the years, different therapeutic approaches have been proposed for 

the treatment of atherosclerotic diseases. In 1969 the first coronary artery 

bypass grafting (CABG) was performed, which consists to suture a section of 

saphenous vein, mammary artery or artificial tubes made of PTFE® and 

Dacron®, respectively for small vessels (diameter less than 6 mm) and 

medium/large calibre upstream and downstream of the occluded coronary 

artery in order to circumvent the stenosis and restore normal blood flow to the 

heart. This type of intervention is, however, very invasive because it is an 

open surgery with a need for extra-corporeal circulation. All this involves the 

risk of complications such as bleeding, infection, stroke, kidney failure, heart 

attack and pre- and post-operative re-clogging of the bypass time. 

Gruentzig proposed a different approach for these problems in 1977, who 

introduced a new surgical technique called percutaneous transluminal 

coronary angioplasty (PTCA), showed on Fig. 2.2 [19]. PTCA is a minimally 

invasive surgical technique that consists of inserting a balloon catheter 

through the obstructed artery, which is pushed inside the lumen until reaches 

the local of occlusion, and then is inflated, pressing the plaque against the 

walls of the vessel and re-opening the artery lumen, thus restoring proper 

blood flow. After the expansion, the balloon is deflated and removed from the 

vessel. 

The main problem lies in the PTCA reocclusion of the vessel (restenosis), 

found in 30-40% of cases treated with this treatment within 6 months after 

surgery [20]. 
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Fig.  2.2 - PTCA technique. A balloon catheter is pushed inside the lumen until reaching the local of 
occlusion, and thereafter inflated in order to press the plaque against the walls of the vessel and reopen 

the artery lumen, restoring the proper blood flow. 

2.1.3. Stent implant approach 

In 1986, Sigwart and Puel made safer technique of angioplasty realizing 

the first responders to the coronary arteries using stents. The stent is a 

cylindrical mesh, which is pushed into the lumen of the artery by a catheter 

and when located at the stenosis, is expanded at the level of the obstruction 

until its diameter is equal to that of the original lumen of the vessel in such a 

way to reduce the stenosis. 

Generally, stents are produced in two different ways: 

¶ by arranging and welding very thin wires (up to 0.076 mm of diameter) 

in order to obtain the desired structure; 

¶ by extrusion of metal hollow pipes with a very thin wall, subsequently 

machined with laser cutting technology, obtaining, the desired geometry 

without the need for mechanical or thermal joints [21]. 

Typically, a stent has a wall thickness varying between 0.056 and 0.2 mm, 

inner diameter before expansion from 0.99 to 1.15 mm and, after expansion, 

the outer diameter and the length can reach values, respectively from 2 to 6 
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mm and 7 to 45 mm [21]. The materials typically used commercially for the 

manufacture of stents are: AISI 316L stainless steel, shape-memory alloy 

Nitinol (Ni-Ti), and alloys Cobalt- Chromium (Co-Cr). There are also other 

materials being tested, such as iron, magnesium and its alloys, platinum-

iridium (Pt-Ir) alloys, and tantalum (Ta). The mechanical properties of these 

materials are summarized in Table 2.1, where we can observe the mechanical 

characteristics of the materials used for the study and the production of the 

stent, shown next to the AISI 316L steel, the material mainly used for the 

manufacture of vascular stents. 

Table 2.1- Mechanical properties of the main metals used to produce cardiovascular stents [20]. 

 

Regarding the implant of the stents, they are classified as: 

1) Balloon-expandable stents are usually obtained through the laser cut from 

a tube extruded in AISI 316L stainless steel and cobalt-chromium alloy having 

a diameter of 2.50 to 4.50 mm. Such stents are mounted on a balloon 

catheter in its closed configuration and undeformed shape, and then 

plastically deformed at the site of occlusion by the application of a high 

pressure (Fig. 2.3). 

2) Self-expanding stents (Fig. 2.3) are made of nickel-titanium alloys (Nitinol), 

with the property of shape memory materials able to recover the initial shape 

even after high strains. In this case, the stent is obtained starting from a tube 

of Nitinol having the same diameter of the vessel (or slightly higher), then 

elastically deformed and introduced into the closed configuration and the 

deformed up to the site of occlusion by means of a guide catheter. 
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Subsequently, the guide catheter is retracted and the stent expands 

elastically, returning to its original size [22]. 

 

Fig.  2.3 - An example of balloon expandable stent on the left and a self expandable stent on the right. 

In general, the characteristics that a stent must possess are the following 

[20]: 

¶ Ability to be crimped into the catheter guide; 

¶ The contact surface stent/vessel must be as small as possible; 

¶ Adequate flexibility for the positioning step; 

¶ Good expandability once reached the site of interest and the balloon is 

inflated (balloon expandable stents); 

¶ Sufficient radial strength to withstand the forces imposed by the vessel 

atherosclerosis and without collapsing; 

¶ Radiopacity, i.e., the ability to be detected by technologies such as x-

ray; 

¶ Hemocompatible, to prevent platelet adhesion and therefore the 

phenomenon of restenosis. 
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Restenosis is the most common complication associated with the implant of 

a coronary stent and is caused by the migration and proliferation of smooth 

muscle cells in the intima of the vessel wall, with the formation of the called 

neointima, a smooth muscle tissue within the lumen that tends to proliferate 

excessively (neointimal hyperplasia) and reobstruct the vessel. The 

recruitment and proliferation of smooth muscle cells it is part of the normal 

inflammatory process due to the damage that the stent causes the 

endothelium. Other complications may be due to perforation of the wall during 

the expansion of the stent or the migration of the same in other body sites. 

Consequently, in recent years, research activity has focused on the 

reduction of excessive growth of neointima to minimize the phenomenon of 

stent restenosis. Stents of different geometry and design have been 

developed. In the early 1990s it was developed the Drug Eluting Stent (DES) 

to try to prevent restenosis. It consists of a stent coated with a polymeric 

material loaded with a drug with antiproliferative action, to prevent muscle cell 

proliferation and intimal hyperplasia. The drugs most frequently used are 

sirolimus and paclitaxel. The drug release is needed especially in the first 

stage after implantation, because it is in this time that can occur the formation 

of neointima. 

The first-generation DES were made using a metal structure, usually made 

of stainless steel AISI 316L, covered with a layer of non-biodegradable 

polymeric material. Several studies [23], [24] have shown that drug-eluting 

stents, introduced into clinical practice in 2001, have reduced effectively the 

stent restenosis, when compared to common metal stent and also reduced 

the phenomena of neointimal hyperplasia [25]. 

Nevertheless, the results are still not completely satisfactory, due to some 

intrinsic problems, such as the persistence of polymer coating even after the 

completion of the drug release, that has been associated with thrombotic 

occlusion of the system [23]. The release of antiproliferative drugs inhibits the 

migration and proliferation of smooth muscle cells. However, the drugs 

currently used have effect not only on smooth muscle cells, but also on 

endothelial cells with the result that, in this case, it inhibits the process of 
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endothelialization. A normally functioning endothelium intact and is vital in 

preventing the activation of the coagulation cascade and platelet activation. 

This implies that the risk of late stent thrombosis is the major concern 

regarding the use of drug eluting stents. 

Studies of patients who died due to an event of late stent thrombosis have 

shown that DES coated with non biodegradable polymer able are associated 

with a persistent inflammation of the arterial wall and delayed healing 

characterized by a reduced endothelialization of the structure of the stent, 

when compared to common metal stents.  

2.1.4. Biodegradable Stent  

One of the most promising solutions proposed to solve such problems is to 

produce stents made of biodegradable material. The role of stenting becomes 

temporary: once restored the physiological lumen, the presence of the stent in 

the body becomes unnecessary; eliminating the stent, is possible to avoid 

restenosis. 

The materials applied for the biodegradable stents must be biocompatible, 

biodegradable and the degradation products must produce no harm to human 

body. In addition, the rate of degradation of the stent must be such as to 

maintain the mechanical characteristics required during the process of 

remodeling and healing of the vessel [26]. It is essential that the loss of 

cohesion and mechanical strength of the stent during the resorption is by the 

support offered by the newly formed tissue. In addition, the candidate material 

should, ideally, possess mechanical properties close to those of stainless 

steel AISI 316L, the most used material for the manufacture of coronary 

stents and often considered as a reference for the development of new 

material applied to stent production. 

The rate of degradation of the stent must be very slow in the beginning, in 

order to maintain the mechanical integrity during the healing of the vessel. A 

period of 6-12 months with adequate mechanical characteristics is required to 

complete the process of remodelling and healing of the vessel. Subsequently, 
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as the mechanical integrity of the stent decreases, the degradation has to 

progress at a speed that does not cause a build-up above the physiological 

limits of the degradation products around the implant site. A total period of 12-

24 months after the implant is considered a reasonable time for the complete 

degradation of the stent [26]. 

Based on these requirements, two classes of materials have been 

proposed for the realization of biodegradable stents: polymers and metals. 

Despite the advantages, at the moment there are two major obstacles to the 

use in a large scale of polymer stent as coronary stents: the lack of 

radiopacity, which induces the application of radiopaque marks (such as gold 

implantation) on the surface of the stent and the reduced mechanical strength, 

when compared to stainless steel AISI 316L, requiring thicker structures [27]. 

Compared to polymer biodegradable stents, the metallic biodegradable stent 

possess the advantage of offering higher mechanical performance and are, 

therefore, more suited to withstand the pressure exerted by the vessel wall of 

the artery. 

The first biodegradable metallic stent was made of iron (Fe> 99.8 %) and 

implanted in 2001 into the descending aorta of rabbits. Iron is a material well 

accepted by the human body, as it is an element found in many parts of the 

body, especially associated with hemoglobin in the bloodstream; it is also an 

interesting candidate for the realization of biodegradable metal stent from the 

point of view of its mechanical characteristics. Iron has a high radial stiffness, 

due to its high elastic modulus of 190 GPa, a feature that allows realizing the 

stent with fine mesh [28]. 

The results of the installation of the first biodegradable iron stent showed 

no significant evidence of inflammatory response and neointimal hyperplasia 

and did not reveal any signs of toxicity, local and / or systemic due to 

degradation products [28]. However, as demonstrated by in vivo studies that 

followed, iron degrades too slowly in biological fluids (after 18 months of 

implant, shows no signs morphological and / or mechanical failures due to 

degradation). In addition being a ferromagnetic material iron impedes the use 

of nuclear magnetic resonance (NMR) technique as a diagnostic imaging. 
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2.2. Magnesium Alloys 

 

2.2.1. Introduction 

Although magnesium (Mg) was produced only in 1808, it took about a 

century to develop a significant demand for it. Applications for magnesium as 

a structural material were, at the time, very few. The major part of the 

production was used as an alloying element for aluminium alloys and yet a 

smaller part were used in deoxidation process of steel, chemical and 

pyrotechnics and other minor uses [29]. 

During the Second World War (WWII), the production of magnesium as 

structural material rose, achieving 228.000 ton per year in 1944. The most 

part of this production was used for aircraft parts. After WWII, it had been 

attempts to use magnesium to peacetime applications, but failed in most part. 

The most known and successful was the Volkswagen Beetle, which carried 

more than 20 kg of magnesium. It used large magnesium alloy die castings 

for the transmission housing, the crankcase and a high number of small parts 

[29]. Although magnesium is a very promising material for many applications 

since is considerable lighter than aluminium, but it is also a very challenge 

material. What makes magnesium hard to use in a higher scale are: the high 

cost of production, not as workable as aluminium, not many developed alloys, 

no recycling procedure and specially the issues about the corrosion and 

safety of it. For those reasons, magnesium took some time to pass from the 

top-notch engineering for military application to daily civilian uses.  

However, more than 4 decades later, the renewed interest in produce 

magnesium alloys rose, driven by the automobile, household and sport 

industry. In all cases, the main point was again to take advantage of its low 

weight. With the technologies more stable and the requirement of reducing 

the weight of some products the huge automotive industry entered on the 

game. Once the automotive industry, embraces the use of magnesium, it will 

become very economically interest for many other fields [30]. 
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Recently magnesium has also being proposed as a biomaterial. Some of its 

characteristics, as the weight, the young modulus, and tensile strength are 

very similar to a cortical bone, for instance. The characteristic, however, that 

make magnesium a special candidate to biomaterial is that the products of 

corrosion are harmless, and in some cases even necessary to the human 

body. Therefore, instead of having this as a downside, the researchers have 

proposed a different approach. Instead of fighting against the corrosion, to let 

the material be absorbed by the body, while the body itself reconstruct the 

bone for example, in other applications, as for cardiovascular stents, the 

magnesium will be only present as a structural material as long as is 

necessary for the vessel to gain enough strength, and then the magnesium 

can be absorbed by the body. 

 

2.2.2. Magnesium Properties 

Magnesium, is an alkaline metal with atomic number 12, atomic weight 

24.3050, the atomic diameter is 0.320 nm and in the solid metallic state 

presents a hexagonal close structure as in the Fig. 2.4. Its lattice parameters 

at room temperature are a=0.3209 and c=0.5210 resulting in a c/a ratio of 

1.6236 which is very close to the ideal value of hexagonal close which is 

1.633. Thus, magnesium may be considered a perfect hexagonal close 

material [29]. 

 

Fig.  2.4 - Magnesium unit cell and major planes and directions. 

Regarding the physical metallurgy, magnesium alloys show a favourable 

trend towards packaging with other atoms favouring the formation of solid 

solutions, since the magnesium atomic diameter is of the order of 0.320 nm, 

enabling dissolution of the alloying elements atoms [31]. 
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Magnesium alloys have a high thermal conductivity, high diffusivity and a 

relatively high electrical conductivity, important when the ground is required, 

and they are also ferromagnetic, which make them ideal for use in parts 

requiring a blockage against electromagnetic fields [29]. 

At room temperature, magnesium alloys have a modulus of elasticity (E) of 

45 GPa, a shear modulus of 16.5 GPa and Poisson's ratio of 0.35. Due to the 

lack of slip planes on the crystal structure of Mg, at room temperature it 

presents a low tolerance to plastic deformation, usually presenting brittle 

behaviour. This does not occur on higher temperatures, allowing the material 

to be processed by many techniques such as hot extrusion, forging and rolling 

[32]. 

Magnesium has sufficient hardness for some structural applications, except 

those involving severe abrasion. Although there is a wide variation in 

hardness among the magnesium alloy, its abrasion resistance only varies up 

to 20% [29]. 

Another important feature for magnesium alloys is its excellent damping 

capacity compared to other metals. The damping capacity can be an 

interesting property in the selection of raw materials for the aircraft industry as 

well as for electronic equipment parts [29]. 

 

2.2.3. Magnesium Alloys 

Due to the mechanical limitations of pure magnesium, it must be alloyed 

with other metals in order to have a real importance on engineering 

application. The process to develop alloys based on the application, e.g., 

biomaterials is quite similar to those used for FCC and BCC metals. The first 

thing to do when choosing the alloying element is to find another metal that 

has an appropriate atomic size to the magnesium structure. Although there 

are about 25 metals fulfilling this parameter, only few of them are appropriate 

alloying elements. The solubility is frequently limited by the relative valence 
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effect and due the chemical affinity with tin and silicon, which causes the 

formation of stable compounds [30]. 

Therefore, about ten elements can be considered as an alloying element 

for magnesium. Most of them can modify only ductility, elastic properties and 

hardness, without changing the elastic constant. 

The formation of intermetallics reduces the ductility and frequently limits the 

application of the alloys to casting process. Despite that, these intermetallics 

showed to improve creep resistance, if the precipitates are formed with right 

size and distribution. 

Aluminium is the main alloying element for magnesium alloys; it increases 

the workability, mechanical strength and ductility at room temperature. The 

aluminium also has a role to increase corrosion resistance of the Mg alloy 

[30]. The commercial Mg alloys have between 2 and 11% of aluminium [33]. 

Manganese is added to the alloy to help increase the corrosion resistance. 

Because it has high affinity with iron, removing the available iron, which is 

strongly related to the corrosion induction [33]. 

Zinc improves the room temperature strength by solid solution 

strengthening, also elevates the fluidity, ductility and elongation [30]. 

Calcium is a cheap alternative to develop creep resistance alloys, 

essentially replacing the Mg17Al12 with Al12Ca. In addition, calcium can act as 

deoxidant [29]. 

Lithium is the only element that can reduce the density of magnesium 

alloys. It can increase ductility, but reduces the strength of the alloy [33]. 

Rare earths are commonly used to produce magnesium alloys to improve 

high temperature strength and creep resistance [31]. 

Zirconium is used as a grain refinement agent in alloys containing zinc and 

rare earths, but not with aluminium or manganese, since they form a stable 

compound with zirconium [33]. 
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2.2.4. AZ91 Alloy 

AZ91 Mg alloy is being proposed as a biomaterial, within an area where 

high purity alloys are needed, and AZ91 is one of the first high purity alloys on 

the market. It is one of the most common alloys, due to its broad use in the 

aerospace industry and it is finding its place on automotive industry as well. 

AZ91 alloy is composed of 9% aluminium, 1% of zinc and residual 

percentage of silicon, nickel, manganese, iron and cupper, and of course 

predominated by magnesium. According to the phase diagram (Fig. 2.5), it 

presents two microstructural phases: the matrix Ŭ-Mg and the intermetallic 

phase ɔ (Mg17Al12). 

 

Fig.  2.5 - Phase diagram of Mg-Al. 

Magnesium alloys are susceptible to solid solution strengthening, cold 

hardening, grain refinement and precipitation [34]. Among the alloy elements 

used on magnesium alloys, the most common are aluminium, zinc, zirconium, 

manganese, rare earth silver. These elements are in magnesium in order to 

improve mechanical and corrosion properties. 
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Most of commercial alloys are stable at room temperature and present 

good combination of mechanical properties, corrosion resistance and melting. 

However, temperatures above 373K (120°C) they usually presents low creep 

resistance and decrease its mechanical properties [35]. 

On AZ91 alloys, aluminium and magnesium form the intermetallic phase 

Mg17Al12, called ɔ-phase (sometime in literature it is also called ɓ phase). The 

structure of ɔ-phase is body centred cubic (BCC), the unit cell contains 34 

atoms of Mg and 24 atoms of aluminium, as can be seen on Fig. 2.6. The 

BCC structure is completely incompatible with the hexagonal close-packed 

(HCP) of the matrix. This incompatibility can induce high brittleness on the 

interface between the two phases, and if the ɔ-phase is not well controlled, 

the presence of such phase can harm the mechanical properties of the AZ91 

severely. Beside the incompatibility, the ɔ-phase itself is quite brittle and can 

induce some micro-cracks into the material. The volume and morphology of ɔ-

phase can strongly influence on the mechanical properties [36]. 

 

Fig.  2.6 - Atomic structure of Mg17Al12 intermetallic phase. 

In non-equilibrium solidification, the matrix becomes supersaturated with Al, 

in particular in the interdendritic regions which give rise to the discontinuous 

precipitation of Mg17Al12 (Fig 2.7), especially when exposed to process 
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requiring elevated temperatures and pressure, such as sintering and 

extrusion. In order to decrease the harming effect of the precipitation of ɔ-

phase, the alloys can be heat-treated by dissolving the ɔ-phase through 

solution treatment and further precipitation as a plate-like phase, which is 

considerably less harmful for the material properties. 

 

Fig.  2.7 - Typical microstructures of (a) AZ91 homogenized at 415 °C for 24h and AZ91 just 
after heating to compression temperatures of (b) 300 °C, (c) 350 °C and (d) 400 °C and 

soaking for 5 min [37]. 

The ɔ-phase strengthens MgïAl alloys and specially AZ91. The ɔ-phase 

increases the strength by creating obstacles to slip and accumulating 

dislocation pile-ups at its interface up to a certain level of strain (2.1%); 

however, further strain (5.4%) does not change the dislocation pile-up, but 

instead leads to dislocation accumulation inside the ɔ-phase [29]. The ɔ-

phase softens at elevated temperatures, due to its partial metallic bonding, 

which adversely affects elevated temperature strength and creep resistance. 

Its discontinuous precipitation from the supersaturated Mg matrix during creep 

leads to grain boundary deformation and migration. Many alloys have been 

developed to improve the creep resistance by adding Ca, Sr and REs to Mgï

Al alloys to eliminate the discontinuous precipitation of Mg17Al12 [38].  
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2.2.5. Magnesium as a biomaterial 

Biodegradable implants objective is to provide a temporary (mechanical) 

support while the injured tissue heals. Once the tissue is completely healed, 

the substitutive material should gradually degrade and further disappear, 

leaving a fully recovered tissue, as if there was nothing before there. 

Nowadays, the biodegradable materials are, in most part, based on 

polymers, ceramics or organic materials. These types of materials are not 

known for its high mechanical performance, at least not such as metallic 

materials, which can deliver higher performance regarding especially 

mechanical properties. Thus, the idea of producing biodegradable implants 

based in metals, as magnesium, shows very promising. 

Metals were used as biomaterials for the first time by the Romans, who 

used metal clips for skin adaptation [39]. Some metals were also used at the 

beginning of osteosynthesis such as silver, copper, lead, iron, gold and 

platinum. Nevertheless, these metals were rejected on the surgical use for 

several reasons. Gold and platinum despite the excellent corrosion resistance 

properties, are very expensive and does not show high mechanical 

resistance. Lead showed to be toxic. Silver and iron are still considered 

suitable biomaterials. For osteosynthesis, pure silver suffered from the 

mechanical point of view, even if its antibacterial effect is appreciated up to 

date. The use of iron as a biomaterial decrease since metallosis was 

observed after iron implants [40]. Metallosis is a deposition of metal into the 

soft tissues from abrasion with metallic components, leading to the tissue 

death [41]. These clinical observations led to the paradigm that metal implants 

should be necessarily corrosion resistant. 

In recent years, many studies broke this paradigm by applying some metals 

in the development of medical products. Especially magnesium and iron-

based materials has been proposed as temporary biomaterials which degrade 

in vivo by corrosion [2], [27], [42ï45]. 
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The basic concept of biodegradable metals is to compose the metals of 

elements which can be cleared from the body by physiological pathways and 

which do not exceed the toxicity limits during the corrosion process [39]. 

As shown in Table 2.2, several magnesium alloys have been studied as 

biomaterials. AZ31 and AZ91 enhanced the osteogenesis response and 

increase newly formed bone [42]. The AE21 was capable of gradually 

degrade in a pig artery and is a promising cardiovascular implant material 

[45].  

 

Table 2.2 - Some magnesium alloys studied as a biomaterial [7]. 

 

 

2.2.6. Magnesium as a material for cardiovascular applications 

The first application of cardiovascular magnesium dates back to 1878, 

when Edward C. Huse used a suture in Mg to stop arterial bleeding. 

Subsequently, the magnesium has been used in other applications such as 

cardiovascular biodegradable material for suture threads, connectors for 

vascular anastomosis and wires for treatment of aneurysms [28]. 

Magnesium is a promising material for the realization of biodegradable 

installations, due to its well-known biocompatibility. It is very abundant in 

human body and is essential for the life of the organism. It has a lower density 

than other metal materials (ɟ = 1738 kg/m3), an elastic modulus of about E = 

11.7 -18.2 GPa, thus presenting better physical and mechanical properties 

when compared to polymeric materials proposed for the manufacturing of 

biodegradable stents. 



22 

 

Magnesium and its alloys corrode in aqueous solutions for pH values less 

than 11, and thus, in physiological conditions, these materials degrade 

according to the following reactions [46]: 

Mg Ÿ Mg2+ + 2e-                                                                                         (1) 

2H2O + 2e- Ÿ H2 + 2OH-                                                                            (2) 

Mg(s) + 2H2O(g) Ÿ Mg (OH)2(aq) + H2(g)                                                                          (3) 

The layer of magnesium hydroxide, which is formed on the surface of the 

material offers a weak protection and behaves as a passivation film in pure 

water. However, in aggressive environments containing chlorides, such as 

biological fluids, the film is destroyed and continued corrosion with formation 

of soluble compounds of magnesium is observed: 

Mg(OH)2 + 2Cl- Ÿ MgCl2 + 2OH-                                                               (4) 

The development of hydrogen gas (following reaction (3)) and the presence 

of a strongly alkaline environment represent a significant risk to the health of 

the patient, as they represent non-physiological conditions [46]. 

It has been proposed both pure magnesium and some alloys for the 

production of biodegradable stents [27], [28]. The first in vivo study in 20 

patients with severe ischemia of the lower limbs treated with biodegradable 

stents made with magnesium alloy WE43 (3.7-4.3% Y, 2.4-4.4% rare earths, 

0.4% Zr) was published in 2005 by Peeters et al. [47]. The results of this study 

have shown the potential of magnesium for the realization of biodegradable 

metal stent, since there was not observed toxicity or allergic reactions. 

However, early studies on the kinetics of corrosion of the magnesium alloys 

in physiological environment have shown that the main limitation of these 

alloys for the construction of stents is their excessive degradation rate inside 

the human body (to pH 7.4-7.6), as the times of degradation of the device are 

not comparable with the healing time of the vessel. Currently, the lifespan of a 

magnesium stent in physiological environment is of the order of 2-3 months, 
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while the function of mechanical support of a stent is requested for a period of 

the order of 6-12 months after the implant. 

The rapid degradation of the installations in magnesium can lead to loss of 

mechanical integrity in a short period [28]. One of the critical issues to be 

improved in order to achieve superior performance of biodegradable stents 

made of magnesium, therefore, is the slowing down of the kinetics of 

corrosion, in order to extend the period of time during which the action of 

mechanical support of the stent is effectively exercised. 

Some strategies to improve the corrosion resistance and slow down the 

corrosion rate, by changing the composition of the alloy, making changes 

surface by introducing polymer coatings or change the design of the stent. In 

addition, among the factors relevant to the performance of the stent, the 

fabrication route plays a fundamental role, since the grain size, the 

mechanical properties and the absence of structural defects depend greatly 

from it. It has been shown in some studies [48], [49] that the rate of 

degradation decreases with decreasing grain size, in particular for the pure 

Mg [48] and for the aluminium-zinc alloys (such as AZ91) [49]. 

The hot extrusion is the most commonly process used for the production of 

the tubular stent precursor. The extruded tubes are then laser cut and then 

subjected to a chemical etching. This treatment in the process of production of 

the stent is intended to remove the burr around the cutting groove and the 

roughness on the surface of the metal, due to the process of laser machining 

(Figure 2.8) [50]. 
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Fig.  2.8: SEM Images of AZ31 stent subjected to laser cutting [50]. 

 A recent study performed by Farè et al. [51] showed that the magnesium 

alloys corrode in the physiological environment at a rate that is too high for its 

use as a structural material for biodegradable implants. The addition of 

alloying elements can slow down the corrosion rate of magnesium alloys, but 

the elements added to develop alloys with better characteristics compared to 

pure Mg are limited to just a few metals, known to be tolerated in the human 

body, such as calcium, zinc, manganese and a small percentage of rare 

earths. However, the corrosion resistance of magnesium alloys is still not 

sufficient to meet the clinical requirements [52], being necessary to improve 

the microstructure and coat the stent with a biodegradable polymeric material. 
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Chapter III 

Fabrication Route 

3.1. Introduction 

Usually, magnesium alloys are produced by casting technologies and then 

submitted to hot working processes. The Powder Metallurgy (PM) route is not 

largely used for Mg alloys because the powders display a high reactivity to 

oxygen and thus, easily form oxides on their surfaces, which render quite 

difficult the sintering process [3]. However, for biodegradable stents, very 

small grain size is required, in first place because it enhance the mechanical 

properties [4ï6], and also to optimise corrosion behaviour [1,7], therefore, the 

choice to choose the powder metallurgy (PM) techniques is to start with a 

small grain and try to reduce it through extrusion. Other advantage of using 

PM is to allow the better control of the alloy composition, in view of further 

developments. Showing that using PM a stent can be produces, open a wide 

field of research to develop new alloys that can improve the final product. 

Within the PM technologies, spark plasma sintering (SPS) showed to be 

highly effective in promoting a good densification of Mg powders. After 

producing the SPS samples, the tube extrusion will be performed to produce 

tubes, which are going to be machine and further laser cut, obtaining the final 

stent. Therefore, the fabrication route is according to the following scheme: 

 

3.2. Spark Plasma Sintering (SPS) 

Spark plasma sintering (SPS), or also called ñpulse electric current 

sinteringò, a sintering technique quite similar to the hot pressing sintering, 

SPS
Tube 

Extrusion
Machining

Laser 
Cutting
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where a uniaxial pressure is applied over the powder to induce the sintering. 

The difference lays on the many advantages that the SPS technique has to 

offer, such as the reduced sintering time from hours to minutes. In addition, 

many materials that require high temperatures to be sintered in conventional 

process can be more easily processed using the SPS, such as titanium alloys 

and tungsten carbide. Bringing down both time and temperature of sintering is 

even possible to achieve nanoscale microstructure and thus increasing highly 

some properties. Fig. 3.1 shows the main components of a SPS unit.  

 

 

Fig.  3.1 ï Main components of a SPS unit. 

SPS is quite similar to ñhot press sinteringò, in which a pressure is applied 

to the powder and together with the heating, it induces the sintering 

processes. The main aspect which differentiate SPS from others process, is 

the pulse direct current flowing through the material and the die. When the 

neck is formed between conductive particles, the local resistivity decreases 

rapidly and a high current flow in the neck, generating a local heating through 

the Joule effect. After the local heating, the resistivity tends to revert and rise, 

inducing the current to other part of the material, forming other necks. This 

mechanism allows the material to have a uniform sintering. Fig. 3.2 illustrates 

the current flow through the particle. 
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Therefore, the fast densification process is given mainly by the use of high 

pressure, an equal and efficient heat transfer, the presence of local 

discharges generated between the particle boundaries and the presence of 

the electric field. 

 

Fig.  3.2 - Current flow through the powders particle. 

 

For non-conductive materials, the die and the punches are heated first, and 

heat is transferred to the sample. As the temperature of the sample increases 

and with the application of the DC current, the thermal and electrical 

breakdown phenomena are most likely to occur and the current may flow 

even in non-conductive materials. 

Some materials, such as aluminium and magnesium alloys form a passive 

oxide layer on the particle surface. Therefore, they are very hard to sinter. 

However, with the SPS process, these oxides can be broke down by the 

discharges present on the SPS, helping to form and grow the neck, allowing 

the sintering process to occur [3], [8]. The role of the pressing is to induce the 

mass transport through plastic flow and creep.  

SPS for structural magnesium alloys it was not widely researched, in 

literature is possible to find some paper on the subject. Kim et al. showed that 

is possible to consolidate Mg-Zn alloys powder through SPS [53]. Three 

different particle sizes were compared (33 µm, 46-63 µm and 46-90 µm) and 
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after, the preforms were extruded. The size of the original powder does not 

showed significant changes on the final microstructure and mechanical 

properties of the extruded part. 

Lee et al. was also capable of consolidate the powder through SPS of gas-

atomized powders [54]. Ultimate tensile strength and elongation to failure 

were in the range of 280 and 293 MPa and 8.5 to 20.8% respectively, which 

showed to be dependent in the SPS temperature. 

 

3.3. Extrusion 

Extrusion is plastic a deformation process used to produce long, straight, 

semi-finished metal product such as bars, solid and hollow sections, tubes, 

wires and strips. The concept is quite simple: a billet is forced by a high load 

to flow from a closed container through a die in order to modify its shape or 

size. Extrusion can be performed at room temperature or at high temperature, 

depending on the material and the desired properties after the process [55]. 

The extrusion ratio, R, is defined as the ratio of the initial area of the billet 

(Ao) and the final area of the extruded part (Af). For Al alloys, R can reach 

values up to 400, whereas for Mg the values of R can reach 100, depending 

from the temperature. The strain is given by: 

‐ ‐ ὰὲ ὰὲ ÌÎὙ                                                                            (5) 

where Lo is the initial length of the billet and Lf is the length of the extruded 

part. Strain is, generally, in the range 2-5. Since the speed of the piston may 

vary in the range of 0.1-1 m/s, the strain rate is typically in the range of 10Ȥ1 Ȥ 

102 sȤ1. The extrusion is performed by means of hydraulic presses with a 

capacity typically between 50 and 200 MN. 

Fig. 3.3 shows schematically the typical characteristics of plastic flow that 

can take place during extrusion of a billet to obtain a round bar. The angle of 

semi-opening of the matrix is indicated by Ŭ and the angle of extrusion is 
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indicated by Ŭs. The plastic flow is evidenced by the method of the grids. In 

Fig. 3.3a, Ŭ = 90 Á it is observed an accumulation of metal with the formation 

of the dead zone and the angle of the extrusion is formed spontaneously. With 

good lubrication, Ŭså70 Á, while in the absence of lubrication, Ŭs can be 

estimated by the following experimental relation:  υτσȢτυÌÎὙ. Conical 

matrices (Figures 3.3 b and c) are generally used in the presence of good 

lubrication. As can be seen, if Ŭ is high, the plastic flow is very heterogeneous 

with a significant presence of plastic deformation by shear. At the decrease of 

Ŭ, the plastic deformation becomes more homogeneous, but increases the 

contribution of the friction due to the sliding between the metal and the 

surface of the matrix. 

 

Fig.  3.3ï Schematic representation of the typical characteristics of plastic flow that can take 
place during extrusion of a billet to obtain a round bar. 

To calculate the pressure, po, which the plunger applies during the 

extrusion of a bar, it is necessary to neglect initially the friction in the metal-

matrix surface and in the bar-container surface. Considering also that the 

plastic deformation, which lead a bar with length Lo and area Ao into a final bar 

with length Lf and area Af, is uniaxial. Being ʎ the average Yield strength, is 
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obtained that the work for plastic deformation is ʎϽʀϽ,Ͻὃ . It is also known 

that the total work during the extrusion process is also equal to ÐϽ,Ͻὃ , 

then [56]: 

ὴ ʎϽʀ ʎϽÌÎὙ                                                                                      (6) 

Nevertheless, since the plastic deformation during the extrusion is not 

uniaxial, as we considered before, the relationship need to be adjusted with a 

factor ß. Then: 

ὴ ʎϽʀ ϽʎϽÌÎὙ                                                                                 (7) 

 For a symmetric cylindrical bar being extruded through a 90o matrix, it is 

obtained that ß is equal to 1.34. For more complex shapes is possible to 

estimate the pressure by substituting R for Rô as follows 

Ὑ ὙϽ                                                                                                  (8) 

Being pe the external perimeter plus the inner perimeter of an extruded 

section and pb the circumference of a bar equivalent to the extruded section. 

Another relationship that takes into account the friction between the metal 

and the matrix is the following:  

ὴ „Ͻὥ ὦÌÎὙᴂ                                                                                    (9)       

   The values of a and b are 0.88 and 1.3 respectively for low friction, 0.9 

and 1.5 respectively for intermediate friction and 1.06 and 1.55 for high 

friction. 

To evaluate the influence of the friction on the plunger pressure it is 

necessary to consider the role of the friction between the bar and the 

container and between the metal and the matrix. Being ὴ the contribution of 

the friction on the total pressure and ὴ  the pressure that the plunger applies 

during extrusion, is obtained that [56]: 

ὴ ὴ ὴ ὴ ὴ ὴ ρ                                               (10) 
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where L is the instant length of the plunger into the die, Do is the inner 

diameter of the die and µ the coefficient of friction. 

In the case of hot extrusion, to evaluate the force of extrusion, it is 

necessary to know the strain rate, ‐, and the temperature of the metal into the 

matrix. The average strain rate is given by: 

‐ ‐                                                                                                 (11) 

where t is the time that a slice of metal takes to enter and exit from the 

matrix, L is the length of the matrix and ὺis the speed of the metal into the 

die, which can be considered equal to the ram speed. To make it simple, 

using a bidimensional geometry for the extrusion, it is obtained that: 

ὒ
  

                                                                                                   (12) 

and then: 

‐
Ͻ Ͻ

                                                                                                 (13) 

With analogous approach, in the case of an extrusion to obtain a rod with 

diameter Df: 

‐
Ͻ Ͻ Ͻ

ϽὰὲὙ                                                                                     (14) 

Extrusion is often used to induce a decrease in the grain size of 

magnesium alloys [4], [57]. Many factors influence on the final grain size of 

the material submitted to the extrusion. Fig. 3.4 [5], shows the influence of the 

extrusion ratio on the final grain size, as well as the difference of 

microstructure on the surface and in the centre of the extruded billet. As the 

extrusion rate increases, the grain size tends to become more rounded and 

more homogeneous, because of the dynamic recrystallization that occurs 

during extrusion. 
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Fig.  3.4 - Microstructure of AZ31B Mg alloy extruded at different extrusion rates, in the centre 
and in the surface [5]. 

Lapovok et al. showed by finite element simulation that specially in 

extrusion with Ŭ=90Á, there are significant changes on the local temperature, 

effective strain and strain rate [58]. These gradients may influence the 

homogenization of the microstructure, and can lead to differences between 

surface and centre shown in Fig. 3.4. 

As the extrusion ratio increases, the risk of crack formation, especially in 

the surface, increases as well. Other parameters that influence directly the 

final properties are the temperature of extrusion and the ram speed. As the 

ram speed increases, the strain ratio also rises and this may favour the onset 

of dynamic recrystallization. 

The process temperature must be optimized because a too low 

temperature may not provide enough energy to recrystallize the 

microstructure, leaving a highly flattened microstructure. On the other hand, a 

too high temperature can easily make the grains grow rapidly just before and 

after the extrusion, inducing the formation of large grains. Fig. 3.5 shows the 

influence of the extrusion temperature on the final grain size of the AZ91 alloy 

after extrusion [59].  
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Fig.  3.5 ï Influence of the extrusion temperature on the grain size on AZ91 Mg alloy [59]. 

The grain size is connected with mechanical behaviour of magnesium 

alloys according to the Hall-Petch equation as follows: 

„ „ ὯὨ Ⱦ                                                                                        (15) 

Where „ is the yield stress, „ is a materials constant, k is the 

strengthening coefficient, which is typically a constant for each material, and d 

is the average grain size. Fig. 3.6 shows that after hot extrusion, the 

mechanical properties followed the Hall-Petch relationship for both Yield 

strength and elongation [60]. Since all elongation, yield strength and usually 

ultimate strength are correlated, all can follow the Hall-Petch equation. The 

fitting of the following example is „ ρφυ ὓὖὥρτ ὓὖὥȢάά Ⱦ Ὠ Ⱦ. 
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Fig.  3.6 ï Yield strength and elongation of AZ91 as function of (grain size)-1/2 [60]. 

 

3.4. Laser Cutting 

Laser cutting is a technique very widely used to produce metallic stents. 

The main advantage is to be a noncontact cutting method, capable of cut very 

precise and complex shapes. Lasers can cut stents of a wide range of 

materials, such as stainless steel, Nitinol and magnesium alloys.  

Laser cutting is often applied in two different ways: continuous wave (CW) 

or pulsed wave. The process of cutting with the CW lasers consists in locally 

melt the material, forming the kerf and with the action of the gas, expel the 

material from the kerf. This is called ñmelt and blowò technique and is very 

productive due to the fast heat penetration and comparatively lower 

temperatures required to melt the material. With the introduction of fibre laser 

sources [9], [10], [14], CW was widely accepted in industrial fabrication of 

metallic stents, However, it has been only studied on stainless steel.  
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Fig.  3.7 ï Detail of a CW cutting on AZ31 Mg alloy [11]. 

Alternatively, laser sources can run in pulsed wave, allowing the release of 

a pre-defined energy in short durations of time. The parameters that control 

the energy and the mechanism of material removal are the pulse duration and 

the shape of the wave. Despite the importance of these parameters in the 

result of the laser cutting, nowadays, the most part of industrial systems are 

not capable of regulating them, and when is possible to regulate, it is very 

limited. 

This is because the choice of a laser source has a direct impact on the 

pulse duration. Thus, the pulse duration is limited by the laser source. This 

leads to a discussion about the proper laser source for each application. In 

the case of biomedical device production, the laser cutting must provide high 

productivity and good machining quality. The goal is to eliminate post 

processing after laser cutting.  

The difference on the change of pulse duration lays in the interaction of the 

laser beam with the material and the consequences of duration of time that 

this occurs. By calling Te the temperature of the electron and TL the 

temperature of the lattice [61], [62], and assuming that the time to cool the 

electron is Űe and the time to heat the lattice is ŰL, being Űe << Űl [11]. 
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For pulse duration (Ű) lower than 100 fs (100 x 10-15s), occurs the ablation 

phenomena in the cold state, since the interaction with the electrons and the 

lattice happens so fast that the bulk material is not affected by the heat 

induced by the laser beam. Therefore, it remains in the solid state, 

representing a situation where Ű << Űe. 

If the pulse duration in the range of 100 fs (100 x 10-15 s) to about 10 ps (10 

x 10-12 s), hot ablation occurs, because in this condition Űe<<Ű << ŰL, which 

means that the ablation still occurs by evaporation, and the temperature of the 

electron tends to approach the temperature of the lattice, but the thermal 

diffusivity of the lattice can be neglected when compared to the electron. 

Thus, the electrons are being heated, and are transferring this heat to the bulk 

material, but the time is not large enough to allow the lattice to heat as much 

as the electron. Surface evaporation remains as the main mechanism for 

material removal, however there are already some melting present, which can 

harm the quality of the cutting. As seen in Fig. 3.8, the presence of few molten 

particles is observed on short duration pulse. 

 

Fig.  3.8 ï Detail of a laser cut performed with pulsed duration of 800 fs [11]. 
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While for pulse duration above 10 ps (10 x 10-12 s), thermal equilibrium 

between lattice and electrons is reached and the laser energy dissipates into 

the bulk material because. Now the removal mechanism is a mixture of 

vaporization from condensed matter, vaporization from the molten phase and 

melt expulsion. If the molten phase is not removed during the process causes 

redeposition of material, creating a layer around the ablation area, which is 

highly damaging for the machining quality. These depositions are called 

dross. In Fig. 3.9 is possible to observe a laser cutting with long duration 

pulse, and the dross quantity is very high. 

 

Fig.  3.9 ï Detail of a laser cut performed with pulsed duration of 250 ns [11]. 

After analysing the impact of the pulse duration on the laser cutting, is 

possible to conclude that this is the parameter that rules the machining 

quality. Then, in the practice, different sources of laser implicates in different 

regimes: Long duration pulses (ms and ɛs), short duration pulses (ns) and 

ultra short duration pulses (ps and fs). 

In literature it is possible to find only few studies related to micro-cutting of 

stents by CW emission [10], [11], long pulsed [9], [11ï14], short pulsed [11], 

[15] and ultra-short pulsed [11] sources. Demir et al. showed the process of 

micro-cutting of stents of magnesium alloys. On Fig. 3.10 it is possible to 
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notice that even at ultra short pulse duration, post processing is required in 

order to achieve desires quality after laser cutting [11]. 

 

Fig.  3.10 ï Stent cutting with CW, short pulse and ultra short pulse duration [11]. 

  



39 

 

Chapter IV 

Materials and Methods 

 

4.1. Pure Mg and AZ91 Powder 

Pure Mg (99,76 wt.%) powder was produced by chipping and milling by 

Whole Win (Beijing) Materials Sci. & Tech. Co., Ltd. with a particle size below 

75 µm. The powders were regular in shape, but all of them with a thick MgO 

layer on their surfaces. Using a XRD analysis followed by a quantitative 

evaluation using the Rietveld method, it was determined that the total amount 

of MgO was 1%. 

The AZ91 powders employed in the present investigation were produced by 

chipping and milling by Ecka Granules GmbH. The measured chemical 

composition of the powders is Mg-9.58%Al-0.65%Zn-0.22%Mn-0.029%Si (wt 

%). The starting powders were quite irregular in shape. 

 

4.2. Spark Plasma Sintering 

Spark Plasma Sintering process was carried in a Dr. Sinter SPS 1050 using 

graphite die and punches. The final samples were cylinders with a diameter of 

10 mm and a height of 25 mm. For the AZ91 alloy, one optimized cycle 

including a homogenization stage has been studied before [3] It consist in 

heating the sample up to 420°C at a rate of 50 °C/min and holding at this 

temperature for 50 minutes. The purpose of this first step is to homogenize 

the material and not allow the formation of a liquid phase. After the 

homogenization, the powder was heated up to 470°C at the same heating rate 

and sintered for 10 minutes at this temperature with an applied pressure of 36 

MPa. The Fig. 4.1 (a) shows the microstructure obtained by the long cycle.  
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(a)                                                         (b) 

 
(c) 

Fig.  4.1 ï Microstructure of (a) AZ91 long cycle (b) AZ91 short cycle and (c) pure Mg SPS. 

 
Since this cycle take at least one hour to produce each sample, and that 

after going through the SPS process, the material will be submitted to hot 

extrusion, a second cycle was proposed in order to reduce the time and also 

to evaluate the influence of the sintering parameters on the final properties of 

the SPS preforms. The short cycle consisted in heat the sample up to 420°C 

at a rate of 50 °C/min and sintered at this temperature for 10 min, without any 

homogenization. For the Pure Mg powders, two temperatures were studies, 

400 and 470 °C. The cycle consisted of heating the sample up to the sintering 

temperature with a heating rate of 100 °C/min and sintering at the same 

temperature for 1 minute. 

 

4.3. Density 

The density of the sintered samples was measured using the Archimedes 

principle, according to ASTM B962-08 standard.  
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For the determination of relative densities of composite materials, their 

theoretical density was calculated according to the rule of mixture: 

ɟcomposite = ɜ1 Ŀ ɟ1 + ɜ2 Ŀ ɟ2                                                                          (16) 

where ɜ is the volume fraction and ɟ is the absolute density of each 

component.  

For AZ91, the theoretical absolute density used was 1.81 g/cm3, and for 

pure Mg it was 1.74 g/cm3. 

 

4.4. Hot Compression 

The hot compression tests were performed in order to investigate the hot 

deformation behaviour of the SPS specimen, simulating some aspects of the 

extrusion process. The extrusion machine had a limitation of 100 kN as a 

maximum force, and then the results of yield strength under hot compression 

were used in order to predict the extrusion force. 

The hot compression tests were performed on a Bahr 805A/D dilatometer. 

The tests were carried out using cylindrical samples with a diameter of 2.5 

mm and a height of 5 mm obtained by machining the SPS specimens. The 

samples were then cut in the same direction of pressing during sintering. The 

samples were submitted to the hot compression at 330 and 380 °C at a strain 

rate of 0.002 s-1. 

As known it is possible to link the between flow stress under hot 

compression to the extrusion behaviour of the material [59]. The aim of these 

calculations is to better understand the behaviour of the material under the 

extrusion process. 

The extrusion pressure, po, is related to the flow stress through eq. (7) or 

alternatively, eq. (9). By applying the eq. (9) with the high friction constants, 

the extrusion pressure can be epressed as: 

ὴ σȢωπ „                                                                                                (17) 

As a consequence, the total extrusion pressure, pext is given: 

ὴ ὴ ρ
Õ

σȢωπ„ρ
Õ

                                                         (18) 
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where, ɛ is the friction coefficient between the sample and the container, L 

is the length of the container and Do is the initial diameter of the billet. Then 

the load of extrusion Fext, can be described as: 

Ὂ σȢωπ„ρ
Õ
ὃ                                                                            (19) 

where A0 is the initial area. Since the extrusion machine has a limit of 100 

kN, it is important to know the theoretical value of force of extrusion, 

considering a suitable value for the friction coefficient. 

4.5. Hot Extrusion  

The direct rod extrusion tests were performed in a laboratory hot-extrusion 

system installed in a 100 kN universal testing frame (Fig 4.2). As known, it is 

very difficult to exactly control the extrusion temperature of the billet, so that 

the temperature was monitored using a thermocouple inserted in the 

container, and referring to a previous calibration of the temperature field in the 

extrusion device.  

 

Fig.  4.2 - Schematic drawing of the extrusion (main) and the die drawing (upper right). 

The extrusion ratio, R, was 6.25, being the container diameter 10 mm and 

the diameter of the extruded rod 4 mm. Tests were performed at 330 °C and 
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380 °C with the ram speed of 0.5 and 20 mm/min, which corresponded, 

respectively, to strain rates of 1.4 x 10-3 and 5.6 x 10-2, according to eq. (14). 

The samples will be referred according to the nomenclature reported on 

Table 4.1.  

Regarding the tube extrusion, a needle with 2 mm of diameter was inserted 

in the plunger. In addition, a hole with 2.1 mm was drilled in the centre of the 

SPS preform. The extrusion ratio for the tube extrusion was 8, while the 

calculated Rô for the tube extrusion is 24.5. The extrusion was performed at 

380 °C at a ram speed of 0.5 mm/min, corresponding to a mean strain rate of 

1.8 x 10-3. 

 

Table 4.1 - Sample names and extrusion parameters. 

Sample Name Description Temperature Punch speed 
(mm/min) 

330-05 SPS long cycle 330 0.5 

330-20 SPS long cycle 330 20 

380-05 SPS long cycle 380 0.5 

380-20 SPS long cycle 380 20 

330-05 S.C. SPS short cycle 330 0.5 

330-20 S.C. SPS short cycle 330 20 

Tube SPS long cycle 380 0.5 

 

4.6. Microhardness 

Microhardness was measured by Vickers methods, according to standard 

ASTM E384, with a Vickers Paar MHT-4® micro-indenter and load of 0.1 N for 

10 seconds holding time. 

  

4.7. Metallographic analysis 

The metallographic characterization was carried out using a Zeiss light 

optical microscope (LOM) equipped with a Leica DC300® camera. Standard 

metallographic preparation, including grinding with SiC papers up to 2400 grit 

and final polishing with 3 ɛm and 1 ɛm diamond paste was followed. 

Chemical etching was performed with Nital 5% (5% nitric acid in ethanol 

solution) and with HF when necessary to observe the ɔ-phase distribution.  
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Microstructures, as well as powder morphologies were investigated in a 

Scanning Electron Microscopy (SEM) and semi-qualitative chemical analysis 

was carried out by energy-dispersive X-ray spectroscopy (EDXS). 

Environmental scanning electron microscopy (ESEM) Philips XL 30® (SEM 

Supra 40 ZEISS, GEMINI column®) was used to characterize the 

microstructure of the samples. The grain size of the materials was measured 

using the planimetric (or Jeffries) procedure [63]. 

 

4.8. X-ray Diffraction 

For powders, sintered and extruded samples, XRD patterns were collected 

using a Mo kŬ (ɚ = 0.7093 nm) source. The experimental data were 

elaborated with the Rietveld method, using the MAUD software (Materials 

Analysis Using Diffraction). 

In this work, XRD was used to determine the phase composition by 

quantitative analyses of Pure Mg and AZ91 alloy powders, SPS samples and 

extruded samples. The quantitative analysis, based on the Rietveld method, 

considers the area under the peak proportional to the volumetric fraction of 

the corresponding phase. MAUD software fits the experimental data with the 

following relation:  

= I fj / Vj
2 Lk |Fk,j|2 Pk,j Aj                                                                              (20) 

where is the intensity of the k peak related to the j phase, I is the incident 

radiation intensity, fj is the volumetric fraction of the j phase, Vj is the cell 

volume of the j phase, Lk is the Lorentz polarization for the k peak, Fk,j and Pk,j 

are structure factors and Aj is the absorption factor [64]. 

4.9. Machining 

With the purpose of allow the tube extrusion and the insertion of the needle 

into the SPS sample, a hole of 2.1 mm of diameter was drilled from the centre 

of the SPS sample in two steps. At first, a manual 1.7 mm diameter hole was 

drilled with the speed of 4 mm/min, a second step with the drill of 2.1 mm, and 

the same speed was performed. The process was carried out with cooling 

liquid (HYDRO BM) with 6% concentration in water. 
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In order to obtain tubes with thin walls, the extruded tube of 4 mm of 

diameter was machined by manual turning, up to reach the external diameter 

of 2.7 mm. The turning parameters were: turning speed 6 m/min, feeding 0.4 

mm and depth of cut 0.1 mm. The cutting was performed without lubrication. 

 

4.10. Laser Cutting 

To obtain the stent mesh, a laser cutting of the machined tube was 

performed under an active fibre laser source, operating in the nanosecond 

pulse regime with 7 W maximum average power and beam spot of 19 µm. 

This allowed micro cutting with small kerf widths to be produced across the 

tube walls. In Table 4.2 the main specifications of the laser source are 

reported. For tube holding and handling during cutting, a linear and a rotary 

axis (Aerotech ALS and ACS series) with nanometric resolution were used. 

The microcutting setup is reported in detail in Figure 4.3. Chemical etching 

was then performed in HNO3-ethanol solution under ultrasonic condition to 

remove the cutting dross and obtain the stent prototype. This part of activities 

was carried out in co-operation with the group of laser application of the 

Department of Mechanical Engineering at Politecnico di Milano.  

 

Table 4.2 - Specifications of the laser source. 

Wavelength 1064 nm 

Maximum average power 50 W 

Minimum pulse duration 100 ns 

Pulse repetition rate 20-80 kHz 

Pulse energy at 50 kHz 1.09 mJ 

Collimated beam diameter 5.9 mm 

Beam quality factor (M2) 1.7 
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Fig.  4.3 - Laser micro-cutting system. 
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Chapter V 

Results and Discussion 

5.1. Spark Plasma Sintering 

5.1.1. Powder Characterization 

AZ91 powders had a size smaller than 500 ɛm with an average value of 

200 ɛm. Since they were obtained by chipping and milling, the shape is quite 

irregular (Fig 5.1) and has a flake-like form, which is not much suitable for 

compaction of the powder and formation of the green sample. Magnesium is a 

very reactive material, so, it is expected a layer of MgO on the particle 

surface, which is corroborated by an EDXS scan, revealing a considerably 

high amount of oxygen in the surface of the powder.  

 

Fig.  5.1 ï ESEM images of AZ91 powder (left) and EDXS analysis (right). The C content on 
the analysis is due to the tape used to hold the powder together. 

Fig. 5.2 shows the microstructure of the AZ91 powder, which consists of a 

Mg rich phase (Ŭ phase), the Mg17Al12 phase (ɔ-phase), which is on the grain 

boundaries, and the lamellar Ŭ+ɔ eutectic precipitates. The considerably high 

amount of ɔ-phase, especially as a lamellar phase indicates that the powder 

was not homogenized. Thus, it would require a homogenization process to 



48 

 

dissolve the ɔ-phase into the matrix and improve both mechanical and 

corrosion properties. Nevertheless, since magnesium is a higher reactive 

material, it is not favourable to perform the homogenization of the Mg powder 

without any kind of pressing or special atmosphere. Thus, the homogenization 

process will be performed during the sintering cycle. 

 

Fig.  5.2 ï Microstructure of the AZ91 powder etched with Nital 5% (top) and with HF (bottom).  

Through X-ray diffraction (XRD) using Rietveld method (Fig. 5.3), it was 

determined that the total amount of Ŭ phase was 82% vol., the total amount of 

ɔ-phase (in grain boundary and lamellar) was 17% vol. and the total amount 

of MgO was 1% vol. 
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Fig.  5.3 ï XRD pattern of AZ91 powder. 

The Differential Scanning Calorimetry (DSC) curve of the AZ91 powders, 

carried out up to 650°C with a heating rate of 10°C/min, is shown in Fig. 5.4. 

The presence of some peaks corresponding to different phase 

transformations can be recognized. The most evident and important peaks 

are labelled with 1, 2 and 3. Peak 1 is the formation of the liquid phase by the 

eutectic reaction Ŭ+ɔŸ Liquid. Such an endothermic reaction occurred at 

about 420°C, in substantial agreement with the AlïMg phase diagram, which 

shows that the eutectic reaction occurs at 437°C [34]. Peak 2 covers a 

temperature range between 520 and 615°C and is the melting interval of the 

alloy. Peak 3 is observed upon cooling. It is an exothermic peak at about 

570°C and represents the solidification of the alloy.  
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Fig.  5.4 ï Differential Scanning Calorimetry (DSC) of AZ91 powders 

The pure Mg powder, however, has a much smaller particle size, not 

exceeding 75 ɛm. In Fig. 5.5 an optical metallography of pure Mg powder. 

Since the powders were also obtained by chipping and milling the shape is 

quite irregular and have a flake-like form, which is not favourable for 

compaction of the powder and formation of the green sample. However, due 

to the higher ductility and smaller particle size, the compaction of the green 

sample is expected to be higher than in the case of the AZ91 powder. On the 

other hand, the oxide layer should be thicker on the pure Mg, due to the 

absence of Al and ɔ-phase, which tends to improve the oxidation resistance 

[65].  
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Fig.  5.5 ï Optical microscope images of pure Mg powders. 

 

5.1.2. Definition of sintering parameters 

If not homogenized, AZ91 forms a liquid phase at about 437 °C. Since this 

liquid phase is harmful for the SPS process, it must be avoid at any cost. The 

first and more obvious solution is to keep the temperature below this value. 

That is the first cycle to be performed. This cycle is named ñshort cycleò, and 

consists of heating the powder up to a temperature of 400 °C with a heating 

rate of 50 °C/min and holding at this temperature for 10 minutes under a 

pressure of 25 MPa.  

Magnesium powders are very difficult to sinter, due to their high reactivity 

versus oxygen, the MgO layer formed on the powder surface tends to impede 

the sintering mechanisms. Therefore, the higher the temperature, the higher is 

the energy available to break this oxide layer. Thus, to achieve a high 

temperature, a homogenization process is required. 

In order to understand the SPS process and observe if the formation of the 

liquid phase really occur, the displacement rate of the punch was recorded 

while the temperature was increased up to 470 °C and a pressure of 25 MPa 

was applied after 400 °C. The obtained graph is shown on Fig. 5.6. It is 
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possible to notice that the first displacement peak begins when the pressure is 

applied. The second peak, however, shows a displacement of the punch even 

if there is no difference on the applied pressure. It starts when the sample 

reaches 400 °C and have its maximum at a temperature of 430 °C, showing 

the formation of the liquid phase, according with the DSC and the Mg-Al 

phase diagram. 

 

Fig.  5.6.ï Change on the dislocation rate of the punch in function of time and pressure 
applied. 

 

In order to avoid the liquid phase, a homogenization process was carried 

out for 60 minutes at 420 °C and then the temperature was increased up to 

470 °C without any change on the displacement rate during the 

homogenization and the sintering. This is shown on Fig. 5.7. It is possible to 

say that the sintering of AZ91 can be performed at 470 °C if previous 

homogenization is carried out. This cycle is denominated the ñlong cycleò.  
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Fig.  5.7 ï Dislocation rate of the punch in function of the time and temperature during sintering 

For the pure magnesium powders, the sintering was performed at the same 

temperatures of the AZ91 alloy, namely 400 °C and 470 °C. Since pure 

magnesium do not form precipitates, no previous homogenization process 

was adopted. The 4 cycles are displayed on the Fig 5.8. 

 

Fig.  5.8 ï Defined sintering cycles for both pure Mg and AZ91. 
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5.1.3. Comparison of Short and Long Cycles for AZ91 

Fig. 5.9 shows the microstructure of the AZ91 produced following the short 

cycle. It presents quite low densification, most probably due to the larger 

amount of ɔ-phase, since this cycle was not submitted to homogenization. 

Other interesting characteristic is the presence of connected pores, which 

causes a serious decrease in the mechanical properties. It is also possible to 

notice the original powder surface, indicating that the welding between 

particles is not present, harming seriously the structural integrity of the 

preform. The preform obtained with the short cycle showed to be very brittle, 

even during handling some of them broke. Since the preform is still going to 

be extruded, it was decided to go further and see if the strain and temperature 

during extrusion is able to both break the interparticular layer of oxide and 

close the pores, giving a better mechanical resistance. 

 

Fig.  5.9.ï Optical microscope image of SPS AZ91 short cycle. 

On the other hand, the long cycle preform showed a very different 

microstructure, as shown in Fig. 5.10. The original powders cannot be 

recognized, and the densification is very good, achieving values of 99.9% of 

the theoretical density. The pores are small and dispersed, providing the 

preform with a better mechanical behaviour. Due to the homogenization 

process, the quantity of ɔ-phase into the preform decreased to only 4%, which 
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improves both mechanical and corrosion properties. The lamellar phase 

disappeared, enriching the Ŭ-phase with Al. Through XRD analysis, it was 

determined that the total amount of ɔ-phase decreased from 17% vol. in the 

powder to only 4% vol. after the homogenization on the long SPS cycle. The 

preforms produced by the long cycle resulted in good resistance during 

handling and transportation. 

 

Fig.  5.10 ï Optical microscope images of SPS AZ91 long cycle (top) and XRD analysis 
(bottom). 
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5.1.4. SPS of pure Mg 

For the Pure Mg SPS sample, two different cycles were proposed, the first 

at 400 °C and the second at 470 °C. The microstructure of the materials are 

shown in Fig. 5.11. The microstructure obtained at 400 °C showed the 

presence of some pores, and since the original pure Mg powders are much 

smaller than the AZ91, the densification turned out to be much higher than the 

densification of the short cycle on AZ91. Another factor that can influence the 

densification is the lower mechanical strength of the pure magnesium due to 

the lack of precipitates in the material. The SPS at 470 °C does not induce a 

very different microstructure. It is interesting to notice that the grain size in 

both preforms is equal to the original powders particle. This is due to the grain 

growth during sintering, and without any barriers avoid the grain growth, 

except the oxide layers between the particle boundaries the grain grew up to 

the size of the original powder (maximum 75 ɛm). 

If the grain size equals the particle size, it is clear that the original oxide 

layer on the powder surface remained intact, and thus, the mechanical 

resistance of the pure magnesium preform is expected to be similar in both 

temperatures, due to the net of MgO in the microstructure. In fact, the 

brittleness of the samples is very evident, and even some powder particles 

are removed from the preform just by holding it. It was decided to proceed 

only with the pure Mg preform produced at 400 °C. 
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Fig.  5.11 ï Optical microscope images of pure Mg SPS at 400 °C (top) and 470 °C (bottom), 

 

5.1.5. Hot compression of Sintered Samples 

Fig. 5.12 compares hot compression behaviour for both AZ91 and pure Mg 

when submitted to a strain of 0.5 at a rate of 0.002 s-1. Two physical events 

must be considered. The first is the work hardening, which increases the 

dislocation density and is responsible for the rapid initial stress increase. The 

high concentration of dislocation together with the high temperature yield the 

second phenomenon, called dynamic softening, which occurs when the 

damaged structure of the material finds a way to use the temperature energy 
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in order to decrease the Gibbs free energy by dynamic recrystallization, for 

example. These two events compete with each other and define the shape of 

the curve after the initial yield point [66], [67]. 

The pure Mg preform shows a typical behaviour with the increasing of the 

stress during the test. At lower strains, the increase of dislocation density, 

inducing a rapid increase in strength. After this stage, the flow softening starts 

to take place and decreases the slope of the curve, but the mechanical 

hardening is still stronger than the flow softening. In addition, as predicted, the 

flow stress is higher for the lower temperature, since this parameter is 

correlated with Zener-Hollomon parameter (eq. 21); thus for lower 

temperatures, a higher stress is expected. 

ὤ ‐ÅØÐ ὗ ȾὙὝ )                                                                                  (21) 

On AZ91, the initial slope is much higher and this may be due to the 

presence of ɔ-phase that induces a higher increase in the dislocation density. 

After reaching the peak, the flow softening starts taking place and rapidly 

decrease the flow stress, which tends to induce a steady state value. This is a 

typical behaviour of dynamic recrystallization (DRX) on AZ91, also shown by 

Ding et al. [66]. The difference in the slope of the flow stress after the peak 

stress for the AZ91 samples 330 and 380 °C may be explained by the quantity 

of energy absorbed during the initial stage, and transformed in DRX.  
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Fig.  5.12 - Flow stress-strain curves obtained from hot compression tests at 0.002 s-1 and 

temperatures of 330 °C and 380 °C. 

Pure Mg was also submitted to higher strain rates, however, only the 

samples at 0.002 s-1 did not break during the tests. From the images shown 

on Fig. 5.13, is possible to observe the high amount of interparticular cracks 

on both samples. This means that the network of MgO served as a path for 

the propagation of the cracks on the material. It is also possible to notice no 

change on the grain size either, the grain size was limited by the original 

particle size, and the structure could not hold any grain refinement due to the 

lack of barriers to avoid the grain growth. 
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Fig.  5.13 ï Optical microscope images of hot compressed samples of pure Mg at a 
temperature of 330 °C (top) and 380 °C (bottom). 

The flow stress curves under compression of AZ91 alloy are presented on 

Fig. 5.14. Two different temperatures and three different strain rates were 

evaluated. The choice of 1 s1 is to see how the material behaves under a high 

strain rate, and if the sintering of was capable of give enough mechanical 

resistance to the SPS preform. The other two strain rates were selected to be 

a simulation of the extrusion tests. The goal was to simulate the extrusion of 

the SPS preform, with 10 mm of diameter, into a rod of 4 mm of diameter at 

ram speed of 0.5 mm/min and 20 mm/min. Considering the eq. (14), and the 
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parameters of the extrusion die, the strain rate of the extrusion tests would be 

0.0014 s-1 and 0.056 s-1.  

 

Fig.  5.14 ï Flow stress under compression curves of AZ91 alloy. 

In every case, at the beginning there is a rapid increase in the stress due to 

work hardening, which is due to the accumulation of dislocations. Quite soon, 

the flow stress reaches a peak value and then decreases. Such a decrease is 

commonly attributed to the occurrence of DRX [59], and this is actually in 

agreement with our observations, as shown by the microstructures in Fig. 

5.15. It is interesting to notice that the influence of the temperature on the 

behaviour of the material. The yield stress for a hot compression at 380 °C at 

a strain rate of 1 s-1 is almost equal to that of the test at 330 °C at a much 

lower strain rate, 0.056 s-1, and the same occurs when comparing the hot 

compression 330-0.002 and the 380-0.056.  

It is interesting to notice that a difference on almost 20 times on the strain 

rate is similar to a change of only 50 °C. This is explained by the Zener-

Hollomon parameter (eq. 21). Since strain rate is directly proportional to Z, but 

the effect of the temperature is exponential. 
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Fig.  5.15 ï Optical microscope images of hot compressed samples of AZ91 at a temperature 
of 330 °C (top) and 380 °C (bottom) and strain rate of 0.002 s-1. 

The microstructure of the samples compressed at strain rate of 1 s-1 is 

shown on Fig. 5.16, revealed several cracks on the critical part of the 

specimen. Despite the high amount of cracks, at both temperatures the 

material did not break, showing that the sintering was quite successful.  
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Fig.  5.16 ï Optical microscope images of hot compressed samples of AZ91 at a temperature 
of 330 °C (top) and 380 °C (bottom) and strain rate of 1 s-1. 

Due to limitations of the extrusion machine, the load of extrusion must be 

calculated to be certain that does not exceed the value of 100 kN. In order to 

do so, the peak stress measured on the hot compression analysis. The peak 

stresses, ůe, measured from the graphs in Fig.5.14 are listed in Table 5.1. 

The data listed in Table 5.1 was then used to get an approximate evaluation 

of the expected extrusion force (Fmax), during hot extrusion.  

Since µ is defined as a ratio of forces, it cannot be measured directly and 

an inverse approach should be adopted [68]. By using the peak values listed 
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in Table, applying it to eq. (19) and assuming that for the magnesium-steel 

interface a friction coefficient of 0.3 is considered [58], is possible to have a 

estimation of Fmax. 

Table 5.1 ï Predicted values for extrusion load. 

Sample Name ůe (MPa) p0 (MPa) pext (MPa) 
Predicted 
Fmax (kN) 

HC AZ91 330-1 99 386 1359 106 

HC AZ91 380-1 68 265 933 73 

HC AZ91 330-0.056 66 257 906 71 

HC AZ91 330-0.002 45 175 617 48 

HC AZ91 380-0.056 38 148 521 40 

HC AZ91 380-0.002 21 81 288 22 

The calculated values of extrusion force showed that if the friction 

coefficient during the extrusion tests are really 0.3, the tests at higher strain 

rate than 0.056 s-1 (equivalent to a ram speeds of 20 mm/min) is not possible 

due to the limitation of the extrusion machine of 100 kN of maximum force. 

Thus, it was decided to proceed only with the strain rate of 0.002 s-1 and 

0.056 s-1.  
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5.2. Extrusion 

5.2.1. Rod extrusion SPS short cycle preforms 

The samples produced by the short cycle (without homogenization and at 400 

°C) where extruded at 330 °C at 0.5 mm/min and 20 mm/min. Since the 

samples were not homogenized, the higher presence of ɔ-phase induced a 

very brittle sample. During the extrusion, it was reported some sample 

rupture, as shown on Fig. 5.17 (a). The more detailed images obtained by 

ESEM of the fracture surface are shown in Fig. 5.17 (b) shows the existence 

of brittle cracks caused by the precipitates not solubilized on the SPS cycle. 

(a)

(b) 

Fig.  5.17 ï Fracture surface images obtained by ESEM. 
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Despite the fracture on some SPS samples, the extrusion tests on the short 

cycle SPS were performed, and the first thing to notice is that, as expected, 

the pores present after sintering are no longer present after extrusion. It is 

possible to notice from the Fig. 5.18 that in both conditions the microstructure 

is very non-homogeneous. It is clear the difference between the ɔ-phase rich 

region and the ɔ-phase poor region. The effects of such microstructure can be 

catastrophic to both mechanical and corrosion properties. With that in mind 

and along with the preform brittleness, it was decided to restrict our 

investigation on the SPS samples produced by the long cycle only. 

 

Fig.  5.18 ï Optical microscope images of SPS short cycle extruded at 330 °C with a ram 
speed of 0.5 mm/min (top) and with a ram speed of 20 mm/min (bottom). 
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5.2.2. Rod extrusion of SPS long cycle preforms 

One important factor in develop biodegradable stents is the control of the 

corrosion rate. It should be controlled in a way that it not penalizes the 

strength and resistance of the stent, but after performing its function, the stent 

can be absorbed by the body. One way is to increase the corrosion resistance 

is the grain refinement by performing the extrusion [65]. 

The grain refinement is determined by the dynamic recrystallization (DRX) 

in the material during hot extrusion. The following relation gives grain size in 

relation to the Zener-Hollomon parameter 

ὤὨ ‐ Ὡὼὴ Ὠ ὧέὲίὸὥὲὸ                                                          (22) 

Where Z is the Zener-Hollomon parameter, ‐ is the strain rate, Q is the 

activation energy, R the gas constant, T the absolute temperature, d is the 

grain size and p the grain size exponent. Then grain size can be given by: 

Ὠᶿ ‐Ὡὼὴ     or      Ὠᶿ ὤ                                                     (23) 

From eq. (23) it is obtained that the grain size decreases by increasing the 

strain rate and decreasing the temperature, being it< inversely proportional to 

Zener-Hollomon parameter. In order to reduce the grain size of the material, 

four different settings were chosen. Table 5.2 shows the extrusion parameters 

and the corresponding Zener-Hollomon parameter. It was taken from the 

literature that the activation energy (Q) for lattice diffusion on Mg is about 135 

kJ/mol [69], [70]. 

Table 5.2 ï Extrusion parameters and respectively Zener-Hollomon parameter. 

Sample Name Temperature (°C) Ram Speed (mm/min) ‐ (s-1) Zener Hollomon 

Parameter (s-1) 

330-05 330 0.5 1,4E-03 6,91E+08 

330-20 330 20 5.6E-02 2,77E+10 

380-05 380 0.5 1,4E-03 8,80E+07 

380-20 380 20 5.6E-02 3,52E+09 
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In order to analyse the microstructural evolution of the different samples 

during the rod extrusion tests, the optical microscopic observations were 

performed according to the Fig. 5.19 (a), and the regions denominated as ñbò, 

ñcò, ñdò and ñfò represent areas with different mechanical deformations. Region 

ñbò lays in front of the plunger, where there is no strain, but the densification 

caused by the extrusion pressure and the effects of the temperature are 

present. Region ñcò is in the centre of the extrusion. Region ñdò is the centre of 

the extruded part, the ñfinalò microstructure. It represents the state of the 

microstructure after the process. Region ñfò is the outer part of the extruded 

rod, close to the die walls. 

Fig. 5.19 shows the evolution on the microstructure for the 330-05 sample. 

On region ñbò is possible to notice the presence of a very similar 

microstructure to the one observed on the SPS preform long cycle. The 

presence of large grains and a mesh of MgO layer is present. In the regions 

ñcò and ñdò, is seen that these oxides become aligned along the extrusion 

direction, which is an indication that the gradually, the interconnected mesh of 

MgO is going under deformation and breaking.  

On region ñcò, on the extrusion part, the signs of recrystallization are 

evident, with equiaxed grains, but the original particles are still recognizable, 

since the MgO mesh is not completely broken. In region ñdò, after extrusion, 

the sample does not show any non-recrystallized regions, as noticed on the 

region c, and the oxide layer is not so evident anymore. It is possible to notice 

that the grains are completely recrystallized, evidenced by the equiaxed grain 

present on the microstructure. Fig. 5.19 (e) shows more closely the 

microstructure of region ñdò. 

The material is not homogeneous; the microstructure on outside part of 

material (Fig. 5.19 (f)) is finer than the core. This occurs in all samples and will 

be studied in detail on a specific section. Despite the action of friction, no 

cracks were found on this region. 
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Fig.  5.19 - Microstructural evolution on sample 330-05 at the points indicated in figure (a), 
being the fig (e) the amplified microstructure of region ñdò. 

The sample 330-20, extruded at a temperature of 330 °C and a ram speed 

of 20 mm/min. The microstructure is shown on Fig 5.20 In region ñbò a very 

similar microstructure to the preform produced by the long cycle. In region ñcò 

is noticed that most part of the grains are recrystallized, however, some parts 

present large grains. In comparison with the 330-05, more non-recrystallized 

areas are formed. One important characteristic observed on the 330-20 

sample is that the MgO layer is already broken on the region ñcò and is almost 

unrecognizable on region ñdò.  

Region ñdò shows two different microstructures, the recrystallized with 

refined microstructure and the non-recrystallized with large grains. This is due 
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the fact that at higher ram speed, the time was not enough to induce the full 

recrystallization, especially in the centre of the rod, where the local strain is 

lower. Fig. 5.20 (e) shows the microstructure of region ñdò in more detail. In 

the outer region of the rod, the region ñfò, the higher ram speed induced many 

cracks in the materials. In the outer region, is possible to notice the flow of the 

material and the small grains formed in the outer region. 

 

Fig.  5.20 - Microstructural evolution on sample 330-20 at the points indicated in figure (a), 
being the fig (e) the amplified microstructure of region ñdò. 

Fig. 5.21 shows the microstructure evolution on the rod extrusion test 380-

05. Fig. 5.21 (b) shows that the grain coarsening occurred before the 

extrusion, since the grain size is slightly bigger than the original preform 
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sample. Unlike the extrusions performed at 330 °C, the non-recrystallized 

regions was not present. The grain size after the extrusion is, as expected 

higher in comparison with the extrusions performed at 330 ÁC. On region ñcò 

and ñdò is possible to notice that the oxide mesh is oriented with the extrusion 

direction and after extrusion (region ñdò) the oxide mesh is almost 

unrecognizable. In both regions ñcò and ñdò the equiaxed grains are a sign of 

the occurrence of DRX. Also on this sample, the outer region showed a higher 

level of DRX, but the difference on this sample was not so evident when 

compared with the other samples, it appears that at high temperature and low 

speed the material had time to induce a uniform microstructure regarding the 

grain size. It is also important to notice that the region ñfò does not show any 

sign of cracks. 
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Fig.  5.21 - Microstructural evolution on sample 380-05 at the points indicated in figure (a), 
being the fig (e) the amplified microstructure of region ñdò. 

Fig. 5.22 shows the microstructure evolution for sample 380-20, the one 

produced at high temperature and high ram speed. The region ñbò presents a 

microstructure very similar to the preform. In both regions ñcò and ñdò, the 

oxide mesh is still present and aligned with the extrusion direction. Fig. 5.22 

(d) shows that the material is quite homogeneous in the core, but few coarse 

grains are present, due to the lack of time to the material to recrystallize. In 

Fig 5.22 (e), the region ñdò is seen in more detail, where is possible to notice 

that the grains are equiaxed and thus recrystallized. The outer region of the 

sample (region ñfò) shows a finer microstructure and some cracks on the very 

border of the extrusion.  
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Fig.  5.22 - Microstructural evolution on sample 380-20 at the points indicated in figure (a), 
being the fig (e) the amplified microstructure of region ñdò. 

In general, the average grain size decreases with the increasing of the 

strain rate and decreasing of the working temperature. The relation that 

summarizes this behaviour is the Zener-Hollomon parameter. Within the 

present study, the finer grain size in the core of the rod was found in the 

extrusion 330-20 and the average grain size was 4 ɛm where the larger grain 

size was found in the 380-05 sample (17.5 ɛm). The typical recrystallization 

temperatures for Mg alloys is between 250 and 400 °C, which is satisfied on 

all extrusion tests. The relationship between the Zener-Hollomon and the 

grain size is shown on Fig. 5.23 and it is given quantitatively by: 
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ÌÎὨ φȢυ πȢςρÌÎὤ                                                                                 (24) 

It should be noted that the ranges for d and Z in the present study are very 

narrow, thus the uncertainty is higher. However, when compared with the 

study presented by Chang et al. [70] using more than 20 different sets of data, 

the obtained that for the extrusion, the relationship of d and Z is 

ÌÎὨ φȢπ πȢρχÌÎὤ                                                                                 (25) 

 

Fig.  5.23 ï Plot of the relationship between grain size and Zener-Hollomon parameter. 

 

The relationship found is in total accordance with the eq. (22) presented in 

the beginning of this section. If ὤȢὨ ὧέὲίὸὥὲὸ , then is possible to affirm 

that  

     Ὠ ᴼ  Ä ᴼ ÌÎὨ ÌÎὅ ÌÎὤ                                              (26) 

Being C a constant, d the grain size, p the grain size exponent and Z the 

Zener Hollomon parameter. By this approximation, the value of p is 4.76. 

The rod extrusion tests performed with the long cycle preforms showed 

many interesting aspects. At first, the expected recrystallization with small 

grain size is present, which is a good result regarding the mechanical and 
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corrosion properties. Several works have studied the grain refinement and the 

influence of the temperature and strain rate on the process [57], [59], [71], 

[72], many of them achieved similar grain sizes, but the extrusion ratio was 

usually much higher than the 6.25 applied on this study. The fact that instead 

of starting with an as-cast or as-rolled material we used the SPS process to 

prepare the preform may be the responsible to achieve finer microstructures. 

 

5.2.3. Relationship between grain size and microhardness 

Fig. 5.24 shows that in every sample, DRX took place, leading to the 

formation of fine and equiaxed grains. However, the grain size is not uniform 

on the cross section, as reported in section 5.2.1. The grains close to the 

surface of the extruded bar are much smaller than those at the centre of the 

rod. In Table 5.3 the average grain sizes of the materials under study at the 

surface and at the centre of the extruded rods are listed. In the same table, 

the results of the microhardness tests are also included. As expected, the 

microhardness decreases with the grain size, d. As shown in Fig. 5.25, the 

correlation obeys the Hall-Petch equation, i.e., microhardness increases with 

d-1/2. 

Table 5.3 ï Relationship between average grain size and microhardness on extruded samples. 

Sample Average grain size 

at the centre, mm 

Average grain size at 

the surface, mm 

Microhardness at the 

centre, HV0.1 

Microhardness at 

the surface, HV0.1 

330-05 5 3 103 118.5 

330-20 4 1.5 112 127 

380-05 17.5 7 95 98 

380-20 8 4 98 105 
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Fig.  5.24 - Grain size after extrusion in inner and outer region. 

The correlation between mechanical properties and grain size is defined by 

the following Hall-Petch equation [73]. 






































































